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Preface

This book contains the written contributions to the International Symposium
on Surgery Simulation and Soft Tissue Modeling (IS4TM 2003) which was held
in Juan-Les-Pins, France, during June 12-13, 2003.

The articles are organized around four thematic sections which cover some of
the major aspects of this rapidly growing field: soft tissue modeling, haptic ren-
dering, cardiac modeling, and patient-based simulators. This book also includes
the written contributions of two important poster sessions and, last but not
least, the contributions of three invited speakers: Prof. David Hawkes of King’s
College (London), Prof. Simon Warfield of Harvard Medical School (Boston),
and Prof. Naoki Suzuki of Jikei University (Tokyo).

The objective of the symposium was to bring together the researchers of this
emerging field to present their most innovative and promising research work, to
highlight research trends and foster dialogue and debates among participants.

This event was decided on after two preliminary successful meetings orga-
nized, respectively, by J. Duncan and G. Szekely in Boston in 1998, and by E.
Keeve in Bonn in 2001. The organization by INRIA (French Research Institute
in Computer Science and Automatic Control) was decided on to celebrate the
20th anniversary of the INRIA research unit based in Sophia-Antipolis, very
close to the conference location.

We received 45 submitted full papers; each of them was evaluated by three
members of the scientific committee. Based on the written reviews, we selected 16
papers for oral presentation and 17 papers for poster presentation. All accepted
articles were allowed a written contribution of equal maximum length in these
proceedings. All contributions were presented in a single track, leaving time for
two poster sessions, and a panel session.

The geographical breakdown of the contributions is: 33 from European coun-
tries (excluding France), 7 from France, 6 from North America, and 2 from Asia.

The quality of the various contributions will make this conference an impor-
tant milestone of this new but rapidly growing field at the confluence between
several disciplines including medical image analysis and biomechanics.

We enjoyed welcoming all participants to what proved to be an intense and
stimulating scientific event.

March 2003 Nicholas Ayache
Hervé Delingette



Acknowledgments

We would like to thank the members of the program committee for reviewing the
submitted papers in a timely manner and also for supporting the idea and the
organization of the symposium. Additional reviewers included Francois Faure
(Université Joseph Fourier, France).

We thank the members of the Epidaure team at INRIA Sophia-Antipolis
for their involvement and support in the organization of the conference. In par-
ticular, we thank Rupert Colchester and Guillaume Flandin for managing the
conference website and Olivier Clatz for his help in preparing the camera-ready
version of the proceedings.

We also thank Monique Simonetti, Isabelle Strobant and the “Bureau des
Missions et Colloques” of INRIA Sophia-Antipolis for the overall organization
of the conference.

Sponsoring Institutions

Institut National de Recherche en Informatique et en Automatique (INRIA,
France)

Centre National de la Recherche Scientifique (CNRS, France)

Conseil Régional de la Région Provence Alpes Cote d’Azur (France)

Conseil Général des Alpes Maritimes (France)



IS4TM 2003 was organized by the Epidaure Laboratory and the Service des Relations

Organization

Extérieures at INRIA Sophia Antipolis, France.

Conference Chairs

Nicholas Ayache
Hervé Delingette

Program Committee

M. Brady
M.-P. Cani

C. Chaillou

E. Coste-Maniere
S. Cotin

C. Davatzikos
S. Dawson

T. Dohi

J. Duncan

H. Fuchs

D. Hawkes

D. Hill

K.-H. Hoehne
R. Howe

E. Keeve

R. Kikinis

F. Kruggel

U. Kiithnapfel
J.-C. Latombe
C. Laugier

D. Metaxas

M. Miga

K. Montgomery
W. Niessen

D. Pai

J. Prince

R. Robb
F. Sachse

L. Soler

P. Suetens
N. Suzuki

G. Szekely
R. Taylor

D. Terzopoulos
D. Thalmann
M. Thiriet

J

M. Viergever
S. Warfield

Epidaure, INRIA, Sophia-Antipolis, France
Epidaure, INRIA, Sophia-Antipolis, France

Oxford University, UK

INPG, France

INRIA, France

INRIA, France

CIMIT, USA

University of Pennsylvania, USA
CIMIT, USA

Tokyo University, Japan

Yale University, USA

University of North Carolina, USA
King’s College London, UK
King’s College London, UK
Hamburg University, Germany
Harvard University, USA
CAESAR, Germany

Harvard Medical School, USA
Max Planck Leipzig, Germany
Karlsruhe University, Germany
Stanford University, USA
INRIA, France

Rutgers University, USA
Vanderbilt University, USA
Stanford University, USA
Utrecht University, The Netherlands
Rutgers University, USA

Johns Hopkins University, USA
Mayo Clinic, USA

Karlsruhe University, Germany
IRCAD, France

K.U. Leuven, Belgium

Jikei University, Japan

ETH Zurich, Switzerland

Johns Hopkins University, USA
New York University, USA

EPF Lausanne, Switzerland
INRIA, France

TIMC, France

Utrecht University, The Netherlands
Harvard Medical School, USA



Table of Contents

Invited Speaker

Measuring and Modeling Soft Tissue Deformation

for Image Guided Interventions ........... ... ... .. .. ... .. ......
David J. Hawkes, P.J. Edwards, D. Barratt, J.M. Blackall,
G.P. Penney, and C. Tanner

Session 1: Soft Tissue Models

Real-Time Simulation of Self-collisions for Virtual Intestinal Surgery
Laks Raghupathi, Vincent Cantin, Francois Faure,
and Marie-Paule Cani

Modelling of Facial Soft Tissue Growth

for Maxillofacial Surgery Planning Environments..................
Patrick Vandewalle, Filip Schutyser, Johan Van Cleynenbreugel,
and Paul Suetens

A Physically-Based Virtual Environment Dedicated

to Surgical Simulation . ........ ... ..
Philippe Meseure, Jérome Davanne, Laurent Hilde, Julien Lenoir,
Laure France, Frédéric Triquet, and Christophe Chaillou

Soft-Tissue Simulation Using the Radial Elements Method .........
Remis Balaniuk and Kenneth Salisbury

Poster Session 1

GeRTiSS: A Generic Multi-model Surgery Simulator ..............
Carlos Monserrat, Oscar Lopez, Ullrich Meier, Mariano Alcaniz,
Carmen Juan, and Vicente Grau

Simulation for Preoperative Planning and Intraoperative Application
of Titanium Implants........ ... .. ... ..
Oliver Schorr, Jorg Raczkowsky, and Heinz Wérn

Deformable Tissue Parameterized by Properties
of Real Biological Tissue ...........c.. i
Anderson Maciel, Ronan Boulic, and Daniel Thalmann

Analysis of Myocardial Motion and Strain Patterns

Using a Cylindrical B-Spline Transformation Model ...............
Raghavendra Chandrashekara, Raad H. Mohiaddin,
and Daniel Rueckert



X Table of Contents

Tracking the Movement of Surgical Tools

in a Virtual Temporal Bone Dissection Simulator .....................

Marco Agus, Andrea Giachetti, Enrico Gobbetti, Gianluigi Zanetti,
and Antonio Zorcolo

Area-Contact Haptic Simulation . ....... ... ... ... .. ... ... ... .....

Sang-Youn Kim, Jinah Park, and Dong-Soo Kwon

Integrating Geometric and Biomechanical Models of a Liver Tumour

for Cryosurgery Simulation............ ... .. . i

Alexandra Branzan Albu, Jean-Marc Schwartz, Denis Laurendeau,
and Christian Moisan

3D Reconstruction of Large Tubular Geometries from CT Data .........

Andrea Giachetti and Gianluigi Zanetti

Tetrahedral Mass Spring Model for Fast Soft Tissue Deformation .......

Wouter Mollemans, Filip Schutyser, Johan Van Cleynenbreugel,
and Paul Suetens

Invited Speaker

Surgery Simulation System with Haptic Sensation and Modeling

of Elastic Organ That Reflect the Patients’” Anatomy ..................

Naoki Suzuki and Shigeyuki Suzuki

Session 2: Haptic Rendering

How to Add Force Feedback to a Surgery Simulator ...................

Heiko Maass, Benjamin B.A. Chantier, Hiseyin K. Cakmak,
and Uwe G. Kihnapfel

Tissue Cutting Using Finite Elements and Force Feedback .............

Cesar Mendoza and Christian Laugier

Mammography Registered Tactile Imaging ............... .. .. .. ... ..

Anna M. Galea and Robert D. Howe

Realistic Haptic Interaction in Volume Sculpting for Surgery Simulation . .

Andreas Petersik, Bernhard Pflesser, Ulf Tiede, Karl-Heinz Héhne,
and Rudolf Leuwer

Invited Speaker

Capturing Brain Deformation .......... ... .. .. . i i

Sitmon K. Warfield, Florin Talos, Corey Kemper, Lauren O’Donnell,
Carl-Fredrik Westin, William M. Wells, Peter McL. Black,
Ferenc A. Jolesz, and Ron Kikinis



Table of Contents XI

Session 3: Cardiac Modeling

Left Ventricle Composite Material Model for Stress-Strain Analysis....... 218
Zhenhua Hu, Dimitris Metazas, and Leon Axel

Preliminary Validation Using in vivo Measures
of a Macroscopic Electrical Model of the Heart ........................ 230

Mazxime Sermesant, Owen Faris, Franck Evans, Elliot McVeigh,
Yves Coudiere, Hervé Delingette, and Nicholas Ayache

An Augmented Reality Approach Using Pre-operative Patient Specific

Images to Guide Thermo-Ablation Procedures . ........................ 244
Stign De Buck, Frederik Maes, Wim Anné, Jan Bogaert,
Steven Dymarkowski, Hein Heidbuchel, and Paul Suetens

Modeling of Cardiac Electro-Mechanics in a Truncated Ellipsoid Model
of Left Ventricle .. ... ... 253

Frank B. Sachse and Gunnar Seemann

Poster Session 2

Physical Modeling of Airflow-Walls Interactions
to Understand the Sleep Apnea Syndrome ............................ 261
Yohan Payan, Xavier Pelorson, and Pascal Perrier

Evaluation of a New 3D/2D Registration Criterion
for Liver Radio-Frequencies Guided by Augmented Reality .............. 270

Stéphane Nicolau, Xavier Pennec, Luc Soler, and Nicholas Ayache

In vitro Measurement of Mechanical Properties

of Liver Tissue under Compression and Elongation

Using a New Test Piece Holding Method with Surgical Glue............. 284
Ichiro Sakuma, Yosuke Nishimura, Chee Kong Chui, Etsuko Kobayashi,
Hiroshi Inada, Xian Chen, and Toshiaki Hisada

Validation of the Interval Deformation Technique for Compensating
Soft Tissue Artefact in Human Motion Analysis........................ 293

Rita Stagni, Silvia Fantozzi, Angelo Cappello, and Alberto Leardini

An Open Software Framework for Medical Applications................. 302
Erwin Keeve, Thomas Jansen, Bartosz von Rymon-Lipinski,
Zbigniew Burgielski, Nils Hanssen, Lutz Ritter, and Marc Lievin

Haptic Simulation of a Tool in Contact
with a Nonlinear Deformable Body ........... .. .. ... .. ... ... ... 311
Mohsen Mahvash and Vincent Hayward



XII Table of Contents

Patient-Specific Biomechanical Model of the Brain:

Application to Parkinson’s Disease Procedure.......................... 321
Olivier Clatz, Hervé Delingette, Eric Bardinet, Didier Dormont,
and Nicholas Ayache

Volume Modeling of Myocard Deformation with a Spring Mass System ... 332
Matthias B. Mohr, Leonhard G. Blimcke, Gunnar Seemann,
Frank B. Sachse, and Olaf Ddssel

Session 4: Patient Specific Simulators

Towards Patient-Specific Anatomical Model Generation

for Finite Element-Based Surgical Simulation .......................... 340
Michel A. Audette, A. Fuchs, Oliver Astley, Yoshihiko Koseki,
and Kiyoyuki Chinzei

Model Predictive Control for Cancellation of Repetitive Organ Motions

in Robotized Laparoscopic Surgery ............c.cooiiiiniino... 353
Romuald Ginhoux, Jacques A. Gangloff, Michel F. de Mathelin,
Luc Soler, Joél Leroy, and Jacques Marescaux

Virtual Radiofrequency Ablation of Liver Tumors ...................... 366
Caroline Villard, Luc Soler, Nicolas Papier, Vincent Agnus,
Sylvain Thery, Afshin Gangi, Didier Mutter, and Jacques Marescauz

Pathology Design for Surgical Training Simulators ..................... 375
Raimundo Sierra, Michael Bajka, and Gdbor Székely

Author Index ... .. . 385



Measuring and Modeling Soft Tissue Deformation
for Image Guided Interventions

David J. Hawkes, P.J. Edwards, D. Barratt, J.M. Blackall,
G.P. Penney, and C. Tanner

Imaging Sciences, 5" Floor Thomas Guy House, Guy’s Hospital, London Bridge

London SE1 9RT, United Kingdom
david.hawkes@kcl.ac.uk
http://www-ipg.umds.ac.uk

Abstract. This paper outlines the limitations of the rigid body assumption in
image guided interventions and describes how intra-operative imaging provides
a rich source of information on spatial location of key structures allowing a pre-
operative plan to be updated during an intervention. Soft tissue deformation and
variation from an atlas to a particular individual can both be determined using
non-rigid registration. Classic methods using free-form deformations have a
very large number of degrees of freedom. Three examples — motion models,
biomechanical models and statistical shape models — are used to illustrate how
prior information can be used to restrict the number of degrees of freedom of
the registration algorithm to produce solutions that could plausibly be used to
guide interventions. We provide preliminary results from applications in each.

1 Introduction: Image Guided Surgery Assuming the Validity
of the Rigid Body Transformation

Image guidance is now well established in neuro, otolaryngology, maxillo-facial and
orthopaedic surgery. A 3D pre-operative plan, based on images acquired before the
procedure, is registered to the physical space of the patient in the operating room.
This is usually done by establishing correspondence between a set of point landmarks
or fiducials fixed to the patient and their corresponding location in the pre-operative
images. These point locations are then used to derive the rigid body transformation
that minimizes the sum of squared displacements between corresponding points.
Alternatively we can use corresponding sets of points acquired on an accessible,
visible surface in the patient, such as the skin surface or exposed bone, together with
the corresponding surface in the pre-operative images. Palpation of points on the
surface using a tracked pointer or by triangulation using a laser beam captures the
point locations in physical space registration of these points to the surface determines
the transformation. Once registration has been established navigation proceeds by
tracking a pointer together with a tracker attached rigidly to the patient and comput-
ing the corresponding location of the pointer tip in the pre-operative plan. Trackers
can take the form of bone screws attached directly to bone for maximum accuracy
(and invasiveness), other restraining devices fixed to the skull such as the Mayfield

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 1-14, 2003.
© Springer-Verlag Berlin Heidelberg 2003



2 David J. Hawkes et al.

Clamp, rigidly fixed head bands, or dental stents or moulds rigidly attached to the
teeth or palate. A variety of graphical user interfaces (GUIs) have been devised for
display but by far the most widespread is the near real-time display of three orthogo-
nal views intersecting at the tracked pointer tip (figure 1). Surface rendered displays
are also used and various specialised GUIs have been devised to guide the use of
specific tools and instruments such as biopsy needles, rigid endoscopes and treatment
delivery systems. These navigation systems are now widely available as commercial
products, but their application is restricted to bone or structures near to or encased by
bone, where the rigid body assumption remains reasonably valid throughout the pro-
cedure.

Multimodal surgical
guidance

-

Fig. 1. Displays for image guided surgery. (Left) Orthogonal cuts through a fused 3D volume
obtained from MR, bone delineated from CT, vascular structures from MRA and tumour from
Gd-DTPA enhanced MR. (Right) A stereo pair (relaxed eye) of vascular structures derived
from pre-operative MRA taken towards the end of a deep excision to remove a meningioma as
seen through the MAGI system - an augmented reality system based on stereo projection into
an operating microscope [2].

A recent development is the use of augmented reality (AR), in which the real sur-
gical scene and information derived from the pre-operative plan are combined. This
can be done in one of two ways. In “see through” AR appropriately calibrated and
rendered views of the pre-operative plan are projected into a view of the real surgical
scene. Examples of this include the Varioscope see-through head mounted system [1]
and the MAGTI system in which images are projected view beam splitters into the
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binocular optical paths of a stereo operating microscope (figure 1) [2]. Alternatively
video images can be acquired of the surgical scene and fused with the pre-operative
plan prior to display. The advantage of the former is that the integrity of the real sur-
gical scene is largely preserved and remains in view in real-time, while the advantage
of the latter is that images are fused prior to display stopping the disconcerting effect
of the AR displays “swimming” above the real scene, albeit with a penalty of a small
time delay and some inevitable degradation of perceived quality of the real scene.
Development of appropriate AR displays remains a research issue, although these
technologies have the potential to provide navigation where it is needed and can pro-
vide an immediate feedback that navigation accuracy has been lost.

All these systems rely on the rigid body transformation remaining valid throughout
the operation. While some checking of registration against identifiable landmarks or
structures is provided in most surgical protocols, there is no immediate compensation
for any patient movement or non-rigid deformation relative to the tracker fixed to the
patient. Re-registration in the event of such motion may be feasible during certain
procedures but usually is impractical once the intervention is underway. This is the
most common cause of failed navigation in image-guided surgery.

2 Intra-operative Imaging for Guidance

Imaging taken during an intervention provides real-time feedback of any motion of
the patient and allows tracking of flexible instruments and catheters. Interventional
radiology has been available for about 50 years using X-ray fluoroscopy, which pro-
vides real-time tracking of catheters and needles relative to X-ray visible structures
such as bone and vascular structures, bile duct or ureters after the administration of
iodine containing contrast material. Ultrasound and CT fluoroscopy are used to guide
placement of biopsy needles and therapy delivery devices. Multislice CT and inter-
ventional MR can provide 3D support for interventions.

Intra-operative imaging, as long as the image sensor is carefully calibrated, pro-
vides a rich source of accurate spatial information that can be used to aid image regis-
tration during image-guided interventions. There is much more spatial information in
an image than can be gathered with a hand held pointer. Intra-operative imaging pro-
vides information on invisible, deep structures and, potentially, provides a route to
tracking motion and updating the pre-operative plan to compensate for soft tissue
deformation.

A wide range of imaging modalities can, in principle, be used in the operating
room including X-ray, ultrasound, interventional MR, CT and video.

2.1 X-ray

X-ray imaging has been available in the operating room for many years in orthopae-
dics, maxillo-facial surgery and orthopaedics. Recent advances in X-ray generator
technology, solid state detectors and digital image manipulation have improved image
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quality, increased versatility and greatly simplified the process of integration of X-ray
imaging into guidance systems.

X-ray images can be used to track the location of X-ray visible markers. A pair of
suitably calibrated X-ray views can be used top locate structures in physical space to
sub-millimetre accuracy. These locations can be used to register pre-operative images
and plan as described above.

X-ray images can also be used to locate bone structures such as the vertebrae, skull
or pelvis. Lavallee [3] has shown how aligning projections of the silhouettes of X-ray
images and tangent planes of surfaces in CT derived 3D models can achieve registra-
tion. Using the concept of the digitally reconstructed radiograph (DRR), pseudo-X-
ray projections can be generated from a pre-operative CT scan in any arbitrary direc-
tion. Registration proceeds by testing different DRR projections until there is a match
between the X-ray image and the DRR. A range of similarity measures have been
proposed for this match and we have shown that two of these - pattern intensity and
gradient difference — provide a robust and accurate method for registering vertebrae
in image guidance procedures [4].

Post operative imaging can also be used to verify surgical procedures. For example
X-ray imaging is usually used to verify prosthesis location in total hip and total knee
replacement surgery. These images can be registered in an identical way to provide
measures of the accuracy of placement of prostheses. In total hip replacement, for
example, the relative pose of the acetabular cup and the pelvis are separately deter-
mined from a pair of X-ray views and compared with the surgical plan, figure 2. [5].

Fig. 2. Overlay of a DRR from CT (left) and CAD model of acetabulum (right) illustrating how
2D-3D registration can be used to verify prosthesis placement with respect to a surgical plan

[5].

The DRR concept can also be extended to other X-ray visible structures and we
have recently shown how 3D vascular networks derived from MR angiography, CT
angiography or 3D rotating X-ray angiography can be aligned automatically with the
2D X-ray fluoroscopy images to provide 3D support in complex neurovascular inter-
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ventions such as insertion of coils in aneurysms or embolisation of feeding vessels in
arterio-venous malformations [6].

2.2 Ultrasound

Ultrasound provides a rich source of information on the structure and location of
anatomy. The technology is relatively cheap, widely available and convenient to use
in the operating room environment, but the images are notoriously difficult for the
untrained observer to interpret although image quality has improved significantly in
the last few years. The convenient size and ease of manipulation of an ultrasound
probe make it an ideal device for intra-operative guidance. The standard 2D or B-
mode probe can be tracked accurately in 3D in the same way as a tracked pointer and
careful probe calibration means that visible structures in the ultrasound image can be
located in physical space with an accuracy of about 1mm [7], [8]. The ultrasound
effectively becomes a tracked pointer that can identify multiple anatomical features
deep within the patient.

In the context of rigid body registration bone surfaces provide a very strong ultra-
sound signal and many bone surfaces are easily accessible by conventional ultrasound
from the skin surface. A-mode ultrasound has been used to locate the surface of the
skull for image guided surgery [9] and B-mode ultrasound has been used to locate the
surface of the skull, vertebrae [10], pelvis and femur. Registration accuracy is ap-
proximately 1mm, which is comparable to bone implanted markers and more accurate
than skin markers or palpation of the skin surface.

As ultrasound can also provide information on the boundaries of soft tissue struc-
tures its role extends to compensating for soft tissue motion and deformation as de-
scribed below.

The velocity of sound is not the same through all tissues, varying by 10-15% be-
tween adipose tissue (fat) and lean tissue. This will lead to in-plane distortions and
out-of-plane diffraction effects that may compromise spatial integrity of the images.
Ultrasound is also prone to signal drop out due to sudden changes in acoustic imped-
ance that might occur at tissue-bone or tissue air interfaces, resulting in acoustic
shadows cast from these surfaces away from the probe.

2.3 Optical Imaging

Optical imaging is the method of choice for tracking markers in image guided surgery
and most commercial systems are based on optical tracking devices with an intrinsic
accuracy of locating infra-red LEDs or reflecting spheres of 0.1 to Imm. Surfaces can
also be reconstructed using optical methods usually with two calibrated cameras and
a projected light pattern [11]. These surfaces are then registered to the corresponding
surface in the preoperative plan as described above using ICP or its variants.

Optical images are available from a variety of devices used in surgery including
the endoscopes and surgical microscopes. With appropriate calibration the images can
provide information on the location of structures visible during an intervention (e.g.
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the ventricles within the brain and structures visible in bronchoscopy, colonoscopy or
functional endoscopic sinus surgery (FESS)).

Recently we have proposed an alternative registration method based on the con-
cept of photoconsistency that establishes the pose of a known surface in relation to a
pair of optical images based on the fact that a Lambertian reflecting surface will have
similar brightness independent of viewpoint. The pose of the surface “most consistent
with” the two optical images is found by an optimization process [12].

2.4 Interventional Magnetic Resonance Imaging (iMRI)

Interventional MRI has the potential to provide 3D imaging during an interventional
procedure. In principle the 3D information acquired will be sufficient to guide the
procedure. In practice certain information such as contrast enhancement characteris-
tics, neuro-activation using functional MR, diffusion tensors, tissue perfusion and
accurate segmentation using atlases may be very difficult to obtain during an inter-
vention. Guidance can however be augmented by accurate alignment of pre-operative
images with intra-operative imaging. Registration is 3D to 3D and robust and accu-
rate registration methods based on voxel similarity measures such as mutual informa-
tion or its variants are available [13].

Some interventional MRI scanners are more prone to geometric distortion and al-
though the assumption is that the anatomical structures have not changed shape non-
rigid registration may be required to bring pre- and inter-operative image into align-
ment.

3 Modeling Soft Tissue Deformation
in Image Guided Interventions

All the methods described above assume that there is a rigid body transformation
between the physical anatomy of the patient at the time of pre-operative imaging and
during the intervention. This restricts application to interventions on bony structures
(ortopaedics, maxillofacial surgery) or soft tissue structures that are close to or en-
cased in bone (skull-base, neuro and sinus surgery). This excludes the vast majority
of surgical procedures that could, in principle, benefit from image guidance. Intra-
operative imaging provides a source of information on soft tissue structures. How can
this information be used to guide interventions?

In the last few years there has been significant progress in non-rigid registration,
i.e. automating the non-rigid alignment of 3D datasets. These algorithms require a
very large number of degrees of freedom in describing the transformation between
pre and intra-operative image space in order to be able to compensate both for local
deformation and large-scale tissue motion. For example an algorithm that we have
devised and found to be useful in a wide range of non-rigid 3D to 3D registration
tasks is based on free form deformation defined by an array of node points defining a
set of approximating B-splines. For a typical node spacing of 10mm and a field of
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view of 250mm by 250mm by 200mm this corresponds to over 14,000 degrees of
freedom. Many 3D images provide sufficient information to drive such a registration.
The algorithm has been used successfully to align serially acquired time sequences of
volumes of the breast [14] and liver in the study of the dynamics of contrast en-
hancement following administration of Gd-DTPA.

The algorithm has also been used to align pre and post-operative images of the
brain acquired in an interventional MR system in the study of brain deformation dur-
ing surgery, so-called brain-shift [15]. Unfortunately this and similar algorithms are
extremely computationally demanding. On a single machine registration can take
many hours and only become a practical proposition for interventional work on very
large multi-processor supercomputers that are unlikely to be available for routine
image guidance work for the foreseeable future.

In addition intra-operative information from images rarely comprises a completely
sampled 3D volume. X-ray imaging provides a 2D perspective projection, standard
tracked B-mode ultrasound provides a set of discrete slices whose relative position is
known but is likely to sample only a small proportion of the volume of interest, opti-
cal images only record visible surfaces.

In order to use this information to update the pre-operative plan to compensate for
soft tissue motion and deformation we need additional information. In effect we need
to decrease the number of degrees of freedom of the non-rigid transformation of the
plan to the intra-operative image. We propose a number of ways this might be done
using recent advances in statistical shape modeling, biomechanical modeling and
motion modeling of structures that move cyclically due to respiratory or cardiac mo-
tion.

The rest of the paper will describe methods and applications, all work in progress,
to illustrate our approaches.

3.1 Motion Modeling

Respiratory and cardiac motion are cyclic and to some extent predictable. It is their
predictable nature that allows gated image acquisition protocols to produce good
quality images although image acquisition times may be long compared with respira-
tory or cardiac cycles. However, the accuracy of image guided interventions using
pre-operative imaging in the heart, lung, liver and other abdominal organs are se-
verely limited by organ motion and deformation.

In recent work we have shown how non-rigid registration technology can be used
to align series of images taken over the breathing cycle to generate a 4D motion
model of the heart, lung and liver from CT or MR [16] [17]. There are a number of
strategies available to compensate for respiratory motion. Images can be taken very
quickly, for example using echo planar imaging in MR. They can be taken at a series
of individual breath holds spread over the breathing cycle. The acquisition can be
gated to particular stages of the breathing cycle using external bellows attached to the
patient or, in the case of MR, using navigator echoes placed over the diaphragm.
These images are aligned and the motion of landmarks from the resulting deformation
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field is used to build the motion model. Landmarks can either be placed on seg-
mented structures such as surfaces and the location propagated using the deformation
field determined by non-rigid registration [18] or the node points used in the registra-
tion can provide the motion model [19].

Figure 3 shows an example of this process for the liver over the breathing cycle.
These models are 4 dimensional although the 4" dimension is only a parametrisation
of true time, i.e. a parametrisation of a trajectory through shape space over the breath-
ing cycle. The time “scale” is neither fixed nor uniform as the breathing rate and
amplitude can vary significantly.

Fig. 3. Template at maximum exhale (top left) is registered non-rigidly to 5 volumes acquired
over the breathing cycle to generate a breathing motion model of the liver.

We are using this technology to develop applications in improving the accuracy of
radiotherapy treatment of the lung and in improving the accuracy of ultrasound guid-
ance of ablation of liver metastases.

Image Guided Ultrasound Ablation of Metastatic Disease in the Liver

Radio frequency ablation of liver metastases provides an alternative to liver resection
in the treatment of primary and secondary liver disease, with metastatic spread from
colon and bowel cancer a significant source of fatal liver disease. Lesions are visible
in contrast enhanced CT and most interventionists use CT to guided ablation by in-
serting needles that carry laser or radio frequency energy for thermo-ablation or re-
frigerants in cryoablation. We propose an alternative scheme in which CT is used to
plan a procedure and ultrasound to guide ablation.
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First we collected breath-hold MR volumes of 7 volunteers at 6 different stages of
the breathing cycle from maximum inhale to maximum exhale. The 3D T1 weighted
MR volumes encompassed the whole liver volume with a voxel size of 1.33mm x
1.33mm x 10.0mm and each took approximately 40 seconds to acquire. Analysis of
these images showed displacements of the liver of up to 28mm over the breathing
cycle with non-rigid deformations of 4.3mm (RMS) and 14.1lmm (max). We gener-
ated patient-specific statistical shape models from the coordinates of surface points
generated on one image which were propagated to the five other images using non-
rigid registration. We generated a point distribution model (PDM) [20] from these
point coordinates and fitted the weights of each mode of variation of the PDM to a
polynomial function of position in the breathing cycle. These models were used as
priors in a Bayesian formulation and the registration algorithm was extended from the
6 parameters of rigid body registration to 7 parameters where the 7" is the position in
the breathing cycle [21][22]. Initial results were promising and showed TREs of less
than 8mm as judged by displacement between hand-picked points on the liver surface
in the ultrasound images and the nearest surface points from MR. This was the first
time that a model of breathing motion had been used to constrain non-rigid registra-
tion from many thousands of degrees of freedom to just one extra degree of freedom,
representing position in the breathing cycle. We also demonstrated how the registra-
tion process could be split into an initial rigid body component, using several ultra-
sound images, followed by a tracking component consisting of a single parameter
search using just one ultrasound image.

This algorithm was still based on alignment of the surface of the liver and, al-
though displacements of surface points after registration were small, closer examina-
tion of true TREs showed significant errors. We therefore developed a volume-based
rather than surface-based registration method. We compared two motion models
derived directly from the displacement of the control point grid generated by the non-
rigid registration algorithm. One of these was a PDM as described above and the
other was a direct polynomial fit to the displacement of the control points. We tested
the resulting algorithms using data from four additional MR volumes spanning the
shallow breathing cycle for each of five volunteers. These additional MR volumes
were not used to generate the motion model. Slices were extracted from these MR
datasets to simulate ultrasound at orientations corresponding to typical ultrasound
slices. Voxel-based registration was then performed using cross correlation as the
similarity measure. While both motion models performed well, the single-parameter
model was more robust when reduced data was used. Using just a single US slice,
registration succeeded in all but one of twenty cases, with RMS TRE values over the
whole liver ranging from 2.9mm to 12.5mm.

Encouraged by these results we have recently incorporated an automatic alignment
tool based on maps of vessel probability into the non-rigid registration algorithm
constrained by the single-parameter motion model. This has produced excellent re-
sults on three volunteers who have had tracked ultrasound images acquired of their
liver. No gold standard exists for these datasets but results showed that only two of
thirty registrations failed to produce a good visual alignment of MR and US features.
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Figure 4 shows corresponding MR and US slices before and after compensation for
soft tissue deformation using the motion model.

Fig.4. A single ultrasound slice (left of each pair) of a volunteer aligned automatically to the
corresponding slice of an MR volume (right of each pair) assuming rigid-body motion only
(left) and after alignment using the non-rigid breathing model (right). Note that the vascular
structures and liver outline are much more accurately aligned using the breathing motion
model.

Breathing Motion Correction of Radiotherapy Treatment Plan and Delivery
Person-specific motion models of the lungs were constructed using a voxel-based
image registration technique to co-register a number of images acquired throughout
the breathing cycle. Anatomic features were identified from the apex to the dome of
the diaphragm on high-quality MRI volumes acquired using respiratory bellows to
gate image acquisition. The reference image was automatically aligned to each of a
sequence of rapidly acquired free-breathing MRI scans. The resulting affine trans-
formations were used to transfer the landmarks from the reference image to the corre-
sponding positions in the images throughout the rest of the cycle. Lung motion mod-
els were formed for four volunteers. Displacement of landmarks at the lung apex was
in the range 2.5 - 6.2mm from inhale to exhale during shallow breathing. In all vol-
unteers the magnitude of displacement was greater at the lung base measuring 7.7 -
16.0mm [17]. Work is now in progress to generate motion models during free breath-
ing using EPI MR.

3.2 Biomechanical Modeling

We have shown how biomechanical models based on finite element methods can
predict deformation in a highly mobile and deformable structure such as the female
breast. We have shown previously that our non-rigid registration (NRR) algorithm
[14] can produce visually plausible compensation for soft tissue deformations that
occur during contrast enhanced dynamic MR volume acquisitions. To validate this
method we constructed finite element models (FEMs) on 5 patients, imposed plausi-
ble artificial deformations and used the NRR algorithm to retrieve these artificial
deformations. The average registration error over the whole breast was less than
0.5mm [23]. We have validated our FEM against tracking of visual landmarks on 3
volunteers and have found that the FEM, given appropriate boundary conditions,
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could predict the deformation of natural structures to within about 2mm [24].
Interestingly the accuracy of the FEM was remarkably independent of the precise
form and biomechanical parameters of the model.

This work suggests that we could use biomechanical models to constrain NRR.
Work is in progress to explore how this might be done with applications in the align-
ment of images of the liver, breast and brain.

We have shown how we can use non-rigid registration to propagate an accurately
defined mesh from a brain atlas to an individual’s MR scan and hence use this model
to propagate deformations that occur during placement of cortical electrodes during
surgery for epilepsy [25].

3.3 Statistical Shape Modeling

In certain circumstances an anatomical shape can be parametrised by a relatively
small number of parameters with sufficient accuracy for image-guided surgery. One
way to do this is to form Principle Component Analysis of the locations of corre-
sponding points on a training set. Such a Point Distribution Model [20] can provide a
compact description of a shape and its variation across a population. We can use this
technology to both reduce the number of degrees of freedom in non-rigid registration
to account for soft tissue deformation (as described above for the liver example) but
also to reconstruct a reasonably accurate 3D model of the shape. In certain circum-
stances this might be sufficiently accurate for image-guided interventions. This con-
cept has been exploited recently in orthopaedic surgery [26] [27] whereby X-ray
imaging is used to instantiate 3D models of the vertebrae and pelvis for image guided
orthopaedic surgery.

We have developed a system to use ultrasound to instantiate and register a statisti-
cal shape model of the femur, again for orthopaedic surgery [28]. A statistical shape
model is created by registering, using NRR, a set of 10 CT scans of femurs and using
the resulting deformation field from the NRR to propagate a set of surface points.
Principle component analysis is undertaken on this set of points. The intersection of
ultrasound images with the bone surface of a cadaver femur immersed in water was
extracted from a set of calibrated and tracked B-mode ultrasound images. These data
is used to instantiate the shape model for this particular instance. Using 5 modes of
variation the residual RMS error over the points used in the model was 1.9mm. RMS
error after registration of this model to a CT scan of the femur yielded a residual error
of 4.0mm. Although currently too high for clinical use these results are very promis-
ing and point the way to the use of ultrasound in orthopaedics to both instantiate a 3D
model with recourse to CT scanning and registration of that model to guide the inter-
vention.

Important problems remain to be resolved, not least the effect of abnormalities in
bony anatomy that may well be the reason for the surgical intervention in the first
place. The surgeon is usually attempting to reconstruct bony anatomy to be as close
as possible to the normal pre-disease configuration. So this may be less of an issue
than might first be thought. Another important issue is how specific the model should
be and how many examples should be used to generate it. Almost all work to date has



12 David J. Hawkes et al.

used of the order of 10 examples. Should separate models be generated for left and
right, male and female, different ethnic groups or even different age groups or can all
variation be usefully contained within one model.

Work is in progress to extend these concepts to other bony structures and other or-
gans such as the liver, lungs and brain.

4 Conclusions and Discussion

In this paper we have discussed the limitations of the rigid body transformation in
image-guided interventions. We have shown how intra-operative imaging using a
wide range of technologies can provide a rich source of intra-operative spatial infor-
mation. If image guidance technology is to find application outside the brain and
away from bone then methods must be found to compensate for soft tissue deforma-
tion before and during an intervention. Classic non-rigid registration methodologies
are too slow and poorly constrained for this task but we have shown above how we
can constrain registration by using additional information. We have presented three
examples of how this might be done using constraints derived from models of breath-
ing motion, knowledge of the biomechanics of the tissue and knowledge of variation
in shape across the population.

With this technology and efficient implementations we predict that there will be a
dramatic increase in the range of interventions in which guidance incorporating pre-
operative information can be brought to bear. As we use different types of informa-
tion in the guidance process and information processing becomes more complex,
checks of integrity of the guidance information provided become more difficult as the
intervention proceeds. As this technology is introduced we must have effective vali-
dation strategies in place to confirm the robustness and accuracy of our technology.
In addition we must devise effective quality assurance procedures to give the inter-
ventionist or surgeon faith that the spatial information provided is indeed valid at all
the different stages of an intervention at which guidance is required.
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Abstract. The context of this research is the development of a peda-
gogical surgery simulator for colon cancer removal. More precisely, we
would like to simulate the gesture which consists of moving the small
intestine folds away from the cancerous tissues of the colon. This paper
presents a method for animating the small intestine and the mesentery
(the tissue that connects it to the main vessels) in real-time, thus enabling
user-interaction through virtual surgical tools during the simulation. The
main issue that we solve here is the real-time processing of multiple col-
lisions and self-collisions that occur between the intestine and mesentery
folds.

Keywords: Surgical simulators, physically-based animation, soft tissue
modeling, collision detection and response

1 Introduction

Enabling surgeons to train on virtual organs rather than on a real patient has
recently raised a major interest for the development of pedagogical surgery sim-
ulators. Such simulators would be particularly useful in the context of minimally
invasive surgery, where learning the right gestures while observing results on a
screen causes major difficulties. The long term aim of this research is the devel-
opment of a virtual-reality based simulator for minimally invasive colon cancer
removal. Here, as the patient is resting on his back (Fig. [I]), the small intestine
is positioned just above the colon region, thus hiding the colon beneath. This
requires the surgeon to interact with the intestine (by pulling and folding it)
so that he can operate on the colon without any constraint. Hence, our aim is
to simulate the behavior of the intestine when the surgeon is practicing in the
virtual surgical environment. Note that the current scope of this research work
does not include the simulation of the removal of the cancer itself.

The intestinal region of a human body is characterized by a very complex
anatomy. The small intestine is a tubular structure, about 4 meters long, con-
strained within a small space of the abdominal cavity, resulting in the creation of
numerous intestinal folds. This is further complicated by a tissue known as the
mesentery which connects the small intestine to the blood vessels. The mesen-
tery suspends the small intestine within the abdominal cavity, at a maximal
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Fig. 1. Position of the small intestine when the patient is lying on his back.
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Fig. 2. Anatomy showing the intestine (duodenum, jejunum and ileumn) and mesentery.

distance of 15 cm from the main vessels [I] (Fig.[). Our challenge is to detect
the collisions and self-collisions occurring in the intestinal region and to provide
a realistic response at interactive frame rates.

Section [ describes the earlier works in the area, focussing on the main tech-
niques for efficient collision detection and response. Section Bl describes our ge-
ometrical and mechanical models of the small intestine and the mesentery. We
then describe our collision detection method and our novel approach for provid-
ing response in Sect. @ This is followed by results in Sect.[H and conclusions in

Sect. [Bl

2 Related Work

Recently, numerous researchers have focussed on the efficient simulation of de-
formable models [ABIITITHITOITA23]. Several of them relied on adaptive, multi-
resolution techniques for reaching real-time performances for complex volumetric
bodies [4J5J9JT5]. In particular, some of these techniques were successfully applied
to surgery simulators [SQT6IT7I2225]. In all these works, volumetric deformable
bodies were simulated either in isolation, or were interacting with a single rigid
tool, enabling the use of very specific techniques for collision detection and re-
sponse, such as methods based on graphics hardware [19].

The problem we have to solve here is different: as will be shown in section [3]
no volumetric deformable model will be needed since the intestine and the mesen-
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tery can be represented as a 1D and 2D structure respectively. Accordingly, a
simple chain of masses and springs were used by France [12[13] for simulating the
intestine. France used a grid-based approach for detecting self-collisions of the
intestine and collisions with its environment. All objects were first approximated
by bounding spheres, whose positions were stored, at each time step, in the 3D
grid. Each time a sphere was inserted into a non-empty voxel, new colliding pairs
were checked within this voxel. Though this method achieved real-time perfor-
mances when the intestine alone was used, it failed when a mesentery surface
was added.

A well-known technique for accelerating collision detection consists of ap-
proximating the objects by a hierarchy of bounding volumes [BJGIT424128]. Tt
enables to quickly get rid-off most not-intersecting cases. In particular, thanks
to the tight-fitting volumes used, the OBB-trees [14] are known as the best rep-
resentation for detecting collisions between volumetric rigid bodies. The hierar-
chies can be recursively updated when the objects undergo small deformations.
However, this is not suitable for intestine-mesentery interaction where, even a
small local deformation can cause a large movement of the folds. This creates a
global deformation at large scale, which prevents the hierarchy from being effi-
ciently updated. An alternate multi-resolution method, based on layered shells,
was recently presented by Debunne [10]. It is well-suited for collision detection
between deformable objects since the shells themselves are deformable struc-
tures extracted from a multi-resolution representation of these objects. Though
suitable for volumetric deformable bodies, this method will not be appropri-
ate for intestine and mesentery, since the time-varying folds cannot easily be
approximated at a coarse scale.

Finally, Lin and Canny [18] exploited temporal coherence by detecting colli-
sions between convex polyhedra by tracking pairs of closest vertices. These pairs
were very efficiently updated at each time-step by propagating closest distance
tests from a vertex to its neighbors. Debunne [10] adapted this technique for
detecting collisions between his volumetric layered shells very efficiently. Since
these shells were neither convex nor rigid, a stochastic approach was used at
each time step to generate new pairs of points anywhere on the two approaching
objects. These pairs were made to converge to local minima of the distance, dis-
appearing when they reached an already detected minimum. Our work inspires
from this idea of stochastic collision detection exploiting temporal coherence. It
has been adapted, in our case, to the specific processing of multiple collisions
and contacts between the intestine and the mesentery folds.

3 Modeling of the Intestinal System

3.1 Geometric Model

As shown in Fig. 2] the mesentery is a folded surface membrane, approximately
15 cm thick, which links the small intestine, a long tubular structure 4 m in
length, to the main vessels of 10 cm length. Since the mesentery cannot be de-
veloped onto a plane, setting up its initial geometry free of self-intersections, is
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Mesentery

Intestine

Fig. 3. Initialization of the geometric model of the intestine and the mesentery.

quite difficult. We solved the problem by approximating a possible rest position
for the intestine as a folded curve lying at the surface of a cylinder of radius 15
cm. The axis of the cylinder, 10 cm in length, represents the main vessels. The
folds are drawn on the cylinder such that their total length is 4 m (Fig.[3]). Then
the mesentery can be defined as the surface generated by a set of non-intersecting
line segments linking the cylinder axis to the curve. Though this initial geometry
is too symmetric to be realistic, it gives adequate local geometric properties to
the mesentery membrane. This will enable the system to take correct arbitrary
positions when animated under the effect of gravity. The geometry of the in-
testine is defined by creating tubular surface of radius 2 cm along its skeleton
curve. The thickness of the mesentery membrane, which can be parameterized
based on patient-specific data, was set to 1 cm.

3.2 Mechanical Model

The mechanical model representing the mesentery and its bordering curve, the
intestine, should allow large displacements with local, elastic deformations. For
animation, we used a simple mass-spring system since most of the computational
time will be required for self-collision detection. Since the mesentery has a much
larger length (4 m near the intestine) than thickness (15 cm near the vessel), we
sampled it by four sets of 100 masses each, connected by damped springs. The
last set of masses requires no computation since they are attached to the main
vessels, requiring only 300 masses to be integrated at each time step. No specific
model is needed for the intestine since it can be simulated by adjusting the masses
and stiffness values along the first bordering curve of the mesentery surface
(depicted as a darker curve in Fig. H]). To increase robustness and efficiency, we
relied on the integration method recently proposed by Lyard [20].
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Fig. 4. Network of masses and springs used for the mechanical model.

4 Real-Time Collision Processing

4.1 Collision Detection

Our method for real-time collision detection exploits temporal coherence as
in [TOJT8], i.e., to track the pairs of closest points between the colliding bod-
ies. The main differences here are: (1) the interacting objects have a tubular
(intestine) and a membrane structure (mesentery), and (2) most collisions will
be self-collisions between different folds of the same body. We first explain the
collision detection method for the intestine alone, and then explain the mesentery
case.

Collision detection between cylinders can be processed by computing the
closest distance between their axes [I1], and comparing it to the sum of their
radii. For intestine, computing the distance between two segments is done by
considering the distance between their principal axes. Then, we store the nor-
malized abscissa (s,t) (0 < s < 1,0 <t < 1) of the closest points within the
segments, and the corresponding distance dy;pn.

Adapting the notion of “closest elements pairs” to this skeleton curve means
that we are willing to track the local minima of the distance between non-
neighboring segments along the curve (Fig.[H ). Of course, only the local minima
satisfying a given distance threshold are of interest to us. We call these pairs of
segments as “active pairs”. Each active pair is locally updated at each time step,
in order to track the local minima, when the intestine folds move. This is done
by checking whether it is the current segment pair or a pair formed using one
of their neighbors which now corresponds to the smallest distance. This update
requires nine distance tests (Fig. B, and the pair of segments associated to the
closest distance becomes the new active pair. When two initially distant active
pairs converge to the same local minimum, one of them is suppressed. The pair
is also suppressed if the associated distance is greater than a given threshold.

The above process tracks the existing regions of interest but does not the de-
tect new ones. Since the animation of the intestine may create new folds nearby,
a method for creating new active pairs of segments is needed. Our approach is
inspired from the stochastic approach of [I0]. At each time step, in addition to
the update of the currently active pairs, n additional random pairs of segments,
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Fig. 5. Tracking of local minima of the distance between non-neighboring segments.

Fig. 6. Update of closest segment pairs of two adjoining intestinal folds.

uniformly distributed between the end-points but under the distance threshold,
are generated. The update of these extra active pairs is similar to the update
of the existing local minima, i.e., they are made to converge to a local distance
minimum, the pair elements moving from a segment to one of its neighbors,
and disappearing when an already detected minimum is reached. The complex-
ity of the detection process thus linearly varies with user-defined parameter n.
At each time step, collision detection consists in selecting, among the currently
active pairs, the pairs of segments which are closer that the sum of their radii.
Reaction forces, described in the collision response section, will then be gener-
ated between these segments.

For the mesentery, the total number of segments to be considered during each
time-step is very large for real-time computation. Hence, we use the following ap-
proximation to reduce the complexity of the problem. First, since the mesentery
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Fig. 7. Collision response by displacement-velocity correction.

is very thin and soft compared to the intestine, self-collisions of the membrane
will almost have no effect on the overall behavior of the system. Hence, we neglect
the testing of these collisions and only consider the pairs of segments from the
intestine or pairs with one intestine segment and one non-neighboring mesentery
segment.

Secondly, we use adaptive convergence to reduce the large number of distance
computation required in this case. We first replace the first segment S; of the
pair (S1,S2) by its closest neighbor S to Sy (S is Sy if all neighbors are farther
than S5). We then update S by replacing it, if needed, by its neighbor which
is the closest to S. This update requires 12 distance computations at most (i.e.,
when one segment belongs to the intestine, and the other to the inside of the
mesentery). When a collision is detected, a recursive search starts across the
neighbors to find all the colliding pairs in the area.

4.2 Collision Response

We initiate the response whenever the distance between the two segments is
less than the sum of their radii. The earlier approaches such as penalty method
[2/27] and reaction constraint method [2TJ26] implemented collision response by
altering the force matrix in the mass-spring method. In our simulations, we
observed that the stability of the system was reduced when we applied penalty
and constraint methods.

Our new method alters the displacements and velocities of the two collid-
ing segments in such a way so as to avoid interpenetration. Let the end-point
velocities of segment Sp l/ae Vi apd vy and that of segment Ss be vll and vlg
respectively. Let X1, X2, x; and x, be the corresponding positions. Let v and v
be the velocities of the closest approaching point within each segment (already
stored in the neighborhood data structure) and x and x be the positions of the
closest points (Fig. [7).
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If s and t are the normalized abscissa of the closest points on the two segments
we have:

v=_(1-5)vi+ svy v = (1-— t)v/1 + tv/2 (1)

Let two forces per time-step, f and f'(= —f), be applied along the direction of
collision u to cause a change in the velocities such that the relative velocities
along the direction of collision is zero. These forces should set the new velocities

Vnew and v, to values satisfying the condition:

’

(Vnew - vneu))'u =0 (2)

The force f acting on the point of collision can be split between the end-points
according to their barycentric coordinates. Expressing the new velocities in terms
of the force and old velocities at the segment end-points yields:

Vyewl = V1 + (]- - S)fu View2 = V2 + Sfu

(3)

/

Viewl = V1 +(1—t)fll View?2 :V2+tfu

Again, expressing the new velocity of the colliding point v, in terms of the
end-point velocities Vyew1 and Views:

Vinew = (1 - S)Vne'wl + SVnew2

=v+((1-5)?2+s%)fu @

Similarly for segment Ss:

’ ’

Voew =V — ((1 - t)2 + tQ)fu (5)

Substituting the new velocity values from (@) and (B)) into (2) and solving for f,
we have:
(v —v)u

L G By s (6)

Using this value of f, we compute the new velocities of the end-points from (3.
We use a similar formulation for correcting the positions of colliding segments.
The only difference is in the condition for avoiding interpenetration, which takes
the segment’s radii » and 7’ into account:

’

(Xnew — Xpe)- U =1+71" (7)

The force value g to change the positions in order to enforce the above condition,
is then:

(x—x)u+r+7r
1—s)24+s2+(1—1t)2 412

9= (8)

g is used for modify the positions X,cw1, Xnew2; X new1 and X ,ewo of the segments
end points using similar expressions as in (3)).
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Fig. 8. (a) and (b) Snapshots of the simulation of an isolated intestine. (c) and (d)
Plot of the active pairs of segments compared with the pairs from the O(n?) method.

5 Results

5.1 Validation

In order to compare the effectiveness of this method, we developed a simple
testing methodology for case of the intestine in isolation. We would like to know
if our algorithm detects all the regions of collisions. To do so, we compared our
method with a naive O(n?) approach (i.e., do a check of all possible pairs to
detect all the active collision regions). So, we let the simulation run and took
snapshots of the model during different time intervals (Fig. [Ba and [Bb). At the
same time, we also collected data on the segment pairs (index values) stored
in the neighborhood data structure. We carried out this procedure for both
the methods. During the simulation, the mass points were resting on a plane.
Figures Bb and [Rd plot the values of the active segment-pair indices for the
two configurations (all segments under the distance threshold in the case of the
O(n?) detection). Results show that since our method only tracks local minima
of the distance, it considers much fewer segments (Table[Il). They also show that
all regions of interest are adequately detected, i.e., there are no colliding folds
with no detected local minima, as depicted in Fig. Bb. The corresponding plot in
Fig. Bd shows an increased density of points in the local minima region, thereby
indicating that it has been detected by the algorithm. The resulting animations
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(a) The system in its initial state with the intestine represented by the curve along the
cylindrical surface edge and the mesentery by segments connecting it to the cylinder
axis.

(b) The intestine has reached a more plau-  (c¢) The intestine makes a loop around the
sible shape. mesentery (medically unrealistic).

Fig. 9. Snapshots from our real-time simulator of the intestinal system.

Table 1. Running time (in ms) for both the methods.

Number of segments Time (ms)
Our method O(n?)
50 10 30
100 17 120
200 27 473

also showed no interpenetration with realistic collision response. The figure only
shows the collisions detected by the converging pairs. Once a pair converges to
a collision, the recursive propagation ensures that all the collisions of a collision
region are detected. Our method can detect all the regions of collisions at 30
Hz on a PC. Comparing with the O(n?) method, this method uses a relatively
small number segment-pairs and is hence a lot faster.

5.2 Qualitative Results

Snapshots from the real-time animation of the intestinal system including both
the small intestine and the mesentery are depicted in Fig. @ Note that realistic
rendering is not our concern here. Our displacement-velocity method for collision
response produces highly stable simulations.

As a companion to this paper, a dynamic real-time demonstration of our re-
sults is available at: http://www-imagis.imag.fr/Membres/Francois.Faure/papers
/intestine/index.html.
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6 Conclusion

We have developed a model which can accurately determine all the active regions
of self-collisions in the intestine and the mesentery. We have also developed a
method for providing realistic and stable collision response. Our models run at
interactive frame rates which can be used in a virtual surgical environment.
Future work will include the incorporation of these algorithms in the in-
testinal surgery simulator developed by our collaborators in Lille [T2[13], thus
enabling the use of convincing geometric coating, texturing and rendering of the
organs, in addition to the use of a force-feedback device for user-interaction.
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Abstract. When maxillofacial surgery is proposed as a treatment for a
patient, the type of osteotomy and its influence on the facial contour is
of major interest. To design the optimal surgical plan, 3D image-based
planning can be used. However, prediction of soft tissue deformation due
to skeletal changes, is rather complex. The soft tissue model needs to
incorporate the characteristics of living tissues.

Since surgeon and patient are interested in the expected facial contour
some months after surgery when swelling has disappeared, features spe-
cific to living tissues need to be modelled. This paper focusses on mod-
elling of tissue growth using finite element methods. This growth is in-
duced by stress resulting from the surgical procedure. We explain why
modelling growth is needed and propose a model. We apply this model
to 4 patients treated with unilateral mandibular distraction and compare
these soft tissue predictions with the postoperative CT image data.

Keywords: soft tissue modelling, maxillofacial surgery simulation

1 Introduction

The soft tissue model explained in this paper fits into our framework of 3D
image-based planning systems. This planning environment adheres to a scene-
based approach in which image derived visualizations and additional 3D struc-
tures (external to the medical image volume) are co-presented and manipulated.
This environment includes tools for osteotomy simulation and distraction simu-
lation [T].

Because of the high impact of distraction therapy on the patient’s face, pre-
diction of the soft tissue deformation is highly desirable. Therefore, our planning
system also includes a soft tissue model of the skin (i.e. the dermis and the un-
derlying structures like fat and muscles).

Fung [2] reports on the biomechanical properties of living tissues. Skin tissues
are called quasi-linear viscoelastic materials, meaning that these tissues show
creep, relaxation and hysteresis when applying large oscillations around equilib-
rium, but the characteristics can be well approximated with linear viscoelasticity

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 27-37 2003.
© Springer-Verlag Berlin Heidelberg 2003
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applying small oscillations. However, this modelling implies demanding compu-
tations which are in this application area unrealistic. Moreover, this model de-
scribes the biomechanical behavior of soft tissues during a short time interval
and not the deformations due to e.g. persistent stress over a longer time.

Different approaches have been investigated to model soft tissues. Teschner
et al. describe a multi-layer spring model [3], resulting in short simulation times.
However no extended validation study is published. The meshing step, based on
the approach of Waters [4], is rather tedious and error-prone. Koch et al. [5],
Chabanas et al. [6] and Gladilin et al. [7] use finite element methods to model skin
tissue. Koch describes skin tissue as an incompressible elastic tissue. Chabanas
adds a muscle activation model to animate the face. Gladilin applies a nonlinear
elastic model.

In this paper, we develop a finite element model incorporating growth. In
section Bl we explain why it is important to incorporate growth in the model
by validating a basic linear elastic model. In subsection 23] we explain how we
have extended this basic model with a growth component. Simulation results for
4 patients are shown in section Bl After a discussion of these results (section H),
concluding remarks finish this paper (section ().

2 Methods

2.1 Basic Model

Our research for an accurate model for maxillofacial surgery planning starts from
a linear elastic soft tissue model which is based on the mechanical equilibrium
equations

150 n OTay 4 0Ty
Ox y 0z
OTyy  Ooyy  OTy,
ox + dy + 0z
0Ty, 0Ty, 00,

+

ox Jy + 0z =0

+F,=0

+F, =0 (1)

With 04y, Oyys Oz, Tays Twz, Ty» the stress components and F(F,, Fy,, F,) the vol-
ume forces.

The material properties are introduced into these equations through the con-
stitutive equations relating stresses and strains. The soft tissue is modeled as a
homogeneous, linear and elastic material, such that we can use Hooke’s law:

Oun 1-v v v 0 0 0 €xa

Oyy v 1—-v v 0 0 0 €yy

Ozz | _ FE v v 1—v 0 0 0 €z -D
T | T AE(A-2) | 0 0 0 52 0 0 | |w|TT70C
Tyz 0 0 0 0 =2 o0 Yyz

Tew 0 0 0 0 0 =] |7
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with strain components €., €yy, €22, Yoy, Voz) Vyz, Young’s modulus E and Pois-
son coefficient v.

If we define {X} as the initial configuration at time ¢y and x = x(X, t) as the
description of the point X at time ¢, the displacement vector u can be defined
as x = X 4 u. The Green-Lagrange strain tensor relates the strains € to the
displacements u: € = %(Vu + Vul + VuTVu). We linearize this equation to
e =3(Vu+ Vul).

These equations are discretized using a 3D finite element method. The contin-
uum is modeled as a tetrahedron mesh. For the interpolation between the nodes
we use a basic linear, Cy continuous shape function using 4 nodes for each tetra-
hedron [8]. The partial differential equations are reduced to a set of linear equa-
tions for the vertices of the tetrahedron mesh: KU = R with K = fv BTDBAV,
€ =Bu=[B,;B, B;B;Ju and

- ON,, -
ox 0 0
ION,,
0 0 IN,,
By = | on. oN. G (3)
dy ox
0 0N7YL 8N7YL
0z 0
aNm, 0 9 m
L 0z ox

for the 4 tetrahedron vertices (m = g, r, s,t) with shape functions N,,.
The stiffness submatrix K¢ is computed for each pair of 2 nodes m and n
of an element 4. It can be computed from the shape function and the material
properties as K! = BLD'B,V? with V¢ the volume of tetrahedron i. The
global stiffness matrix K for the entire model can then easily be assembled from
all these element stiffness matrices K? .

The derived set of equilibrium equations is constrained by a set of Dirichlet
boundary conditions. They force certain displacements to a fixed value. In our
facial model there are 2 types of such boundary conditions. First there are the
displacements at the border between bone and soft tissue, prescribed by the
planned bone displacements. The other boundary conditions are obtained from
the assumption that the soft tissue above the eyes and behind the ears will not
be affected by the surgery and can thus be supposed to have a fixed position.
These Dirichlet boundary conditions can be easily introduced in the equations,
as they can all be formulated as tu =r.

In this first model there are no volume or body forces defined on the tetra-
hedron mesh. This means that R = 0, except for the values introduced by the
boundary conditions.

2.2 Validation

In the development of a soft tissue model for surgery planning it is very im-
portant to be able to see how closely an approximation matches the real post-
operative situation. This is the only way to make a good comparison between
two implementations and to see if the approximation goals are reached.
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(a) (b) (c)
Fig.1. (a, b): Color-encoded differences between the real post-operative image
and the planned image with the basic model. The color scale covers the interval
[-10mm ...10mm]. (c): Histogram of the distances between the predicted and the real
post-operative image.

A procedure also has to be validated with data from different patients. This
is needed to make sure that the procedure works not only for one specific patient
record, but gives good results for any patient.

Procedure.

1. 4 months after surgery, the patient gets a CT scan. This post-operative CT
scan is rigidly registered to the pre-operative CT data, using maximization
of mutual information [9] on an unaltered subvolume as registration method.
From these co-registered post-operative data, a surface representation of the
skin is generated using the Marching Cubes algorithm [10].

2. Next, a skin surface is created from the pre-operative CT image using the
same algorithm.

3. This pre-operative surface is deformed according to the results of our FEM
computations. We then have a planned post-operative surface of the skin.
This can be compared with the real post-operative surface as they are both
registered to the same pre-operative data.

4. For the vertices of this planned post-operative surface the closest distance
to the real post-operative surface is computed and visualized using color-
coding. For this coding the normals to the surface are used. They are set to
the exterior of the skin surface. When the normal to the real post-operative
surface intersects the planned surface in the positive direction, green colors
are used for positive values. When it intersects the planned surface in the
negative direction, the errors get red colors and negative values.

This results in an easily interpretable image of the errors over the entire
surface (figure [ta,b).

5. In a last step we discard the positional information and an error histogram
is made from all the differences (errors) between planned and real post-
operative data (figure [Ilc). Because we would like all errors to be zero, the
ideal histogram is a Dirac pulse d. Therefore the average error p and the
standard deviation ¢ need to be as small as possible.
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(b)

Fig. 2. Comparison between predicted and real post-operative facial skin envelopes.
(a) Predicted post-operative image (The “wrinkle” you notice, is the result of a fix-
ation bandage applied during the acquisition. This should be avoided during the CT
examination); (b) Real (registered) post-operative image.

Validation of the Basic Model. We use this procedure to validate the results
with the basic model. Figure[2 shows a direct comparison between the predicted
(planned) post-operative image and the registered real post-operative image. It
is very difficult, even nearly impossible, to make a good comparison between
these two images as they are represented here. Therefore, it is more effective
to display the differences between the predicted and the real data according to
steps 4 and 5 of the validation procedure (see figure [I]).

From this histogram we can see that the average error is negative, showing a
"lack of material’. If we analyze the error image (figure[d) and derive positional
information (which has disappeared in the histogram), it is clear that mainly
in the parts with high stress due to the displacements (close to the bone dis-
placements), large negative errors occur. In these areas the basic model cannot
predict reality sufficiently.

2.3 Soft Tissue Growth

Model Improvement. When using the basic model, a relatively large residual
error is found in the area with large tissue stress (mainly the boundary between
displaced and fixed tissue). From Fung [2] and Rodriguez [11] we know that
soft tissue will grow under stress conditions. As we try to model the soft tissue
envelope about 4 months after surgery, it is very important to include this tissue
growth into the model.

As a hypothesis, we state that tissue growth can be modeled as an inter-
nal volume force in the tetrahedra, similar to the force caused by a thermal
expansion. We replace the previous R = 0 by a term

R = / B Dao ouwindV. (4)
14

with 0 growtn the growth stress and a a stability factor (see 2Z3). 0 growtn is a
new degree of freedom, which is introduced to fully control the growth. It is a
stress induced by the growth process.
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k=5 ) k=10 ) k=20

Fig. 3. A cube is stretched to the left and to the right, and the resultlng stress in the
cube causes growth with different equilibrium states for kK = 0,5, 10 and 20.

The tissue growth is caused by the stress introduced by the bone displace-
ments. Therefore we can state that o growen is the sum of the stress due to the
displacements (oq) and some extra stress o, generated by the growth process
itself (which is induced by the initial displacement stress o 49). Therefore we can
8y O growth = 04+ 04(040). We assume that oy = koo if 040 >0and oy, =0
otherwise. k is the parameter which determines how large the soft tissue growth
has to be (figure B)). We then have the following formulation:

R = / B Dao rouwindV (5)
|4

= / B'Da(o;+ a,)dV (6)
.

= / B 'Da(oq + koa)dV (7)
v

These equations cause the tissue model to grow in an iterative process, which is
described in the next paragraph. Iterations are made until an equilibrium state
is reached, which happens when o3 = —ko 49 if g0 > 0 and o4 = 0 otherwise.

Iterative Procedure. To initialize the iterative process, the stresses introduced
by the bone displacements are computed. During the first iteration, these stresses
are used to compute the ’growth’ forces. When the resulting displacements from
this first iteration are computed, the remaining stresses are computed again. In
the subsequent iterations we always use the stress remaining from the previous
iteration to compute 4. In this way the residual stress in the soft tissue model
is reduced in every iteration until the stresses (and thus also the growth per
iteration) is smaller than a certain threshold value.

Stability Factor «a. In order to keep the iterative growth process controlled
and stable, a stability factor @ was introduced in the volume force term R. This
factor guarantees a safe and stable evolution of the element stresses towards
their equilibrium values. a = 0.0005 is a good value for «, as can be derived
from figure [, where the number of iterations needed for convergence is plotted
for different values of . For values of @ > 0.0006 the growth process diverges
and no stable equilibrium state can be reached any more.
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Fig. 4. The number of iterations needed for growth convergence is plotted for different
values of . The optimal value (14 iterations in this case) is reached for o = 0.00045
to 0.0005.

Parameter Values. The material parameters E and v for living soft tissues
are hard to measure in practice and they are not described in literature. Young’s
modulus F is not important for our application, as it appears once in all terms
of the equations and can thus be removed from the equations. Contrary to this,
the Poisson coefficient v has a larger implication on the soft tissue deformation.

Good values for this coefficient v and for the growth parameter k can be
obtained through an analysis of the error values obtained from the validation on
different patient data. The average error and the standard deviation for different
values of v is shown in figure Bt(a,b), and the same is done for different values
of the growth parameter k in figure B}(c,d).

We analyzed the parameter values on the data of 4 different patients and we
noted that the optimal values for the different patients are very close to each
other. From this we state that these values for the Poisson parameter v and the
growth parameter k can be used for any arbitrary patient. The parameters (k,
v) are optimal for (k = 20, v = 0.25).

3 Results

We illustrate this method for 4 patients suffering from unilateral microsomia. All
these patients have been treated with intraoral unilateral mandibular distraction.
The distraction device had two degrees of freedom: unidirectional translation and
angular rotation.

Using the validation procedure we described earlier, we compare the re-
sults obtained with the improved model to the results obtained with the ba-
sic model. Predictions resulting from both methods are compared with the real
post-operative image. The error distances are shown in figure



34 Patrick Vandewalle et al.
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Fig. 5. Mean and standard deviation of the error distribution over a patient’s complete
face of the predictions for different values of the Poisson parameter v and growth
parameter k.

Although the approximation is still not exact, it can immediately be seen
that the prediction for the right cheek is much better in the extended model.
This can also be seen in the histogram plot for the two error images (figure[%a).
The mean error p = —0.57 and the standard deviation ¢ = 1.43 both have
smaller values than for the basic model (¢ = —1.05, o = 2.17) and thus make a
better approximation of the Dirac pulse §.

As was indicated in the description of the validation procedure, the new
method then needs to be validated on data of different patients, to make sure
the results are also better in an arbitrary case. For this goal, the simulations
were run with both the basic and the improved model on the data of 4 different
patients. The error histograms compared to the real post-operative images were
put together and averaged (figure [Ttb).

The results are less remarkable (because of the averaging operation), but it is
still clear that the results with the improved model have errors (when compared
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(a) Errors using the basic model (b) Errors using the model includ-
ing tissue growth (k=20)

(c) Errors using the basic model (d) Errors using the model includ-
ing tissue growth (k=20)

Fig. 6. Color-encoded differences between the real post-operative image and the
planned image with the basic model (left) and with the extended model including
tissue growth (right). The color scale covers the interval [-10mm . ..10mm].

to the real post-operative images) which are more centered around 0 (1 = —0.06
compared to u = —0.55) and have a smaller standard deviation (¢ = 2.15
compared to o = 2.66) than when the basic model is used.

4 Discussion

An important goal of maxillofacial surgery planning is to give the surgeon and
the patient an accurate idea about what the face will look like as a result of the
surgery. People are interested in a prediction of the facial outlook when swelling
etc. has gone. They want to know what the patient will look like a few months
after surgery, on the long term.

Therefore we need to incorporate long-term tissue behavior - like tissue
growth - into the model used. Because of the large stresses induced by surgery,
soft tissue grows considerably and has a large effect on the facial skin surface.

The validation results show the improvements made to the soft tissue model
by including tissue growth. This definitely increases the accuracy by which max-
illofacial surgery can be modelled. On the other hand, the validation also revealed



36 Patrick Vandewalle et al.

average error histogram for predictions with and without growth
T T T T T

0.3

T
— basic model — no tissue growth
— ‘model

Improved — _tissue growth

0.2+

0.1+

eror distance error (mm)

(a) One patient (b) Average of 4 patients

Fig. 7. Histogram data, comparison between the basic model and the extended model
(growth parameter k = 20).

that there are still relatively large areas in which the skin surface is modelled
incorrectly.

The type of improvements to be made in an next step is not a simple question.
Most people can easily say whether two faces are different (even with small
differences) or not, but have difficulties to point the differences. In a similar way
we see that our models are still not precise enough but it is difficult to find the
refinements needed to make this last step.

Intuitively a first refinement could be made by discriminating muscles and fat
as different soft tissue types with different characteristics. A next challenge will
then certainly be to determine the characteristics of those different soft tissue
types, as they are still largely unknown.

The boundary conditions form another field where important improvements
could be made. It would be very useful to know precisely if the soft tissue next
to the displaced bone elements stays fixed to it, or what happens exactly. And
which parts of the soft tissue do not deform given a certain type of osteotomy?
These are all questions which are still unanswered, but which can dramatically
influence the quest for facial soft tissue models.

5 Conclusion

We developed a new soft tissue deformation prediction model for maxillofacial
surgery planning. Starting from a simple, linear elastic 3-dimensional finite ele-
ment model, a new model was constructed which includes the soft tissue growth
during the months after surgery. An extensive validation procedure was also de-
veloped, which enabled us to objectively compare results with different methods.

The results obtained with this new model including tissue growth show a
significant improvement over the results without tissue growth. The planned
post-operative images match the real post-operative images much better now,
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making the surgery planning more useful to surgeons and patients. But before
they can be really applied in practice, some further refinements still need to be
made, as proposed in the discussion.
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Abstract. In this paper, we present a system dedicated to the simulation of vari-
ous physically-based and mainly deformable objects. Its main purpose is surgi-
cal simulation where many models are necessary to simulate the organs and the
user’s tools. In our system, we found convenient to decompose each simulated
model in three units: The mechanical, the visual and the collision units. In prac-
tice, only the third unit is actually constrained, since we want to process colli-
sions in a unified way. We choose to rely on a fast penalty-based method which
uses approximation of the objects depth map by spheres. The simulation is
sufficiently fast to control force feedback devices.

1 Introduction

Physics can greatly enhance realism in virtual environments and is necessary in sur-
gical simulations. Whereas systems for manipulating rigid bodies exist (and some are
marketed'), no system, to our knowledge can handle together different deformable
models such as tissue, finite elements, mass/spring nets and particles. Surgical envi-
ronments require the use of very different models to represent both the biologic tissue
(organs, membranes, fluids such as blood or water) and the tools (bag, thread).

We intend to design a flexible environment able to simulate the bodies required in
a simulation. Two main problems appear. First, we have to unify all the models in a
common interface for the simulation to process them transparently. Second, we have
to deal with Collision Detection (CD) between models in a unified way, in order to
avoid all specific couples of different colliding models.

Besides, since practionners use both visual and haptics feedbacks during an opera-
tion, the surgical tools in a simulator are generally dotted with actuators to provide
haptic sensation. Consequently, the simulation must be adapted to the high refresh
rate of haptic devices (typically 300-1000Hz).
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This paper is organized as follows: After a state of the art of physically-based
models and collision detection in section 2, our three-unit model is presented in sec-
tion 3 and our collision detection in section 4. We show in section 5 the implementa-
tion and the results. In section 6, we discuss about the alternative of using special
effects instead of physical simulation, and we conclude.

2 Previous Work
2.1 Previous Work on Physically-Based Models

In the field of surgical simulation, many models are based on the Finite-Element
Method (FEM) [6][27][23][2][31], sometimes focused on the surface element [3][16].
The challenge here is to reduce the inner complexity of the FEM in order to make the
resolution in real-time. Continuous models also include dynamic splines [26][13]. A
second family, called “discrete” models or particle systems can also handle a large
variety of bodies. Not only elastic bodies [8][21], but also fluids, clay or smoke can
be reproduced [20] whereas continuous methods provide non real-time computations.
Some models including Finite Difference Methods [10] and Mass/tensor systems [7]
[24] try to conciliate the relative efficiency of mass/spring systems and the fidelity of
the continuous models to the reality.
Discrete and continuous models only differ by the way that the equation are com-
puted, but result in the same system:
—d2x =
Md—+Dd—+K(X)X R (D)
dr? dt

where x is the position or displacement vector of the node coordinates, M the gen-

eralized mass, D the damping and K the rigidity matrices. To avoid the integration
of this time-dependent differential equation, only the static component of the equa-
tions can be considered:

K(x)x=R ?)

The result does not reproduce dynamic phenomena such as movement or friction,
but the system is less complex to solve and the result is stable. This stability is desir-
able, but the lack of dynamic phenomena can sometimes penalizes the realism of the
simulation. We thus decided to rely on both static and dynamic models.

2.2 Previous Work on Collision Detection

Whereas CD between rigid bodies has been well studied over the past years, comput-
ing the collision reponse between general deformable bodies remains an issue. As
stated by Fisher et al. [12], no physical theory can today decide how two general
deformable objects will deform under contact. Instead, penalty-based methods [22]



40  Philippe Meseure et al.

which apply forces to prevent interpenetration are well adapted. We should only
ensure that the detection phase occurs at a high rate and objects do not move too fast
to prevent objects from going through one another.

Nevertheless, penalty-based methods require a measure of the intersection zone.
Many algorithms focus on the overlap computation of two polyhedra but are re-
striected to convex cases [30]. Kim et al. [18] used the graphics hardware to compute
a global penetration depth between non-convex polyhedra, but this method is still
time consuming and remains incompatible with deformable bodies. Another approach
relies on the depth map of the bodies [12], but its current computation time is still
prohibitive.

To speed up CD, Bounding Volume (BV) and in particular spheres are often used.
It is indeed very fast to know if two spheres intersect [15] and their overlap depth is
also computed easily. They have been intensively used for bounding distance and
penetration between non-convex objects, in a hierarchical way [17] [25]. Another
interest of spheres is that they do not require any orientation and only their position
has to be updated during movement.

3 The Generic Physically-Based Model

Since our system is intended to handle various physically-based models, a generic
description for simulated bodies is needed. The geometric and mechanical require-
ments are often opposite. On one hand, the geometric part needs a lot of vertices for a
highly detailed representation. On the other hand, the mechanical part should be sim-
ple enough to ensure a real-time computation. A usual solution to the opposite re-
quirements of visual and mechanical representations is to skin a simple mechanical
model with a complex geometric representation. For instance, Cani used implicit
surfaces [4] whereas Chadwick relied on Free-Form Deformations [5]. The main idea
is to build a rich visual representation over a simple mechanical model. This gives the
appearance of complexity even if the underlying model is coarse.

Mechanical

Position;
Visual Collision
Unit Unit
Positions ollision
Forces
v
Display Environment

Fig. 1. The 3-unit generic description and its working principle

However, if geometric complexity is desirable for the visual representation, it must
be avoided for CD purpose, since this phase is known to be time-consuming. That is
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why we have to rely on a decomposition of the bodies into three units: the mechanical
unit, the visual unit, and the collision unit. The decomposition of a body into three
units are presented on Fig. /. The mechanical part provides the geometric part with
positions? to allow it to compute the object shape, and the same information is pro-
vided to the collision unit to detect overlap with the other objects. Then, the collision
unit feeds the mechanical unit with the necessary collision forces.

The master part of this generic model is the mechanical unit. It is responsible for
the computation of equations of motion, which can be static or dynamic. Dynamic
equations require an integration phase where the positions and velocities are com-
puted from the applied forces. We rewrite equation (1) in the Cauchy form as:

N M R-Dv-Kxx)
dax
— =V
dr

All the degrees of freedom (positions and velocities) of the simulated bodies are
grouped together in a state vector y. All the implemented models i are asked to pro-
vide a function f, (acceleration and velocity computations) such that:

dy,;
2=yt 4
& (y;»0) )

These ODE can be solved by various explicit integration schemes. Nevertheless, to
guarantee the convergence and stability of the ODE solving, implicit integration
scheme is often recommended [1]. Unfortunately, the implicit Euler requires to solve
a non linear system. Since the usual Newton method is not fast enough, we rely on
the Broyden method which is fast to solve non linear systems [14].

Care must be taken for the third unit which is responsible of all the interactions be-
tween the bodies of the simulation. For our generic model, a unified CD must be
found. It is described in the next section.

4 Collision Detection and Depth Evaluation

We chose to base our penetration depth computation neither on polyhedra nor poly-
gons. Instead, we found convenient to use spheres to represent the volume of the
bodies. Similarly to [12] and [11], we compute a scalar function for each object
which characterizes the depth of a point inside the object. This field is then approxi-
mated by summing elementary depth maps generated by spheres (see Fig. 2). Since
this construction is too slow to be performed at run time, it is only applied on unmov-
able or rigid bodies in the preparation phase. For each deformable model, an appro-
priate construction method has to be found. If a volumetric body is decomposed into
tetraedra for its mechanics, the collision model is obtained by surrounding each tet-

2 And velocities, in specific cases.
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raedron with a sphere. For 2D body, we only sample the surface with a sufficient
number of spheres (the sampling can be adaptive) (See Fig. 3.).

Fig. 2. A uterus modeled with 110 spheres ~ Fig. 3. Sampling of a tissue with about 500
spheres

During each simulation step, all the object spheres are put in a regular grid [29]:
Only spheres in the same cell are checked for interpenetration. By checking spheres
of the same body, this kind of CD can deal with self-collisions very easily. Several
optimizations have been used such as time-stamping techniques to avoid emptying
the grid or to prevent from generating the same colliding sphere couple twice. More-
over, the spheres of the unmovable bodies are put in the grid once for all, at the be-
ginning of the simulation. Though not implemented yet, it would be convenient to use
a hierarchical grid, to take into account various sphere radii.

Object A

Fig. 4. The colliding spheres and the generated forces between two objects

The previously seen method generates a list of colliding spheres. A collision be-
tween two bodies will generally induce several sphere overlaps. A local spring is then
inserted between colliding spheres, which generates on their centers a force propor-
tional to the interpenetration. Each body is submitted to the sum of all the forces
acting on its spheres (see Fig. 4). This collision processing scheme has been adapted
to design an intermediate model for the control of haptic devices. More details can be
found in [9].
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5 Implementation
5.1 Architecture of the System

The previous sections presented the fundamental ideas of our simulation testbed,
called SPORE (Simulation of Physically-based Objects for Real-time Environments).
It is implemented in C++ and operational on different platforms (Windows/Unix).

In order to be as flexible as possible, SPORE relies on a minimal kernel in charge
of all common processes, which include the integration of ODE, collisions and link-
ing constraints (we use springs for such constraints). Apart from the kernel, a collec-
tion of physically-based models is proposed. Fig. 5 shows the software architecture.
The bodies are grouped in three main categories:

1. Unmovable bodies: These objects cannot be moved, but can prevent objects from
moving as they become obstacles. We can take benefit of this property in CD.

2. Active bodies: The position of these bodies are controlled by the user in a straight-
forward way.

3. Passive bodies: These objects are animated by the physical laws. They are called
passive because they only undergo and react to external constraints and cannot
move on their own.

The process of the kernel lies in the following simple loop:

while (not_done) ({
forall active bodies get their position
detect collisions
forall colliding spheres
compute collision response
forall linking constraints compute their forces
forall active bodies
compute their force feedback
forall passive objects
sum their forces
compute accelerations and velocities
Integrate the state vector ODE
Compute the new state vector of the system

5.2 Results

We have tested a number of mechanical bodies in our system, in the framework of a
lapararoscopic surgical simulator for gynaecology. We currently simulate rigid bodies
(see Plate 1), fluids as particles with Lennard-Jones interaction (see Plate 3), 2D
mass/spring nets (see Plate 2), volumetric bodies with a deformable surface [21] (see
Plate 4), dynamic splines [19] (see Plate 5). The computation time of a simulation
loop is shown in Table I: These times have been measured on a 1GHz Pentium III
(see http://www lifl.fr/~meseure/SPORE for videos).
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Collection of autonomous Kernel
physically-based models

. Integration - Constraints
Position Active Unmovable Passive Collisions
sensors || Bodies Bodies Bodies

Force feedback Display
devices

Fig. 5. Architecture of the SPORE environment

Table 1. Simulation times of various objects including CD with the tools and the environment.

Rigid Fluid Mass/ Deform- 1D dyn. 2D dyn.
Body spring | able body Spline Spline
1ms 2ms 4ms 2ms 8ms 16ms

These times include the mechanical simulation and all the collisions of the scene
(including tools and camera). The implicit integration scheme is always chosen ex-
cept when it is useless (for fluids for instance). On Plate 6., we show the simulation
of an intestine in the abdominal cavity. We also control laparoscopic forceps with
force feedback.

6 Physical Simulation vs Special Effects

All the algorithms used in our library have been optimized to provide the most effi-
cient simulation. However, the computation time tends to be prohibitive as the simu-
lation becomes more complex. We have found convenient for some complex phe-
nomena to use only visual effects instead of heavy physical simulations. For instance,
we use textures to represent the coagulation steam, since the simulation and the visual
representation of smoke is generally very time-consuming. For sucking up the blood
and other liquids, we do not actually simulate the fluid flow, but instead we only
discard some particles of the model. Other tools such as clamps are not physically
simulated as well.

We are searching for some criteria allowing us to decide between a special effect
and a physical simulation. For instance, if a phenomenon does not imply behavioral
alterations of the surrounding bodies, it can be only represented visually. However, if
a realistic behavior is crucial, a physically-based approach is necessary.

7 Conclusion

In this paper we have presented an environment which enables the simulation of
various deformable bodies. It handles the mechanical behavior, the visualization and
the interaction between bodies through a decomposition of models in three units. Our
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library provides a powerful tool to design surgical simulators. We are currently work-
ing on adding volumetric objects such as finite difference and/or finite element mod-
els. We are specially interested in multiresolution to trade-off between accuracy and
computation time.
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Abstract. This paper introduces the Radial Elements Method — REM
for the simulation of deformable objects. The REM was conceived for the
real time, dynamic simulation of deformable objects. The method uses a
combination of static and dynamic approaches to simulate deformations
and dynamics of highly deformable objects. The real time performance of
the method and its intrinsic properties of volume conservation, modeling
based in material properties and simple meshing make it particularly
attractive for soft tissue modeling and surgery simulation.

1 Introduction

Physically based simulation of deformable objects is a key challenge in Virtual
Reality (VR). A major application area for this research is the simulation of bio-
materials. Physical modeling of biomaterials has a broad range of applications
ranging from understanding how soft and hard tissue respond under loading, to
patient-specific planning of reconstructive procedures, to the training of surgical
skills, and much more. Real-time interaction with these models is necessary in or-
der to impose conditions of interest, to examine results and alternative solutions,
to learn surgical procedures by performing them in simulation. Modeling the
biomechanics of muscles, tissues, and organs is intrinsically a computationally
difficult undertaking - doing so at haptically real-time rates requires significant
computational resources and algorithmic finesse. The development of sufficiently
real-time modeling of biomaterials is a topic of intense interest to a worldwide
research community, and methods to simulate deformable materials are at the
center of this research.

1.1 State of the Art

A number of methods have been proposed to simulate deformable objects ranging
from non-physical methods, where individual or groups of control points or shape

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 48-[58 2003.
© Springer-Verlag Berlin Heidelberg 2003



Soft-Tissue Simulation Using the Radial Elements Method 49

parameters are manually adjusted to shape editing and design, to methods based
on continuum mechanics, which account for material properties and internal and
external forces on object deformation.

Simulation methods can be classified as Dynamic or Static. Dynamic methods
simulate the time evolution of a physical system state. The bodies are assumed
to have mass and energy distributed throughout. Differential equations and a
finite state vector define each model. Numerical integration techniques approx-
imate the system state (position and velocity) at discrete time steps. In static
methods equilibrium equations or closed form expressions describe the system
and these equations are solved to find a static solution at each time step. In
static and quasi-static methods the time and the system state are usually not
considered (e g spring-only models respond immediately to load change). For
a more comprehensive and accurate simulation of deformable objects a state-
based approach should be used, given the significant internal dynamics of the
deformable media, as well as the dynamics of the movements (translations and
rotations) of the object in space. Nevertheless, static and quasi-static methods
can be useful in applications where the objects deform but do not move, or move
slowly, and the deformable media is highly damped. If the problem permits, a
static solution seems more attractive than a dynamic one. Dynamic solutions
usually pose various problems, which depend on the type of method used.

For a survey of deformable modeling in computer graphics the reader is
referred to [4]. Other methods are the “Finite Elements and Condensation” [12],
“Geometric Nonlinear FEM” [6], “Boundary Element Method” [5] and “Space
and Time Adaptive Sampling” [3]. Some examples of medical simulators are [9)
and [10].

The REM is an evolution of some concepts we introduced on a previous
method, the LEM - Long Elements Method. The LEM approach [1] [2] intro-
duced two new concepts to the simulation of deformable objects: the meshing
based on long elements and the combination of static and dynamic approaches
to simulate the same object. The long element (Fig. [l ) is an elastic spring. It
has the geometry of a deformable slender rod, defined by its length and the area
of its cross-section. The meshing of an object using long elements reduces the
number of elements on the model in one order of magnitude for the same gran-
ularity if compared to a standard tetrahedral or cubic meshing. Deformations
are simulated using the static solution while movements in space, energy and
gravity are simulated separately on a dynamic engine. Large deformations that
rapidly change the entire shape of the object can be stably simulated in just one
time step because of this separation.

2 Method Presentation

Both the LEM and the REM are based on a static solution for elastic deforma-
tions of objects filled with uncompressible fluid. The volumes are discretised on
a set of long elements (Fig. ), and an equilibrium equation is defined for each
element using bulk variables. The set of static equations plus the Pascal principle
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Fig. 1. Long element.

and the volume conservation are used to define a system that is solved to find
the object deformations and forces. The forces obtained are then integrated to
simulate movement.

2.1 Static Solution

The static deformation engine simulates the long element as a mass-less linear
spring, defined by its length, area and elasticity. These values are defined for
each element based on the material properties of the simulated media [I1]. An
equilibrium equation is defined for each long element relating its stress (internal
and external pressures) to its strain, or deformation (change in length). The
static equilibrium condition states that the forces, or pressures, inside the el-
ement should be equal to the external forces, or pressures, applied externally:
Pt = Pegy.

The external pressure P.,; on the surface is affected by the atmospheric
pressure and by the stress when an elongation exists, so Pyt = Pyt + s. For
small applied forces, the stress s in a material is usually linearly related to its
deformation (its change in length in our long elastic object). Defining elasticity
E as the variable relating stress and the fractional change in length: AL/L, it
is possible to write: s = EAL/L

The internal pressure (P;,;) is formed by the pressure of the fluid (without
gravity) and the effect of the gravity acceleration (g), so: Pint = Priyia + dgh
where h is the distance between the upper part of the fluid and the point where
the pressure is calculated and d is the density of the fluid. From the last three
equations, a continuous equation can be obtained as:

EAL/L — AP = dgh (1)

where AP = Pyyia — Patm.

Another external pressure to be considered comes from contacts between the
object and its environment. To obey the action-reaction law, at the points on
the object surface in contact with the environment the pressure applied to the
external contact and to the object must have the same magnitude. It means
that the external pressure P.,, applied by the contact must be equal to P.,, =
P..t — Pin¢. For the elements corresponding to these points a term is added to
the right side of equation [Tt

EAlJl — AP = dgh + P, (2)



Soft-Tissue Simulation Using the Radial Elements Method 51

External contacts can also be modeled as displacements imposed to some
surface vertices. The deformation AL is defined by the penetration of the contact
in order to make the surface follow the contact position (y). In this case the
equation [I] can be rewritten as:

AL = y. (3)

To simulate an object its volume is filled (meshed) using long elements and an
equilibrium equation is defined for each element based on the stated principles.
To make the connection between the elements two border conditions are applied:

1. Pascal’s principle says that an external pressure applied to a fluid confined
within a closed container is transmitted undiminished throughout the entire
fluid. Mathematically:

AP; = AP; for any i and j. (4)

2. The fluid is considered incompressible and consequently the volume conser-
vation must be guaranteed when the object deforms. The volume dislocated
by a contact will affect the entire object instantaneously. To implement the
volume conservation one equation is added to the system, stating that the
sum of the deformations of all long elements (the changes in lengths) must be
0: Zf\il A; Al; = 0 where N is the total number of elements. This equation
ensures a global conservation of volume defined by the whole set of elements.
Note that a controled increase or decrease of the volume of the object can
also be simulated by defining the desired volume change at the right side of
this last equation.

The surface tension also affects the external pressure on the elements. De-
formations cause a change on the object surface area, even if its volume is kept
constant. This change creates forces on the surface generating a surface tension.
One of the effects of these forces on a deformable object is to make the con-
tours of the surface smoother. To reproduce these forces due to the change in
the surface area we include linear elastic connections between neighbor elements
coupling their changes in length. A number of terms will be added to the right
side of the equation of the external pressure corresponding to the neighborhood
considered around the element. These terms are of the form P = F/A = kx /A,
where x is the difference in deformation between an element and its neighbor
and k is a local spring constant. For a given element ¢ the term relating its
deformation to the deformation of its neighbor j is: k;;(Al; — Alj)/A;.

Equations 2l @l and the superficial tension equation define the final equation
for an element i. Considering a typical configuration with 6 neighbors j; to jg:

(Ei/ll‘ + GkAZ)AZZ — kAZ(Aljl + ...+ Alja) — AP =d;gh; + Pepa, (5)

where the superficial spring constant k& was done constant for all elements to
make easier the notation.



52 Remis Balaniuk and Kenneth Salisbury

Fig. 2. REM meshing.

The equilibrium equations (& and Bl) plus the volume conservation equation
define a typical numerical problem of type A.x = B. A is a sparse matrix and
the system is solved using standard numerical methods to estimate the inverse
matrix A~!. The system always has a solution. If we limit the use of equation
Bl to a fixed set of points (usually points attached to some sort of internal or
external frame) and unless some topological change occurs during the simulation,
the system needs to be solved just once. The vector of deformations x can be
estimated multiplying the vector of external pressures and gravity B by A~!.
B is always defined and it is obtained based on collision detection between the
object and its environment and the orientation of the object in space.

2.2 Meshing Geometry

The REM meshing is based on a spherical geometry (see section [2.3)). Fig.
shows the meshing of a 3D object. The mesh is based on radial elements, starting
at the object’s center of mass and ending at the surface of the object. The
extremities of the elements define the surface vertices, that are connected to
form triangles defining the rendering surface. Meshing based on radial elements
was used previously on other simulation methods as in [7] and [§].

The radial elements are an extension of the concept introduced by the long
elements. Instead of deforming just by changing its length, the radial element can
also deform by rotating as a torsional spring. The radial element can be defined
as a 3D vector, having magnitude and orientation. Four deformation values are
simulated for each radial element, corresponding to a change in length and 3
scalar angular displacements (Euler angles). The changes in length are estimated
by the static method presented in section[2Il The rotations are simulated using
the method presented at section 4l The initial length and orientation of each
radial element is defined by a spherical meshing algorithm . Using the radial
elements we are able to simulate complex deformations, caused by normal and
tangential forces applied to the object.

2.3 Meshing Algorithm

The meshing algorithm is very simple and straightforward. A surface model of
the object is supposed to be known. A central point inside the object must be
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Fig. 3. Breast modeled using the REM at different resolutions.

chosen. To be physically correct it should be the object’s center of mass, but the
choice of any point close to the geometric center of the volume will not cause
significant differences on the simulation. The granularity of the model needs to
be defined as well. The volume will be “sliced” to define the radial elements and
the number of slices determines the number of radial elements and consequently
the resolution of the model. The right image on Fig. [2] shows the slices used to
mesh the liver. The total number of radial elements created will be n? —n where
n is the number of slices. To distribute the radial elements around the center
homogeneously we use the following algorithm:

// ’center’ and ’direction’ are vectors
// ’center’ and ’slices’ were chosen beforehand
steps = (slices/2)-1
for( i=0; i<= steps; i++) {
anglel=i*0.5%Pi/steps;
direction.x = sin(anglel);
for(j=0;j<= (steps-i)*4 ;j++) {
angle2=j*0.5%Pi/(steps-1i) ;
direction.y = sin(angle2)*cos(anglel);
direction.z = cos(angle2)*cos(anglel);
// shootlLine draws a line from ’center’ on
// the direction of ’direction’ and returns
// the distance from ’center’ to the object’s surface
length = shootLine (center , direction);
new radialElement (center, direction, length);
if (i>0) {
length = shootLine (center , -direction);
new radialElement (center, -direction, length);

3

Fig. Bl shows the meshing of a model of the breast in 3 different resolutions.
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2.4 Torsional Deformations

The radial elements are now treated as torsional springs. The rotations of the
elements are caused by the tangential forces been applied to the object. Typically
a force vector F' applied to a point at the object will be decomposed in force
vectors applied to the closest radial element. A first decomposition of the force
vector defines the normal force that will stretch or compress the element: F - p
where p is the unitary orientation vector of the radial element. The torque vector
is obtained by T' = F'xr where r is the moment arm defined by the radial element
(3D vector having magnitude defined by the length of the element).

Torsional springs generally follow the constitutive law: T = KO, where T is
the applied torque, K is the stiffness of the spring and © is the angular displace-
ment (in radians) of the spring. To enforce continuity, neighbor radial elements
are linked by linear elastic connections coupling their rotations. A torque is cre-
ated when the rotations of two neighbors are not the same. To consider this
coupling torque a number of terms are added to the right side of the torsional
spring equation corresponding to the neighborhood considered around the ele-
ment. For a given element 4 the term relating its rotation to the rotation of its
neighbor j is: k@,](@z — @])

Considering the typical configuration with 6 neighbors j; to jg the final
equation describing the rotational spring ¢ is:

Ki%Oi+ ki j,(0i — 05,) + ... kij(0i — Ojs) =T, (6)

External contacts can also be modeled as rotations imposed to some radial
elements. The rotation ©; is defined by the position of the contact in order to
make the surface follow the contact position (y). In this case the equation Bl can
be rewritten as:

Oi=Ny—-C)—p (7)

where C is the center of the mesh, N() returns the normalized unitary vector for
a given input vector and p is the unitary orientation vector of the radial element.

Torques and angular displacements are vectors. For each element the equa-
tions[f or [ define 3 scalar equations, one for each Euler angle. The system defines
a typical numerical problem of type A.x = B. A is a sparse matrix and the sys-
tem is solved once using standard numerical methods to estimate the inverse
matrix A7L. If we limit the use of equation [ to a fixed set of points and unless
some topological change occurs during the simulation, the vector of rotations
x can be estimated multiplying the vector of scalar torques and scalar imposed
rotations B by A~!. Each radial element obtains 3 scalar angular displacements,
from 3 different equations, corresponding to the rotations about each of the 3
axis of its reference frame.

In summary, the deformation engine consists typically of 2 matrix X vector
multiplications that in one time step of the simulation estimate the changes in
length and the 3D rotations of all radial elements having as input vectors of
pressure and torques being applied to the object.
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2.5 Dynamic Solution

This method chooses a simplified approach to handle the dynamics of the de-
formable objects. One single point is considered, corresponding to the center of
the radial mesh. This choice strongly simplifies the simulation and ensures sta-
bility, even at low update rates. Translations, rotations, velocity, gravity, energy
and mass can be simulated, although some other dynamic phenomena, as viscos-
ity, cannot. To simulate the dynamics of the mesh the same mass-less elements
used by the deformation engine are simulated as energy-storing elements. Elastic
potential energy due to compression, stretching or rotation is simulated to cre-
ate forces and torques and to derive a state for the simulated object. The radial
elements are now modeled as dynamic springs attached to the object center of
mass. These springs are relaxed when the solid is not touched (not deformed).
The deformation of a radial element creates a force and a torque at the center
of mass. The forces are created by the changes in length of the element and the
torques by its rotations.

The force due to each element has magnitude given by F; = K;AL; on
the direction of the element. The spring constant K; depends on its length:
K; = A;E;/L;. E; is the elasticity of the element. The total force being applied
to the object at one time step is the sum of all forces applied by the elements
to the center of mass. This force is integrated on time using an explicit method
to estimate the translations of the object in space. The mass of the object is
supposed to be known.

The tangential forces applied to the object create a torque at the center of the
mesh, causing the whole object to rotate. The sum of the torques applied by the
radial elements at the center of mass defines the object’s torque that is integrated
to define angular acceleration and velocity for the object. The moment of inertia
of the object is estimated considering that each radial element define a slender
rod pivoting at its end. So its moment of inertia is defined as I = 1/3ML?,
where M is the mass of the element and L is its length.

The total mechanical energy of the object is defined by F = E. + E, + E,
where E. is the elastic potential energy stored as a result of the deformations
of the radial elements, £, is the gravitational potential energy defined by the
height of the object, and Ej, is the kinematic energy defined by the translational
and rotational motion energy of the object. The total energy of the object is
controled to ensure the stability of the simulation.

2.6 Results and Future Directions

A non-optimized prototype of the REM was implemented. On a dual Pentium III
2.0 GHz desktop PC one iteration of the simulation loop takes about 0.05 seconds
for a 800 elements mesh. Fig. Bl shows some examples of deformable objects,
simulated with REM, being touched through a haptic interface. The breast was
implemented using a set of radial element attached to a fixed frame (the back
of the model) while the other elements (the front) are free. The fixed elements
have their length and orientation imposed by the position and orientation of
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Fig. 4. Deformable objects simulated with REM.

the frame, while the free elements are deformed by external pression applied
through the haptic interface. The 3 balls on a box show how the method can
stably simulate persistent contact between the object and its environment.

Many aspects of our approach remain to be explored. The study of the errors
added by the first order approximations and linear elements is necessary in order
to define to what extent is it possible to mimic a given material. Comparisons
between the REM and other existing methods in terms of speed in accuracy
are needed. We are currently studying strategies for meshing complex objects by
combining multiple spherical meshes inside the same model. We are also working
on algorithms for real time remeshing of objects to enable interactive topological
changes (cutting, removing parts, suturing, etc) (Fig. [H]).

2.7 Conclusion

The Radial Elements Method has some interesting properties for the real time
simulation of deformable objects. Large deformations are estimated in just one
time step. Unless topological changes occur the deformations can be estimated
using only multiplications of matrices by vectors, without matrix inversions. The
dynamics of the object are simple and stable, enabling any kind of interaction
between the object and its environment, including persistent contact with other
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Fig. 5. Cutting on a REM model.

objects in constrained spaces. The simplicity of the method and the reduced
number of elements makes it fast and scalable, while enabling a full simulation
of deformations and dynamics.

On the other hand, the method has limitations. Internal dynamics and viscos-
ity cannot be simulated given the one point dynamic model. The shapes that can
be modeled are restricted to star-shaped objects, given that all radial elements
need to start at the center and get to the surface of the object.
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Abstract. The construction of surgery simulators will be a key tool in the de-
velopment and diffusion of minimally invasive surgery. Nowadays, most simu-
lators are oriented to training surgeons in only one surgery technique. Most of
them only permit the modelling of tissues with only one kind of deformable
model. In this paper, we present our generic surgery simulator for minimally
invasive surgery. In this surgery simulator, surgeons can construct any surgery
scenario that they want to practice. Our surgery simulator permits the surgeons
to select the deformable model that best adjusts to the biomechanical properties
of each organ. Once the surgeon has finished the training, our surgery simulator
can generate a report that contains an assessment evaluation of that training.

1 Introduction

One of main challenges in new technologies applied to medicine is the construction of
virtual environments for surgical training. Environments of this kind are called sur-
gery simulators. These simulators require [6][3]:

e the internal organs of a patient, to be visualised as realistically as possible;

e the organs to react realistically in real time to user interactions and to the estab-
lished environmental restrictions;

e these virtual organs to react, to typical surgeon gestures (like cauterisation, cutting
or clipping) through realistic geometric and topologic modifications,.

While 3D visualisation techniques are sufficiently developed to accomplish the first
requirement, the last two are very difficult to complish. This limitation is due to the
fact that current computer power is too slow with respect to the computational re-
quirements of surgery simulators to simulate the biomechanical behaviour of internal
organs of virtual patients.
Surgery simulators can be grouped into three technologically sequential genera-
tions [1][21]:
e first generation: these surgery simulators only consider the geometric nature of
human anatomy [8][9];
e second generation: these include all surgery simulators that also permit physical
interactions with anatomical structures [4][14][17] [23];
e third generation: apart from the characteristics of second generation surgery simu-
lators, these consider the functional nature of the organs.

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 59-66, 2003.
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Current research and development is being carried out mainly in second generation
surgery simulators. The simulators included in this second generation can be sorted
into four levels according to their complexity [22]:

e Needle-type simulators with simple visual objects and haptics with a minimum
degree of freedom (only one edge) [10][13].

e Exploration-type or catheter installation-type [2] [11][12].

e Simulators that permit training in only one surgical task [5][23].

e Full simulators that permit surgeons to practice complete surgical operations (i.e.
laparoscopy [7][18], endoscopy [14], arthroscopy [15] or intraocular surgery [20]).

In this paper, we present a second generation generic surgery simulator (for mini-

mally invasive surgery) which can be classified as a full simulator. Our simulator

permits the users to construct their own surgical scenario from real and/or synthetic

organs with desired pathologies. All of these work on a low-cost cluster of PCs.

2 The Generic Real Time Surgery Simulator (GeRTiSS)

GeRTiSS is a surgery simulator for minimally invasive surgery, a second-generation
full simulator. Its generality is due to its separation in two well differentiated mod-
ules: the Scene Generator and the Surgery Simulator (see Figure 1).

Physically based
models

Scene Surgery
Generator Simulator

\ 4

Pure geometric
models

Fig. 1. Modules of the surgery simulator.

2.1 The Scene Generator

The main objective of the Scene Generator is to allow the user to select the tools and
the organs needed for the simulation of the operation in an as simple and comfortable
way as possible. Organs can be real and/or synthetic organs with or without patholo-
gies. A user can also associate each organ with any of the deformable models imple-
mented using deformation parameters which are adjusted to the biomechanical char-
acteristics of the organ. In Figure 2, we show a laparoscopy and arthroscopy scenario
that are being constructed using the Scene Generator.
To construct scenarios, the Scene Generator has implemented the following tools:

e Tools for loading synthetic and/or real organs into the scenario
e Tools for establishing the input points of surgical instruments.
e Tools for associating different physical properties to different organs.
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Tools for establishing boundary conditions.

Tools for linking tissues.

Tools for adding especial tissues (i.e. peritoneum).

Tools for associating textures to organs that appear in the scenario.

(b)
Fig. 2. Laparoscopy (a) and arthroscopy scenes (b).

To load organs, we have implemented tools that can read a set of standard and ““ad-
hoc” standard 3D-file formats. Once the organs have been loaded, various tools allow
users to apply geometric transformations to the organs in order to adjust them to the
spatial characteristics of the surgical scene that is being constructed.

The tools for establishing the input points of the surgical instruments allow users to
set the points through which these instruments come into the surgical scenario (see
Figure 3). They also allow users to set the initial input angle of each instrument and to
assign each input point to an instrument or to a camera. Finally, they allow the users
to select the tools to be used during the operation.
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Fig. 3. Establishing surgical instrument input points.

The association of different physical properties to different organs permits, on the
one hand, to associate to each organ one of the deformable models that our Simulator
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has implemented and, on the other, to set the deformable parameters that will govern
the tissue deformation. The deformable models that our Simulator has currently im-
plemented are [19][16]:

e Mass-spring model: That can be used for modelling elastic surfaces (like perito-
neum) and quasi-one-dimensional elements (like arteries and veins).

¢ Boundary-element based model (BEM): That can be used for modelling volumetric
objects (like the liver) or objects filled with liquids (like the gall balder). The BEM
based model can simulate interactive viscoelastic behaviour.

The tool for linking tissues allows the user to divide organs into parts that can be
modelled using different physical properties. This tool can be used for creating adher-
ences between different organs as well.

The tool for adding especial tissues, like peritoneum, allows the user to add this
tissues to the surgical scene. Peritoneum is a very thin elastic tissue that covers all the
internal organs. An important surgical task when doing a laparoscopy is to dissect this
tissue until all organs are completely isolated. Unfortunately, due to its thinness, peri-
toneum does not appear in CT or MRI explorations and, for this reason, it needs to be
added later.

The result of the Scene Generator is a “project”. This project contains all the files
that our Surgery Simulator needs. The Scene Generator can obtain as many projects
as needed for training surgeons (with different levels of difficulty). In addition, the
Scene Generator can be used to generate a database of surgical scenes and surgeons
need only select the project which contains the virtual surgical scene required.

2.2 Surgery Simulator

Our Surgery Simulator takes a scene created with Scene Generator as input and al-
lows the user to train on this scene. Once training has finished, the Surgery Simulator
can generate a report with an assessment of the training.

The Surgery Simulator allows the users (see figure 4):

e To have different interactions on the organs that appear in the surgical scene. At
present, the Surgery Simulator permits to cut, to cauterise, to drag and to clip.

e To exchange the tool of either hand during surgery training.

e To train all the movements that are normally done in minimally invasive surgery.

The deformable organs of the surgical scene selected respond realistically and interac-
tively to user interactions. The Simulator also detects incorrect actions during surgery,
such as inadequate clipping, incorrect cuts or cauterisations, etc.

3 Results

In Figure 5, we show the growth of the temporal cost of the Surgery Simulator with
respect to the number of nodes that appear in the surgical scene. For these experi-
ments, we used a 450 Mhz PC Pentium III with 256 MB of main memory.

As can be observed, the temporal cost grows linearly with the number of nodes.
For complex scenes, it is necessary to use the parallel version of the deformable
model libraries, which is the bottleneck for all surgery simulators. The example
shown in Figure 4 has less than 2000 nodes.
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Fig. 4. A sequence of laparoscopy (a,b,c) and the user interface (d) of our Surgery Simulator.
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Fig. 5. Computational costs of our Surgery Simulator.

4 Discussion

4.1 The Need for Sense of Touch

In all surgical procedures, touch is the second most important sense following sight.
In open surgery, sense of touch allows surgeons to identify the different tissues and to
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detect possible pathologies that appears in organs (i.e. tumours). In minimally inva-
sive surgery, the sense of touch allows surgeons to infer the 3D space from the two-
dimensional images of surgical scenarios that the camera shows in real surgery. For
this reason, the sense of touch in surgery simulators can increase the educational and
training opportunities.

However, including sense of touch in a surgery simulator needs much more com-
putational power than that shown in section 3. The sense of sight normally requires at
least 15Hz of refresh rate to be realistic and immersive. The sense of touch requires
more then 500 Hz of refresh rate which must be taken into account in the Simulator.

Obviously, this implies that both sight and touch refresh rates needs an exclusive
processor dedicated to each task. To solve this problem in our surgery simulator, we
use a cluster of PCs which is connected through a Fast-Ethernet using a Master-Slave
connection. The master contains the Surgery Simulator and must refresh the visual
interface and control the Slaves. Each Slave can simultaneously control up to two
haptics with force feedback with a refresh rate above 500 Hz. The refresh of haptics is
done using the messages of refresh forces sent by the Master and historical informa-
tion that each Slave collects.

4.2 Problems with Haptics with Force Feedback

One of the biggest problems that we have seen when we have tried to introduce our
Surgery Simulator to medical scenarios is the cost and fragility of haptics with force
feedback. The high cost of force feedback devices make the Surgery Simulator four
times more expensive than without force feedback. Also, the fragility of the haptics
makes frequent repairs necessary during normal use.

5 Conclusions

In this paper we have presented a second-generation generic full simulator for mini-
mally invasive surgery. In this simulator, surgeons can construct any surgical scene in
which to train. Our simulator can work interactively (with a refresh rate higher than15
Hz) in scenarios of low complexity on a low cost PC workstation.

If realistic sense of touch, in addition to visual realism, is needed, haptics with
force feedback can be connected to our simulator. These haptics require a processor
with exclusive dedication for computing feedback forces to users due to the high
refresh rate requirements. The problem with these devices is their cost and fragility.

Our experience has shown that the successful introduction of a surgery simulator in
medical environment requires the reduction of the cost of the haptics with force feed-
back and an increase in their strength.
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Abstract. Towards semi-automated transfer of preoperatively planned bone re-
positionings in the operation theatre, this paper presents a solution by perform-
ing preoperative bending of common titanium plate implants. The approach is
based on our simulation system KasOp which defines preoperatively bone cut
trajectories and bone repositionings. According to physiological matters the
segments are repositioned and the computer models of the implants are bended
in respect to physical constraints following the physiological shape of a bone of
same age and sex. We are in process of developing a bending device which can
bend standard titanium implants corresponding to the simulation. Therefore,
precast implants can be used during surgery speeding up the fixation procedure
of the cut bone segments.

1 Introduction

Mostly, systems in Computer Assisted Surgery can be divided into two different
groups: Those assisting the preoperative, preparative part of a surgical intervention
and those supporting the intraoperative surgical process. Preoperative devices range
from simple radiological tomography viewers [1] up to advanced simulation and
planning systems with force feedback [2], 3D or 4D visualization and complex plan-
ning tools. Navigation systems [3], surgical robots for minimal invasive [4] or open
surgery [5] and augmented or virtual reality visualization describe the intraoperative
environment.

However, these two groups are separated by the question of how to get the preop-
eratively planned information into the operation room for use with intraoperative
devices. Often, approaches lack of this possibility and surgeons only can simulate an
intervention rather than execute the preoperative plan. On the other hand, there is an
increasing number of systems addressing this problem by combining their systems
with navigation devices or surgical robots [6][7].

The Medical Robotics Research Group of IPR developed in the framework of the
collaborative research center SFB414 an entire solution for cranio maxillo facial
surgery [8]. Its process chain starts with a patient related tomography data acquisition
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and 3D-modelling of the patients situs and is continued by our planning workstation
KasOp. KasOp has a defined interface which allows us to transfer trajectories for
osteotomies to the surgical robot system ROBACKA in the OR at the end of our
process chain [9]. Therefore, we are able to perform very precise cuts corresponding
to preoperatively defined osteotomy lines. Thus, intraoperative bone cutting could be
automated and we are able to plan it preoperatively.

On the other hand, the fixation of the osteotomized bone segments is still a manual
process. The segments are repositioned in respect to the functional aspects and the
aesthetic sensation of the surgeon in order to reach a physiological shape of the pa-
tients head after surgery. This goal is partially reached by moving bone segments
from their original anatomical positions to the target positions of the surgical plan.
Overall, it is a difficult, time consuming, iterative task of repeated segment reposi-
tioning and bending of titanium implants for fixation (see figure 1) in a trial and error
like manner whose complexity is increased by the number of different bone seg-
ments. This methodology is imprecise, not quantifiable and its outcome depends on
the abilities and the aesthetic sensation of the surgeon.

6
i

Fig. 1. Titanium osteothesis implants. During surgery the implants are used for fixation of bone
segments (left). On the right two implant types within the focus of this approach.

Our novel approach is to assist the surgeon during the intraoperative fixation of the
bone segments making it possible to plan the new position of each segment in ad-
vance of an intervention. We assist the fixation by introduction of a bending simula-
tion and bending machine for standard titanium implants. The surgeon can use the
bending machine which produces the precast implants according to the preoperative
simulation result. Afterwards, the implants define the correlation of the bone seg-
ments and the remaining skull. Therefore intraoperative bending of the titanium
plates is shortened and the surgeon needs to do fine tuning only.

2 Methods

Our approach is based on our planning framework KasOp which allows us to cut out
and reposition bone segments. In order to reach a physiological shape of the patients
head we include a physiological patient model of same age and sex into our planning
environment. According to this shape our simulation bends the plates.
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2.1 Framework KasOp

KasOp has a generic architecture concept which allows to use different visualization
techniques, input devices or execution systems (i.e. robots). The base system can be
extended by different modules either by linking them directly into the program or
connecting them via a CORBA interface. Figure 2 shows the graphical user interface
of the KasOp-system. Essential part of the KasOp framework is the so called Input-
Server which manages different input devices. Currently, we are using 2D and 6D
mouse as well as the force feedback device PHANToM.

The patient data we use for simulation is 3D triangle surfaces generated from seg-
mentation and triangulation of tomography data. The simulation is totally based on
tissue (bone, skin, etc.) surfaces. No volume information is currently used thus.

Fig. 2. Graphical user interface (left) of KasOp showing a patient model. For user interaction
KasOp currently uses 2D and 6D mouse and a force feedback device.

KasOp enables the surgeon to define landmarks, lines (i.e. in order to measure dis-
tances), polygons and trajectories. Trajectories are used on the one hand to preopera-
tively simulate the cutting and repositioning of bone segments. On the other hand,
they are used for the execution of the cutting through our surgical robot system. Sur-
geons define trajectories by base points located on the surface of the patient model.
Intermediate points between the base points are calculated by the system in respect to
anatomical features of the surface. The result is two sets of points, one for each sur-
face describing the volume (figure 3).

Figure 4 shows an example for a bone cutting simulation. The bone is cut along
the defined trajectory and the remaining objects are identified. Both objects can be
treated and visualized independently. In order to achieve the desired physiological
shape of the patients skull, a physiological dataset of the same age and sex as a refer-
ence model is included in the planning environment. The bone segment is reposi-
tioned by the surgeon so that it approximates this shape best. This process is sup-
ported by semitransparent visualization of the physiological dataset.

As the coordinate systems of physiological and patient dataset are different, we
need a correlation method for the inclusion of the physiological surface model. This
correlation can be achieved by a landmark based matching algorithm. It is essential
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for the result of this matching process that the landmarks defined for the matching are
not located in pathological regions of the patient.

Fig 3. A defined trajectory in the planning system KasOp is represented by two point sets, one
for the inner and one for the outer surface of the bone.

Fig 4. From left to right: Definition of trajectory, inclusion of a physiological bone structure,
repositioning of bone segments according to the shape of the physiological data set.

The accuracy of the matching is increased by the number of used landmarks. We
found that increasing accuracy is also possible by combination of a landmark based
method with a iterative closest point (ICP) surface matching method. Therefore, we
use the landmark based method for initial transformation and the ICP algorithm for
an accurate fine tuning of the physiological position.

2.2 Bending Simulation

Our bending simulation works on surface models and requires the following steps to
be performed in advance of the simulation:

- the patient surface model is cut along the trajectory/trajectories producing different
bone segments

- a physiological surface model is included and matched to best fit with the patient

- the bone segments are repositioned according to surgical matters (physiological or
anatomical restraints) along the physiological surface model
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Fig. 5. The implants are bended in order to best fit to the underlying triangle surface.

The bending method is based on a previously presented method [10] including the
modeling of the titanium implants by three dimensional convex polygons. The im-
plants are bended according to a reference position and a corresponding triangulated
surface. Figure 5 shows some examples for different implant types.

For computation, each type of implant is modeled as surface model with height
zero as we do not have to take forces or stresses into account during the simulation
process. The basic idea of the bending algorithm is to compute a set of possible bend-
ing edges first and then determine the edges reaching the best fit. This means mini-
mizing the volume between the deformed implant and the corresponding surface.

This method is currently expanded for taking into account that the implant needs to
be bended in respect to the aligned physiological dataset if there is space between the
bone segments.

bone segments
of the patient

titanium implant

physiological
desired shape

Fig. 6: Bending principle. The bone segments of the patient are repositioned according to a
desired physiological shape. The implant is bended at specified positions in order to approxi-
mate the physiological shape best.

2.3 Bending Machine

A device for bending of the implants using the results of our simulation is under de-
velopment. We identified two approaches for realizing such a device: totally manual
or motor driven. We are focussing the manual solution at the moment.

Our experience with the simulation showed the necessity to restrict the simulation
to certain bending angles as well as implant types in order to decrease the degrees of
freedom necessary for the bending device. Figure 1 shows two linear implant types
focused by our machine development.
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The planning system includes a model of the bending machine in order to describe
the restrictions of the physical bending process. During planning, the user will be
guided to an individualized, optimized, physically possible implant shape. Integrated
in the planning process of the complete surgical intervention, the simulation of physi-
cal implant bending relates to a realistic surgical result.

3 Discussion

The bending algorithm is currently under redesign to provide a solution for the gaps
between repositioned bone segments. It is essentially important that the shape of the
physiological bone is taken into account during this process.

We also detected the necessity of developing methods to simulate deformation of
the bone segments. Intraoperative deformation of bone segments is already part of
cranio-maxillo-facial surgery on children. It is necessary for better fitting the seg-
ments to the physiological shape, as cutting itself does not change the curvature of the
repositioned segment.

Another issue required to be addressed in future will be an automated collision de-
tection during the reposition process. At the moment, the surgeon is able to reposition
the segments at arbitrary locations in the simulation environment. However, in order
to avoid incorrect bended implants it is necessary to evaluate that all segments do not
intersect each other in advance of the bending simulation.

4 Conclusion

Our planning environment KasOp enables surgeons to preoperatively define complex
trajectories, to simulate bone cuts hereafter and perform bone repositionings. This
process is supported by inclusion of physiological patient data of same age and sex in
order to get information about a physiological shape. Together with our surgical robot
system were are able to perform exactly these preoperatively defined trajectories
intraoperatively. This means, we can not only simulate but also execute the planned
data, resulting in intraoperatively provided bone segments previously defined in the
simulation environment. In contrast to that, manual fixation of the bone segments is
still a time consuming process and there exists no approach to assist the surgeon dur-
ing this procedure.

Our research presented in this paper aims to support the surgeon during fixation.
We introduce a preoperative bending simulation of standard titanium implants which
is limited to physical possible bending edges. The bending simulation connects the
bone segments using computer models of the titanium implants. Moreover, the simu-
lation is forced to follow the physiological shape of the bone if there is space between
the segments.

In order to provide the bending information intraoperatively and enable the sur-
geon to follow exactly his preoperatively defined plant we are developing a bending
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device. This device will be able to use the simulation data and will bend the implants
according to this information. Intraoperatively, the surgeon simply has to use the
precast implants and fix the bone segments at the predefined positions making intra-
operative bending unnecessary. Moreover, the postoperative result will get preopera-
tively plannable. Overall goal of our research is to shorten the time which is intraop-
eratively necessary to reposition and fix bone segments shorting also the time the
patient will have to be narcotized.
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Abstract. Realistic mechanical models of biological soft tissues are a key issue
to allow the implementation of reliable systems to aid on orthopedic diagnosis
and surgery planning. We are working to develop a computerized soft tissues
model for bio-tissues based on a mass-spring-like approach. In this work we
present several experiments towards the parameterization of our model from the
elastic properties of real materials.

1 Introduction

Biomechanics literature provides a number of mathematical models that approximate
the behavior of bio-tissues and bio-structures. Most of them are typically conceptual.
They are used in Biomechanics to understand the complex behavior of materials that
are heterogeneous, anisotropic, viscoelastic, and which properties may drastically
change due to environmental and use conditions. However, to be applied on graphical
computer simulation of biomechanical systems like the musculoskeletal system, exis-
tent models have to be converted and simplified.

We are currently working on a generalized approach towards functional modeling
of human articulations. We plan to use such articulation model in medical applications
to aid on diagnosis of joint disease and planning of surgical interventions. Our ap-
proach is based on a biomechanical model of the tissues present in the joint. This
model relies on the mechanical and physical properties of biomaterials to provide
correct motion, contact and deformation. The present work, that is a continuation of
[1], presents part of our biomechanical model. It deals with the important issue of
representing the mechanical properties of real biological soft tissues in their virtual
models.

1.1 Objectives

A number of computational methods to simulate soft tissues have been proposed. In
this work we use a generalized mass-spring model, called molecular model [2], to
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simulate the behavior of cartilage and ligament. However, though mass-spring is a
classical deformation approach, to set up the parameters of the model is not trivial.
This problem is still more intricate if the behavior of a complex real material is in-
tended to be represented.

The main goal of this work, thus, is to find a configuration of the elasticity coeffi-
cients of all springs in our molecular system, such that the elasticity of the whole piece
of virtual tissue corresponds to the elasticity of the material it is supposed to be made
of. It is important to say that we are mostly interested now in the elastic part of the
material behavior. Non-linear parts of the stress-strain curve are out of the scope of the
present paper.

1.2 Contents

Section 2 brings an overview of bio-tissues properties, particularly tissues of joints.
Next, in section 3, we present the computational models most widely applied to soft
tissues modeling. Following in the same chapter, the molecular system we are devel-
oping is introduced and the issues related to the goal of this work are discussed. Sec-
tion 4 brings our implementation of the model and a collection of comparative tests
performed on the top of it. Finally, our conclusions and future directions are rendered
in the section 5.

2 Bio-tissues Properties

The composition and behavior of bones, cartilages and ligaments has been studied for
many years. However, though we know much about these tissues, newer and better
measurement techniques continuously update the available data. In this section, a brief
presentation of the material properties of the main tissues involved in a joint is done.
Muscles and tissues of superior layers will not be discussed here because of their ac-
tive role (muscles produce force) and their less significant influence on the joint range
of motion. So, let us see the properties of bone, cartilage and ligament.

2.1 Bone

Bone is identified as either cancellous (also referred to as trabecular or spongy) or
cortical (also referred to as compact) [3, 4], see Fig. 1. The basic material comprising
cancellous and compact bone appear identical, thus the distinction between the two is
the degree of porosity and the organization. The porosity of cortical bone ranges from
5 to 30% while cancellous bone porosity ranges from 30 to 90%. Bone porosity is not
fixed and can change in response to altered loading, disease, and aging.

Cancellous bone is actually extremely anisotropic and inhomogeneous. Cortical
bone, on the other hand, is approximately linear elastic, transversely isotropic and
relatively homogenous. The material properties of bone are generally determined
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using mechanical testing procedures; however, ultrasonic techniques have also been
employed. Force-deformation (structural properties) or stress-strain (material proper-
ties) curves can be determined by means of such tests. Bone shows a linear range in
which the stress increases in proportion to the strain. The slope of this region is de-
fined as Young’s Modulus or the Elastic Modulus. However, the properties of bone
and most biological tissues depend on the freshness of the tissue. These properties can
change within a matter of minutes if allowed to dry out. Cortical bone, for example,
has an ultimate strain of around 1.2% when wet and about 0.4% if the water content is
not maintained.

Cortical Trabecular

Fig. 1. Bone structure with its different layers. (Photograph by Dr. Yebin Jiang [5])

2.2 Cartilage

Articular cartilage, also called hyaline cartilage, is made of a multiphasic material
with two major phases: a fluid phase composed by water (68-85%) and electrolytes,
and a solid phase composed by collagen fibrils (primarily type II collagen) (10-20%),
proteoglycans and other glycoproteins (5-10%), and the chondrocytes (cartilaginous
cells) [6]. The cartilaginous tissue is extremely well adapted to glide. Its coefficient of
friction is several times smaller than the one between the ice and an ice skate. There
are electrostatic attractions between the positive charges along the collagen molecules
and the negative charges that exist along the proteoglycan molecules. Hydrostatic
forces also exist as forces are applied to cartilage and the fluid tries to move through-
out the tissue. It is the combined effect of all these interactions that give rise to the
mechanical properties of the material.

Like bone, the properties of cartilage are anisotropic. The anisotropy results in part
from the structural variations. Because of its structure, cartilage is rather porous, al-
lowing fluid to move in and out of the tissue. When the tissue is subjected to a com-
pressive stress, fluid flows out of the tissue. Fluid returns when the stress is removed.
The mechanical properties of cartilage change with its fluid content, thus making it
important to know the stress-strain history of the tissue to predict its load carrying
capacity. The material properties also change with pathology. The compressive aggre-
gate modulus for human articular cartilage correlates in an inverse manner with the
water content and in a direct manner with proteoglycan content per wet weight. There
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is no correlation with the collagen content thus suggesting that proteoglycans are re-
sponsible for the tissue’s compressive stiffness. See Fig. 2 for elastic behavior of carti-
lage.
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Fig. 2. Cartilage stress-strain curve (adapted from [7]), and Ligament stress-strain relationship.
(modified from [8]). Young’s modulus is defined by the slope of the linear region.

2.3 Ligament

Although significant advances have been made in the biology, biochemistry, and me-
chanics of soft tissue biomechanics, there is limited information available on in-vivo
tissue mechanical characteristics and behavior. Experimental works, like the one of
Stewart et al. [9] on ligaments of the hip joint capsule, bring important information
that reveals the structural irregularity of that tissue. However, without accurate values
of in-vivo information, such extrapolations from human — and also animal — insitu
bone-ligament-bone testing to the function of intact human ligaments can not be made
confidently. Currently, we know that ligaments are composite, anisotropic structures
exhibiting non-linear time and history-dependent viscoelastic properties. Described in
this section are the mechanical behavior of ligamentous tissue, the physiological origin
of this behavior, and the implications of such properties to ligament function during
normal joint motion.

The force-elongation curve represents rather structural properties of the tissues.
Material properties, in turn, are more generally expressed in terms of a stress-strain
relationship. See Fig. 2 for stress-strain relationship of ligament.

Ligaments have characteristics of strain rate sensitivity, stress relaxation, creep, and
hysteresis. They exhibit significant time- and history-dependent viscoelastic proper-
ties. Time-dependent behavior means that, during daily activities, ligaments are sub-
jected to a variety of load conditions that affect their mechanical properties. For ex-
ample, they become softer and less resistant after some minutes of running, returning
to normal hardness when the exercise is interrupted. History-dependency, in turn,
means that frequent intense activities will change the tissue properties in a medium
term basis. For example, the ligaments of an athlete, after 6 months of daily training,
will become softer and thus more adapted to the intense exercise, even when he is not
training. In the same way, if the activities are interrupted for some months, the liga-
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ment properties will go back to normal levels. Ligaments are also temperature and age
sensitive.

2.4 Conclusion

Biological tissues are materials of a very complex behavior. So the harder (bone) as
the softer ones (cartilage and ligament) present non-linear mechanical properties that
vary from sample to sample, are dependent on structure and composition, and are time
and history dependent. As a consequence of such wide set of variants, existent meas-
ured properties are not reliable and just barely describe the general behavior of these
materials. Despite of that, specific situations can be delimited in which we are able to
predict behavior from a reduced set of input parameter values. One of these situations
is the linear elastic deformation of soft bio-tissues. Here is where this work puts its
focus.

3 Deformation Model

Approaches for modeling object deformation range from non-physical methods to
methods based on continuum mechanics [10]. In this section, we focus on physically
based approaches specifically used for modeling soft tissues. In this category, we
present the two widest used, the classical mass-spring systems and finite element
methods, and also our approach. Other physically based methods used to model de-
formable objects, like implicit surfaces and particles systems are not considered here.

3.1 Related Work

Mass-Spring Systems. Mass-spring is a physically based technique that has been
widely and effectively used for modeling deformable objects. An object is modeled as
a collection of point masses connected by springs in a lattice structure. Springs con-
necting point masses exert forces on neighboring points when a mass is displaced from
its rest position.

Mass-spring systems have been widely used in facial animation. Terzopoulos and
Waters used a three-layers mesh of mass points associated to three anatomically dis-
tinct layers of facial tissue (dermis, subcutaneous fatty tissue, and muscle) [11]. To
improve realism, Lee et al. added further constraints to prevent penetrations between
soft tissues and bone [12]. In biomechanical modeling, mass-spring systems were used
by Nedel [13] to simulate muscle deformation. Muscles were represented at two lev-
els: action lines and muscle shape. This shape was deformed using a mass-spring
mesh. Aubel [14] used a similar approach with a multi-layered model based on
physiological and anatomical considerations. Bourguignon and Cani [15] proposed a
model offering control of the isotropy or anisotropy of elastic material. The basic idea
of their approach is to let the user define, everywhere in the object, mechanical char-



Deformable Tissue Parameterized by Properties of Real Biological Tissue 79

acteristics of the material along a given number of axes corresponding to orientation
of interest. All internal forces will be acting along these axes instead of acting along
the mesh edges. Mass spring systems have also been used for cloth motion [16] and
surgical simulation [17].

Mass-spring models are easy to construct, and both interactive and real-time simu-
lations of mass-spring systems are possible even with desktop systems. Another well-
known advantage is their ability to handle both large displacements and large defor-
mations. However, mass-spring systems have some drawbacks. Since the model is
tuned through its spring constants, good values for these constants are not always easy
to derive from measured material properties. Furthermore, it is difficult to express
certain constraints (like incompressibility and anisotropy) in a natural way. Another
problem occurs when spring constants are large. Such large constants are used to
model nearly rigid objects, or model non-penetration between deformable objects.
This problem is referred as “stiffness”. Stiff systems are problematic because of their
poor stability, which requires small time steps for numerical integration resulting in
slow simulation [10].

Finite Elements Method. Whereas mass-spring models start with a discrete object
model, more accurate physical models consider deformable objects as a continuum:
solid bodies with mass and energies distributed throughout. Though models can be
discrete or continuous, the method used for solving it is discrete. Finite element
method is used to find an approximation for a continuous function that satisfies some
equilibrium expression. In FEM, the continuum (object) is divided into elements
joined at discrete node points. A function that solves the equilibrium equation is found
for each element.
The basic steps in using FEM to compute object deformations are [10]:

1. Derive an equilibrium equation from the potential energy equation of the deform-
able system in terms of material displacement over the continuum.

2. Select the appropriate finite elements (generally, tetrahedra) and corresponding
interpolation functions for the problem. Subdivide the object into elements.

3. For each element, re-express the components of the equilibrium equation in terms
of the interpolation function and the element’s node displacements.

4. Combine the set of equilibrium equations for all the elements in the object into a
single system. Solve the system for the node displacement over the whole object.

5. Use the node displacements and the interpolation functions of a particular element
to calculate displacements or other quantities of interest (such as internal stress or
strain) for points within the element.

Debunne et al. used a space and time adaptive level of detail, in combination with a
large displacement strain tensor formulation [18]. To solve the system, explicit FEM
was used where each element is solved independently through a local approximation,
which reduces computational time. Hirota et al. [19] used FEM in simulation of me-
chanical contact between nonlinearly elastic objects. The mechanical system used as a
case study was the Visible Human right knee joint and some of its surrounding bones,
muscles, tendons and skin. The approach relied on a novel penalty finite element for-
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mulation based on the concept of material depth to compute skin, tendons and muscles
deformation. To achieve real-time deformation, reducing computing time is necessary.
Bro-Nielsen and Cotin studied this problem using a condensation technique [20]. With
this method, the computation time required for the deformation of a volumetric model
can be reduced to the computation time of a model only involving the surface nodes of
the mesh. The Boundary Element Method (BEM), used by James and Pai [21] to at-
tain interactive speeds and accuracy at the same time for linear deformation, is also
based on the FEM. The difference is that the BEM considers only the elements on the
surface and use precomputed Green’s functions that are combined later in real-time.
Drawbacks of this method are that material properties must be homogeneous through
all modeled object, and it is only suitable for surface-based applications.

FEM provide a more realistic simulation than mass-spring methods but are compu-
tationally less efficient. In addition, the linear elastic theory used to derive the poten-
tial energy equation assumes small deformation of the object, which is true for materi-
als such as metal. However, for soft biological material, objects dimensions can de-
form in large proportions so that the small deformation assumption no longer holds.
Because of this change, the amount of computation required at each time is greatly
increased.

3.2 Molecules-Based System

Our approach to model soft tissues is presented in this section. It is based on a work of
Jansson et al. [2] that has been used in computer-aided design. Their work exploits a
generalized mass-spring model — which they call molecular model — where mass
points are, in fact, spherical mass regions called molecules. Elastic forces are then
established between molecules by a spring-like connection. In the present work we
aim at integrating properties of materials to define the stiffness of such spring-like
connections.

The Force Model. The model is described by two sets of elements: E, a set of
spherical elements (molecules), and C, a set of connections between the elements in E

(Eq. 1).
E={e.e,, ¢, 1:C=1C,.C,..-C, iC, ={e,.c,.wc,, 1)

The model’s behavior is determined by the forces produced on each element of E
by each connection of C and some external forces.

!

ro_ I I I 2
F'e - FG + FL + FC + collisions , Where: ( )
F: gravity;

F,: ambient viscous friction;

F_: connection elastic forces, see [2] for more details.
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3.3 Setting up Springs Stiffness

The rheological standard to define the elasticity of a material is Young’s modulus.
Young’s modulus is a property of a material, not of an object. So it is independent of
the object’s shape. However, when you discretize an object by a set of springs, the
stiffness of every spring must be proportional to the fraction of the volume of the
object it represents.

Towards a generic method to calculate all spring constants we tested a number of
hypotheses. These tests have been done on an implementation of our model where
objects were deformed due to a homogenously distributed force on one of their faces.
To verify the correspondence between the deformation obtained with our model and
the deformation that the object should undergo with respect to its Young’s modulus
we used the following relation:

e Flo
Al-A

3

where E is the Young’s modulus, F is the applied force, Al is the object’s elongation, [,
is the length of the object in rest conditions, and A is the cross-sectional area of the
object. So, we started by the simplest linear topology case and went through many
variations until the generic random topology. Section 4 and conclusions compare the
effectiveness of every method presented below.

Linear Case. In the case where all springs produce force in only one direction and one
wants to measure elasticity in the same direction, one can easily calculate the constant
k of the springs directly from the geometrical information of the object and the
Young’s modulus of its material. This is done using Eq. 4. The problem of this very
specific case is that its rectangular topology does not allow the construction of stable
objects in two or three dimensions (Fig. 3). To overcome this limitation, we propose
two strategies. The first using tetrahedral discretization and the second including di-
agonal springs to the rectangular topology. Both methods allow us to obtain stable
objects. However, diagonal springs can make the number of springs grows up to (n’ —
n)/ 2, where n is the number of molecules. This increases computation time.

k= “)

Fig. 3. These four situations are stable states with a rectangular topology. These and many other
different relative positions between spheres are allowed for the same elongation of springs.
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Tetrahedral Regions. A straightforward path in order to reach object stability is cre-
ating a tetrahedral mesh of springs. Gelder [22] presented a method to calculate stiff-
ness for elastic edges of triangular meshes. His approach is based on the area of the
triangles formed by the edge. He also proposed the extension of this approach to 3D,
where volumes of neighboring tetrahedra are used to calculate the k for an edge. The
main drawback of this method is that it only works if the mesh of springs has a tetra-
hedral topology. k is calculated as shown in Eq. 5, where E is the Young’s Modulus, 7,
is a tetrahedron incident upon ¢, and c is the edge to which we are calculating k.

EY vol(T,)
k - (4

c

5
‘C‘Z )
Diagonal Springs. In order to avoid tetrahedral meshes we have chosen to create
diagonal spring connections in every face of a rectangular mesh of springs, as shown
in Fig. 4, or yet, create also diagonals of parallelepipeds (Fig. 5). It offered the desired
result but gave rise to a difficulty in terms of computing spring constants.

If we use the standard linear method to compute them, the diagonal springs will
produce an extra force to linear movement that will causes elongation of the whole
object to be shorter than expected. The object will become abnormally stiffer, and to
avoid this some method should be developed to reduce springs k’s. The straightfor-
ward solution is to divide all linearly calculated k’s by a constant C. We tested arbi-
trary values to C and concluded that even for the same topology, when other parame-
ters change, such constant must change to preserve the same elasticity.

w 2

Fig. 4. Diagonals of faces.

> > AR

Fig. 5. Diagonals of parallelepipeds.

Angles Solution. As we do not want to work manually to find which constant C best
fits each new object or topology, we implemented a method that automatically calcu-
late new k’s based on diagonal’s angles.
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Bringing the problem to 2D to make explanation easier, we see that force produced
in vertical direction is increased by diagonals springs according to the angles between
them. As we have right triangles in this topology, the relationship between a vertical
connection and a diagonal one is proportional to cosine and the final k is given by the
relation:

k; =k, cosy+k cos,+...+k,cos, (6)

s

where index O represents the connection to which we are calculating k, and indexes /
to n the connections that share an extremity with 0. cos, is the cosine of the angle be-
tween connections 0 and i. Considering a homogeneous object, all k/I, (where [, is the
length of connection i) are equal. So, from this and Eq. 6 we deduce:

- ky
- (ly +1,cos;+...+1, cos,)

@)

This approximates the actual value of k. However, angles change along simulation
and should be calculated for every iteration, which causes cost increase. Even worse,
the right triangles deform along simulation becoming arbitrary triangles, which invali-
dates this method.

General Case. As we have just seen, during deformation the molecules may change
their positions so that diagonals’ angles are no longer right angles. Besides, arbitrary
initial topologies may have some angles that are not right angles from the beginning.
To handle these cases we have developed a novel method to calculate spring con-
stants. It is a statistical method inspired on general concepts of Quantum Mechanics
that heuristically estimates new values for k£ from the number of connections around a
molecule. As the number of connections of a molecule increases, smaller is the portion
of the object’s volume that each connection represents, and its spring constant must be
smaller too. So, though we do not calculate exactly the volume represented by a con-
nection, we can probabilistically guess which topological case we have, just counting
how many connections share a molecule. Fig. 6 illustrates some typical 2D situations.

Fig. 6. Different situations and their numbers of connections.

We considered the 3D case and the diagonal on faces topology, and stated the fol-
lowing algorithm to calculate Hooke’s constant for every connection of an object. This
algorithm should present better results when larger and larger numbers of molecules
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are involved. It would happen because statistically, the finer the sampling the smaller
the error.

Algorithm that calculates Hooke’s constant based in our statistical method.

N1 = number of connections of molecule 1
N2 = number of connections of molecule 2
D1; //estimated num. of directions among conn. of m. 1
D2; //estimated num. of directions among conn. of m. 2
if N1 < 8

D1 = N1
else if ( N1 >= 9 ) AND ( N1 < 12 )

D1 = N1 - 1
else if ( N1 >= 13 ) AND ( N1 < 20 )

D1 = N1 - 4
else if N1 >= 20

D1 = N1 / 2
end
if N2 < 8

D2 = N2
else if ( N2 >= 9 ) AND ( N2 < 12 )

D2 = N2 - 1
else if ( N2 >= 13 ) AND ( N2 < 20 )

D2 = N2 - 4
else if N2 >= 20

D2 = N2 / 2

end

areal = 2 * cross-sectional area ) / D1
area2 = 2 * cross-sectional area ) / D2
hooke = Youngs Modulus of molecule 1 * areal

(
(
(
+ Youngs Modulus of molecule 2 * area2 )
/ ( 2 * nominal distance )

Iterative Solution. The division by a constant approach mentioned earlier can be
extended by automatically calculating the value of C according to the obtained
deformation. The elongation in a specified dimension of an object can be applied in
Eq. 3 to verify, for a given force, what is the effective Young’s modulus (E) of the
object at each time step. Doing that iteratively in the simulation loop we can minimize
the difference between the obtained and the specified E changing the value of C
according to it.

4 Experiments

We implemented the model described in Sect. 3.3 in the form of a framework that will
be used in a future work to develop medical applications. The code has been written in
C++ on PC platform. In this implementation the forces are integrated along time to
produce new molecules positions in a static simulation.
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4.1 Test Scenarios

A number of experiences have been performed to test the validity of the hypotheses of
Sect. 3.3. Four deformable objects have been created which represent the same vol-
ume in the space (Fig. 7). Though they do not have exactly the same volume, the re-
gions considered here have exactly the same vertical length and nearly the same cross
sectional area. The vertical length of the considered volume, in the initial state is equal
to 15 mm and its cross-sectional area is around 9 cm’. The superior extremity of the
objects is fixed and a tension force of 1 N is applied on the inferior extremity. The
elasticity of the material is specified as 5000 N/m’ (= 5 kPa).

(a) (b) () (d)
2 molecules 27 molecules 27 molecules 27 molecules
1 connection 54 connections 126 connections 158 connections

Fig. 7. Scenarios being studied.

Table 1. Resultant elasticity obtained with the different methods for the 4 cases of Fig. 7. Sha-
ded cells indicate correct values or with a small acceptable error.

Method Young’s Modulus (N/m?®) / error (%)

(a) (b) © (d
Linear case 4°994 0.12 4996 0.08 12°465 149.30 20’678 313.56
Statistical 10°004 100.08 6’098 21.96 3’637 27.26 4’904 1.92
Angles 4°997 0.06 5’000 0.00 4’916 1.68 5’903 18.06
Angles (update) 4’999 0.02 4996 0.08 11’550 131.00 18’621 272.42
Iterative 5’000 0.00 5°000 0.00 5’000 0.00 5’000  0.00

For each object we computed all methods to calculate k presented in Sect. 3.3. Ta-
ble 1 compares the results obtained for Young’s modulus when each method is used
for calculation of k. The method based on tetrahedral regions has not been imple-
mented here; we rely on the work of Gelder [22]. Later, to inspect the behavior of the
methods when the number of molecules grows drastically, we created the situation of
Fig. 8 where 1000 molecules and 7560 connections represent a volume of approxi-
mately 1 m’. The vertical length of the considered volume, in the initial state is equal
to 86 cm and its cross-sectional area is 1 m’. One extremity of the object is fixed and a
tension force of 1000 N is applied on the other one. The elasticity of the material is
specified as 10" N/m2 (= 100 kPa). The obtained results are in Table 2.
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Fig. 8. Test with an increased number of molecules and connections. 1000 molecules and 7560
connections are used to model this box.

Table 2. Tension tests results for a cube of elasticity expected to be 10° N/m’.

Method Elongation (mm) Young’s Modulus (N/m?) Error (%)
Linear case 2.300 373’913 274
Statistical method 11.384 75’544 24
Angles 5.890 146’010 46
k/3.75 8.603 100°000 0
Iterative 8.600 100’000 0

5 Discussion and Conclusions

None of the methods tested here works unconditionally for any case. Though the itera-
tive solution provided our best results so far, it requires a strategy to specify the direc-
tion in which E will be measured and some cases may present numerical instabilities,
which may disturb convergence. Only after new tests we can use it as a generic solu-
tion.

Standard method always works if mesh topology is rectangular, angles method if
the diagonals form right triangles, and statistical method approximates the correct
value in any case but usually gave objects softer than we expected. Both angles and
statistical method can still be improved and we will keep working in this direction. We
will also consider implementing tetrahedral method to apply it onto an intermediate
tetrahedral mesh that can be constructed from arbitrary meshes, and then use the cal-
culated values into the same arbitrary mesh. All our tests have been done applying
tensile forces, but others, like shear test, must be done in order to validate a method
for our purposes. Even if a spring configuration gives good results in tensile tests, we
cannot affirm shear tests will also be correct. Finally, many important properties of
tissues have not been taken into consideration in this work, like anisotropy and viscos-
ity of tissues. Once these features become part of our deformation model, properties of
materials will change over time, and any method used to configure our spring-like
connections must take this factor into account to properly update all parameters during
simulation.
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Abstract. We present a novel method for tracking the motion of the
myocardium in tagged magnetic resonance (MR) images of the heart
using a nonrigid registration algorithm based on a cylindrical free-form
deformation (FFD) model and the optimization of a cost function based
on normalized mutual information (NMI). The new aspect of our work
is that we use a FFD defined in a cylindrical rather than a Cartesian
coordinate system. This models more closely the geometry and motion
of the left ventricle (LV). Validation results using a cardiac motion sim-
ulator and tagged MR data from 6 normal volunteers are also presented.

1 Introduction

Magnetic resonance (MR) imaging is unparallelled in its ability to obtain high-
resolution cine volume-images of the heart, and with the use of tissue tagging [5]
detailed information about the motion and strain fields within the myocardium
can be obtained. This is clinically useful since cardiovascular diseases such as
ischemic heart disease affect the motion and strain properties of the heart mus-
cle in localized regions of the myocardium. The absence of automated tools to
assist clinicians with the analysis of tagged MR images has made it difficult for
MR tagging to become a valuable diagnostic tool for routine clinical use. The
main difficulties encountered are the loss of contrast between tags as the heart
contracts and the need to estimate through-plane motion [7]. The technique pre-
sented in this paper is a fully automated one that uses an image registration
algorithm [23] combined with a cylindrical free-form deformation (FFD) model
to extract the motion field within the myocardium from tagged MR images.
We take account of through-plane motion of the myocardium by using both
short-axis (SA) and long-axis (LA) images of the LV to recover the complete 3D
motion of the myocardium over time. The transformations obtained can be used
to directly calculate various clinically relevant parameters like strain.

1.1 Background

MR tagging relies on the perturbation of the magnetization of the myocardium in
a specified spatial pattern at end-diastole. This pattern appears as dark stripes or

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 88 2003.
© Springer-Verlag Berlin Heidelberg 2003
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grids when imaged immediately after the application of the tag pattern. Because
the myocardium retains knowledge of the perturbation, the dark stripes or grids
deform with the heart as it contracts, allowing local deformation parameters to
be estimated.

B-Splines and Active Contour Models. The most popular method for the
tracking tag stripes in spatial modulation of magnetization [65] (SPAMM) MR
images is through the use of active contour models or snakes [14]. Amini et
al. [3IT2] used B-snakes and coupled B-snake grids to track the motion of the
myocardium in radial and SPAMM tagged MR images while Huang et al. [13]
used a Chamfer distance potential to build an objective function for fitting a
4D B-spline model to extracted tag line features. These B-spline models were
defined in a Cartesian coordinate system. Young et al. [27] used the tag dis-
placements obtained from active contour models in a finite element model to
calculate deformation indices. Displacement data obtained using active contour
models were used in a class of deformable models defined by Park et al. [20/21]
to characterize the local shape variation of the LV such as contraction and axial
twist.

Various packages have been developed (Kumar and Goldgof [15] and Guttman
et al. [12]) for tracking tags in SPAMM images. These have been used by re-
searchers to both validate and fit specific models of the LV that reflect its ge-
ometry (O’Dell et al. [17], Declerck et al. [§], Ozturk and McVeigh [19], Denney
and Prince [9]).

Optical Flow Methods. Conventional optical flow (OF) methods are insuffi-
cient for tagged MR image analysis since the contrast between the tags changes,
due to T1 relaxation, during the cardiac cycle. A number of methods have been
proposed to model this variation in contrast. These include the variable bright-
ness optical flow (VBOF) method of Prince and McVeigh [22] and the local linear
transformation model of Gupta and Prince [11]]. A key difficulty faced here is the
need to model the MR imaging parameters such as the longitudinal relaxation
parameters of the imaged tissue. Dougherty et al. [I0] circumvented the problem
of the modelling the brightness variation of tagged MR images by preprocessing
the images with a series of Laplacian filters to estimate the motion between two
consecutive images. Work is still being done to extend OF methods to 3D.

HARP. Harmonic phase (HARP) MRI [I]] is another technique which can be
used to derive motion patterns from tagged MR images. The method is based
on the fact that the Fourier transforms of SPAMM images contain a number of
distinct spectral peaks. Using a bandpass filter to extract a peak in the Fourier
domain yields a complex harmonic image, consisting of a harmonic magnitude
image which describes the change in heart geometry as well as the image intensity
changes, and a harmonic phase image which describes the motion of the tag
pattern in the myocardium. The advantage of HARP imaging is that it can be
used to directly calculate the strain from the images. This work has been applied
primarily to 2D tagged MR images and its extension to 3D tagged MR images
is still an active area of research.



90 Raghavendra Chandrashekara, Raad H. Mohiaddin, and Daniel Rueckert

Ay

SAz

SA4

=0 s 86

Fig.1. A typical configuration of imaging planes required to fully reconstruct the
deformation field consists of both short-axis (SA) planes as well as long-axis (LA)
planes. The images on the right show a set of SPAMM images for the corresponding
SA and LA imaging planes at three time points, end-diastole (ed), mid-systole (ms),
and end-systole (es).

The work presented in this paper is related to our previous research on
myocardial motion tracking using nonrigid image registration [7]. Here have
extended our method to include a cylindrical free-form transformation which
models more closely the geometry and motion of the LV.

2 Method

The normal human left ventricle undergoes a number of different types of defor-
mation as it pumps blood out to the rest of the body. These include contraction,
twisting, and a shortening of the LV. To accurately measure these modes of mo-
tion we need to acquire multiple short-axis (SA) and long-axis (LA) images of
the LV. A typical configuration which could be used is given in figure [, which
consists of a series of contiguous SA and LA image planes. If we consider a
material point P in the myocardium at a position u = (z,y,2) at time ¢t = 0
(corresponding to end-diastole) that moves to another position u’ at time t = i,
our task is to find the transformation T such that:

T(u,t) =u (1)

We define T(u, t) using a series of cylindrical free-form deformations as described
in the next section:

T(u,t) =) Tioeu(u) (2)
h=1
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2.1 Cylindrical Free Form Transformations

Free-form deformation (FFD) [24] of an object is achieved by embedding it within
a lattice of control points. By moving the control points defining the FFD the
object can be deformed. A cylindrical free-form deformation (CFFD) is defined
on a domain {2

R={0r0,2)0<r<R0<0<21,0<2< 7} (3)

corresponding to the volume of interest, by a mesh of control points n, X ng X n,
as shown in figure[2], where n, is the number of control points in the radial direc-
tion, ng is the number of control points in the #-direction (tangential direction),
and n, is the number of control points in the z-direction (LA direction). The
cylindrical control point grid is aligned with the left ventricle by calculating the
center of mass of the myocardium in the apical and basal short-axis image slices;
the line joining the apex to the base then defines the LA of the left ventricle.
A shearing and translation transformation, S, is calculated which aligns this
axis with the axis of the cylindrical control point grid. Thus, each rf-plane in
the cylindrical coordinate system is aligned with a short-axis image plane. The
shearing and translation transformation is given by the matrix:

1 O _az_bz azb,—a by

az:gz %z:bzb
g |01 ok mben @
00 1 —a,
00 O 1

where a = (ay,ay,a;)", and b = (b;, by, b,)" represent the positions of the apex
and the base of the left ventricle respectively. We calculate the coordinates of a
point, u = (g, Uy, u,), in the myocardium in the cylindrical coordinate system
by first multiplying (ug,uy,, v, 1)T by S to obtain:

Sz Ug
sy | Uy
s, | S Uy (5)
1 1

and then converting to cylindrical polar coordinates:

r=s>+ 33 (6)
6 = arctan2(s,, sg) (7)
2=, (8)

where arctan2(s,, s,) is the standard C++ math library function that calculates
the arctangent of s,/s,, taking into account the quadrant that 6 lies in, which
depends on the signs of s, and s,,.

Th .1(r,0,2) is then defined by:

3 3 3
Tlocal T, 0 Z Z Z Z Bl(U)Bm(U)Bn(w)¢i+l,j+m,k+n (9)

=0 m=0n=0



92 Raghavendra Chandrashekara, Raad H. Mohiaddin, and Daniel Rueckert

Fig. 2. The control point grid for the cylindrical free-form deformation (CFFD). Here
n, =5 and ng = 12. The number of control points in the z-direction is not shown.

where i = [(n, —1)r/R| —1,j=[(ne —1)0/2m)] — 1, k = |[(n, — 1)2/Z] — 1,
u=Mm,—1)r/R—i—1,v=(ng—1)0/27)—j—1,and w = (n,—1)z/Z —k—1.

2.2 Combined Nonrigid Registration of SA and LA Images

The estimation of the deformation field T(u,t) proceeds in a sequence of regis-
tration steps. Since we are only interested in recovering the motion field within
the myocardium we use only voxels inside the myocardium in the first time frame
(corresponding to end-diastole) as the images to register to. This not only allows
us to produce more accurate results but also to do the registration more quickly.
We begin by simultaneously registering the SA and LA volume images taken at
time ¢ = 1 to the segmented volume images taken at time ¢ = 0. This is done by
optimizing a cost function based on the weighted sum of the normalized mutual
informations (NMIs) of the registered images.
The NMI [25] between two images, A and B, is defined by:

o _HA)+H(B)
similarity — H(A, B)

where H(A) and H(B) are the marginal entropies of images A and B respec-
tively, and H(A, B) is the joint entropy of the two images. Since the SA and
LA images we use contain different numbers of voxels we weight the separate
components of the normalized mutual information in the similarity measure ac-
cording to the numbers of voxels in the myocardium in the segmented SA and
LA images taken at end-diastole:

(10)

N(Vsa0)
= - 11
sa N(Vsa,0) + N(VLa) (11)
NWia0)
WLA = . 12
LA N(Vsa,0) + N(VLao) (12)



Analysis of Myocardial Motion and Strain Patterns 93

N(Vsa,0) and N(Vipa,0) are the numbers of voxels in the myocardium in the
segmented images taken at end-diastole. Thus the similarity measure is given
by:

H(Vsa0) + H(T(Vsa ) tw H(Viao) + H(T(Vias))

H(Vsa,0, T(Vsa,e)) A TTHVeao, T(Viay))

(13)
where the @ are the control points defining the local transformation, T, Vga o and
Vsa ¢ are the volume images formed by the SA slices at times 0 and ¢ respectively,
Va0 and Via ¢+ are the volume images formed by the LA slices at times 0 and ¢
respectively, and T(A) represents the image A after it has been registered to its
corresponding image at time ¢ = 0. It is important to note that equation I3 only
measures the similarity of the intensities of the SA and LA images between two
time points. No extraction of features such as tag lines or intersections is used
to calculate the optimal transformation.

Because the similarity measure is coupled to both the SA and LA image
sets, we are able to recover the complete 3D motion of the myocardium. This
is because a single 3D transformation is optimized which must maximize both
the similarity between the SA and LA images. Thus, the through-plane motion
that is present in the SA images is described by the transformation because of
the presence of the LA images which the transformation must simultaneously
register.

After registering the volume V; to V we obtain a single FFD representing the
motion of the myocardium at time ¢ = 1. To register volume V5 to Vj a second
level is added to the FFD and then optimized to yield the transformation at
time ¢t = 2. This process continues until all the volumes in the sequence are
registered allowing us to relate any point in the myocardium at time ¢ = 0 to its
corresponding point throughout the sequence.

Csimilarity (@) = WsA

3 Results

In this section we present validation results using cardiac motion simulator data
and data from normal volunteers.

3.1 Cardiac Motion Simulator Data

For the purposes of validation, a cardiac motion simulator as described in Waks
et al. [26] was implemented. The motion simulator is based on a 13-parameter
model of left-ventricular motion developed by Arts et al. [4] and is applied to a
volume representing the LV that is modelled as a region between two confocal
prolate spheres while the imaging process is simulated by a tagged spin-echo
imaging equation [22].

To determine how accurately we could track the motion of the myocardium,
simulated image sets were generated using the k-parameter values given in fig-
ure 4 of [26]. The k-parameter values were derived from a bead experiment on
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Fig. 3. The actual and estimated principal strains. The axes of the ellipsoids define
the principal strain directions.

a dog heart [4]. A series of short- and long-axis images were generated using
the imaging parameter values given in [26] for 10 equally spaced time instants
between end-diastole and end-systole. The maximum displacement of any point
in the myocardium was 21 mm. The root-mean-square (r.m.s.) error between
the true and estimated displacements for all points in the myocardium increased
from 0.13 mm (just after end-diastole) to 0.64 mm (at end-systole). As strain is
very sensitive to errors in the estimated displacement field we also plotted the
principal strain directions. Figure [3 shows the true and estimated strain fields
for a mid-ventricular short-axis slice where we have used tensor ellipsoids for
visualization. The high degree of similarity indicate a very good performance for
the method.

3.2 Volunteer Data

Tagged MR data from 6 healthy volunteers was acquired with a Siemens Sonata
1.5 T scanner consisting of a series of SA and LA slices covering the whole of
the LV. For two volunteers no LA slices were acquired and for the remaining
4 volunteers 3 LA slices were acquired. A cine breath-hold sequence with a
SPAMM tag pattern was used with imaging being done at end expiration. The
image voxel sizes were 1.40 x 1.40 x 7 mm, with the distance between slices being
10 mm, and 10-18 images were acquired during the cardiac cycle, depending on
the volunteer.

For each of the volunteers the deformation field within the myocardium was
calculated using the method presented in section Bl for all times between end-
diastole and end-systole. To test the performance of the method, tag-intersection
points in four different imaging planes (basal SA slice, mid-ventricular SA slice,
apical SA slice, and horizontal LA slice) were tracked manually by a human
observer. The r.m.s. error between the estimated and observed displacements of
the tag-intersection points are given in table [Il. We have also visualized the tag



95

Analysis of Myocardial Motion and Strain Patterns

€00ZWILYSI/EoI. /¥ o o1 dop-mmn//:daay Je s[qe[rese are sey
Jo Sunyoer) oy} SUIMOYS sUOIyewWIUy ‘A[PA1109dSal 1IeaY oY) JO SMIlA YT PuR yS Ul splid Se) [eNIIIA JO UOIJRULIOPP 9} MOYS JYSLI oY)
UO pu® 9[PPIW 9} Ul SoFewl o ], “}1eaY oY) JO MIIA S ® UO Pre[Ioao puid jurod [013u0d ([44)D) oY) SMOUS 3J9] oY) uo o8ewt oy [, *F "S1q

/

s8eq, renyuA v (9) s8eT, TeniuA VS (q adqan (e)

e

)
SN
4 ;‘4000“#“‘ R
GO0 .




Raghavendra Chandrashekara, Raad H. Mohiaddin, and Daniel Rueckert

96

€00ZWI¥SI/€2I /9N de o1 d0p mum//:daay je punoj oq ued sydeid 9so1]) Jo sUOISIOA I93Ier] () 03 GE'()- WOIJ SI
9[eds [BOILIDA ST, "9WII} JSuUreSe S[OLIJUSA o] oY) Jo Xode pue S[ppIWl ‘Oseq oY} Ul UTeI}S [RIJULIJWNIID d8eIoAr oY) JO uonjerrep g  Srg

[e1o1e] jousuy

xady

PIN

asegg




Analysis of Myocardial Motion and Strain Patterns 97

Table 1. R.M.S. error between estimated and observed displacements of tag-inter-
section points for the 6 volunteers.
Volunteer ‘ 1 ‘ 2 ‘ 3 ‘ 4 ‘ 5 ‘ 6
R.M.S. Error/mm[1.9 £ 1.5[0.96 + 0.24[1.5 £ 1.0[1.5 £ 0.77|1.3 £ 0.56|1.9 + 1.4

tracking in the form of virtual tag grids in figure @l Here a grid has been overlaid
on a SA or LA view of the heart at end-diastole and been allowed to deform
with the calculated transformations as the heart contracts. As can be seen in
the figures the tag tracking has been performed very well since the virtual tag
grids follow the actual tag pattern in the images.

From the output transformations we were also able to directly calculate the
strain fields within the myocardium. For example in figure[§ we have plotted the
variation of the circumferential strain over the whole of the LV. As can be seen
in the figure the circumferential strain is uniform around the center of the LV,
but increases towards the apex. These results should be compared with the ones
reported by Moore et al. [16].

4 Conclusions

We have presented a novel method for the estimation of motion fields within the
myocardium using nonrigid image registration and a cylindrical B-spline trans-
formation model. We have validated our results using a cardiac motion simulator
and presented measurements of strain fields in normal human volunteers. Future
work will focus on building a statistical model of the motion of the myocardium.
The principal modes of motion extracted will be incorporated as prior knowledge
about the expected types of motion to improve the accuracy and speed of the
algorithm.
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Abstract. In this paper we present the current state of our research
on simulation of temporal bone surgical procedures. We describe the
results of tests performed on a virtual surgical training system for mid-
dle ear surgery. The work is aimed to demonstrate how expert surgeons
and trainees can effectively use the system for training and assessment
purposes. Preliminary kinematic and dynamic analysis of simulated mas-
toidectomy sessions are presented. The simulation system used is charac-
terized by a haptic component exploiting a bone-burr contact and erosion
simulation model, a direct volume rendering module as well as a time-
critical particle system to simulate secondary visual effects, such as bone
debris accumulation, blooding, irrigation, and suction.

1 Introduction

Temporal bone drilling is an extremely delicate task common to several surgical
procedures. A successful execution of temporal bone dissection requires a high
level of dexterity, experience, and knowledge of the patient anatomy. The current
primary teaching tool to acquire these skills is dissection of human cadavers.
The physical limitations and decreased availability of the material — as well as
its high handling and disposal cost and the risks associated to transmission of
diseases — are, however, making this training method increasingly problematic.
A VR simulator realistically mimicking a patient-specific operating environment
would, therefore, significantly contribute to the improvement of surgical training
in this context.

A number of groups are developing virtual reality surgical simulators for
bone dissection. Early systems (e.g. [1]) focused on increasing the understand-
ing of the anatomy by providing specialized visualization tools of static models,
while following projects such as the VrTool [2] and the VOXEL-MAN system
[814] mainly concentrate on the accurate visual presentation of free-form volume-
sculpting operations. Others systems, such as the Ohio Virtual Temporal Bone
Dissection simulator [BJ6//7] and IERAPSI simulator [8]9] aim instead at realisti-
cally mimicking the visual and haptics effects of a real operation. The IERAPSI
system is a visual and haptic surgical simulator, characterized by a physically

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 100-[107] 2003.
© Springer-Verlag Berlin Heidelberg 2003
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based contact model, the use of patient specific data, and the focus on validat-
ing the haptic model with experimental data. References [89] provide a general
overview of the project, mostly covering pre-operative planning; reference [10]
focuses on the human factor analysis; while reference [11] presents an imple-
mentation of visual and haptic simulation of bone dissection based on a "first
principles” model. The visual and haptic simulation is based upon the use of
patient specific digital data acquired from CT scanners and 3D volume models
representing the different materials around the temporal bone. It involves also
a physical model of the bone-burr interaction that provides impulses to haptic
devices(Sensable’s Phantoms), a direct volume rendering component and other
physically based visual effects. The simulator has been completed and is currently
being tested by experienced surgeons and trainees. A complete description of the
system architecture and of the algorithms implemented can be found in [TTT2].

In this paper, we present the current state of our research on simulation of
temporal bone surgical procedures. We report the preliminary results of tests
performed on our virtual surgical training system. The data acquisition and
analysis involves all the bone-burr interaction dynamic parameters in a series of
simulated specific interventions performed by trainees and experienced surgeons.
The specialty considered in these sessions is the basic mastoidectomy, that rep-
resents the most superficial and common surgery of the temporal bone, and it
is undertaken by a wide range of surgeons in everyday practice. The procedure
consists in the removal of the air cavities just under the skin behind the ear itself,
and it is performed for chronic infection of the mastoid air cells (mastoiditis).

The rest of the paper is organized as follows. Section [2] provides a short
description of the virtual surgical training system, while section Blillustrates our
preliminary results with regards to the surgical simulator testing as well as the
kinematic and dynamic analysis of the basic mastoidectomy phases.

2 Methods and Tools

Our surgical simulator has been designed following the requirements identified
in a human factor analysis[8/9]. The analysis involved a review of existing doc-
umentation, training aids, and video recordings, interviews with experienced
operators, as well as direct observation of the procedure being performed in the-
ater. The results of our analysis show that the simulator must include burr—bone
contact detection, bone erosion, generation of haptic response, and synthesis of
secondary visual effects, such as bone debris accumulation, blooding, irrigation,
and suction [I0]. The human perceptual requirements of a simulator impose
very stringent constraints on performance, making bone dissection simulation a
technological challenging task.

We harnessed the difference in complexity and frequency requirements of
the visual and haptic simulations by modeling the system as a collection of
loosely coupled concurrent components. The haptic component exploits a multi-
resolution representation of the first two moments of the bone density to rapidly
compute contact forces and determine bone erosion.
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The force estimation is based on a physically based contact and erosion model
loosely based on Hertz contact theory. The actual bone erosion is implemented
by decreasing the density of the voxels that are in contact with the burr in a
manner that is consistent with the predicted local mass flows. The method com-
plexity scales, however, with the cube of the burr tip radius, imposing important
limitations on the surgical tool size. A thorough description of the method can
be found in [12].

The visual component uses a time-critical particle system evolution method
to simulate secondary visual effects, such as bone debris accumulation, blooding,
irrigation, and suction. The system runs on two interconnected multiprocessor
machines. The data is initially replicated on the two machines. The first is dedi-
cated to the high-frequency tasks: haptic device handling and bone removal sim-
ulation, which run at 1 KHz. The second concurrently runs, at about 15-20 Hz,
the low-frequency tasks: bone removal, fluid evolution and visual feedback. The

Fig. 1. Surgical simulator setup vs operating room: on the left the virtual sur-
gical training system user interface is composed by two phantom devices that pro-
vide force feedback for sucker and burr, as well as an N-vision binocular display that
presents images to the user; it simulates the real feelings of the surgeon in the operating
room(right)

two machines are synchronized using one-way message passing via the Stanford
VRPN library[13]. The Virtual-Reality Peripheral Network (VRPN) system pro-
vides a device-independent and network-transparent interface to virtual-reality
peripherals. This communication library provides also a suitable mean to record
complete traces of the training sessions, which can then be processed off-line by
data analysis tools.
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3 Results

Our current training system is configured as follows: a single-processor PIV /1500
MHz with 256 MB PC133 RAM for the high-frequency tasks (haptics loop
(1IKHz) and interprocess communication loop); a dual-processor PIII/800 MHz
with 512 MB PC800 RAM and a NVIDIA GeForce 4 Ti 4600 and running a 2.4
linux kernel, for the low frequency tasks( receiving loop, simulator evolution and
visual rendering); a Phantom Desktop and a Phantom 1.0 haptic devices, that
provide 6DOF tracking and 3DOF force feedback for the burr/irrigator and the
sucker; a n-vision VB30 binocular display for presenting images to the user.The
performance of the prototype is sufficient to meet timing constraints for display
and force-feedback, even though the computational and visualization platform is
constructed from affordable and widely accessible components.We are currently
using a volume of 256x256x128 cubical voxels (0.3 mm side) to represent the
region where the operation takes place.

We are extensively testing the virtual surgical training system in collabora-
tion with surgeons of the Department of NeuroScience of the University of Pisa.
In particular, contact model parameters and erosion factors have been tuned
according to their indications and there is consensus that they represent a good
approximation of reality. Using the tuned system, surgeons can perform complete
virtual surgery procedures with satisfactory realism. The possibility of recording
dynamic values of a surgical training session provides new opportunities for the
analysis and the evaluation of procedures. Different surgical procedure could be
recognized by the system and it becomes possible to use the recorded values also
to compare the behavior of expert surgeons and trainees in order to evaluate
surgical skills.Current available data show consistency between different train-
ing sessions of the same user. Average forces exerted by burr are between 0.7
and 1.3 N for the expert surgeon and between 0.8 and 1.1 N for trainees, while
average tool velocities are between 8.0 and 12.0 m/sec for the expert surgeon
and 10.0 and 17.0 m/sec for trainees.In order to evaluate the possibility of char-
acterizing different procedures according to dynamical parameters computed by
the simulator, we recorded all the parameters (i.e. burr and sucker positions and
velocities, force vectors, voxels removed) during a series of simulated mastoidec-
tomy procedures.We analyzed four steps of the mastoidectomy procedure. In the
first, the surgeon removes the cortex. The drill is applied to the mastoid cortex
immediately posterior to the spine of Henle and draws two perpendicular cuts,
the first along the temporal line and the second toward the mastoid tip. Then
the mastoid cortex is then removed in a systematic fashion of saucerization.

Figurd2lA shows a snapshot of the scene viewed by the trainee during this
step and on the right plots of the force module and of the material removed as
a function of time. The second step is the cavity saucerization: before a deeper
penetration in the antrum, it is necessary to perform a wide cortical removal
and the posterior canal should be thinned so that the shadow of an instrument
can be seen through the bone when the canal skin is elevated. Snapshot and
plots relative to this step are shown in FigurdZB. In the next phase considered
there is the identification of the mastoid antrum. It can be identified as a larger
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Fig. 2. Snapshot of the simulator (left) and plots of the force modulus and of the bone
removal vs time (right) for the four masoidectomy phases considered:A: cortex removal,
B: cavity saucerization, C: identification of the mastoid antrum, D: localiztion of the
facial recess
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air-containing space at whose bottom lies the basic landmark of the smoothly
contoured, hard, labyrinthine bone of the horizontal semicircular canal. The
localization of this canal allows exposure of the fossa incudis, the epitymphanum
anteriorly and superiorly and the external genu of the facial nerve medially and
inferiorly. Snapshot and plots relative to this step are shown in Figurd2C. The
final part of the basic mastoidectomy is represented in Figure2D. During this
step several landmarks are identified, and also the facial recess area is discovered.
Force and voxel removal plots show that each step in the surgical procedure can
be characterized by different actions. In the first step, the force plot presents
evident peaks and valleys due to the necessity of creating holes to start the bone
removal. In the second step the force is more continuous and not too high. During
the mastoid antrum exposure the force is irregular and reaches higher values,
up to 3N. The removal rate is similar, about 10.000 voxel removed per second.
Finally the last considered phase is characterized by large pauses where there is
no voxel removal and even when removal is present its rate is lower than in the
previous steps, indicating that critical sites have been reached and consequently
burring movements are more careful and accurate.

These facts can be pointed out just taking statistical values relative to the
considered steps displayed in figures Bl It is possible, for example, to distinguish
two phases with high average values of force and bone removal and two with
lower values. The two phases with high bone removal can be distinguished by
the average burr velocity: in the mastoid cortex removal, where the user try to
start new paths for the bone removal, the velocity is limited, while in the mas-
toid atrium exposure, where the user removes small quantities of material burr’s
movements are much faster. The cavity saucerization and the facial nerve iden-
tification phases, characterized by lower force values can also be distinguished
by correlating with the burr bit movements speed. In fact, in the first phase the
burr moves quickly along already determined paths, while in the second it is
moved slowly — and carefully — since there is an high risk of damaging the facial
nerve.

4 Conclusions and Future Work

This paper was aimed to describe the current state of our research in the field
of virtual simulation of temporal bone surgical procedures. We presented pre-
liminary results of the analysis of experimental data acquired during validating
session of a novel virtual surgical training system for middle ear surgery. Tests are
performed by expert surgeons and trainees and data are acquired in a controlled
environment. These data can provide to the surgical community useful informa-
tion to improve the training methods for critical surgical procedures involving
bone dissection. We are currently in the process of acquiring experimental data
also to compare the dynamic behavior of real materials, burr tips, and burring
velocities with the simulated ones. We are also working on defining metrics ap-
propriate to the quantitative analysis of virtual training session traces.
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Abstract. This paper presents the haptic interaction method when the interac-
tion occurs at several points simultaneously. In many virtual training systems
that interact with a virtual object, the haptic interface is modeled as a point.
However, in the real world, the portion interacting with real material is not a
point but rather multiple points, i.e., an area. In this paper, we address an area-
based haptic rendering technique that enables the user to distinguish hard re-
gions from softer ones by providing the distributed reflected force and the sen-
sation of rotation at the boundary. We have used a shape retaining chain linked
model that is suitable for real-time applications in order to develop a fast area-
based volume haptic rendering method for volumetric objects. We experi-
mented with homogeneous and non-homogeneous virtual objects consisting of
421,875 (75x75x75) volume elements.

1 Introduction

In most virtual environments, a deformable object is modeled as a mesh, and the
probe of the haptic interface is modeled as a point, which is known as the haptic in-
terface point (HIP). Haptic rendering is a process that generates an interaction force
between a virtual object and the haptic interface point [1,2,3]. Until now, most haptic
rendering methods have focused on point-based haptic rendering. In point-based hap-
tic rendering, since the probe of the haptic interface is modeled as a point, interaction
forces can be calculated easily and quickly.

One of the important factors in haptic rendering is to give a realistic feeling to
the user as the user touches a real object. In most cases, when the user interacts with a
real object (for example, in palpation) the interaction occurs at several points
simultaneously, i.e., area contact. Consider the case when we touch an object with a
finger. We have many touch sensors at the fingertip. By integrating the stimulating
forces at those sensors, we may perceive the hard portion and soft portion of a non-
homogeneous object, simultaneously. Consider that we construct the palpation simu-
lator system. Since the stiffness coefficient of the hard portion is larger than that of
the soft portion, the reflected force in the hard portion is larger than that of the soft

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 108-120, 2003.
© Springer-Verlag Berlin Heidelberg 2003
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portion. Therefore, we can also perceive the hard portion and soft portion of a non-
homogeneous object by using a tactile display.

Consider what would happen if a user explored a virtual volumetric object with
a blunt tool like a diagnostic ultrasound system. In this system, since the user ex-
plores the internal part of the object not with skin but with a blunt tool, to give the
only distributed reflected force (caused by surface tension and normal force) to the
user is insufficient for distinguishing the hard portion from the softer one at the same
time.

Consider that the user interacts with a non-homogeneous object. Since the stiff-
ness coefficient of the hard portion is different from that of the soft portion, the user
is given small reflected force in the soft portion and large reflected force in the hard
portion. At this time, torque is generated because the reflected force in the soft por-
tion is different from that in the hard portion. Because of torque, the probe of the hap-
tic device must be rotated in order to go into equilibrium state. We use this torque
information to distinguish the inhomogeneity of the object. By giving torque informa-
tion to the user, the user can perceive the hard portion and soft portion of the non-
homogeneous object by the sensation of rotation caused by the difference in stiffness
between the hard portion and the softer one.

However, in a point based haptic rendering, because the interaction occurs at
only a single point, a user cannot get distributed reflected force and cannot get the
sensation of rotation caused by the difference in stiffness between the hard portion
and the softer one.

Our proposal is to compute the forces from the contact area simultaneously to
render the haptic feeling induced by difference in the stiffness at the border where the
hard material meets with soft material. Our area based haptic rendering can apply to
the system in which the user touches the virtual object with his or her finger like a
palpation simulator. Also area-based haptic rendering is able to apply to the systems
in which the user explores the virtual volumetric object with a blunt tool like a diag-
nostic ultrasound system simulator.

For the realistic haptic rendering of a deformable object, a Mass-Spring model
and Finite Element Method (FEM) have been used. Unfortunately, in practice, phys-
ics based deformable models are very much limited to surface modeling mainly due
to the overwhelming computational requirements. In a haptic simulation of interac-
tion with a deformable object, it is harder to meet the real-time constraint than in a
graphic simulation because a virtual object model requires a haptic update rate of 1
kHz (as opposed to the graphics update rate of 30Hz).

We have verified the real-time performance of the 3D volumetric object with a
shape retaining chain linked model (or S-chain model) [5,6]. In this paper, we pro-
pose an area-based haptic rendering that enables the user to perceive the hard portion
and the soft portion of a non-homogeneous object. For real-time simulation, we use
the S-chain model for the proposed area-based haptic rendering. This haptic rendering
method based on an S-chain model has been simulated with homogeneous and non-
homogeneous virtual objects of size 75x75x75, and its performance is shown to be
fast and stable.
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2 Background

In virtual reality, mainly the visual information has been utilized for the interaction
between a user and virtual environments. However, the haptic information has be-
come an important factor since the development of stable haptic devices. In the early
stages of its development, haptic rendering focused on displaying the shape of a hard
object. Zilles and Salisbury [7] presented a constraint-based method to haptically ren-
der a virtual hard object. In [7], they defined a god-object which is a point represent-
ing the virtual location of the haptic interface. The god-object is constrained to re-
main on a particular facet of the object. Ho et al. [3] proposed a ray-based haptic
rendering method for displaying 3D virtual objects. In the ray-based haptic rendering,
since the probe of the haptic interface is modeled as a line segment, the user can feel
reflected forces and interaction torques.

Due to increasing computing power, researches on haptic rendering of deform-
able objects have progressed rapidly. For haptic rendering, many physics based de-
formable models have been developed. D’ Aulignac et al. [8] proposed a two-layer
mass—spring model for the human thigh. The two-layer model is composed of linear
springs and a set of non-linear springs orthogonal to the surface. Nedal and Thalmann
[9] proposed a method to simulate muscle deformation in real-time using a mass—
spring system. To physically simulate deformation, they considered three different
forces: elasticity, curvature and constraint forces. To calculate curvature force, they
used a new type of spring called an angular spring. Tokumo and Fujita [10] suggested
a four-element model to deform a visco-elastic object in real time. Zhu et al. [11]
presented a voxel-based biomechanical model for muscle deformation using finite
element method (FEM) and volume graphics. In [11], hierarchical voxel meshes were
reconstructed from filtered segmented muscle images followed by FEM simulation
and volume rendering. For both modeling techniques, however, the use of volumetric
models has been limited in applications where realistic and stable real time simulation
of interaction is required, mainly due to the computational overhead.

Even with surface models, it is sometimes difficult to increase the update rate of
the virtual object model to the haptic update rate. To overcome this problem, Astley
and Hayward [12] introduced a multi-layer mesh, where a coarse mesh is applied to
the entire body, and a finer mesh is applied to the area of the body to be manipulated.
Cavusoglu and Tendick [13] proposed a multi-rate simulation technique. In their
work, the full order model has an update rate of over 10Hz, and the area of interest
(the low order local model) has an update rate of 1 kHz.

Costa and Balaniuk [14] presented a new modeling method for deformable ob-
jects — the Long Element Method (LEM). Their method can calculate reflected forces
and display animation in real-time. They filled the interior of the volume with rectan-
gular parallelepiped (Long Elements) to simulate the deformable object, and the equi-
librium equation was defined using bulk variables. De et al. [15] introduced a mesh-
less modeling technique for real-time rendering of soft tissues. Nodal points are
sprinkled around the surgical tool tip and interpolation is performed by functions that
are nonzero only on spheres surrounding the nodes. For the real-time deformation of
the volumetric data, Gibson proposed a 3D ChainMail algorithm [16,17]. Since the
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3D ChainMail algorithm overcomes the computational burden by rapidly propagating
deformation outwards through a volume, it is suitable for the real-time deformation of
a volumetric object. Since the behavior of the 3D ChainMail algorithm is like that of
dough, it is suitable for highly viscous objects. However, if the 3D ChainMail algo-
rithm is used for elastic objects, it can induce some problems in that it is hard to re-
turn the model to its original shape once it is deformed. Therefore, Kim et al. [5,6]
propose a shape retaining chain linked model (or S-chain model) for real-time volume
haptic rendering based on the 3D ChainMail algorithm. The S-chain model is still as
fast as the original 3D ChainMail, and yet displays more realistic deformation of
elastic materials than the 3D ChainMail does.

The purpose of area-contact simulation is to get the internal information of an
object. In order to get the internal information, we must use volumetric data. How-
ever, since most haptic rendering method is for surface data only, area contact haptic
simulation with the volumetric data has hardly been studied yet.

3 Area-Based Haptic Rendering

Until now, most haptic simulation method has focused on point-based haptic render-
ing. In haptic rendering, it is important to provide a realistic feeling to the user as the
user touches a real object. In most cases, when the user interacts with a real object,
the interaction occurs at several points simultaneously (area contact), not at a single
point as shown in Figure 1.

In point-based haptic rendering, since the interaction takes place between the
probe of the haptic device and a virtual object, the method is not suitable for applica-
tions that interact with several points simultaneously, for example in a palpation
simulator. In this section, in order to overcome the limitations of point-based haptic
rendering for deformable objects, we propose a new haptic rendering method called
area-based haptic rendering. In area-based haptic rendering, we model the probe of
the haptic device as not a point but an area as shown in Figure 1.

(@) ®)

Fig. 1. (a) : User can distinguish the hard portion from the softer one by perceiving the distrib-
uted reflected force due to skin contact. (b) : User can distinguish the hard portion from the
softer one by perceiving the reflected force and sensation of rotation by the differences of the
amount of deformation
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Consider a 2D deformable object that interacts with a haptic interface at the area
(not a point) shown in Figure 2. Since the interaction occurs at the area including
nodes n,, n,, n,, and n,, the user perceives the distributed reflected force due to skin
contact.

The reflected forces (f,, f,, f,, and f,) generated at each node can be calculated
with the haptic model. Suppose that the non-homogeneous deformable object is com-
posed of a soft material and hard material as shown in Figure 2. The two left nodes
(n, and n,) are included in the soft object and the two right nodes (n, and n,) are in-
cluded in the hard object. If the user uses a tactile display, the user can perceive the
object and can distinguish the hard portion from the softer one because the reflected
force at the two right nodes is greater than the reflected force at the left two nodes.
This approach is useful for palpation simulators.

Consider again the situation in which the user explores a virtual volumetric ob-
ject with a blunt tool like a diagnostic ultrasound system simulator. Since the user
explore the internal part of the object with not skin but a blunt tool, the user cannot
distinguish the hard portion from the softer one at once. In order to distinguish the
hard portion from the soft one at once, other information is needed. Therefore, we
adopt torque information for distinguishing the inhomogeneity of the object. In Fig-
ure 2, since the reflected force at the two right nodes is greater than the reflected force
at the left two nodes, the torque occurs about the z-axis and user can feel the bound-
ary of two different materials so that he or she can distinguish the hard portion from
the softer one.

We consider a 2D model as shown in Figure 2. Let us consider the movement
only in the y-axis for simplicity. Let n, be the i-th node in the y-axis, and let F, be the
reflected force of the i-th node in the y-axis. The force (F,) reflected by the movement
of the i-th node in the y-axis can be calculated by Newton’s third law. Let Ax; be the
distance from each node of the haptic interface area to the axis of rotation. The torque
generated by the different forces is given in (1).

2n=XF1 )

4+
RbE TP

Soft Hard

X

Fig. 2. Non-homogeneous model composed of a soft material and hard material
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We now consider a 3D model for interaction with the haptic interface area (HIA)
as shown in Figure 3(a). Figure 3(b) shows the configuration of Figure 3(a) from the
viewpoint of the z-axis. Figures 3(c) and 3(d) show the configuration of Figure 3(a)
from the viewpoints of the x-axis and y-axis, respectively. In Figure 3, each dot
represents an individual contact point. When the user interacts with the model in an
arbitrary direction, reflected forces generated in each node (i,j) are calculated by the
haptic model (mass-spring, FEM) and the torques reflected to the user on each axis
are calculated by equation (2),(3),and (4).

T, =2 2 (E) Ax + D Y (F) Ay ()
Ty :ZZ(FU)7 Ayij+ZZ(Ej)yAZij (3)
Ty:ZZ(Fij)x Azij+zz(Ej)zAXij (€]

where Ax, , Ay, , Az, are the distances from each node of the haptic interface area to
the axis of rotation on the x-axis, y-axis, and z-axis, respectively; and Fu is the re-
flected force from each node (i,j).

In this section, we have presented our new haptic rendering method (area-based
haptic rendering), which enables the user to get the sensation of rotation and to dis-
tinguish hard regions from softer ones. When the user interacts with the virtual object
with his or her hand, reflected force can be calculated at each node, and the user can
perceives the object via our haptic rendering algorithm and tactile display. When the
user interacts with the virtual object using a blunt tool, the user can distinguish hard
regions from softer ones due to the sensation of rotation and haptic interface.

(a) (<)

Fig. 3. The 3D model for interaction with HIA

4 Towards a Real-Time Haptic Rendering

In a haptic simulation with a deformable object, it is very hard to meet the real-time
constraint because a virtual object model requires a haptic update rate of 1 kHz (as
opposed to the graphics update rate of 30Hz). In order to meet computational re-
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quirements of the volumetric object, we have previously proposed a shape retaining
chain linked model [5, 6]. The S-chain model is suitable for real-time volumetric ob-
ject deformation and volume haptic rendering because it does not require heavy com-
putation. In this section, we describe how the S-chain model is applied to area-based
haptic rendering.
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Fig. 5. Force equilibrium of the 2D model

Consider a 2D S-chain model of the size 6x10 as shown in Figure 4. Let us consider a
case where compressing along the y-axis only for simplicity. Let c, be the i-th chain
in the y-axis, and let f, be the force generated by the movement of the i-th chain in the
y-axis. Let Fr, be the reflected force of i-th chain in the y-axis. The force generated by
the movement of i-th chain in the y-axis (f) can be calculated by the S-chain model.
Figure 6(a) shows the initial configuration of the nodes and Figure 6(b) shows the
resulting configuration when the user pushes the nodes including c,, c,, c,, and c,
chain. Since the leftmost chain (c,) does not move, the reflected force in ¢, becomes
Fr, =f,. In c,, there is a reaction force (f,) generated by c,, since c, is moved by c,. To
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satisfy the force equilibrium, the reflected force becomes Fr, = f, + f,. Since c, drags
¢, and c, along the direction of its movement, the reflected force becomes Fr, = f, + f,
+ 1.

The shape of the portion in contact with the haptic interface is the same as that
of the HIA. That is, if the shape of the HIA is a round, then the shape of the portion in
contact with the haptic interface is a round shape. In this paper, we model the shape
of the HIA as a rectangular shape.

Let us suppose that the displacement between a node and a neighboring node in
the HIA is less than the shearing limit. Since chains contacting the haptic interface
area (HIA) behave independently, the reflected force in ¢, becomes Fr, = f,. The ex-
pressions in (5)-(8) show how we computed the reflected force components.

Fry =f, +f, +1f, ©)
Fr, =f, (6)
Fr, =f, @)
Fry=f, +f, +1; 8)

If the user’s hand interacts with the nodes including c,, c,, c,, and c, chain ele-
ments, the reflected force that is calculated in each node is transferred to the user via
a tactile display. Therefore, the user can explore the inside of the object. If the user
interacts with the virtual object with a blunt tool, torque information for distinguish-
ing the inhomogeneity of the object is needed (refer to section 3).

Let Ax, be the distance from the axis of rotation to the i-th chain along the x-axis.
Then the torque (7,) generated by the different forces is

T, =ZFri AX, )

In this section, in order to simulate a virtual object in real-time, we have presented
area-based haptic rendering with an S-chain model, which is suitable for volumetric
haptic rendering. The results of the area-based haptic rendering with the S-chain
model are discussed in the following section.

5 Result

We have simulated the virtual object with an S-chain model of the size 75x75x75.
The virtual object is volumetric in that the interior is also filled with chain elements.
The graphical and haptic simulations are carried out by a program written in C++
with OpenGL as a graphics library. The graphic and haptic simulation is conducted
with a PHANToM™ device and a PC with dual 00MHz Pentium III processors.

5.1 Area-Contact

Figures 6-9 show the results of the 3D virtual object in interaction with a blunt probe.
Figure 6 shows the graphical result of a 3D homogenous virtual object when the posi-
tion input is given at the middle area (20x20) of the upper part. Figure 6(a) shows the
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result of the stretching case along the z-direction and Figure 6(b) shows the result of
the compression case along the z-direction. In Figure 6, since the probe of the haptic
interface is modeled as an area whose shape is rectangular, the interacting portion.
Since we assumed that the probe shape of the haptic interface is square in Figure 6,
the portion of the object that interacts with the probe is flat in shape.

Figure 7 shows haptic results with a homogeneous 3D model when the position
input is given from the point (z = 75) to the point (z=50). Figure 7(a) shows the re-
flected forces at the left portion of the HIA and at the right portion of the HIA, re-
spectively. Since we suppose that a flat input object compresses the homogeneous
object, reflected forces in each node are the same. At this time, torque generated at
the HIA is zero as shown in Figure 7(b) because the state is in equilibrium.

(a) (b)
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Fig. 7. Haptic result with homogeneous 3D model

5.2 Non-homogeneous Volumetric Object

We also simulated the algorithm for non-homogenous objects when the same position
input is given as in the case of the homogeneous object. The non-homogenous object
is composed of a soft material and a hard material as depicted in Figure 8. Figure 9(a)
shows the reflected forces at the soft region and at the hard region, respectively. At
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the left portion of the object, the reflected force is gradually increased as the depth of
penetration is increased. Differently, at the right portion of the object, the reflected
force is slowly increased when the haptic interface area (HIA) is in the homogenous
region, and significantly increased as the HIA approaches the non-homogeneous re-
gion.

| 75,75,75)
0o / 7,75)
M Homogenous
(27,27, Region
~ 3(75:75,50)
o o
Soft .-"'J
. o o
e — s Non-homogenous
depth ( Region
Hard
material
0,0,0) (750.0)

Fig. 8. The non-homogeneous object is composed of soft and hard materials

Force (N)

depth -;cpl-

(a) (b)

Fig. 9. The reflected force at the soft portion and at the hard portion and the torque generated
at the HIA

When the user pushes or pulls the non-homogeneous object as shown in Figure
8, the reflected force at the hard portion is different from the one at the softer portion
due to difference in stiffness between the hard portion and the softer portion (Figure
9(a)). By the different forces between the hard portion and the softer portion, torque
is generated (Figure 9(b)). Figure 9(b) shows the magnitude of torque generated at
the HIA. The torque generated at the HIA is zero when the HIA is in the homogene-
ous region. However, torque is generated as the HIA approaches the non-
homogeneous region. In order to maintain equilibrium state, the user feels the sensa-
tion of rotation. If the sensation of rotation is transferred to the user through that gives
the torque, the user perceives the hard portion and soft portion of a non-homogeneous
object. However, we do not have any haptic device that gives the torque. So, we ro-
tated the HIA until torque is zero. It is because the rotation of HIA makes the soft
portion deformed and the reflected force of this soft part gets bigger than the harder
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part and torque would be zero. Figure 10 shows the graphical result when the generat-
ing torque is zero.

Fig. 10. The HIA is rotated in order to maintain the equilibrium state

From the haptic results (Figure 7, 9), we have verified that the proposed method
enables the user to distinguish hard regions from softer ones because of torque feed-
back. As expected, area-based haptic rendering with an S-chain model can haptically
render the homogeneous and non-homogeneous volumetric model in real time.

6 Summary

One of the areas where we can apply our technique is a palpation simulator. By push-
ing down a virtual volumetric data at the surface level, the user can feel the internal
structure of the object. But this cannot be accomplished if we have only point haptic
contact. In this paper, we have proposed area-based haptic rendering to overcome the
limitations of point-based haptic rendering. Since the real-time performance is also
very critical in area-based haptic rendering, we applied the S-chain model to the area-
based haptic rendering.

This paper makes the following contributions to area-based haptic rendering: (1)
describing a haptic rendering method that gives the distributed forces to the user due
to area contact; (2) describing a method that can distinguish hard regions from the
soft ones as the rotational feeling (or torque) is given to the user; and (3) implementa-
tion of the above in real-time with an S-chain model.

We have performed graphic and haptic simulations with homogeneous and non-
homogeneous virtual objects consisting of more than 400000 volume elements and
we have been able to verify the real-time haptic interaction. In many applications,
especially in the case where we attempt to find a feature within a volume by touching
the object, we believe that the area-based haptic rendering algorithm is more effective
than the point-based haptic rendering algorithm.
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If tactile display for palpation simulator is developed, our algorithm is more and

more suitable for palpation simulator. Therefore, we are currently considering creat-
ing a tactile display in order to apply our algorithm to palpation simulators.
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Abstract. In this paper, we present a 3D reconstruction approach of a liver tu-
mour model from a sequence of 2D MR parallel cross-sections, and the integra-
tion of this reconstructed 3D model with a mechanical tissue model. The recon-
struction algorithm uses shape-based interpolation and extrapolation. While in-
terpolation generates intermediate slices between every pair of adjacent input
slices, extrapolation performs a smooth closing of the external surface of the
model. Interpolation uses morphological morphing, while extrapolation is based
on smoothness surface constraints. Local surface irregularities are further
smoothed with Taubin’s surface fairing algorithm [5]. Since tumour models are
to be used in a planning and simulation system of image-guided cryosurgery, a
mechanical model based on a non-linear tensor-mass algorithm was integrated
with the tumour geometry. Integration allows the computation of fast deforma-
tions and force feedback in the process of cryoprobe insertion.

1 Introduction

Widely used medical imaging systems based on MR, X-rays, positron-emission, or
ultrasound scan 3D anatomic structures in a sequence of 2D parallel image slices. In
order to visualize, analyze and manipulate this data, one has to deal with the differ-
ence between the inter- and intra-slice resolution. Usually, the intra-slice resolution is
much higher than the inter-slice resolution, due to technical limitations and/or medi-
cal reasons (respiratory motion artefact, limited interval of exposure etc.). This is why
interpolation and/or extrapolation techniques are required to estimate the missing
slices. While a great variety of interpolation methods are available in the medical
imaging literature, extrapolation techniques are rare, probably because of the diffi-
culty in validating the results.

Grey-level interpolation techniques [1][2] consist of direct computation of inten-
sity for every pixel in the interpolated slice. Since medical imaging applications are
strongly object-oriented, the main drawback of grey-level interpolation techniques
consists in the large amount of input data for further segmentation, and errors occur-

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 121-131, 2003.
© Springer-Verlag Berlin Heidelberg 2003
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ring in segmentation due to prior interpolation. Shape-based interpolation techniques
are object-oriented and interpolate the binary object cross-section rather than the
grey-scale intensity values. A general object reconstruction method based on deform-
able meshes is proposed in [3]. There is also a rich literature in spline-based
interpolation techniques [4]. Mathematical morphology offers a coherent framework
for developing effective shape-based interpolation algorithms. The morphological
morphing transform in [5] interpolates a new group of slices between each two con-
secutive input slices, by performing a gradual shape transition. Our proposed scheme
is similar to this approach. However, their morphing approach is based on iterative
erosion and we observed that, in the case of a non-convex initial shape, iterative ero-
sion may divide the foreground into disjoint regions, thus hindering a smooth shape
transition. Instead, we propose a morphing technique based on conditional dilation.
Furthermore, we are able to obtain an uniform inter-slice resolution by adjusting the
lengths of the morphing sequences.

In this paper, we propose a 3D reconstruction approach using shape-based interpo-
lation and extrapolation. To obtain maximum overlapping between adjacent slices, a
shape alignment step is necessary prior to morphing. The interpolation process is
based on morphing, thus performing a smooth transition between every two adjacent
input slices. Next, a closing surface step is performed using an extrapolation tech-
nique. The 3D reconstructed model integrates the “closing” and “morphing” se-
quences in a coherent manner, featuring an adjustable uniform inter-slice resolution.
Figure 1 presents the diagram of the proposed reconstruction process.

Shape Morphological
alighment _morphing || Integration
Input > (interpolation) of the 3D
data tumour Surface
model > rendering
Surface closing ———
(extrapolation) Su.rf:a.ce
fairing

Fig. 1. The diagram of the proposed reconstruction process.

The organization of this paper is as follows. Section 2 presents the proposed 3D
reconstruction approach. Section 3 shows and validates our reconstruction results,
while section 4 describes the integration of the geometric model with a mechanical
tissue model. Finally, we draw the conclusions and describe future work.

2 Reconstruction Approach

For every patient, a serial sequence of 2D MR segmented images of transversal liver
slices is provided. The foreground of each segmented image represents a cross-
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section through the targeted tumour. The used segmentation method has been de-
scribed in [6]. Respiratory movements prevent the slice thickness from being reduced
below 10 mm in the abdominal MR image acquisition process. Small liver tumours of
5 mm in diameter (the standard threshold for significant lesions) are therefore visible
in only one image. Thus, it is impossible to create a 3D model of a smaller tumour
using only MR images of transversal slices. For tumours of medium size, the number
of contributing slices is usually three, but in some cases it may be up to four or five.
Sequences of three segmented MR slices are considered as input data for the recon-
struction approach, as it is the most frequent situation. However, our approach can be
easily adapted for longer input sequences. In any input cross-section, the interior of
the tumour does not contain any holes and is represented by a single compact region.
The following sub-sections present the main steps of the reconstruction process.

2.1 Shape Alignment

A morphing process is impossible between two planar (xy) shapes that do not over-
lap, when viewed in the z—direction, thus in the general case shape alignment is nec-
essary prior to morphing. In the particular case of liver tumours, their nodular appear-
ance always results in a partial overlap between adjacent slices. Thus, shape align-
ment is not absolutely necessary for liver tumours, but plays nevertheless an impor-
tant role in the design of our reconstruction approach because the morphing process
obtains best results when the common area shared by the two input shapes is maxi-
mal. To align two shapes we use a simple translation-based method. Only one shape
is translated, while the other one remains immobile and is considered as reference.
The search of maximal overlap may result in more than one possible translation. In
order to provide a unique solution, we minimize the Haussdorff’s distance between
the contours of the translated and the reference shape.

Figure 2 presents the results of shape alignment for two configurations of the input
data. Two displacements are computed, ¢, and ¢, for objects objl and obj3 respec-
tively, considering obj2 as a reference object.

a) b) 9] d) e)

Fig. 2. a) An example of input configuration, containing the initial relative position of
objl(top), obj2(middle) and 0bj3 (bottom) ; b) alignment of objl with respect to 0bj2; c) align-
ment of obj3 with respect to 0bj2; d) another example of input configuration, containing obj!,
obj2 and obj3; e) shape alignment of 0bjl and obj3 with respect to obj2.

The aligned sequence of binary objects objlt, obj2 and obj3t represents the input
data for the next step, that is the morphological morphing.
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2.2 Morphological Morphing Based on Conditional Dilation
We propose a new morphing technique based on conditional dilation.

Definition : Let A and B be two sets, such that BCA. The conditional dilation of set B
using the structuring element K with respect to the reference set A is expressed as :

BoOK|,=UiBifke k)N A M
The input data for this morphing technique consists in an initial binary object objA

and a final binary object 0bjB, located in adjacent slices. The only constraint imposed
to the input configuration is objA () objB # & , which is always satisfied after shape

alignment. Let objint = objA () objB . The result of this morphing technique is a se-

quence of intermediate binary objects gradually changing their shape from o0bjA to-
wards objB. Figure 3a) contains the contours of 0objA and objB respectively, while
figure 3b) highlights the common area of 0bjA and 0bjB.

Fig. 3. a) the contours of 0bjA and 0bjB ; b) the common area shared by objA and objB.

In order to gradually transform objA into objB we perform two parallel morphing
processes based on conditional dilation. These processes transform objint into objA
and into objB using k, and k, iterations respectively. We name obj (i) and obj,(i) the
objects generated after i conditional dilations of objint with respect to objA (i<k,) and,
objB (i<k,) respectively. The morphing process transforms o0bjA into objB by generat-
ing a sequence of intermediate objects objAB as follows :

obji (ky —i)uobj, () if i<k  <kyor i<k, <k
objAB(i)=1 obj, (i) if ky <i<k, ()
objy (ky i) obj; (k5 ) if ky <i<k
i =1l..max(k, k,).

The length of the morphing sequence is equal to the largest number among k, and
k

-
For input data containing three parallel equidistant tumour slices, two morphing
sequences are to be integrated in the 3D tumour model : the sequence obj,, of length
L, which gradually transforms obj, into obj, and the sequence obj,, of length L,
which gradually transforms obj, into obj,. The intermediate objects in the morphing

sequences are to be located in equidistant planes. Since the lengths L, and L,, are
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usually different, we eliminate |L13 —L23| intermediate objects from the longer se-

quence. Due to the anisotropy of the conditional dilation, it is possible to encounter
very slow shape variations between adjacent intermediate objects at some instances of
the morphing process. In order to achieve a quasi-uniform rate of shape change in the
sequence of intermediate shapes, we eliminate “redundant” intermediate objects by
using a distance measure, defined as d(objl,obj2)=card(0bjl Aobjz)where obj,,

obj, are adjacent objects in the morphing sequence and A stands for the symmetric
difference. At iteration k, a redundancy coefficient is assigned to every intermediate
object of the input sequence :

R(obj())= minldist(obj () objG 1)) dist(obj(@)obiG+ 1)) 3)
i = 1..L(k), where L(k) is the length of the input sequence at iteration k.

The first and the last objects of the input sequence cannot be eliminated, since they
represent input slices in the reconstruction process. The object with the highest re-
dundancy coefficient is eliminated at the current iteration, and the resulting sequence
represents the input for the next iteration. The redundancy coefficients are updated at
each iteration.

The equal-length constraint for the two morphing sequences results in an uniform
inter-slice resolution of the 3D reconstructed model. Furthermore, we use the method
of redundancy coefficients for varying the common length of the morphing se-
quences. Both equal-length sequences can be shortened by eliminating a given num-
ber of intermediate objects. Thus, we are able to generate 3D tumour models of vari-
able size and adjustable inter-slice resolution.

Once the two morphing sequences are adjusted to the same length, the 3D interpo-
lated tumour model is obtained by a simple concatenation of the two sequences. Fur-
thermore, to obtain a tumour model consistent with the input data, we have to reverse
the shape alignment process. Since translation is reversible, we replace objlt and
obj3t at their initial locations. The objects belonging to the morphing sequences are
also translated, in order to perform a smooth transition from o0bj, to obj, and from obyj,
to obj, respectively.

2.3 Surface Closing

Due to the finite inter-slice distance, the acquisition process does not offer any infor-
mation about the tumour’s extremities. However, we cannot accept flat-endings in the
3D reconstructed model. To close the surface, we perform a shape-based extrapola-
tion which respects the surface smoothness constraint. We assume that the first and
the last horizontal cross-sections of the real tumour are one pixel-sized objects, which
is a reasonable assumption for liver tumours.

We create two sequences of closing objects located in horizontal slices. These se-
quences gradually shrink obj, and obj, towards pixel P, and P, respectively. When
viewed in the z-direction, pixels P, and P, are located inside obj, and obj,respectively,
as shown in Figure 4. The length of a closing sequence is set to (N/2), where N is the
even-valued length of the morphing sequences.
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Fig. 4. Pixel P, ® is located inside obj, (top), while pixel P,  is located inside obj, (bottom).

To obtain smooth closing, pixels P, and P, are chosen to be the centroids of obj, and
obj, respectively. This choice is justified by the fact that real liver tumours are egg-
shaped. The centroid of an object is defined as the pixel inside the object which gen-
erates this object in a minimum number of conditional dilations.

To generate a closing sequence from an initial 2D object and its centroid, the dis-
tances from the centroid to each pixel in the object’s boundary are computed. We use
a parametric representation for the contour of the object, which allows the storage of
the contour pixels in a 1D array. Therefore, the distances from the centroid to the
contour pixels are as follows :

DIST()=(x= X () + (- Y () K =1..length(X) @)
where (x, y) are the coordinates of the centroid and X(k), Y(k) are the coordinates of
the k" element in the contour parametrisation. These distances are to decrease gradu-
ally towards O in N/2 iterations, where N is the length of the morphing sequences.
More explicitly, we generate N/2 intermediate closing contours which shrink gradu-
ally towards the centroid. Choosing a linear decreasing pattern leads to an angular,
disturbing appearance of the closing parts of the object. Instead, we set the difference
between the distances computed at two successive iterations to be proportional to the
index of the last iteration :

DIST(k); = DIST(k );_; =i (V)k =1..length(X) 5)

where i is the index of the iteration, i =1..L/2.

Next, the closing sequences are concatenated at the corresponding extremities of
the interpolated 3D tumour model. Furthermore, a surface rendering technique is used
to generate a triangular mesh on the external surface of the reconstructed tumour
model.

2.4 Surface Fairing

The previously described morphological morphing and surface closing processes
should result in a 3D object with a smooth surface. However, local irregularities may
occur. Some possible reasons for their presence are : a) the shape of the elementary
structuring element in the 2D discrete space used in conditional dilation; b) the con-
straint of integer horizontal displacements in the translation of intermediate cross-
sections; ¢) the successive elimination of intermediate objects with high-valued re-
dundancy coefficients; d) the fixed length of the closing sequences.
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We consider Taubin’s surface fairing algorithm [7] for its linear complexity and
for the fact that it moves the vertices of the mesh without changing the connectivity
of the faces. The fairing process conserves the number of vertices and faces, thus
allowing us to compare and measure the smoothness of the faired surface and of the
original surface.

3 Reconstruction Results and Geometric Evaluation

The geometric validation of the 3D liver tumour model does not compare this model
to the real tumour, since there is a big gap between the amount of input information
(3 serial tumour cross-sections) and the amount of output data (2L+1 object cross-
sections, L = 6). As a consequence of undersampling, no technique can guarantee to
reconstruct the actual anatomy from any set of cross-sections. However, since it
contains the three input cross-sections at the original z-levels as specified in the ac-
quisition process, the model is coherent with the input data. Taubin’s surface fairing
algorithm [5] smoothes the shape of the 2D cross-sections corresponding to the input
data, but it performs no shrinking or expanding.

Since the proposed 3D reconstruction approach aims towards a smooth transition
between adjacent input shapes and towards a smooth 3D surface closing, we propose
a measure of surface smoothness for result evaluation. For each vertex P, the normals
to every triangular face containing P are computed, using the classical parametric
equations.

Among the k normals corresponding to P we arbitrarily choose a reference direc-
tion (/,, m,, n,), and compute the cosine of the angle between every normal in the set

and the reference direction. The average value cosa lp of cose;, i =1,k-1 represents
a local measure of smoothness at vertex P. The local smoothness at P increases when
cos & |p approaches 1. A global smoothness measure is represented by the histogram

of local smoothness measures computed over the entire surface. The histogram of a
smooth surface presents a peak value near 1, and low values elsewhere.

The input sequence in Figure 5a) was interpolated using morphing based on condi-
tional dilation. Shape-based extrapolation for surface closing was performed after-
wards. The surface fairing process consisted in two iterations of Taubin’s algorithm
[5]. The results and evaluation of the reconstructed 3D model are shown in Figure 5.

The reconstructed 3D tumour model presented in Figure 5 shows a reasonable
quality of surface smoothness even before the fairing process. However, the surface
fairing considerably improves the surface smoothness without changing the global
appearance of the object.

4 Mechanical Model

Reconstructed 3D tumour models are to be integrated into a complete system for the
simulation of cryosurgery of liver cancer. A mechanical model has been developed
for this simulator and was presented in [8]. In this section we present the integration
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of this mechanical model with a 3D tumour model reconstructed by the algorithm
described in section 2.

a) input configuration, viewed in the z-direction

Lo &

b) N=6, before smoothing ¢) N=6, before smoothing (different view)
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Fig. 5. Results and evaluation for the reconstruction approach using morphing based on condi-
tional dilation and shape-based extrapolation; N is the length of the morphing sequence.

Our mechanical model uses on the finite element based tensor-mass algorithm [9],
which computes forces from a combination of local stiffness tensors attached to every
mesh element. These tensors depend only on the mesh geometry at rest, and on the
mechanical properties of the tissue. Therefore they can be computed in a preliminary



Integrating Geometric and Biomechanical Models of a Liver Tumour 129

step, while computation in the actual simulation is limited to a linear combination of
stiffness matrices and displacement vectors, meeting real-time constraints.

We have previously shown that it is possible to extend the linear tensor-mass
model in order to simulate different types of non-linear and visco-elastic mechanical
properties [8][10]. Previous results were obtained using meshes consisting of a regu-
lar assembly of cubic elements divided into tetrahedrons. We show in this section that
the same mechanical model can be applied on a non-uniform mesh derived from an
reconstructed 3D tumour model. The mechanical tissue properties used for testing
were obtained from experimental in vitro compression on deer liver membrane by a
biopsy needle [8], since no in vivo mechanical data of liver tumour could be meas-
ured so far.

The faired triangular surface mesh obtained in section 3 was first transformed into
a tetrahedral volume mesh using the Geompack package [11]. Next, compression of
this mesh was simulated using the mechanical parameters measured experimentally.
Figure 6a) presents five independent experimental force measurements, as well as the
simulated force on the reference mesh used to fit our model parameters, and the simu-
lated force computed on the non-uniform tumour mesh.
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Fig. 6. a) Five independent experimental measurements of forces in compression of a deer liver
sample by a biopsy needle (light grey curves), and simulated forces computed by a non-linear
tensor-mass algorithm on the reference mesh and on a reconstructed 3D tumour model. Com-
pression speed was in all cases constant at 10 mm/s. b) Non-linear function introduced into the
tensor-mass algorithm to obtain the simulated curves in a). Non-linearity is expressed as a
function of a value quantifying local deformation, which is the ratio of the current tetrahedron
mean ratio on the tetrahedron mean ratio at rest.

Although differences can be observed between the two simulations due to the dif-
ferent mesh geometries, accordance between experimental data and both simulations
can be considered satisfactory. Due to the thin the tumour geometry (approximately 8
mm in thickness), forces on the tumour mesh tend to increase more slowly at higher
deformations, as it becomes almost entirely pierced. This comparison shows that the
proposed mechanical model can be successfully applied to variable geometries. The
accurate mechanical parameters of liver tumours remain yet to be determined.
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The tissue model derived from these measurements was highly non-linear. Figure
6b) shows the non-linear function introduced into the tensor-mass model to account
for these properties. For low deformations the Young modulus was E = 3600 Pa, and
the Poisson coefficient was kept constant at v= 0.4.

Figure 7 shows a few deformed mesh configurations at different time steps. The
tumour mesh contained 1135 vertices and 3535 tetrahedrons, and a computation rate
of 50 iterations per second was achieved on a 2 GHz Pentium III computer.

undeformed mesh dz =2 mm

dz=4 mm dz =6 mm

Fig. 7. Deformation of a reconstructed 3D mesh under simulated compression by a biopsy
needle. The arrow on the second frame shows the position of the needle. Values indicate com-
pression depth, and deformed mesh elements are highlighted.

5 Conclusion

In this paper, we proposed a new 3D reconstruction technique integrating morpho-
logical morphing between adjacent slices and shape-based extrapolation of extremity
slices. The presented reconstruction algorithm is appropriate for modelling anatomi-
cal structures and was successfully integrated with a biomechanical model allowing
fast computation of deformations and force-feedback. However, the accurate me-
chanical properties of liver tumours in vivo remain to be measured. Future work will
focus on the 3D reconstruction of the entire liver and its hepatovascular system from
2D MR cross-sections. Furthermore, tumour and liver geometries are to be integrated
with their specific mechanical and thermal models into a complete planning and
simulation system for image-guided cryosurgery.
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Abstract. In several medical applications it is necessary to have a good
reconstruction of approximately tubular structures — mainly blood ves-
sels but also intestine or bones — providing a description of both the
internal lumen (usually a triangulated surface) and its networked struc-
ture (skeleton). This description should be such that it allows lengths
and diameters estimation. Several methods have been proposed for these
tasks, each one with advantages and drawbacks and, typically, special-
ized to a particular application. We focused our attention on methods
making as few assumptions as possible on the structure to be determined
in order to capture also anomalous features like bulges and bifurcations.
We looked for a method able to obtain surfaces that are smooth, with
a limited number of triangles but accurate and skeletons that are con-
tinuously connected and centered. The results of our work is the use of
customized deformable surface and multi-scale regularized voxel coding
centerlines to obtain geometries and skeletons with the desired proper-
ties. The algorithms are being tested for real clinical analysis and results
are promising.

Introduction

The extraction of approximately tubular structures from medical images is a
common task in medical image analysis. CT scans can give a sufficiently good
representation of the interested structures, usually blood vessels or intestine.
Modern image processing techniques are able to extract from these images ac-
curate 3D representations of vessels and other organs. These techniques have
many applications in the diagnostic and surgical activities: vessel repair surgical
planning [1], blood flow simulation [2], virtual colonoscopy [I820], liver surgery
planning [23].

For all these applications, the reconstruction algorithms should not be lim-
ited to a simple voxel classification after smoothing, skeletonization or cylinder
approximation. An accurate reconstruction of the lumen, adaptable to tubular
geometries with rapidly changing radius and not too sensitive to image noise has
to be found. Skeletonization is, however, still necessary, in order to be able to
evaluate topology of the structure, to describe paths along it and to estimate
distances and sections. For this reasons we analyzed surface extraction meth-
ods and algorithms for the skeletonization of the extracted volume and we have
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© Springer-Verlag Berlin Heidelberg 2003
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developed improved algorithms for the two tasks. The paper is structured as
follows: in Section 1 we present a short review of existing methods, in Section 2
our solutions are described and in Section 3 experimental results are shown.

1 Existing Approaches

Several different methods have been proposed for the detection of approximately
tubular structures from CT or MRI 3D datasets. Some approaches first search
the vessel skeletons from ridges at different scales, and then analyze the local
geometry of the lumen [I4J7]8]. In these approaches, surfaces are extracted later
from local directions with generalized cylinders or deformable models. These
methods can give good results if images are well contrasted, but are extremely
time consuming due to the necessity of filtering large datasets at different scales.

Being interested to the reconstruction of large and irregular vessels not easy
to detect with ridge search, we are interested in methods to recover the vessel
lumen with no a priori information.

1.1 Vessel Lumen Extraction

Methods starting from the vessel volume classification or lumen surface extrac-
tion can use several data processing tools. The first one is the standard iso-
surface extraction with marching cubes or similar algorithms [TT], like in [9].
The extraction is done usually on classified or pre-processed data. The surfaces
extracted require post processing for mesh simplification and smoothing. An al-
ternative method is based on region growing, front propagation or fast marching
algorithms that can give a good detection of well contrasted vessels [10/9]. De-
formable models [I2] can give smoother and simpler results, even if they have
to be initialized correctly and parameters controlling their evolution must be
carefully tuned. If the vessel is sufficiently contrasted in the original images and
the acquisition resolution is not too low, the extracted surface has usually a good
correspondence to the correct boundaries.

1.2 The 3D Skeletonization Problem

If we assume that we are segmenting an approximately tubular structure and if
the method does not start with the recovery of its “skeleton” in order to capture
the local direction of the “tube” and the networked structure of the organ it is
necessary to evaluate this structure later from the lumen extracted. What we
need to compute is a local vessel direction and a path inside the lumen, possibly
“centered” inside it. This problem is clearly ill-posed. In 3D things are much
more complicated than in 2D, where skeletons can be easily extracted with a
medial axis transform [2I]. The “medial axis”, intuitively is the locus of points
center of a N dimensional ball tangent to the lumen surface in at least two points.
While in 2D this locus is a line, in 3D it is a 2D surface, unless the geometry has
spherical symmetry (0D centerline) or a cylindrical (1D centerline). Furthermore,
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in 3D it is extremely complicated to have an estimation of the medial axis (i.e.
of the surface). Methods to extract this surface from have been proposed in
[4l5]. They are based on geometrical approximations or on the Voronoi diagram
of the boundary points, a computationally heavy task. To extract 1D skeletal
curves from boundary points an algorithm has been proposed by Verroust and
Lazarus [6]. It is based on a cylindrical decomposition of the surface started
from a source point. Most authors, however, extract skeletons from voxelized
geometries. Int this case the skeleton is defined as a set of one voxel thick lines
with particular properties, i.e. they are centered, they are connected ( using 6,
18 or 26 neighborhoods), they are smooth.

It is clear that this definition is not at all satisfactory. What does, for ex-
ample, “centered” mean? The lack of a “correct” definition, leads to ambiguities.
Where is the centerline of the vessel with the section represented in Fig. 27 If we
are asked to answer this question, we would say probably near the cross, but if
we use the “maximum ball” criteria we find two circles. Furthermore, if we try
to join points that are maximum ball centers in the 3D structure we could get
discontinuous lines.

Fig. 1. A: The detection of centerline as local directional maximum of a distance from
border function or “maximum ball” may be ambiguous. In this case, local maxima of
the distance from centerline does not form a continuous line (B).

Two main techniques have been proposed to extract centerlines from bina-
rized volumes: topological thinning based on “simple points” removal [3]20] or
voxel coding based [T6JT8/TY]. The first class of methods, is based on a progres-
sive removal of voxel called “simple”, that does not change the topology, i.e. the
connectivity of the voxel set. This can be done by defining correct rules that
can lead to very high complexity. The use of large look-up tables can somewhat
overcome computational problems. Furthermore, it is necessary to preserve end-
points. This cannot be done automatically. Results depends on the search strat-
egy for removable points. Furthermore, the method fails in the case of a vessel
with irregular sections, like the banjo-shaped section described by Bitter et al
[19]. The error is due to the fact that the erosion is not done at a constant speed
from the borders to the center. When somewhere a 1 voxel section is reached, the
erosion is stopped due to connectivity preserving rules. In the example of Fig.
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Fig. 2. Example, of voxel removal failure. If we use this technique on a vessel with an
irregular section, the resulting centerline may be even composed by border voxels.

we see that, if we suppose to have an high voxel column with a section like in A,
doing a standard raster removal of the voxels that does not cause connectivity
violation leads to a centerline that is not “centered” at all. Another drawback of
this technique is that it does not provide a hierarchical branch structure, useful,
for example, to reconstruct an arterial tree.

Voxel coding algorithms have been recently introduced by Zhou and Toga and
other authors [T6JT9]. Considering that a distance map from the border (BSC,
boundary seeded code) in the 3D case is not sufficient to extract one voxel thick
skeletons as in the 2D case, the idea of these methods is to compute first paths
inside the volume, and then center them using the distance map. To extract
the paths another voxel coding is defined, called “Single Seeded Code” (SSC) or
“Distance from Seed” (DFS), measuring the distance of volume points from one
seed voxel. Taking as starting points local maxima of the SSC with high values,
paths are extracted searching for voxels with lower SSC in the neighborhood.
When the voxel has been found, it is added to the centerline and then a new
voxel with lower SSC is searched around it. The procedure is stopped when
the seed is reached or when the line is close to a previously extracted one. The
extracted lines are approximately “shortest” path joining the starting point and
the seed. Paths are depending on the metric used to compute the SSC and on
the search strategy. The skeleton defined in this way have some nice properties:
it is composed by lines, i.e by lists of connected point, it capture the network
structure of the vessel and its points are inside the volume.

Two desired properties can be, however, still missing: centering and smooth-
ness. The usual approach presented by authors to center the lines is derived by
Zhou and Toga and consists of the following steps:

— For each point of the skeleton, find the cluster of voxels with the same SSC,
connected with that point.

— Find the voxel of the cluster with maximum BSC

— Move the centerline point to the position of that voxel

Results are not always satisfactory. This procedure can give reasonable skeletons
in the case, for example, of vascular structures with approximately constant
radius, but are strongly dependent on the position of the seed and on the shape
of the object to be skeletonized. This fact can be made evident with a simple
example. Consider the shape of the 2D structure of Fig. Bl It can be considered as
a 2D section of an aorta with an aneurysm. The gray level encodes the distance
from a seed placed near the center of the bulge. In the example in the left, the
seed is near the center, int the example on the right, it is at one extremal point.
If we start the detection of a line from the farthest point and we apply the
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Fig.3. 2D aneurysm example showing failure of standard Voxel coding algorithm.
While the Shortest path (dashed line) seems reasonable, the centered one (thick line)
is discontinuous, irregular and far from the expected position. In A paths toward a
seed in the center of the aneurysm are shown. In B paths toward a seed in the top of
the vessel are shown. In C the intuitive centerline is shown.

shortest path algorithm, we obtain the dashed lines. Then, if we take clusters
and find the center of 26-connected regions, we obtain the continuous line and
the result is not satisfactorily at all. Points are moved far from each other,
connection is lost and not all the points are moved to a point near the expected
centerline. Maxima of cluster with close SSC values can be distant due to the
complex shape of the object. Some authors have introduced methods to handle
this problem introducing penalized distances , or using iterative shift of the
contour of limited value.

2 Solutions Proposed

2.1 Lumen Reconstruction

For lumen reconstruction, we were looking for an algorithm able to extract
smooth surfaces well adapted to the organ boundary even in the case of bulges,
and bifurcations, and that does not change topology, defining an unique con-
nected region. We developed therefore a surface reconstruction method that
is a specialized surface expansion that improves the performances of usual de-
formable models techniques. The method here used is based on the simplex mesh
geometry introduced by Delingette [13]. As defined in this paper, the generic
Simplex Mesh is a N dimensional mesh with N+1 connectivity (Fig. [).

A 2D simplex mesh in the 3D space is therefore a closed surface mesh com-
posed by nodes each one connected with three neighbors. This geometry makes
simple to evaluate local curvature and give regularization rules as well as to
compute local properties of the surface. We built on this structure a deformable
models defining a closed simplex surface and making each node move with a
Newtonian law of motion:

EX@6) dX()
e T T

+ Fi(d) + Fe(i) (1)
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Fig.4. A 2D simplex mesh (Black dots) and its dual triangulation (white dots).

where m; is the mass, F; the internal force, F,(i) the external force. F is
the sum of an inflating force directed along the surface normal, and two image
forces: a deflating force directed against the surface normal and compensating
the inflating one; its modulus is relevant where the local average of the gray
level differs from the internal value more than a fixed threshold and an edge
attraction moving nodes toward the maximum of the gray level gradient modulus
in the neighboring. F;(i) an elastic smoothing force; we give the possibility of
using two forces described in [I3] (“surface orientation continuity constraint”,
averaging the local normal vector and “simplex angle constraint” averaging the
mean curvature at neighboring nodes).

After a fixed number of iterations of the node evolution algorithm, faces are
resized in order to keep their size approximately in a fixed range. This procedure
is a bit complex, due to the necessity of preserving the simplex structure.

We customized the algorithm not only through the image forces; but also
making it adaptive and optimized for the extraction of tubular structures: the
maximum face size is not a global value, but is proportional to the local cur-
vature. Furthermore, the computation is made faster by labeling as fixed the
nodes that already reached the desired border (i.e. an edge with the gray level
which differs more than a fixed thresholds from the internal value). In this way,
the surface is well adapted to complex structures and the computation is fast
because at each step only the free “front” of the surface in the tubular structure
is moved. The final mesh is converted in the “Dual” form (see Fig.[ (i.e. a new
mesh with nodes in the center of the faces and connections corresponding to the
simplex edges) to have a smooth triangulation. The simplex mesh, in fact, is,
in general, composed by polygons that are not necessarily planar and cannot be
easily rendered.

The surface is usually initialized as a small sphere inside the lumen and
is inflated until the surface is not blocked by edges or changed image value.
The user can control the maximum number of iterations to be performed, force
parameters and the maximum and minimum size of the polygons.

The initialization of the surface can be made as a small sphere inside the
lumen (the center is selected clicking on the interface on a seed point) or can also
be made from a close isosurface extracted after a data filtering and binarization.
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The simplex conversion allow an immediate polygon reduction and smoothing
and can be refined as desired through the image based forces.

2.2 Centerline Extraction

For the centerline extraction we propose an improved voxel coding method using
a multi-scale approach and a snake-based regularization. Given a seed point, we
compute the single seeded code inside the lumen with a region growing procedure
at a reduced resolution. If the starting data is a surface, voxel classification as
inner is made immediately with a region growing from the seed while computing
the single seeded code. The boundary seeded code is then computed in the inner
region with an iterative rule keeping into account also a possible non-uniform
quantization (i.e. a different voxel size in the three directions). BSC is initialized
equal to zero in the boundaries and put at infinity in the other regions. Then
until for each iteration all the voxel with a finite BSC, a search in a 26-point
neighborhood is performed and if the sum of the central BSC and an integer
approximation of the distance between the neighbor and the center is less than
the current value, the value is replaced with that sum. The iterations are stopped
when the map does no longer changes. The algorithm then works like the other
voxel coding method. Starting from the boundary point that is farest from the
seed, the shortest path to the seed is evaluated, each point is then moved at
most of a few voxel towards a larger BSC, clusters of connected voxel with
the same SSC of the shortest path point are removed from the search space,
then the procedure is repeated to extract all the skeleton branches. Finally the
high resolution correction and a snake based centering and regularization is
performed: for each only points at extrema are kept fixed and the others are
moved with an “image” force driving them toward the maximum of the distance
from boundaries and an internal force keeping the curve smooth.
The final algorithm works as follows:

— Find the internal region on the full dataset by region growing inside the
previously extracted surface.

— Create a low resolution binarized dataset labeling as internal all the voxel
at the low resolution including an internal voxel at the high resolution. The
user interaction is therefore only in the choice of the desired initial resolution
and in the selection of the starting point.

— Compute the centerline at the low resolution, i.e. compute the BSC and the
SSC at the low resolution, and find the tree structure.

— Compute the boundary seeded code map at the high resolution, called BSCH

— Move each skeleton point to the high resolution voxel location corresponding
to the maximum of the BSCH inside the low resolution voxel.

— Resample and regularize the line with the snake-based algorithm.

— Go on finding the other branches, joining their last point to the closest point
of the previous lines. Lines shorter than a fixed threshold are removed.

The multi-scale approach makes the algorithm faster and less influenced by
local structure. The snake based regularization driven by the distance from bor-
der map acting as an energy field and elastic forces, makes the lines centered
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and smooth. With our method we obtain results compliant with our require-
ments: i. e. continuous curves connected in a tree structure and locally centered
in the volume. Note that the voxelization of the volume is now correspondent
to the true voxel dimensions. The algorithm is, however, independent and in
the next release the user will put the desired resolution as an input value and
the SSC and BSC maps will be computed at that resolution (subsampled in the
multiresolution part).

3 Experimental Results

We applied our algorithms to detect several structures of surgical interest. A
quantitative analysis of the segmentation results is also ongoing in a trial sur-
gical planning application for the EU funded project AQUATICS [1]. The trial
is aimed at the reconstruction of measurable models of the aorta for surgical
planning of endovascular procedures. The aortic geometry in this case is a very
good testbed for automatic skeleton algorithms, because large bulges in the aorta
may create some of the problems we have analyzed to standard algorithms. Fig.
shows the centerlines extracted from a patient specific acquisition (courtesy of
Radiology dept, Univ. of Innsbruck). An example of geometry growth is shown
in fig 5.

The algorithm is also sufficiently fast, the only problem is that in the case of
small vessels with noise it is necessary to tune carefully the simplex parameters
(forces and face size) in order to prevent surface bending. For this reason the
standard procedure for the reconstruction must be user controlled to change pa-
rameters during the evolution if necessary. We plan to reduce these problems by
improving the elastic force model and/or introduce a collision detection scheme
for geometry nodes.

For all the geometries extracted, we have taken the voxelized region inside
the surface as the binary data to be skeletonized and computed the skeletal
lines. An example of the procedure is shown in Fig[@ Starting from a resolution
reduced by a factor 4 in x and y direction, we obtained the shortest path (black).
The refined centered and smoothed result is shown in white. Fig [ shows the
same result obtained on the scan of a phantom model with a very large bulge
that causes the failure of some commercial centerline algorithms.

Another application where centerline extraction is fundamental is an emerg-
ing visualization modality used for polyp screening called virtual colonoscopy.
Here the goal is to navigate inside a model of the colon lumen or a volume render-
ing of the colon after a CT scan on the patient, following the path corresponding
to the skeleton of the colon. Fig. Bl shows an example of the reconstructed ge-
ometry of a colon with the three skeletons computed: the shortest path at lower
resolution, the centered one and the snake smoothed one. Finally, we present the
results obtained on the vascularization of liver from a CT scan (Fig. [). This
application can also become relevant for the planning of transplants. Also in
this case the structure is well extracted, even if it the parameter tuning must be
much more careful due to the complex structure and the quality of the contrast,
not good as in the aneurysm scans.
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Fig. 5. Mesh growing inside the lumen of the aorta.
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Fig. 6. Lumen and centerline computed on a CT scan of an abdominal aortic aneurysm
of a real patient (courtesy of Radiology dept, Univ. of Innsbruck). The black line is the
shortest path, the white one the final skeletal line extracted.

Fig. 7. Lumen and centerline computed on a CT scan of a plastic phantom (courtesy
of Radiology dept, Univ. of Innsbruck). The black line is the shortest path, the white
one the final skeletal line extracted.
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Fig. 8. Lumen and centerline computed from a CT scan of a air-inflated colon (courtesy
of Radiology dept, Univ. Pisa.

Fig. 9. Vessel surface and skeleton extracted from a liver CT scan (Courtesy of Hospital
G. Brotzu, Cagliari.
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Conclusions

We proposed a method to extract surfaces and skeletal lines of 3D structure
with an approximately tubular structure. The method provides a reconstruction
precise and reliable, but also flexible and suitable for different applications. These
results were obtained within the framework of the European Union AQUATICS
project, part of the Eutist-M cluster (EU-IST-1999-20226).
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Abstract. Maxillofacial surgery treats abnormalities of the skeleton of
the head. Skull remodelling implies osteotomies, bone fragment repo-
sitioning, restoration of bone defects, inserting implants, .... Recently,
the use of 3D image-based surgery planning systems is more and more
accepted in this field. Although the bone-related planning concepts and
methods are maturing, prediction of soft tissue deformation needs further
fundamental research. In this paper we present a tetrahedral soft tissue
model that can be used in a surgery planning system to predict soft tis-
sue changes due to skeletal changes. Our model consists of mass points
connected by springs. We propose a way to directly calculate the defor-
mation of the model due to external changes. To achieve fast calculations
we take advantage of the fact that most deformations are local and we
compare our results with pre-computed reference models, to prove the
accuracy of our model.

1 Introduction

Maxillofacial surgery is an extremely challenging area of research combining
medical imagery, computer graphics and mathematical modelling. Since the hu-
man face plays a key role in interpersonal relationships, people are very sensitive
to changes to their outlook. Therefore planning of the operation and reliable pre-
diction of the facial changes are very important. Various approaches have been
proposed for simulating deformable soft tissue.

The Finite Element Method (FEM) [1/2] is a common and accurate way to
compute complex deformations of soft tissue, but conventional FEM has a high
computational cost and large memory usage. This makes FEM models inap-
propriate for realtime simulation. Hybrid models based on global parameterized
deformations and local deformations based on FEM, have been introduced to
solve this problem [34]. Most of these methods, however, are only applicable
to linear deformations and valid for small displacements. Furthermore they rely
on pre-computing the complete matrix system and are therefore unable to cope
with topological changes when these occur during simulation.

Mass Spring systems (MSS) [56l[7] are widely used to model deformable
objects. They are applied to a variety of problems, such as cloth modelling,

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 145-[154] 2003.
© Springer-Verlag Berlin Heidelberg 2003
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facial animation or real-time deformation. All approaches use models consisting
of mass points and springs. The dynamic behavior of these models is simulated
by considering forces at mass points.

A mass-spring model assumes a discretization of the object into n points x;
with mass m;. These points are linked by springs and dampers. The relation
between position, velocity and acceleration for point x; at time t is described by

2
m d €T; (t) + vdmi (t)
dt? dt
with v denoting a damping factor, F/"!(¢) denoting the resulting internal elastic
force caused by strains of adjacent springs and Ff**(t) denoting the sum of
external forces, such as gravity or collision reaction forces. In order to solve (),
it is reduced to two coupled first-order differential equations for each object point

z;(t)

+ Fimt(t) = _Fimt(t) (1)

dl‘l(t) .
=) | 2
dv;it) = a;(t, z;(t),v;(t)) = O ii% (®) = 7oilt) (3)

whereas the new variable v;(t) corresponds to the velocity of point x;(t).

Given initial values for z;(t, v;(t), Fi"(t) and F£®'(t) at time t, various
methods are commonly applied to numerically integrate through time.

Excellent results can be achieved by applying these numerical integration
methods in order to animate deformable models. However, due to numerical
problems and slow convergence, these approaches are not very well suited to es-
timate the rest position of mass spring systems. In maxillofacial surgery this rest
position is more important than the exact animation. In [5], Teschner proposes
an other approach to directly estimate the deformation, without calculating the
animation.

Teschner uses a layered based model. This model consists of several layers
with each the same topology: mass points connected by springs to form triangular
structures. The successive layers are connected by a set of vertical and diagonal
inter-layer springs. Nevertheless the good results that can be achieved with this
model, obtaining such a layered model starting from volumetric data or surface
meshes, is not straightforward and topology errors can occur.

In this paper we propose a new method that uses a tetrahedral based ex-
tended mass spring model and direct computation of the rest position. Due to
the flexibility of the tetrahedral build up, our model can be used for almost any
kind of shape.

2 Our Model

2.1 Model Components

The geometric model is a discretization of the tissue into n points that are
connected to form a tetrahedral 3D mesh. The model is extracted from CT data
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by the Amira softward]. In contrast to most mass spring models our extended
model consists of three types of elements: points, springs and tetrahedra.

The tetrahedra are directly extracted from the tetrahedral 3D mesh. Mass
points are set on the mesh nodes and linear springs on the mesh edges.

In our model we distinguish two types of points: joint points and free points.
Free points are points of which the movement is completely determined by the
resulting force active in the point. Joint points are the points of the soft tissue
model that will be connected to the bone structure and are not able to move in
free space; the position of the joint points is dependent on the position of the
bone structure.

To make our model more realistic, we add a mass to each soft tissue point,
whereby the effect of gravity can be simulated. A certain initial strain is also
assigned to the springs that represent the skin surface. The purpose of this initial
strain is to model the so-called skin turgor that is responsible for gaps in the
tissue as a result of tissue cuts.

2.2 Direct Computation of Deformation

Due to the existence of free and joint points, the displacement of some of the
joint points, while keeping the others fixed, will result in object deformation.
Transformation and deformation can be described as a displacement of soft tissue
points. For each soft tissue point p € R2 an new position p’ € N3 is found. The
displacement d can be found by minimizing the force in each mass point.

The force at soft tissue point p; due to all forces caused by springs connected
to this node, is referred to as internal force F ™

in Pj —DPi
Fint = Z kj*(|Pj—Pi\_Lj)*|{ﬁ (4)
W=l Pj — Di

with §; denoting the set of all springs connected to p;, L; and k; denote the
initial length and the spring constant of spring j, respectively.

Additional forces at soft tissue point p; caused by external pressure due to
for example surgical instruments are referred to as external force F£*t.

The overall force F; at soft tissue point p; consists of internal components
F/™ and external components Ff**:

Fi _ Fiint 4 Fl_eact (5)

Consider Pty as the collection of the coordinates of all free soft tissue points
and frorce(Pfree) as the sum of all magnitudes of the forces at these points. This
function is parameterized by the positions of all free soft tissue points. The new
position of the free points after displacement of some of the joint points, will be
given by

P]/‘ree = argminfforce<Pfree) (6)

! http://www.amiravis.com
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Minimizing fforce(Pfrec) corresponds to varying the positions of the free
soft tissue points in order to neutralize internal forces F/"* and external forces
F£* in each free point. Joint points are bound to bone patches and are not
considered in the optimization process. Therefore joint points are not displaced
by the optimization process and forces will not be neutralized in joint points.

To solve the optimization problem, best results were achieved with follow-
ing algorithm: Suppose that k%" is the minimal spring constant of all spring
constants, then:

1. Acquire the maximal force over all free points.
2. Repeat until F™® < ki 4 0.1:

(a) Determine the force in point i.

(b) Update position of point i: a7 «+ z9'd + % with k"¢®™ the
average spring constant of the springs connected to point ¢ and N; the
number of springs connected to point 1.

(¢) Define the new maximum force

The calculation speed can be seriously improved by implementing a dynamic
cut-out. In each iteration there are a lot of points in which the resulting force
is very small. More over the forces of point ¢ at the start of iteration j can only
have been change when point ¢ or a neighboring point has been moved during
iteration j — 1. This is why the following to improvements are made. First of all,
only points with a resulting force larger than one tenth of maximum force are
considered in each iteration. Second, only points which are neighbor of a point
that is moved in last iteration have to be evaluated in next iteration.

2.3 Volume Conservation

Simulating volume conservation with a layered model or a classical mass spring
system is certainly not straightforward. With a classical mass spring system
only forces in the direction of springs can be simulated, while maintaining a
constant volume rather requires radial forces. By extension of the standard mass
spring system with tetrahedral elements, we can simulate the effect of volume
conservation.

To ensure this volume conservation we define a volume force in each point.
These forces are related to the change in volume of the tetrahedra containing the
point. The direction of the volume force must be somehow radial. Like suggested
in [6] we let the volume force point to the barycenter of the tetrahedron. Let us
define pp; as the barycenter of tetrahedron i, then the volume force in point j
is given by,

FJyol _ Z (‘/icur _ ‘/iinit) |p] :sz:| (7)
Vie, Pj ~ PBi

PBiZ% Z Zj (8)
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with £2; the collection of all tetrahedra containing point j, V;**" and V;™* the
current volume and initial volume of tetrahedra i respectively. Total force in
point j will now be given by

Fj = F" 4+ F& 4 oo FY (9)

The value a € R weights the influence of the elastic deformation part and the
volume conservation part. As will be shown good results can be achieved by
application of these volume forces.

2.4 Model Initialization

Modelling a Given Stress-Strain Relationship. The parametrization of
spring constants of a soft tissue model provides a certain stress-strain relation-
ship. In order to meet a given stress-strain relationship this parametrization has
to consider the geometry of the model, the number of mass points and their
interconnection.

In [§], Van Gelder suggested a formula to compute spring stiffness for a 3D
mesh that is closest to an elastic continuous representation. Let E; be the local
material elastic modulus, then spring constant of spring ¢ is given by,

_ E; x Zweni Vi

ki
16

(10)

with (2; the collection of all tetrahedra containing spring ¢ and ly; rest length of
spring 1.

Mass Initialization. Calculation of masses in each model point can been done
by methods based on Voronoi zones [9]. To speed up our program we use a sim-
plified method that presumes that the mass of a tetrahedron is equally divided
among his vertices. The mass m; of model point 7 is thus estimated as:

1
mi= ) 1PV (11)
Vi€,

with (2; the union of all tetrahedra that contain point 7, p; the local density of
the tissue and V; the volume of tetrahedron j.

Skin Turgor. If soft tissue is cut, it commonly deform and a small gap is
formed at the cutting line. If all springs of the soft tissue model were relaxed in
the initial state, cutting the model would cause nothing to happen.

In order to simulate the skin turgor, a certain initial strain is applied to
springs that represent the skin surface [5]. The initial strain is realized by setting
the initial length of all springs ¢ that represent the skin surface to Aiurgor * los
with 0 < Ajurgor < 1.
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Initial Spring Length Adaptation due to Mass and Skin Turgor. Since
mass and skin turgor are added to the initial geometry, there are forces at each
soft tissue point which can deform this initial model. In order to prevent this,
these forces have to be neutralized. This is done by determining an initial strain
for each spring for which the position of all free soft tissue points doesn’t change.
Initial strain is adapted by varying the initial length of the springs.

We define fiurgor (loo, lo1, lo2),... as the function that calculates the sum of all
internal and external forces of all free tissue points and that is parameterized
by initial spring lengths lp;. We then find the new initial spring lengths by
minimizing fiurgor-

(100, lo1, Loz, - - -) = argmin( frurgor (loo, lo1, loz, - - -)) (12)
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Fig. 1. The simulation environment showing a cubic representation of soft tissue. Points
are defined as free or joint by using a drawing tool. Users can displace the joint points
and calculate the deformed cube. The result can be compared with a FEM reference
model shown in the lower right corner.

3 The Simulator

A basic core of functionality is currently available in the simulator. It is under
continuous development. In this section we give an overview of this functionality.
The main viewer is based on the Open Invento libraries. The simulator is shown
in figure [I] where a cubic piece of soft tissue is loaded.

2 http://oss.sgi.com/projects/inventor
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Table 1. Test results for different deformations, showing the displacement vector, the
average error and maximum error compared to the FEM reference model, the number
of iterations and time needed to achieve this rest position.

Displ. vector|Av. error (mm)|Max. error (mm)|Num. Iter.|Time (s)
(1,0,0) 0.04 0.19 136 113
(2,0,0) 0.06 0.44 997 164
(3,0,0) 0.06 0.34 295 183
(4,0,0) 0.08 0.37 277 179
(5,0,0) 0.10 1.0 259 173
(6,0,0) 0.13 1.2 262 182
(4,4,0) 0.15 0.71 488 326
(6,6,0) 0.21 0.91 540 378
(0,4,0) 0.12 0.81 233 167
(0,5,0) 0.11 1.2 329 187

(0,0,-3) 0.12 0.65 329 187

3.1 Point Definition

As mentioned in 1] we distinguish two types of points: free and joint points.

At startup all points are set to be free points. By using a simple drawing tool,
the user can interactively determine which points have to be free and which have
to be joint points. The drawing tool is illustrated in figure[[l Light grey represents
free points, while dark grey points are defined as joint points.

3.2 Deformation

Now the model is completely initialized and deformations of the model can be
calculated. A deformation is realized by adding external forces or by movement
of some joint points. The new rest position of the model can be calculated.

3.3 Performance Evaluation

The simulator runs on a 2GHz processor of a Windows XP workstation with 1
GB Ram. To quantitatively evaluate our result we compare the deformed object
with a reference model that is the result of a FEM based calculation of the
same deformation. The FEM algorithm is known to be accurate and correct.
Because FEM and our MSS model starts from the same geometric model, we
know the point correspondence between both models. This gives us the ability
to precisely estimate the accuracy of our computed deformation. Two main tools
are available for evaluation of the result. The program can generate a matlab
file, with quantitative data about the difference between the calculated and the
reference model. Second we can visually inspect the differences between both
models by use of a color code.

For evaluation we created a rectangular mesh which consists of 1402 nodes,
6387 tetrahedra and 13374 faces. The cube has dimensions 20mm*20mm*20mm.
Like listed in table [Tl we applied a number of various deformations to the cube.
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Fig. 2. (a) Average relative error and (b) absolute error for different elongations in
direction the of x-axis.

For each deformation we displaced one side of the cube with one of the vectors
listed in table[l. The table shows average and maximum error in relation to the
FEM reference model, number of iterations and time needed to achieve this rest
position.

Figure[@ shows average error and average relative error in respect to the num-
ber of iterations for different elongations in direction of the x-axis. We see that
errors increase with increasing elongation, but after large number of iterations
average error can be made sufficient small. Both average relative error and aver-
age error have a clear logarithmic slope. The logarithmic slope has as advantage
that we can get a pretty good idea of what the displacement of all points will be
in a relative small number of iteration. If the deformation is satisfactory we can
get a more accurate estimation. As can be seen in figure [2] the average relative
error can be reduced to 30% in less than 100 iterations.

As shown in table [I] for a big deformation the maximum error can exceed
1mm. But out of the visual inspection we could clearly state that differences
between FEM and MSS only appears at the edges and vertices of the cube.
In the main bulk all differences were smaller than 0.3mm. This can be seen in
figure [3] where the result of elongation with 5mm in x direction is shown. Bright
points represent the largest differences between the FEM reference model and
our computed result, dark points represent places with smallest distance between
both models.

The effect of the volume forces can clearly been seen in figure[ At the left we
see the result after elongation with 5mm in y-direction without volume forces at
the right with volume forces. In respect to the initial cube we recorded a volume
difference of 14.5% when no volume forces were used, while with volume forces
the volume difference was reduced to 7.3%. When we compared the volumes
of the cubes computed with FEM or MSS, less than 0.5% volume difference
was seen between both methods. Even when we applied a displacement of the
joint points so that the total volume changed with more than 100%, the volume
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Fig. 3. Visual inspection of the difference between our calculated result and the FEM
reference model. Bright points represent the largest differences between FEM and our
result, dark points represent places with smallest distance between both models.

(a) (b)

Fig. 4. Result of elongation with 5 mm in y direction. (a) Calculated without volume
forces, (b) calculated with volume force.

difference between the computed deformation and the initial cube was less than
20%. Application of the volume forces, doesn’t only reduce volume differences
but also reduce the mean error between both methods. For all deformation a
reduction of the mean error with 50% was achieved.

4 Conclusion

At the moment we have set the first step in creating a simulation environment
for soft tissue changes. We have proposed a new extended mass spring model
based on a tetrahedral geometry, with direct computation of soft tissue changes.
In our application field these deformations are more important than the correct
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animations. Skin turgor and mass are added to increase the realism of our model.
We implemented a method to simulate the effect of volume conservation.

Based on this new model we have created a simulation environment to predict
soft tissue deformations due to surgical intervention. User interactivity and the
speed of calculations are key issues for this simulator.

Comparison between our results and FEM reference models have shown that
our method is accurate and gives a close approximation of the FEM based result.
Volume conservation was achieved for different deformations, with a clear visible
effect. Because of the iterative character of our method, a global idea of what
the deformation will be, can be shown in a small amount of time. When the
result is satisfactory a more accurate result can be calculated.

Now we are able to simulate the deformations of basic geometric shapes,
we will start to work on patient specific data. Once we can simulate these soft
tissue deformations caused by surgical interventions, we will set up an evaluation
procedure for our model. Based on a set of pre-operative and post-operative
patient data, we will evaluate our predictions. These results will provide further
information to improve our model.
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Abstract. Surgery simulation is one of the largest applications of Medical Vir-
tual Reality. In order to perform the real-time simulation, we constructed an
elastic organ model known as a sphere-filled model. This proposed organ model
allows us to perform surgical maneuvers such as pushing, pinching and incising
and show the deformation of the inner structures such as blood vessels on our
system. In addition, we tried to obtain haptic sensation with the patients’ organs
in a surgical simulation. Developed system made it possible to handle elastic
organs with two force feedback devices attached to the both of users’ hands. At
the same time, we have been developing a VR cockpit suited for virtual surgery
and tele-surgery. Using our VR cockpit, our system allows us to provide the us-
ers with an environment closely resembling the open surgery situation.

1 Preface

Three dimensional images reconstructed from MRI or CT images are currently used
in various applications not only for diagnosis but also treatment [1]-[3]. The applica-
tion of virtual reality (VR) techniques to 3D images has a large potential to provide
future medical treatments through tele-diagnosis and tele-medicine. Surgical simula-
tion systems also have useful applications in the medical field [4]-[12]. By using such
a surgical simulator, surgeons are able to go through various approaches to urgent
operations and carefully plan the procedures beforehand. It is also especially useful
for experiencing operations for deformities or those with some expected difficulties.
Such systems also allow the user to repeatedly perform virtual surgery until a suitable
procedure is established. However, in general, it is difficult to manipulate, deform and
incise volumetric organ models as one would on elastic objects in real-time, and sur-
geons require more realistic simulation involving tactile sensation. In this paper we
would like to describe our course of the development of a surgical simulation system
that has resolved such difficulties.

2 Elastic Model for Surgical Simulation

We have been developing a virtual surgery simulation system so that doctors can
conduct trial runs of operations or to master surgical techniques [7]-[10]. With this

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 155-164, 2003.
© Springer-Verlag Berlin Heidelberg 2003
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system, we have aimed to develop a virtual surgery system capable of performing
surgical maneuvers on elastic organs, the structure of which having been obtained
from a patient. Specifically, we constructed an elastic organ model known as a
sphere-filled model for real-time simulation. The sphere-filled model consists of a
group of small spheres inside and polyhedrons at the surface. If an external force is
applied to this model, it is deformed by the movement of each of the spherical ele-
ments. Each sphere elements is pressed and displaced in turn by measuring its dis-
tance from the neighboring sphere elements. In addition to that, the gravity parameter
and the relationship between spheres relative to each other also determine the dis-
placement of the spheres. And the polyhedrons at the surface move because they are
linked to the internal spheres. In short, the sphere-filled method expresses the organ
deformation according to the sphere’s behavior. Fig.1 shows the organ model’s de-
formation at three points as if being pushed by three fingers. In this image, three white
spheres show the thumb, forefinger and middle finger. Thus, This simple method is
suited for simple deformations in which amputations of internal structures don’t oc-
cur, such as with pushing and pinching because these deformations express each
sphere’s reciprocal force.

This simple method is problematic for the complicated incisions that cause
amputation of internal structures. To counteract this problem, we modified the model
by using a revised algorithm for organs. The incision procedure for the modified
model has four steps roughly. First, the model creates the incision surface by getting
the position of the scalpel in virtual space. The force feedback device decides its
position. Then the incision surface divides internal spheres to the left and right of it.
In short, an incision divides the internal spheres into two regions. We called the
process “Internal Division”. Then, an incision causes the spheres to change their
combination and displace around the opening. The displaced spheres in turn act upon
the adjacent spheres. Finally, the organ model is distorted by the spheres’ movement.
In this method, the opening shape of the incision surface depends on the number of
spheres displaced on the surface. This incision procedure allows the model to deform
for a lot of incisions by repeating “Internal Division”. Fig.2 shows an incision
deformation. Fig.2a shows the deformation of the surface while Fig.2b shows the
internal spheres. The spheres shown in color are the divided spheres by the “Internal
Division”. Fig.3al and blalso shows the deformation of an incision. Fig3al shows the
condition of the surface while Fig3bl shows the internal spheres. Fig.3a2 and b2
shows the model creates the resection surface after making some incisions. Fig.3a3
and b3 shows the grasping of the resection region. In this resection, the volume of the
organ remained of 71.2 percent. Thus, the sphere-filled model allows our system to
enable the execution of various incisions in addition to basic maneuvers such as
pressing.

3 Deformation of Volumetric Data

Up to now the main type of elastic organ model for surgical simulation has been a
surface model that keeps the surface data but cannot hold the internal structure data
due to the decreased quantity of calculation. We have tried to deal with volumetric
data itself acquired with MRI or CT as an elastic body and to realize volumetric data
deformation in real-time like our surface organ model [12]. By assigning the voxel
group to internal sphere it follows the motion of each sphere, and as a result the
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Fig. 1. Deformation of the liver model as if being pushed by three fingers. Three white spheres
shows thumb, forefinger and middle finger.

Fig. 2. Incision deformation of the liver model. a. The deformation of the surface b. The condi-
tion of the internal spheres. The spheres shown in color are the divided spheres.

volumetric data is deformed. We divided volumetric data among elements and made
an elastic organ model by using the abdominal data set (512x512x176) obtained by
MRI with a Imm slice/pitch. After that, we assigned the voxel group to the spheres.
Regarding the formation of the voxel group, it is adopted as a rhombus dodecahedron.
The reason is that the formation does not overlap spatially with others and as a result
the internal sphere in connection with each voxel is decided automatically. Fig.4
shows the relative location between the internal sphere and the rhombus dodecahe-
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Fig. 3. The deformation of our organ model. al and bl shows an incision deformation while a2
and b2 shows the generation of the resection surface. a3 and b3 shows the grasping of the re-
section region using user’s left hand.

Fig. 4. The formation of voxel group assigned to internal spheres. a The rhombus dodecahe-
dron. b. The transparent rhombus dodecahedron with a sphere. c. A voxel group in the shape of
the rhombus dodecahedron.

dron. The formation makes the processing of the deformation easier because the shape
of the voxel group is entirely the same. If the radius of the sphere is 8mm, about
20,000 voxels are assigned to the spheres.

Fig.5 shows the volumetric liver model being deformed by basic surgical maneu-
vers such as pushing and incising. Fig.5a shows the deformation of the pushing while
Fig.5b shows the deformation of the incision. We have established that the frame rate
of the deformation of the volumetric liver model is about 5 to 10 frame/sec on a
graphic workstation (Onyx3400, Silicon Graphics Inc.). This frame rate was realized
in all the surgical maneuvers we have developed with the force feedback device.

4 Haptic Devices

We have developed a haptic device which allows the user to experience tactile sensa-
tions [9]-[11]. We also have been developing a force feedback device which possesses
16 degrees-of-freedom (DOF) for manual interactions with virtual environments. The
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features of the device manufactured for our virtual surgery system can be summarized
as follows.

1) The force feedback system is composed of two types of manipulators: a force
control manipulator and a motion control manipulator.

2) Three force control manipulators for each hand are attached to the end of the
motion control manipulator.

3) Both ends of each force control manipulator are attached to the thumb, forefin-
ger, and middle finger of the operator.

4) The force control manipulator has a joint structure with minimal inertia and little
friction.

5) The motion control manipulator has a degree of mechanical stiffness.

Fig. 5. The deformation of volumetric liver model by basic surgical maneuvers a pushing, b.
incising.

Lefthand ~ -oias Right hand
Fig. 6. Block diagram of the dual force feedback devices
Fig.6 shows the block diagram of the force feedback device. Both the right and left

force feedback devices have the same internal structure and functions. The force
feedback device for the right hand is a mirror image of the left one. On both hands,
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Fig. 8. An experiment to touch the surface of the liver using the manipulator with the 3D im-
age.

the force control manipulator producing haptic sensation is attached to the thumbs,
forefingers and middle fingers of the right and left hands respectively. Fig.7 shows a
user and the devices attached to both hands. These devices communicate data (finger
location etc.) with the surgical simulation system through a LAN. When an interac-
tion occurs between the user’s fingers and a 3D object in virtual space, a force pa-
rameter of tactile sensations calculated by the surgical simulation system is trans-
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ferred to these devices. This allows the user to experience tactile sensations in each
finger. Fig.8 shows the linkage between the device and the real time image. The user’s
hand is perceived as a 3D image in order to identify its location as it comes in contact
with the liver surface. When the liver surface was compressed on the image, the user’s
finger corresponding experienced tactile sensations. Fig.9 shows sequential images of
a situation in which the surgeon pinches the edge of the elastic incision plane on the
liver.

Fig. 9. Sequential images of the surgeon pinching the edge of the elastic incision plane.

===
(| .-

E E g Force feedback devices

Graphic Wotkstation

g Eear projection

dizplay

Location controler for

dizplay and elevator

Elewator

Fig. 10. The system component of our VR cockpit. The projection display’s angle of elevation
and the elevator position is controlled by the location controller.

5 VR Cockpit

In the case of an ordinary simulator, the user cannot immerse himself into virtual
surgical space because of the method of presentation of the simulation results using
conventional computer displays. To perform a surgical simulation and tele-surgery in
the same environment as open surgery relative to the user’s viewpoint and the opera-
tion, we have been developing the VR cockpit [13]. Fig.10 shows the system compo-
nent. Our VR cockpit is composed of a large projection display with a high resolution
and a large field of view, an elevator on which the user stands, force feedback devices
(CyberForce, Virtual Technologies Inc.) and a graphic workstation (Onyx3400 Infin-
ity Reality3 3-pipes, Silicon Graphics Inc.). To perform the surgical simulation in the
same environment as open surgery reflecting the surgeon’s viewpoint and the opera-
tion, an angle of elevation of this display can be changed from O degrees to 45 de-
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grees, and the elevator that is equipped with force feedback devices can be shifted up
and down or back and forth. Furthermore, by enabling the stereo view, this cockpit
has the function in which users are provided with the spatial conditions of the target
organ and the field of operation includes the 3D shape and the 4D movements. This
cockpit is also equipped with two PDP in order to encourage communication between
surgeons and to display the condition of the patient, such as vital data, for the tele-
surgery. Fig.11 shows a general view of this cockpit. Fig.11a shows the situation of
the open surgery simulation. Fig.11b shows the initial position of the screen and the
elevator while Fig.11c shows their maximum positions. A surgeon attaches the force
feedback device to both of his hands and stands on an elevator as shown in Fig.11d.

Using our cockpit, we can perform surgical simulations in an environment that in-
cludes the whole field of vision and uses highest quality graphics. Furthermore, the
user can select an environment resembling open surgery because they can change the
viewpoint and the position of both hands easily.

6 Conclusions

Here we have presented our surgical simulation system that can perform real-time and
realistic simulation with tactile sensations including deformation of the inner struc-
tures such as blood vessels and tumors. By utilizing the advantages of the surface
model and volumetric model, it is possible to simulate the target organ in detail. In
addition, using our VR cockpit, we can perform the simulation in an environment that
includes the whole field of vision and uses the highest quality graphics.

In the future, we will be able to simulate in accordance with actual surgical tech-
niques and apply the simulation to the clinical situation. Moreover, we will be able to
realize the development of tele-surgery system and robotic surgery system.
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Abstract. Methods and fundamental considerations for adding force feedback
to a surgery simulator are presented. As an example, the virtual endoscopic sur-
gery trainer “VS-One”, developed at the Forschungszentrum Karlsruhe, is
taken. An overview on building a general interface to force feedback applica-
tions is given. Implementations and satellite modules of the simulation software
KISMET are presented as the results. The concept and the implementations are
found to be flexible, stable and for universal use. Conclusions are drawn from
the results regarding actual and further developments.

Introduction

At the Forschungszentrum Karlsruhe (FZK), a virtual endoscopic surgery training
(VEST) system has been developed, based on the virtual reality, real-time simulation
software KISMET [1] [2]. The trainer produces an endoscopic view of a surgical
training task. Surgical instruments are located in an input box and can be moved like
in a real surgical operation. According to the operators’ movements the real-time
simulation calculates interactions with the virtual environment. Adding force feed-
back to this system enables the human operator to touch and feel the virtual scenario
by using his haptic senses.

Fig. 1. “VS-One” system overview and operation
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In close cooperation with our commercial partner Select-IT VEST Systems AG we
built the laparoscopic surgery trainer “VS-One”. The goal is to create a system that
meets the demands for surgeons’ education and rehearsal. Recent developments and
cost reduction in 3D Graphics and computational hardware provide platforms to in-
corporate affordable working systems. Fig. 1 shows the “VS-One” system.

A fundamental demand for interactive human tissue simulation is real-time com-
putation performance. Elastodynamic object deformation is essential for close-to-
reality, high-fidelity simulations. The realism is dependent on the set of parameters,
the solving algorithms, and the data conversion and transfer structure. Especially
when employing force feedback, the intuitive impression strongly depends on the
model preferences.

A high-fidelity simulation system requires methods for collision detection
(touching objects), interaction handling (e.g. grasping) and model modification (e.g.
cutting). Photo realistic graphical computer techniques further immerse the user into
the simulation environment. The data conversion and transmission from and to the
haptic display has to consist of continuative treatment of derived forces, adequate
filtering, active control algorithms, and reliable error handling. Considerations of the
real-time condition and of the authentic perception of physiological tissue behavior
are important for all modules.

This paper focuses on the surgery simulation for minimally invasive surgery. The
aim is to create a laparoscopic training application using the “Laparoscopic Impulse
Engines” by Immersion Corp. We present the KISMET force feedback module (KFF)
of the “VS-One” system. Addressing issues like stability, elastodynamic real-time
deformation or interaction handling goes beyond the scope of this paper. Some of the
force feedback applications using the simulation software, KISMET and KFF, are
presented in the results chapter.

Materials and Methods

Haptic devices are used more and more as force displays for computer games and
manipulators. Improvements in robotic device design over the last years are largely
due to advances in dynamics efficiency, and higher strength-to-weight ratio. Larger
actuators and drive mechanisms lead to more inertia and friction in haptic devices.
Natural dynamics and inertia of the haptic device might prohibit finer force discrimi-
nation for dexterous tasks, even if the force output is adequate. Abrupt changes in
mechanical resistance during interaction is typical for surgical interventions. Current
generation materials and drive components reduced mass inertia and friction dramati-
cally. [3] [4]

Device Handling

Force feedback handling devices are interfaces between the human operator’s hand
and the virtual reality system. They work as input devices for movements and as out-
put display for forces. In general, the haptic equipment consists of a handle for the
human operator, a set of movable mechanical linkages attached to sensors and actua-
tors coupled by drive transmissions. Counterbalancing reduces gravitational forces
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and torques within the device. The position and orientation of the gripper can be de-
termined by using the sensors to read the joint angles of the linkages, and calculating
forward kinematics. Force data returned by the simulation, is mapped to a set of
torques to be produced by the motors by using a Jacobian. This signal is converted
into desired currents for amplifiers driving the motors.

Input devices for laparoscopic, minimally invasive surgery require a special me-
chanical set up. The surgical operation is carried out by using a long instrument
through an invariant incision point. The haptical display has to serve this condition.

The “Laparoscopic Impulse Engine” consists of 5 DOF, 3 of which are force re-
flecting joints actuators. A gripper is mounted to a shaft that can be rotated through
three main rotational axes and one translational linkage in the shaft direction. The
incision point is held in a spatially constant position, analogous to a three-dimensional
pivot. The 5" joint is the gripper’s opening/closing mechanism. Amplifiers and drivers
are included in the Immersion Corp. package. Except the 5" joint, the rotational joint
angles are resolved by encoders, providing incremental values. Hence, the definition
of a reference-position is necessary, in which the instruments have to be put, each
time the interface starts up.

Control Scheme

In this paper we define force feedback as the display of calculated forces to the
operating user. In some other publications the phrase force feedback is defined as the
part of a closed loop system. In that case the sensed forces from the input device are
returned to the active control system.

Open-loop control is used because there is no redirection of measured operation-
forces from the device to the controller possible to regulate the output. The force
depends upon the device controller assuming negligible dynamics of the mechanics
e.g. time-dependent disturbances, friction or inertial forces and torques. It has to be
accepted that unpredictable inaccuracies are sensed by the user. We used an open-
loop control without sensors in order to reduce cost and size of the assembly. The
haptic quality in a open-loop control is susceptible to environment model errors and
faulty divergences in the pre-computation of forces. Therefore, flexible and model
dependent algorithms have to be implemented. Time-independent values like gravity
and friction can be reduced by using feed forward methods. A more robust design can
be achieved by mounting force-torque or acceleration sensors to the input handle and
using the data in the active control. For each model a working range of stable be-
havior has to be achieved using appropriate parameters. [5] [6] [7] [8]

A block diagram of the control scheme of a surgery simulator is shown in Fig. 2.
The simulator components correspond in the following way: the simulation software
generates a visual display from the anatomical model. The human operator interacts
with the visualization by moving the haptic devices. The controller interface pro-
cesses this data and passes positional information to the interaction handling algo-
rithms of the simulation. The computed interaction forces are returned to the haptic
device using the controller interface. The transmission of data through this controller
interface is parameterized by the model.
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Fig. 2. Simulator control scheme

The cognition of the human operator is included in the loop. The physician inter-
acts by positioning the haptic interface. The desired values for forces and torques are
calculated from the anatomical model, based upon the physical properties of the ana-
tomical objects and the sensed position of the tool. Morphological updates are sent to
the visual display and the new haptic information is transmitted to the force display.
As the operating human is included in the system loop this creates an element of un-
certainty which has to be taken into account. The range of man-in-the-loop stability is
dependent on the “stiffness” of the operator.

Impedance Feedback Control

Two basic control methods are known: impedance and admittance control. The im-
pedance control receives positions and controls the forces. Admittance control
measures the operator’s force and controls the displacement. Generally, direct for-
ward impedance control techniques are used for human, soft tissue surgical simula-
tions. Admittance control is more suitable for rigid environments. For laparoscopic
surgery simulation we decide to use the impedance control method, mainly because
no force sensing system is present at the “Laparoscopic Impulse Engines”.

In Fig. 3, the model dependent controller structure is described. By “model”, we
mean all values for a surgical exercise like anatomical morphology, elastodynamic
properties, and filter/control settings. The deformations and forces are calculated in
real-time in the elastodynamics module. The interactions of the instruments with the
elastodynamic model is calculated via the collision handling. World-coordinate im-
pedance values are generated from the displacement and the forces affecting the in-
struments by the impedance converter. These values are processed by the impedance
controller. A cascaded control and filtering structure for forces, DOF-values and im-
pedances allows flexibility in parameterizing model-dependent control.

The impedance controller measures the difference between the computed position
deflection and the actual position deflection from the haptic device. Using the deflec-
tion values, calculated model force, and the actual device force, the impedance func-
tion can be derived. This structure is called model-feed-forward open-loop impedance
control. A new force command is generated by interpolating between discrete impe-



How to Add Force Feedback to a Surgery Simulator 169
elasto- morphology,
dynamics < mechanics model
kinematics
collision- additional
handling parameter forges parameter parameter
Tt ' i l
impedance impedance inverse force force
converter controller impedance controller filter
A Cc D E F
+
- | impedance forces / torques
impedance converter
» hardware -
. . positions driver

Fig. 3. Model dependent controller structure

dance updates. Values are interpolated by using superposition of filters and automatic
control. The closed-loop haptic impedance is the relationship between the positional
deviation of the haptic interface and the corresponding force applied by the user.
Strictly speaking, the impedance is the relationship between velocity and force. We
take the linearized proportion between deflections and force as the impedance by
assuming the time intervals to be constant.

Without employing force/torque and six-axis acceleration sensors we have to be
aware that we disregard mass inertia and acceleration components in a open loop
control. Actually, the loop will be closed by the human operator.

Control Modules

The impedance converter (A, see Fig. 3) reduces the spatial deflections and forces
derived from the elastodynamics and the collision handling module to time-dependent
stiffness vectors. The difference between the simulation impedances and the current
device impedance (B) is processed by an impedance controller (C). The forces and the
torques are regained in the inverse impedance converter (D) by combining the
impedance values with the positions from the hardware. This conversion indicates the
transition between the low-rate calculation and the high-rate driver control.

The forces are superpositioned by additional forces (e.g. for gravity compensation)
and provide the command values for a force controller (E). In some configurations an
additional force filter (F) enlarges the stability range of the overall control behaviour.
The controller structures (C) and (E) are implemented as free-parameterizable PID-
modules. We are using low-pass force filters (F) in order to increase stability con-
ditions in some cases. However, by applying filters simulation dynamics can be
reduced.
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The schematic drawing in Fig. 4 depicts an equivalent closed-loop controller
structure. The device deflection d,, is the difference between a starting position x, and
the actual position x caused by the operating human. The individual blocks represent
physical and computational elements. The highlighted module Z, (model impedance)
corresponds to Fig. 3 except the hardware driver module, which is equivalent to the
other blocks.

Theoretically, if we disregard mass, energy storing elements and backlash and if
we linearize the transformations at an operating point, then the closed loop impedance
can be calculated and the model impedance can be adjusted for stable closed loop
control. Practically, the neglect and linearization of characteristics does not meet
physical behavior. Minor modeling errors in an open-loop controller lead to
unpredictable output divergences.

A more detailed data flow block diagram of the hardware driver module is shown
in Fig. 5. The desired forces arriving at the hardware driver are converted into local
coordinates by a “from world” transformation. Through the inverse kinematics
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calculation torque and force data are sent to their respective amplifiers. The driven
motors transfer torques to the mechanical device and transmit forces and torques via
linkages to the user interface (handle-hand interface to the human operator). The
positions are obtained by sensing the mechanical angular position values of the
linkages using appropriate sensors. These data are converted to DOF-values and are
transformed to Cartesian positions by using the forward kinematics calculation. The
“to world” transformation takes the physical placement of the instruments into
account and generates world-coordinate TCP-matrices and positions.

Control Parameters

Finding the appropriate control parameters for each model is a very optimization-
intensive task. The resolution, sensitiveness and dynamics have to be maximized
while keeping a wide range of stability and a high accuracy of the displayed forces.
Stable control has to be guaranteed while assuming a large variety of human-operator
behavior.

In a typical implementation the haptic device must be updated at a fairly fast rate
(300 - 1000Hz) to ensure stability and a responsive interface. The visual computation
is updated at a much lower rate (5 - 75Hz) depending on the complexity of the model.
This results in interpolation time constants in the order of 10ms up to 200ms.

Results

We used heavily modified “Laparoscopic Impulse Engines”. We mounted small
security plates to prevent the force transmitting cables from slipping off the driving
wheels. We ordered a custom design with a shaft length of 25cm and with a dis-
assembled supporting unit in order to obtain a larger working space.

KISMET Force Feedback (KFF) modules can be distinguished as device-depen-
dent and hardware-independent modules. We designed all structures and algorithms
for universal, multifunctional use. Current software modules are implemented on a
WIN32 platform and are running on Windows-NT and Windows2000 workstations.
The functional structure of the components is depicted in Fig. 6.

KFF_run is a hardware-independent, stand-alone software and works as an inter-
face between KISMET, the hardware specific driver and the administrative interven-
tions (e.g. for calibration purposes) using shared memory technology. The module
starts automatically when executing a KISMET model that includes force feedback
interface calls. It requests the operating user to place the instruments in a reference
position once, in order to set original values for the instruments’ position. This ser-
vice-like module keeps running in the background so that the encoder values are not
re-referenced each time a new KISMET model starts.

KFF_dll is implemented as a link library, unique for each hardware set up sup-
ported. Modules for multiple “Laparoscopic Impulse Engines” and the SensAble
PHANToM™ device (GHOST-Library 3.0 and 4.0) are available and have been tested
extensively (different KFF_dll libraries). A fast rate timer guarantees the data
transmission cycle between KISMET and the hardware interface. Depending on the
calibration information, retrieved by a settings file (KFF.ini), device specific trans-
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formations are applied. Up to 15 haptic input devices are supported, each of them
provides control for up to 7 DOF with or without force feedback. Filter and control
settings for each single DOF can be adjusted, as well as those for the automatic regu-
lator control for world-coordinate impedance and elastodynamic pre-calculation. The
respective library is linked to KFF_run.
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Fig. 6. Functional structure of implemented modules

The main software package KISMET provides the following features:

e retrieves the simulation model information

calculates the kinematics of the instruments from the joint rotations / translations of
the haptic devices

computes the real-time elastodynamic deformation of objects

evaluates the instrument collision with objects

performs the impedance control

handles instrument interactions: grasping, cutting, placing clips, coagulation,
irrigation, suction, needle insertion

recreates physiological effects: bleeding and pulsation of vessels, or cyclic
body/organ movements.

KISMET generates the graphical representation of the scenario. Important para-

meters for each model enclose kinematical instrument structures, morphologic, elastic
and dynamic object definitions, and data control specifications. Parameter optimi-
zations for the best dynamics and stability have to be regarded, which are dependent
on the computing hardware and the model complexity.
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Two main approaches are traced. One is the rigid model, direct forward impedance
control for simple tasks. The second is the elastodynamic model cascaded control,
used for high-fidelity models, enclosing two different cycle loops. The low-rate
elastodynamics and collision detection loop combines with a high rate impedance
control and force-feed-forward loop.

The “VS-One” system includes a variety of models for education. Simple basic
training tasks (BTT) are implemented to instruct the trainee to learn precise, spatial
instrument orientation, coordination of multiple instruments and the usage of a 30°
camera optics. Simple anatomical models are designed to teach the user in the hand-
ling of different instruments and operation techniques. Several high-fidelity models,
like the laparoscopic removal of the gall bladder (Cholecystectomy), are intended to
teach surgery operation techniques including complex procedures.

Conclusions

The model-feed-forward impedance control concept was found to be well-suited for
soft tissue simulation. The implemented, cascaded control and filter methods allow a
flexible model-dependent parameter design. Stability can be achieved in a wide range
of the closed-loop impedances. The quality of the force feedback is particularly
dependent on precise and optimized modeling. For a more stable control the
measurement of the operator’s handling forces, torques and accelerations is necessary.
However, this will result in increasing cost and assembly complexity.

It can be concluded from the experiences using the “Laparoscopic Impulse En-
gines” that this product is appropriate for basic applications. The limitation to only 3
linkages exerting force feedback results in reduced perceptibility. The invariant pivot
point of the devices is located inside the mechanical unit. In order to build a close-to-
reality laparoscopic surgery simulator the instrument incision point has to be placed
on the patient body surface. The mechanical setup is space consuming, the compo-
nents indicate low operating reliability and not more than 2-3 devices can be installed
in a system, because the number of extension-bus slots provided by conventional
computer systems is limited.

Within the scope of a project called “HapticlO” new haptic devices for laparo-
scopic surgery simulators are currently in the designing process at the For-
schungszentrum Karlsruhe. These devices will provide an enlarged operating space,
improved mechanical specifications and operating reliability and will facilitate a more
precise control. The project “HapticlO” is funded by the German Federal Ministry of
Education and Research.
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Abstract. This paper presents a methodology to simulate 3D cuts in
deformable objects. It uses an explicit finite element approach to simulate
deformations in real-time. We use a non-linear strain tensor formulation
(Green tensor) to allow large displacements. Haptics is used to allow
touching sensation of the cutting procedure.

1 Introduction

Cutting is an essential component in medical simulators. Simulating cutting
of biological tissues requires real-time interactions, accurate geometric models
of anatomical structures and realistic dynamic models. Previous works address
cutting by removing [1] from the simulation the elements that collide with the
cutting tool or by subdividing [23] the colliding elements. Removing elements
destroys the material from the virtual organ. In some cases, this is not realistic
since the mass of the organ is not preserved. To increase realism, the number
of simulated elements is incremented. This might cause a slow down in the
simulation. On the other hand, subdivision is more realistic, but the number
of simulated elements increases and therefore the simulation is slowed down as
well.

In our previous works [7], we have started a new approach: separating the
elements instead of removing or dividing them. The approach does not increment
the number of elements during the simulations and preserves the mass of the
organ. We implemented it in a 2D mass-spring model. Later, Nienhuys et. al. [4]
has used the same idea to approach 3D cutting.

This paper is organized as follows: first we describe the physical deformable
model used in section Bl Next, we present the cutting algorithm in section Bl
Section @ presents some of our results. Finally, we conclude and present future
research in section [l

2 Physical Model

We used an explicit formulation of finite element methods [TJ5I8] to simulate the
dynamics of the biological tissue. The model is similar to the mass-spring de-
formable model, since each node of the tetrahedral mesh uses Newtonian laws of
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motion. However, the finite element method has a stronger physical and math-
ematical foundation and therefore, we have chosen it for our simulations. Finite
element methods (FEM) partition the object into sub-elements on which the
physical equations are expressed. Instead of merging all these equations in a
large matrix system, an ezplicit FEM solves each element independently. The
idea is to write the elastic energy of a tetrahedron as a function of the displace-
ment of its 4 vertices. It uses the balance equation of each element to obtain
the force at each node in function of the displacement of neighbor nodes. Then,
instead of obtaining the equilibrium position by solving a large matrix system,
we only integrate the force at each node to obtain the new position for the node.
We use a non-linear Green strain tensor, €, allowing large displacements. The
Green strain is expressed by a 3 x 3 matrix. Its (i,7) coefficient is:

ox Oz
€ij = <8ui o, di) (1)

where the Kronecker delta is §;; = 1 if ¢ = j or zero otherwise. We assume that
our material is isotropic and consider linear elasticity to link stress and strain,
as follows:

(6) Z Aepr0ij + 2p€;5. (2)
k=1

The material’s rigidity is determined by the value of u, and the resistance to
changes in volume (dilation) is controlled by A. The total internal force that a
tetrahedron exerts on a node is [5]:

3

[ezl] - Z P[] Z Z BiiBikor (3)

j=1 k=1 1=1

where vol is the volume of the tetrahedron, p the position of the nodes of the
tetrahedron in the world coordinates and (3, the inverse barycentric matrix that
links the world positions to the material coordinates. The total internal force
acting on the node is obtained by summing the forces exerted by all elements that
are attached to the node. Finally, we use a modified-Euler scheme to integrate
the dynamics of each node.

3 3D Volumetric Cutting Algorithm

Once a collision detection has been detected between the cutting tool and the
object, we follow the next steps to carry out cutting phenomena: (1) a geometric
and physical criteria, (2) select and separate tetrahedrons, (3) local remeshing
and (4) force feedback.
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Cutting
tool

NO cutting
attempt

Fig. 1. Determining cutting attempts.

3.1 Geometric and Physical Criteria

Geometric criteria: We first determine if the user displacements on the surface
of the object corresponds to a cutting attempt or not.

Let C,(t) be the colliding point at time ¢ between the virtual tool and a facet
on the surface of the object. Let v.(t) be the closest vertex to Cp(t) and ¢y the
moment of the first contact. Define a neighborhood [ around the vertex wv.(t).
We consider a cut attempt if:

1. ’Uc(t) ?é Uc(t())
2. COp(t) €l

The first condition states that the closest vertex to the colliding points at times
t and to must be different. The second condition avoids degenerated cuts due
to small movements (e.g. a very small displacement of the tool in the middle of
the facet may satisfy the first condition). To cut, the user is forced to execute
larger displacements by constraining the tool to lie on the neighborhood |4, see
figure [l For simplicity, we have chosen the neighborhood to be a circular region
with radius 7. The value of r determines the size of [4). Since the facets of a mesh
are, in general, of different sizes and forms, the value of r must be computed as
a function of the size of the current colliding facet. Thus,

r = ad, (4)

where d, is the distance between v.(t) and v.(tg), see figure [I This distance
changes depending on the colliding facet. The parameter o determines the size
of the neighborhood.

Physical criteria. A cut attempt is not enough to break apart the object.
Some physical aspects, that take into account the physical interaction between
the object and the cutting tool, have to considered. To do that, we consider the
internal behavior of the object when it is subjected to external loads produced by
the tool. According to fracture mechanics, an object may be broken due to two
different type of failures: (a) Tensile failure: This corresponds to loading normal
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Internal Forces

Contact Surface: dA

Fig. 2. Internal forces during contact between cutting tool and object.

to the failure surface. If the failure is produced by pushing rather than pulling
then we can have a compressive failure. (b) Shear failure: This corresponds to
loading tangential to the failure surface. We analyze the forces that cause these
failures.

First, note that during the contact, the internal forces equilibrate the external
load produced by the tool. The internal force distribution can be represented by
an equivalent set of resultants, F', and moments, M, see figure Rl From classical
mechanics [9], the traction, Tr, provides a measure of the direction and intensity
of the loading at a given point and it is defined as:

Tr= lim —. 5

=, ®)
Decomposing the force into normal and tangential components, see figure 2] and
introducing a sharpness factor, k, for the cutting tool, we have a cutting traction

vector: ) | 7|
Tc=—|(lim —)n lim —)n 6
=5 [Wlmy ga)m + (limg g ©
where n; is the normal to the plane and ns is the tangent to that same plane,(i.e.
a normal in another perpendicular plane). Most of the measurable parameters
available in the literature are given using the fracture toughness, Ky, of the
material which is the critical stress intensity required to produce a failure in a
material. Therefore, we put the cutting traction vector, T,, in terms of the stress:

1
TC:E(O'nl —l—TTLQ). (7)

where o is the normal stress and 7 the shear stress. In the 3D case, T,. takes the
following form:

te, 1 | Tewr Teay Teuz
tey - E Teyw Ueyy Teyz [neI ney nez] . (8)
te, Te.x Tesy Oe.z

where n; is the normal of each plane of the infinitesimal cube. For simplicity,
take I' as the set of normal and shearing stresses. The object is broken when
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the maximum stress takes a value greater than the material toughness, K.
From classical mechanics, the maximum shearing stress is computed using the
eigenvalues, 01,00 and o3 of I'.

1
Tmax = §ma:c{|al *0—2|;|0—1 *0—3|a|02 70’3|}' (9)

and the maximum normal stress, 0,4, 1S the greatest eigenvalue of I'. Finally,
we define our cutting stress, . as:

o = ¢ min (Omaz, Tmaz)- (10)
where ¢ € [0.1 1] is a parameter representing the damage in the cutting area.
Finally, a cut is produced if a cutting attempt has occurred and if

0. > Ky (11)

where K is the material toughness of the object.

3.2 Select and Separate Tetrahedrons

To select the tetrahedrons which need to be separated to broken the object we
consider a cutting line on the surface of the object. This cutting line is given by
the set of vertices selected as follows: it starts at vg = v.(tg), the closest vertex
to the previous colliding point at to, it continues to v1 = v.(t), the closest vertex
to the current colliding point, such that v.(tg) # v.(t). The ending vertex, vy of
the cutting line is the one that best fits the profile of the cut. We consider that
the cut attempt is executed in the direction, sq, from C,(to) to Cp(t) and that
the cut is as straight as possible. We define s; as the vectors from the possible
projected vertices to Cp(t); v2 will be chosen as the vertex v; whose vector s; is
minimum with respect to si:

vy =v; such that min {/(s1,s;)}. (12)

Let s1 be the vector from vy to v and m the normal to the facet as shown in
figure[3l Define P as the plane spanned by n and s1. Set T as the set of tetrahe-
droms, e, sharing the vertex v;. Then, from e”, we separate the tetrahedrons,
that are in one side of the plane from those that belongs to the other side of the
plane, by only splitting v;. When a tetrahedron, e’ is divided by the plane, P,
the tetrahedron will lie in the side where its furthest vertex lies.

Separating tetrahedrons may create singularities or zero area joints (e.g.
tetrahedrons connected only by one vertex). Our data structure, based in a
abstract simplicial complex K, let us identify these singularities efficiently.

3.3 Local Remeshing

To reflect the cut, we reposition the vertices of the cutting line by translating
vo and v1 to Cp(t — 1) and C,(t) respectively. The vertex v, is not moved until
the next cutting step, when it will renamed as vy, see figure[3. We update the 3
matrix and the volume of the involved tetrahedrons to keep the physical validity
of the model.
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Fig. 3. (left)A set of tetrahedra is put in one side of the plane (Side 1) and another
set is put in the other (Side 2). The plane is spanned by vectors s; and n. (right)
Repositioning the vertices of the tetrahedrons to fit the cut profile.

3.4 Force Feedback

Haptic interaction was included to increase realism. We solve the different rate
frequency problem between the physical (about 20 Hz) and the haptic simula-
tions (about 1 KHz) by separating the haptic and the simulation loop and linking
them by a buffer model as we have done in [6]. The buffer model computes the
haptic forces.

We also model the sensation felt by the user when the material is broken.
When a cut is executed in the physical simulation, the haptic rendering switches
from the buffer model to a model that simulates a haptic cut. We use the curve
of the force obtained during fracture proposed by [10]. From it, we propose to
compute the haptic force as:

Fhaptic(I) = Fce_gl (13)

where F. is the force of the buffer model at the moment of switching, I is an
iteration counter in the haptic loop and £ is a parameter indicating the lost of
energy during the cut. The value of £ is calculated empirically. The value of
is incremented at each haptic interaction and set it to zero when a cut task has
finished.

4 Results

In figure [ we show a physical simulation of an object representing a human
knee graft ligament. It is composed of 100 tetrahedrons simulated using explicit
finite elements and non-linear Green formalism (A = 140000, p = 11000, ¢ =
10, ¢ = 80, sharpness k = 0.0004, damage ¢ = 1). A PHANToM device is
coupled to the simulation to render the sensation of touching and cutting the
object. We use a 800 MHz. processor and we obtain 30 Hz. for the physical and
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Fig. 4. Cutting a human ligament using a force feedback device.

graphical simulation. The haptic rendering reaches the 1000 Hz and present a
stable behavior. Large deformations presented self-collisions.

The haptic sensation of the cut has been largely influenced by the visual
rendering.

5 Conclusion

We have proposed a 3D cutting algorithm for biological tissue using explicit finite
elements and a non-linear strain tensor (Green). The algorithm uses a physical
criteria based in a stress approach and the interpretation of the user movements
to break the virtual object. The data structure allows efficient detection of zero
area links between the tetrahedrons. We have integrated a stable haptic approach
to give the user a touching sensation of the cut.

The implementation of our approach is a proof-of-concept of this technique.
This work has opened a new road of research: object self-collisions caused during
a cut.
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Abstract. Breast cancer and other breast pathologies often manifest as an area
of increased tissue stiffness. The gold standard for breast cancer screening is
mammography, which records the radioopacity of tissues in the breast, and
therefore depends on factors other than stiffness. Tactile imaging uses an array
of pressure sensors to noninvasively record the palpable extent of breast tissue
stiffness. Tactile imaging quantifies palpation, and holds promise for increasing
the positive predictive value of screening mammography by highlighting areas
of abnormal stiffness. We propose a method for registering tactile images ob-
tained in the same plane and immediately after the corresponding mammogram.
A finite element model-based approach is presented which is used to account
for the spreading of the breast tissue induced by the mammographic compres-
sion that is not present in obtaining the tactile image. We devise an algorithm
that can register the modeled tactile images to within 6% of the modeled mam-
mograms for breasts of varying size and stiffness. Clinical mammograms and
tactile images were collected on 11 subjects, and the registration algorithm ap-
plied to the images. The registered tactile images and mammograms correlate
well over stiff, radioopaque areas such as glandular and fibrous tissue, and
highlight areas of increased stiffness not indicated by the mammogram alone.

1 Introduction

Mammography is the gold standard in screening for breast pathologies. It records the
radioopacity of breast tissue, and results in a complicated image which radiologists
learn to interpret mainly by experience [1] to detect suspicious areas. Manual palpa-
tion, in the form of the Clinical Breast Exam (CBE), is an established adjunct to the
screening process [2], since many diseases of the breast, including cancer, manifest as
a change in tissue stiffness [3,4]. However, since CBEs rely on a qualitative assess-
ment of the palpable extent of breast tissue and are performed by a clinician different
than the radiologist, the information from the CBE is often not used in conjunction
with the mammogram.

Tactile Imaging is a new imaging modality that quantifies the palpable extent of
soft tissue [5,6,7]. The tactile imager [figure 1] is a passive, pressure-sensitive device
that is gently stroked over the area of interest. It records the surface pressures that
result from the stress field within the tissues, and thus records a higher pressure in the
vicinity of a stiff lesion. The forces required to obtain a tactile image are lower and
more easily tolerated than those involved in compression of the breast for a mammo-
gram.

We hypothesize that the information from tactile imaging can add value to breast
cancer screening, increasing the positive predictive value of mammography by high-

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 183-193, 2003.
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lighting areas of abnormal stiffness [8]. A mammogram would be viewed alongside a
tactile image taken in the same plane at the same time so that the tactile image can
provide direct tactile information to the radiologist. In order to obtain images regis-
tered in space and time, tactile images to be registered to mammograms should be
obtained immediately after the cranio-caudal mammogram, and before the breast was
removed from the bottom plate of the mammography machine [Figure 2].

An important first step in establishing and realizing this utility is registering the
tactile images to mammograms. Registration of the tactile image and the mammo-
gram requires an understanding of the relative motion of the breast incurred in each
imaging modality. The mammogram is obtained with the breast compressed between
two parallel plates for the greatest compression and spreading the patient can tolerate.
In contrast, the tactile image is obtained by indenting the breast with a small scanhead
stroked over the surface of the breast. The breast is stretched as the tactile image is
obtained, but due to the lower compression and the small area of contact the total de-
formation under tactile imaging is different from and less than that under mammogra-
phy. The difference in the deformation of the breast tissue as the tissue is imaged un-
der each modality must be accounted for in order for registration to occur.

Fig. 1. Tactile Imaging scanhead Fig. 2. Side view of breast on mammography plate.
used in this study. The working Left: Mammograms are obtained with the breast laying

portion is an array of passive pres- on a rigid plate and compressed by a top plate. Right:
sure sensors. When pressed gently In order to obtain tactile images to register with the

and stroked over the tissue of inter- mammograms, the tactile images should be obtained

est it records higher pressures near With the breast in the same position. The tactile scan-

stiffer regions, thus recording the head is gently pressed on the breast and the tactile im-

palpable characteristics of the tissue ~ age recorded as the scanhead is stroked away from the
chest wall

In this study we develop an algorithm to account for the difference in deformation
inherent between mammography and tactile imaging. We first discuss mechanical
modeling of the deformation fields of the two imaging modalities, and the transforma-
tion algorithm created to register the modeled tactile imaging deformation to the
mammographic deformation. Results of applying this transformation to the model
data are presented. Finally, we present a preliminary evaluation of the registration
applied to clinically collected mammograms and tactile images.
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2 Registration Algorithm Development

2.1 Model Development

To characterize realistic shapes for breast models, breast contours of healthy female
subjects were measured with each breast resting gently on a horizontal plate. Curves
of the front and side profiles of the left and right breast were generated. Three repre-
sentative subjects were analyzed that spanned the range of breast size and shape:
Small (US Brassiere size A), Medium (C) and Large (DD). Figure 3 shows the three
models created by fitting splines to the contour information from the three subjects.
The average contours of the left and right breast were used, generating models sym-
metric about the vertical center plane. The chest wall is assumed to be 1cm beyond
the skin surface of the chest.

The breasts were modeled as fat-replaced postmenopausal breasts since most cases
of breast cancer occur post menopause. The fat was modeled as a linear elastic iso-
tropic material of 15kPa stiffness, congruent with tissue property measurements found
in literature [5,9]. Finite element models were created and meshed in Femap v8.0
(EDS Inc.) and solved using Abaqus Standard 6.2-5 (Abaqus Inc.) with nonlinear ge-
ometry formulation.

Fig. 3. Symmetric Finite element models of half of the small, medium and large breasts created
for this study. From the top down are shown the front, top, and side views

Mammographic and tactile image compressions were applied to the models, and
the deformations recorded. Deformations of up to 50% strain were achieved on the
postmenopausal breast models under mammographic compression, while the tactile
imaging compression was limited to the tactile imaging pressure maximum of 80 Pa
which resulted in compressions less than 30%. The tactile imager was modeled as a
long cylinder spanning the width of the breast, and was indented into the breast at five
positions away from the chest wall. The full compression field from the tactile imager
was interpolated between the results for each position. The full mammographic com-
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pression and one sample compression of the tactile imager on the medium sized breast
are shown in figure 4.

Fig. 4. Medium-sized, post menopausal breast model under mammographic and tactile com-
pression, showing areas of increased von Mises stress at center of the base plate. The contact
boundaries were non-slip and the breast tissue was fixed to the chest wall. The tactile imager
scanhead was modeled at five locations and the total tactile compression was interpolated be-
tween the results. The midline of the model is shown at right as a dark line

2.2 Generating the Registration Algorithm

The tactile and mammographic images are two-dimensional projections of three-
dimensional information. The mammogram is a simple projection through the tissue
by near-parallel beams of x-rays. The tactile image is a projection of three-
dimensional pressure information onto a flat plane that best fits the approximately
horizontal surface of the top of the breast as it is compressed by the tactile imager. For
each case, we need to collapse the three-dimensional deformation field information of
the models into a two-dimensional field for analysis.

The tactile imager records the palpable extent of tissues, and so points below the
midline form a small contribution to the tactile image [5]. Figure 6a shows the y dis-
placements (away from the chest wall, per figure 5) of the tactile image compression
for points at the finite element nodes in the vertical plane of symmetry of the medium
breast model. The results are similar for the other breast models. The displacement
field along the midline of a tactile image compression is very similar to the displace-
ment field for points above the midline, which have the greatest contribution to the
tactile image. Similarly, from figure 6b we see that the mammographic midline dis-
placements are an average of the displacement of all points in the mammogram,
which contribute to the resulting mammogram. Thus the deformations of the midline
[figure 4] are representative of the deformations of the tissue imaged in both the tac-
tile image and the mammogram. We focus our study on the deformation field of the
points on the horizontal midplane of the breast in order to determine an algorithm to
register the tactile image points to their corresponding points on the mammogram.

Figure 7 shows the displacement field for the horizontal midplane of the tactile im-
age and mammogram of the medium breast. We can collapse the displacement in y
(away from the chest wall) onto one axis [figure 8a] and note a good fit to a linear
trend with zero difference at the edge of the mammography plate (y = 0). As such we



Mammography Registered Tactile Imaging 187

expect the registration algorithm required to take the point at y in the tactile image to
¥’ in the mammogram to have the form

y=y(1+Ky).

Fig. 5. Cartesion coordinates used for model and data analysis. The flat back of each model,
corresponding to the rigid chest wall, is at y = 1 cm, so that the back edge of the mammography
plate used clinically is at y = 0. The dashed line connects the chest wall to the nipple along the y
axis
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Fig. 6. Forward translation of points in the vertical midplane of the medium model. Points at
the finite element nodes are shown. The midline is representative of the points which generate
each image

Performing a similar analysis for the difference in the x-displacements (along the
chest wall, away from the center) yields figure 8b, showing a much larger spread of
the data. Separating the data into bins along the y-axis shows a clear dependence on
the y-position of the point in the tactile image. As such, we expect the registration
algorithm in the x direction (from x in the tactile image to x’ in the mammogram) to
take the form

xX'=x(1+K x)(1+K y)
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The parameters K , K, and K must depend on the size of the images and the total
required deformation. We denote the maximum excursion of the mammogram and the
tactile image in the x direction as X,,, and X, respectively and in the y-direction as Y,,,

and Y, and use these values in determining the constants K , K, and K_ .
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Fig. 7. Mammographic and tactile imaging displacement fields for the modeled medium breast.
The solid lines indicate the average translation of the original point

The parameter K, needed to stretch the tactile image in the y-direction is dependent
on the difference between the peak values for the mammogram and the tactile image.
We therefore propose the following transformation in the y-direction:

y’:y ]+LM . (1)
YMz YMr

Similarly, in the x-direction we expect K to depend on the difference X,,, — X,,.
The parameter K  should, much like K , depend on Y, -Y, . but examination of the
various sized models shows a dependence on X,, -X,, as well. The final transformation
in the x-direction was found to be

3
X XMm_XMt 1+ Y YMm_YMt W )
X v, | 2[2x,,, —2X,)]

x=x|1+

Mt Mt

The third power is an empirical constant that accounts for the cubic relationship
between the volume of tissue to be compressed and the linear difference between the
amount of deformation in the two modalities.
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Fig. 8. Difference in translation in y (a) and x (b) between the tactile imaging and the mammo-
graphic compression. The difference in y shows a linear growth with the tactile imaging y-
position, while the difference in x shows a linear relationship to both x and y

2.3 Model Results

The registration algorithm in equations 1 and 2 was applied to the deformation fields
in the modeled tactile images. The resulting deformation matched the mammographic
deformation well (table 1). We also applied the registration algorithm to deformations
from a fourth model, of a medium-sized pre-menopausal breast which incorporated a
cone of glandular tissue with its base at the chest wall and its tip at the nipple (figure
9). The glandular tissue was modeled as linear elastic with a stiffness three times
greater than the surrounding fat [5]. The stiffer glandular tissue did not affect the
quality of the registration. As seen from table 1 the mean absolute error of the regis-
tration is better than that for the other models, most likely because the absolute de-
formations are smaller for this stiffer model. The results from this premenopausal
model are shown in figure 10.

Table 1. Error between the registered tactile image (equations 1 and 2) and the corresponding
points on the mammogram for the midplane of the finite element models. Error is presented as
percentage of final position

Mean Absolute
Model Registration Error
Small postmenopausal 5.4%
Medium postmenopausal ~ 2.7%
Large postmenopausal 4.2%

Medium premenopausal 1.6%
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Fig. 9. Medium pre-menopausal breast model showing outline of glandular tissue cone with its
base at the chest wall and apex at the nipple
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Fig. 10. Application of registration algorithm to the horizontal midplane tactile imaging defor-
mations of the pre-menopausal medium breast model shown in figure 11. Perfect registration
occurs when the open circles completely enclose the vertical crosses

3 Preliminary Application to Clinical Data

The algorithm generated in section 2 registers tactile images to mammograms for
breast cancer screening. A full evaluation of the registration algorithm will require
many subjects, most effectively by imaging subjects with known abnormalities that
image well in both mammography and tactile imaging. As a preliminary study, we
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tested the registration on mammograms and tactile images from subjects undergoing
breast cancer screening in order to establish a protocol for obtaining and registering
tactile images in a screening situation.

3.1 Clinical Data Acquisition

Subjects were recruited who were scheduled to undergo a routine mammogram. The
subjects varied in age from premenopausal to postmenopausal, in size from small to
large breasts, and included women with previous positive and negative biopsies. Tac-
tile images were recorded on each breast immediately after the cranio-caudal mam-
mogram, before the subject moved relative to the bottom plate of the mammogram.

The tactile images obtained had a 30 x 30 cm field of view, which was sufficient to
record the entire area of the largest mammographic plate. The tactile image resolution
was 0.5mm/pixel [7]. The mammograms were digitized to the same resolution, and
the top left corner of the film assigned to (x,y) = (1,1) cm, since the film was 1 cm
smaller than the mammography plate on each side.

The tactile imager used in this study uses a magnetic tracker for positioning. Due
to the magnetic interference of the mammography machine, the raw tactile images
obtained required a preliminary calibration step in order to align the x and y axes with
those of the mammogram. Position calibration information was obtained from the
mammography plate by obtaining a tactile image of soft foam over the edges of the
mammography plate and the mammography markers used in each mammogram. A
third-order transformation was applied to the raw tactile images based on the calibra-
tion information acquired from the plate edges and the fiducials. This transformation
was a simple polynomial fit that satisfies the laws of magnetism [10] and is based on
the finding of incremental magnetic positioning error [11].

3.2 Clinical Data Results

Tactile images exhibit increased signal intensity near stiff areas, whereas mammo-
grams record tissue radioopacity. Glandular and fibrous tissue, for example, are both
stiffer than fat and are also more radioopaque. Therefore some degree of correlation is
expected between the two signals. We expect the tactile image to pick up instances of
stiffness that are not radioopaque [12], such as some older scars [13].

The registration algorithm in equations (1) and (2) was applied to register the cali-
brated tactile images to the digitized mammograms and the resulting images com-
pared. Figure 11 shows the registered images for a subject (one breast). The registered
tactile image shows increased palpation intensity in the regions the mammogram
shows higher glandularity, and a correlation verifies the images are well-registered
(correlation peak within 3mm of the center). Figure 12 shows another mammogram-
tactile image pair. The correlation between these two images is far poorer. The tactile
image clearly exhibits more extensive stiff regions than the mammogram implies.
Note, however, that near the base of the mammogram there are a few small very
bright dots. These are clips left from previous biopsies and indicate areas of scarring.
Scar is stiffer than the surrounding tissue, but does not image well in mammography a
few years post-surgery [13].
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Registered Tactile Image Mammogram

Fig. 11. Left: Tactile image after unwarping and registration shown for a 10cm by 20cm area.
Right: the corresponding mammogram. The x direction increases to the right, and the y direc-
tion (towards the nipple) increases downwards from the chest wall. All images are represented
by a single intensity value at each pixel, where the dark background has the lowest value, the
value increases through the pale areas, and dark areas surrounded by light are the highest. The
mammogram starts at y=/cm since the edge of the plate is approximately 1cm behind the edge
of the mammographic film

Registered Tactile Image Mammogram

Fig. 12. A registered tactile image and mammogram pair shown for a 15cm by 15cm area. The
x direction increases to the right, and the y direction (towards the nipple) increases downwards
from the chest wall. The tactile image shows a lot more bright regions than the mammogram,
since this subject has had several biopsies which have resulted in scarring. In the mammogram
the only evidence of the scarring are the two small bright dots indicated by the arrows, which
are left over from the earlier biopsies

4 Discussion

The registration of tactile images to mammograms is inherently dependent on the
amount of mammographic compression, the uniformity of that compression, and the
breast size, shape, and stiffness characteristics. The registration algorithm generated
in this study fits the four finite element models’ midline deformations well, though it
is not possible to create an algorithm with constants derived from the simple parame-
ters used in this study that would work perfectly for every breast. The parameters used
in this study, namely the extent from and along the chest wall of each image, are sim-
ple edge parameters readily available in a clinical setting, The algorithm used in this
study uses minimal information from the mammogram with no registration bias in
order to generate results that are accurate to within a few percent.
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The results of this study show promise in increasing the efficacy of breast cancer
screening by adding a new, inexpensive imaging modality registered to the current
standard. The next stage in this study will involve using the protocol developed to
obtain tactile images and mammograms on more subjects beyond the preliminary
study presented here. The registered images will be presented to radiologists, who
routinely study mammograms, to highlight sections of interest in each mammogram
with and without the tactile image. It is from this that we will realize an increase in
the positive predictive value of screening mammography.
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Abstract. Realistic haptic interaction in volume sculpting is a decisive
prerequisite for successful simulation of bone surgery. We present a haptic
rendering algorithm, based on a multi-point collision detection approach
which provides realistic tool interactions. Both haptics and graphics are
rendered at sub-voxel resolution, which leads to a high level of detail and
enables the exploration of the models at any scale. With a simulated
drill bony structures can be removed interactively. The characteristics
of the real drilling procedure like material distribution around the drill
are considered to enable a realistic sensation. All forces are calculated
at an extra high update rate of 6000 Hz which enables rendering of
drilling vibrations and stiff surfaces. As a main application, a simulator
for petrous bone surgery was developed. With the simulated drill, access
paths to the middle ear can be studied. This allows a realistic training
without the need for cadaveric material.

1 Introduction

In surgery simulation it is often not sufficient to deal only with a graphical repre-
sentation of the anatomy. For most applications the sense of touch is necessary
for realistic interaction. In contrast to our other senses it allows us to simultane-
ously explore and interact with our environment. Most applications of surgery
simulation concentrate on the simulation of elastic deformations of soft tissue.
In contrast to that, the simulation of material removal (sawing, milling, drilling)
as performed in bone surgery is a less developed field and existing systems do
not provide the ’look and feel’ close to the real procedure.

Realistic look and feel means that on one hand the irregular shaped cut
surfaces must have realistic shape and texture in the visual representation, on the
other hand the algorithm for haptic rendering must be able to provide detailed
sensations of all structures with no delay. Both requirements are fulfilled best by
using a volume model. As we have shown earlier, it allows very realistic display
of cut surfaces [8]. For realistic haptic rendering it has the decisive advantage
over a polygonal representation that computation time for collision detection is
independent of the complexity of the scene.

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 194-202] 2003.
© Springer-Verlag Berlin Heidelberg 2003
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Existing algorithms for haptic rendering are mostly point-based, i.e. only
one point of the virtual tool is used to calculate collisions and forces. While this
might be sufficient for simulation of deformations by the tip of a tool, it leads
to problems in the case of material removal:

— In complex scenes (e.g. with sharp edges) the shape of the tool plays a
decisive role for the haptic sensation and cannot be simulated by one single
point.

— The virtual tool can reach points which cannot be reached by the simulated
real world tool. (A large drill could enter a small hole.)

The purpose of the work presented in this paper is to develop algorithms
which can calculate forces for haptic feedback with high resolution and realism
which are suitable for material removal from rigid objects. Realistic feeling should
be provided while touching the model as well as while actively modifying the
model with virtual tools. The algorithms should be able to handle models of
arbitrary complexity. The feasibility of the algorithms is to be demonstrated
with a petrous bone surgery simulator, where different types of virtual drills can
be used both to touch and to surgically modify the anatomic model.

2 Related Work

An early approach of haptic interaction with volume visualization was presented
in [I]. While this approach allows exploration and modification of the volumetric
data, the forces generated are not intended to be a realistic simulation of inter-
acting with materials. Rather, the intent is to convey additional information to
the user about the data being explored. Furthermore this approach uses a single-
point contact model which does not fulfill our needs for a realistic interaction.

As stated earlier, single-point interaction is not realistic in that it does not
prohibit unrealistic situations like entering a small hole with a large drill. There-
fore multi-point collision detection approaches were developed [2]3]. With these
approaches, more realistic simulations of tool-object interactions can be achieved.

The voxel-based approach to haptic rendering presented in [2] enables 6-
DOF interaction of rigid tool within an arbitrary complex environment of static
objects. This approach provides a realistic haptic feedback in regard to the exact
shape of the tool. One drawback of this method is that the haptic rendering is
at the resolution of the original voxels only which is not sufficient for medical
applications. Also modification of the static environment is not included.

In [4] and [5] simulators for petrous bone surgery are presented, but they
lack of high resolution rendering. Most structures which are important for a
successful petrous bone surgery are not visible.

3 Methods

In order to achieve a realistic haptic surface rendering, collisions between the
tool and the static scene must be computed and a collision-free position must
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Fig. 1. To get a realistic haptic rendering of surfaces, position 3 must be calculated
based on the last device position 1 and the new device position 2.

be determined. Figure 0l shows a situation where the user moved the virtual
tool from position 1 to position 2. Since the tool could not reach position 2
in reality, the rendering algorithm must calculate position 3 which would have
been reached in reality. Then a force which pushes the haptic device to position
3 must be applied.

In order to develop a simulator for petrous bone surgery which allows realistic
drilling into the mastoid bone the following points concerning haptics had to be
considered:

— Haptic rendering should be based on a multi-point collision detection ap-
proach to allow realistic tool-object interactions for passive interaction.

— For material removal an algorithm is needed which works with sub-voxel
resolution to be able to simulate the effect of small tools as they are used in
petrous bone surgery.

— To enable realistic haptic interactions while modifying the models, an algo-
rithm is needed which calculates realistic drilling forces based on parameters
like: amount of removed material, distribution of material around the drill
etc.

3.1 Data Representation

The model of the petrous bone was created from CT-data and is represented by a
volume of attributed voxels (volume elements) which have a size of 0.33mm3. The
attributes are density values and membership to an organ. The membership to
an organ is determined during the semi-automatic, threshold based segmentation
process.

Since our voxel-based representation does not contain an explicit representa-
tion of the object surfaces, the surfaces must be calculated based on the segmen-
tation data. This is done by a ray-casting algorithm [6] which renders iso-surfaces
at sub-voxel resolution based on the partial volume effect and density value of
the voxels. The sub-voxel approach leads to very detailed surfaces which can be
explored at any scale.
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Tool

o passive point
e active point

Fig. 2. Tool representation by surface points and inward pointing normal vectors.

3.2 Tool Representation

For multi-point collision detection the tool is represented by a number of sample
points P; which are distributed at preferably equal distances over the tool sur-
face. Each of these points is checked whether it collides with the objects or not.
Additionally every point has an associated normal vector n; which is pointing
to the inside of the tool.

The inward pointing vectors n; describe the tool’s curvature and can be used
by the collision detection algorithm to find the static object’s surface.

In our implementation of the petrous bone surgery simulator we are using a
sphere-shaped tool, which simulates a drill (Fig. 2. To get an adequate repre-
sentation of the tool’s shape while reducing computation to a minimum, we are
using 56 sample points on the tool’s surface.

3.3 Haptic Surface Rendering

Our multi-point collision detection algorithm was inspired by the work described
in [2]. However our approach differs from this work in several points. While our
model is also using a voxel representation for the static objects, the exact location
of the surfaces is calculated by a ray-casting algorithm at sub-voxel resolution
(see Bl). This leads to a more precise calculation of force direction and surface
location. The algorithm presented in [2] cannot provide the precision which is
needed in our cases, since the static objects are voxelized in a binary manner.
Since our sub-voxel rendering approach is generating iso-surfaces the problems
with discontinuities at voxel boundaries is eliminated. Another improvement we
have made is the representation of the dynamic object. While the dynamic object
in [2| is voxelized and the center points of the voxels are used for the collision
detection, we are using sample points which are located exactly on the surface
of the dynamic object, which improves the resolution further.

Collision Detection Algorithm. To calculate the collision force direction, all
surface points of the tool are checked, whether they are inside or outside the
object. All surface points P; which are inside the volume (Fig. [, filled dots) are
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e collision point
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Fig. 3. Calculation of forces during passive interaction. The resulting force direction
fp is calculated by adding the three vectors f1, f2 and fs.

traced along the inward pointing normal until the surface is found. All found
vectors f; are added and the direction of the sum vector fp is the direction of
the force vector which must be applied to the haptic device. As stated in [2], the
summation of the found vectors would lead to force instabilities. To avoid this
we decided not to use force summing for the calculation of the magnitude of the
force vector. Instead we are searching for the longest projection of the vector f;
on the vector fp.

Proxy Object Algorithm. The previously described algorithm works only for
small tool object penetrations, when the surface can be found for all collision
points. To overcome that limitation a modified proxy object algorithm was im-
plemented. The idea behind a proxy object is to represent the device position
by a virtual object which never penetrates objects [7].

Searching for the local minimum to update the proxy position as described
in [7] would be computationally too expensive in our model. Thus a simplified
algorithm was implemented. Whenever more than a certain number of surface
sample points of the dynamic object are in contact with an object or one inward
pointing vector is completely immersed, the way between proxy and current
position is traced until the object surface is found. Starting from this position
the way back to the proxy is traced until the number of contacts is below the
limit so that the force vector can be calculated as described in chapter 3.3

3.4 Volume Interaction

The sense of touch allows not only the exploration of the anatomy but also the
interactive modification of the objects we are touching. In petrous bone surgery
the drill allows the surgeon to feel and to drill the bone.
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Fig. 4. Calculation of forces during drilling. The resulting force is dependent on col-
lisions with sample points around the drill.

Our freeform volume modification algorithm which is described in detail in
[8] is working with sub-voxel resolution. This produces realistic structures even
when using very small tools.

Calculation of Drilling Forces. During volume modification, the modified
volume must be modelled and the visual renderer must redraw the modified
region. Both steps consume too much time to be able to perform the collision
detection based on the modified volume. Thus drilling forces must be calculated
by a simplified algorithm, which can run asynchronously to the modification
process.

To get a realistic force during drilling, we apply as a first approximation
a force which is opposite to the drilling direction and the speed of the drill
movement. The vector of this force is pointing from the current position of the
tool Po to the last stored position Py,.

Additionally we consider the material distribution around the drill and the
amount of removed material. The material distribution and the amount of re-
moved material is calculated by looking for collisions at sample points in front
of the drill (Fig. H).

The balance point b of the mass removal in tool coordinates can be calculated
by adding all colliding active points of the tool A; and dividing the sum by the
number ¢ of colliding vectors found:

b= —2;61 i (1)

The direction of the drilling force vector f can now be calculated as follows:

. IPc— P
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Ear hole

Mastoid bone

Fig.5. The petrous bone model was built from CT data (left). The setup of the
simulator together with stereoscopic viewing allows a realistic handling close to the
real procedure (right).

In figure @ you can see one example for such a calculation: Material will be
removed and the vector of the drilling force will be rotated about 45 degrees
because only one quarter of the spherical drill is in contact with the material.

4 Implementation

The petrous bone surgery simulator was integrated in the VOXEL-MAN [9]
system, which provides the anatomic model, high-quality visual rendering and
also free-form volume modification. The system was implemented on a dual pro-
cessor AMD PC with two AthlonMP 1900+ processors. The PC is equipped
with 1IGB DDRAM. As haptic device we are using a 3-DOF Phantom Premium
1.0A (Sensable Technologies Inc.). Our system is running SuSE Linux 8.0. For
connecting the device directly to the system, we are using the open-source Phan-
tom Linux-driver (http://decibel.fi.muni.cz/phantom), which enables haptic up-
date rates between 1 and 10kHz. To enable stereoscopic viewing we are using
an Nvidia Quadro2MXR graphics board in combination with ELSA Revelator
shutter glasses.

5 Results and Conclusions

With the described algorithms for haptic material removal interactions, haptic
realism can be achieved through:

— congruent sub-voxel resolution both for visualization and haptic rendering
— multi-point collision detection
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Fig. 6. Simulation of petrous bone surgery. The haptic sensation is congruent to the
detailed visualization of the irregular structures.

— high haptic update rate of 6000Hz
— consideration of material distribution around the drill
— simulation of drilling vibrations

The implemented simulator for petrous bone surgery has shown that the
developed algorithms allow a realistic simulation of material removal procedures
which could be used in other medical areas like craniofacial surgery or dentistry.

Of course a quantitative validation of the algorithms is difficult. So far we rely
on the judgement of our ENT-surgeons that the haptic feeling of the simulation
is nearly indistinguishable from that of the real procedure.

The next step of our research will be the extension of the algorithms to be
able to deal with more complex shapes and functions of the tool. An example
for this is a saw blade with an active face and a passive backside.
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Abstract. A critical challenge for the neurosurgeon during surgery is to be able
to preserve healthy tissue and minimize the disruption of critical anatomical struc-
tures while at the same time removing as much tumor tissue as possible. Over the
past several years we have developed intraoperative image processing algorithms
with the goal of augmenting the surgeon’s capacity to achieve maximal tumor re-
section while minimizing the disruption to normal tissue. The brain of the patient
often changes shape in a nonrigid fashion over the course of a surgery, due to loss
of cerebrospinal fluid, concomitant pressure changes, the impact of anaesthetics
and the surgical resection itself. This further increases the challenge of visualiz-
ing and navigating critical brain structures. The primary concept of our approach
is to exploit intraoperative image acquisition to directly visualize the morphology
of brain as it changes over the course of the surgery, and to enhance the surgeon’s
capacity to visualize critical structures by projecting extensive preoperative data
into the intraoperative configuration of the patient’s brain.

Our approach to tracking brain changes during neurosurgery has been previously
described. We identify key structures in volumetric preoperative and intraopera-
tive scans, and use the constraints provided by the matching of these key surfaces
to compute a biomechanical simulation of the volumetric brain deformation. The
recovered volumetric deformation field can then be applied to preoperative data
sets, such as functional MRI (fMRI) or diffusion tensor MRI (DT-MRI) in or-
der to warp this data into the new configuration of the patient’s brain. In recent
work we have constructed visualizations of preoperative fMRI and DT-MRI, and
intraoperative MRI showing a close correspondence between the matched data.
A further challenge of intraoperative image processing is that augmented visual-
izations must be presented to the neurosurgeon at a rate compatible with surgical
decision making. We have previously demonstrated our biomechanical simula-
tion of brain deformation can be executed entirely during neurosurgery. We used
a generic atlas to provide surrogate information regarding the expected location of
critical anatomical structures, and were able to project this data to match the pa-
tient and to display the matched data to the neurosurgeon during the surgical pro-
cedure. The use of patient-specific DTI and fMRI preoperative data significantly
improves the localization of critical structures. The augmented visualization of
intraoperative data with relevant preoperative data can significantly enhance the
information available to the neurosurgeon.

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 203-217, 2003.
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1 Introduction

A critical challenge for the neurosurgeon during surgery is to be able to accurately iden-
tify, navigate to and remove intracranial lesions while minimizing damage to healthy
brain tissue. An overriding goal is the preservation of neurological function. This re-
quires precise delineation of the morphology and functional anatomy of the patient’s
brain and the margins of the lesion. Unfortunately, the similarity of the visual appear-
ance of healthy and diseased brain tissue (such as with infiltrating tumors) and the
inability of the surgeon to see critical structures obscured by the brain surface poses
difficulties during the operation. Particularly important regions, such as functionally
eloquent regions and white matter fiber tracts, may not be visually recognizable at all.
While complete resection of diseased tissue is regarded as the best surgical outcome,
and is believed to be correlated with improved patient outcome, it is made extremely
difficult by the restricted capacity to perceive lesion (e.g. tumor) boundaries [1].

Image-guided neurosurgery (IGNS) techniques have improved rapidly over the past
decade and this has lead to the development of sophisticated minimally-invasive pro-
cedures. These procedures are executed in operating rooms specially equipped with
imaging and navigation systems. These systems are used to provide real-time imaging
on demand to the surgeon, and offer the possibility of augmented three-dimensional
navigation and quantitative monitoring of the progress of the surgery. The improved vi-
sualization of critical structures, and the availability of imaging modalities which show
improved contrast between lesion and healthy tissue has allowed the planning and exe-
cution of surgical procedures with greater precision.

Considerable previous work in support of IGNS has been concerned with improv-
ing image acquisition, registration and display [2]. Novel algorithm development has
focused on improving imaging speed and quality. Due to the constraints of an operating
room, intraoperative imaging typically results in images with lower signal to noise ratio
and less flexibility in the choice of imaging modality than conventional imaging done
outside the operating room. In order to improve the richness of the visual information
presented to the surgeon the incorporation of several forms of preoperative imaging
information, including conventional morphologic MRI and other modalities has been
explored. Several research groups have explored models for using imaging data to aid
in the estimation or prediction of the extent of brain deformation [3-13].

We have previously developed and described an algorithm which enables the pro-
jection of preoperative images onto intraoperative images [14], allowing fusion of im-
ages from multiple imaging modalities and with multiple contrast types. The algorithm
tracks surfaces of the brain and ventricles in intraoperatively acquired images, allowing
the projection of preoperative images into the configuration of the patient’s brain during
the neurosurgical procedure. A volumetric deformation field is then inferred from the
surface changes. This field captures nonrigid deformations of the shape of the brain due
to factors such as brain swelling, cerebrospinal fluid loss, anaesthetic agents and the
actions of the neurosurgeon. We have also investigated an extension of this technique
to deal with surgical resection [15]. In order for this approach to have practical appli-
cability during neurosurgery, it must meet the real-time constraints of neurosurgery. If
the updated images arrive too late to provide meaningful guidance to the neurosurgeon
then their value is lost. We have recently reported the successful projection of anatom-
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ical information from a generic digital atlas onto patient specific imaging data during
neurosurgical procedures [16], at a rate compatible with the requirements of neurosurgi-
cal decision making. We have also carried out successful alignment of patient-specific
DTI and fMRI preoperative data into the intraoperative configuration of the patient’s
brain. This can significantly enhance the information available to the neurosurgeon.

2 Method

This section provides an overview and summary of our previously reported image anal-
ysis procedures. Image analysis takes place both before and during the IGNS procedure.
The goal of enhanced data interpretation is achieved by algorithms for image segmen-
tation and registration. In order to rapidly and accurately segment anatomical structures
from the volumetric imaging data acquired during IGNS we exploit preoperative data
acquisitions. Preoperative segmentation is also used for preoperative planning of the
surgical approach. Intraoperative segmentation can be used for quantitative monitoring
of surgical progression, which is especially useful when dealing with cryoablation or
laser ablation. Image registration is used to project patient-specific preoperative data
onto the intraoperative data in two steps. The first step is to estimate a rigid transforma-
tion (translation and rotation differences) and the second is to carry out a biomechanical
simulation of the volumetric brain deformation. The volumetric deformation is inferred
through a biomechanical simulation with boundary conditions established via surface
matching.

2.1 Preoperative Data Acquisition, Image Segmentation and Fusion

There is usually considerably more time available for preoperative data acquisition and
analysis than for intraoperative data acquisition and analysis. Therefore preoperative
data acquisition can be far more comprehensive than intraoperative data acquisition,
and more extensive segmentation may be carried out.

At our institution we use a range of segmentation strategies, including interactive
[17], semi-automated [18, 19] and automated [20-22] approaches. We select the most
accurate, robust approach available for the type of preoperative data and the particular
critical structures of interest in a particular surgical case.

Diffusion tensor MRI is processed to enable the display of white matter fiber tracts
[23,24], and functional MRI is analysed to indicate regions of activation [25,26]. An
illustration of the visualization of preoperative MRI, together with segmentation of the
tumor (shown in green) and ventricles (blue), critical white matter fiber tracts (shown
in yellow) and functionally eloquent regions detected by fMRI (shown in red) is seen
in Figure 1.

2.2 Intraoperative Image Processing

Intraoperative image processing consists of acquiring a new intraoperative acquisition
of one or more volumetric data sets, constructing a segmentation of the intraoperative
acquisition, computing a rigid registration of the patient-specific preoperative data to
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Fig. 1. Preoperative data acquisition and analysis is carried out to enable enhanced preoperative
surgical planning and to provide patient-specific assessment of critical functionally eloquent re-
gions and fiber tracts. Preoperative data can be projected into the configuration of the patient as
the brain changes shape over the course of the surgery. In this image we see the preoperative MRI
together with segmentation of the tumor (shown in green) and ventricles (blue), critical white
matter fiber tracts (shown in yellow) and functionally eloquent regions detected by fMRI (shown
in red).

the new acquisition, identifying the correspondences between key surfaces of the pre-
operative and intraoperative data, solving a biomechanical model to infer a volumetric
deformation field, applying the deformation to the preoperative data and constructing
a new visualization merging critical structures and information from the preoperative
data with the intraoperative data.

Segmentation of Intraoperative Volumetric Images. In obtaining the results pre-
sented below, a rapid segmentation of the brain was obtained through a binary curvature
driven evolution algorithm [19]. The region identified as brain was then interactively
corrected to remove any portion of misclassified skin and muscle using the software
described by Gering et al [27]. This was then repeated to obtain a segmentation of the
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lateral ventricles of the subject. This approach allows the neurosurgeon to inspect the
segmentations as they are constructed during the surgery and enhances the surgeon’s
confidence in the quality and availability of the segmentations.

We have also experimented with rapid and automated intraoperative segmentation
[28,20] utilizing tissue classification in a multi-channel feature space with a model of
expected anatomy. It is our expectation that this automated approach will be preferable
once sufficient validation experiments have been carried out.

Validation experiments can aid in demonstrating that a segmentation approach is
identifying the intended target and hence that preoperative planning and intraoperative
navigation and monitoring of therapy can proceed on the basis of sufficiently accurate
data. Currently much of the surgical planning, navigation and quantitative monitoring
that we carry out is based upon interactive or semi-automatic segmentation by domain
experts. We have recently developed a novel algorithm, STAPLE (Simultaneous Truth
and Performance Level Estimation) [29] which analyses segmentations obtained by
multiple experts or repeated segmentations by a single expert and estimates the hidden
“true” segmentation that the experts are attempting to generate as well as the sensitivity
and specificity performance parameters that describe the quality of each segmentation
in achieving the hidden “true” segmentation.

2.3 Unstructured Mesh Creation and Surface Representation

From the preoperative segmentation, we extract an explicit representation of the sur-
face of the brain and ventricles. We also create a volumetric unstructured tetrahedral
mesh representing the domain over which our biomechanical simulation of deformation
will ultimately be executed. We generate a tetrahedral mesh of the brain and ventricles
from segmentations of each volumetric intraoperative acquisition carried out during the
surgery.

We have implemented a tetrahedral mesh generator specifically suited for labeled
3D medical images, building upon previously described techniques [30, 31]. The mesh
generator can be seen as the volumetric counterpart of a marching tetrahedra surface
generation algorithm. A detailed explanation of the algorithm has been previously re-
ported [10, 32, 14]. We can readily associate different biomechanical model parameters
with different anatomical structures since the preoperative segmentation and tetrahedral
mesh nodes have the same coordinate system.

Rigid Registration of Preoperative Volumetric Images to Intraoperative Volumet-
ric Images. For rigid registration we use a fast and parallel implementation of an ex-
tremely robust algorithm which is based upon aligning segmented image data [33]. We
register the brain segmentations of the preoperative and intraoperative scans. This al-
lows us to capture rigid transformation changes (rotation and translation) between the
preoperative data and intraoperative acquisitions.

Volumetric Biomechanical Simulation of Brain Deformation. As the surgical pro-
cedure progresses the brain shape changes under the influence of the surgical interven-
tion (craniotomy, tissue resection, cerebrospinal fluid drainage are some of the factors).
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Over the course of a neurosurgical procedure, the surgeon acquires a new volumetric
MRI when it is thought to be necessary to review the current configuration of the entire
brain. A volumetric deformation field to enable the projection of previous acquisitions
to this new scan is computed by first matching surfaces from a previous scan to the new
acquisition, and then inferring the volumetric deformation based upon these surface
correspondences. The primary concept is to apply forces to the volumetric model that
will produce the same displacement field at the surface as was obtained by the surface
matching. The biomechanical model then allows the computation of the deformation
throughout the volume.

Measuring Surface Correspondences. An active surface algorithm iteratively deforms
surfaces of both the brain and the lateral ventricles from the earlier acquisition to match
that of the current acquisition. This is done iteratively by applying forces derived from
the volumetric data to an elastic membrane model of the surface. The derived forces
are a decreasing function of the image intensity gradients, so as to be minimized at the
edges of objects in the volume. To increase robustness and the convergence rate of the
process, we have included prior knowledge about the expected gray level and gradi-
ents of the objects being matched. This algorithm has been fully described previously
[34,15].

Biomechanical Simulation of Volumetric Brain Deformation. We treat the brain as an
homogeneous linear elastic material. The deformation energy of an elastic body, under
no initial stresses or strains, subject to externally applied forces can be described by the
following model [35]:

!
E:—/GTedQ+/FTudQ )
2Ja Q

where F = F(x,y,z) is the vector representing the forces applied to the elastic body
(forces per unit volume, surface forces or forces concentrated at the nodes of the mesh),
u = u(x,y,z) the displacement vector field we wish to compute, and Q the body on
which one is working described by a mesh of tetrahedral elements. € is the strain vector
and o the stress vector, linked to the strain vector by the constitutive equations of the
material. For the above model, this relation is described as

T
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where D is the elasticity matrix characterizing the material’s properties [35]. Strain is
related to displacement by the assumption € = L7 u where L is a linear operator.

A finite element discretization is used to obtain a mesh over the volumetric image
domain. The mesh elements we use to represent volumetric data are tetrahedral and
hence each element is defined by four mesh nodes. The continuous displacement field
u everywhere within element e of the mesh is defined as a function of the displacement
at the element’s nodes u¢ weighted by the element’s interpolating functions N{ (x),

Nuodes

u(x) = N(x)uj . )
i=1
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We use linear interpolating functions to define the displacement field inside each
element. Hence, the interpolating function of node i of tetrahedral element e is defined
as |

Nf(x) = ove (af +bix+ciy+ dfz) 3)
The computation of the volume of the element V ¢ and the interpolation coefficients are
detailed in [35, pages 91-92].

The volumetric deformation of the brain is found by solving for the displacement
field that minimizes the energy described by Equation 1. Defining matrix B¢ = LN? for
every node i of each element e, solving for

oE (ui, ... ,ufg,m)m)

z =0 ;5 i=1,...,Nuodes “4)
ou?
yields the following equation:
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Q j=1 JQ

This can be written as a linear equation system, which can be solved for the dis-
placements resulting from the forces applied to the body:

Ku= —F. (6)

The displacements at the boundary surface nodes are fixed to match those generated
by the active surface model. Let u be the vector representing the displacement to be
imposed at the boundary nodes. The elements of the rows of the stiffness matrix K
corresponding to the nodes for which a displacement is to be imposed are set to zero
and the diagonal elements of these rows to one. The force vector F is set to equal the
displacement vector for the boundary nodes: F = u [35]. In this way solving Equation 6
for the unknown displacements will produce a deformation field over the entire mesh
that matches the prescribed displacements at the boundary surfaces.

2.4 Computational Considerations

The volumetric deformation of the brain is found by solving for the displacement field
that minimizes the energy described by Equation 1, after fixing the displacements at the
surface to match those generated by the active surface model.

At each node of the tetrahedral mesh, three variables representing the displacements
along each coordinate axis are to be determined. Each variable gives rise to one row and
one column in the global K matrix. The rows of the matrix are divided equally amongst
the CPUs available for computation and the global matrix is assembled in parallel. Each
CPU assembles the local K¢ matrix for each element in its subdomain. Each CPU has an
equal number of rows to process but because the connectivity of the mesh is irregular,
some CPUs may do more work than other CPUs.

Following the assembly of the matrix, the boundary conditions determined by the
surface matching are applied. The global K matrix is adjusted such that rows associated
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with variables that are determined consist of a single non-zero entry of unit magnitude
on the diagonal.

We solve the volumetric biomechanical brain model system of equations (and the
active surface membrane model equations) with the Portable, Extensible Toolkit for Sci-
entific Computation (PETSc) package [36, 37] using the Generalized Minimal Residual
(GMRES) solver with block Jacobi preconditioning. During neurosurgery, the system of
equations was solved on a Sun Microsystems SunFire 6800 symmetric multi-processor
machine with 12 7S0MHz UltraSPARC-III (8MB Ecache) CPUs and 12 GB of RAM.
This hardware platform gives us sufficient compute capacity to execute the intraopera-
tive image processing during a neurosurgery.

2.5 Augmented Intraoperative Visualization

Once the volumetric deformation field has been obtained, we can apply this to earlier
data to warp it into the current configuration of the patient’s brain. We can project both
imaging data, such as preoperative MRI or nuclear medicine scans, and segmentations.
We display the imaging data by texture mapping onto flat planes. This allows ready
comparison of the current intraoperative scan and earlier scans. We construct new trian-
gle models to enable surface rendering of segmented structures in 3D. This allows ready
appreciation of the 3D anatomy of these segmented structures together with the imaging
data in the form of planes passing through or over the 3D triangle models [27]. We can
also apply the deformation field to the vertices of previously obtained triangle models
of preoperative data, such as white matter fiber tracts, or regions of functional activa-
tion after applying an appropriate rigid transformation to those models. This allows us
to warp the triangle models into the current configuration of the patient brain.

These visualizations are rendered on a Sun Microsystems workstation with hard-
ware accelerated triangle rendering and texture mapping and displayed on LCD screens
attached to the open magnet MRI scanner. The surgeon can then visualize directly the
surface of the patient’s brain, the volumetric representation of the internal structure of
the brain from IMRI augmented with earlier image acquisitions, and 3D surface models
of selected structures in the correct alignment [16]. This augments the surgeon’s ability
to see the relationship between the patient brain morphology, white matter structure and
functionally active regions. This allows the neurosurgeon to better appreciate the spatial
relationship between the tumor, the region to be resected, and the critical structures.

3 Results

In this section we provide examples of preoperative data aligned with the intraoperative
configuration of the patient’s brain. The accuracy of the interpretation of these visual-
izations depends critically upon the accuracy of the registration process which has been
previously described and validated [14, 15] and also upon the accuracy of the segmen-
tation procedure. We provide illustrative results to indicate the procedure for carrying
out validation of segmentations of intraoperative therapy delivery.
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(b) TMRI (yellow) projected into the intraoper-
ative brain configuration. Lateral ventricles are
visible (blue).

(a) Preoperative fMRI (red) illustrating activa-
tion near motor regions shown in the preoper-
ative configuration of the patient’s brain.

Fig. 2. Illustration of projection of fMRI activation from the preoperative configuration into the
intraoperative configuration of the patient’s brain. Considerable brain shift is visible in the frontal
region.

3.1 Visualization of Preoperative Scans Projected
into Intraoperative Configuration

Figure 2 illustrates the projection of preoperative fMRI activation from the initial con-
figuration of the brain into the intraoperative configuration of the brain. The magnitude
of the brain deformation in the frontal region can be clearly seen on the cross-sectional
MRI

Figure 3 shows two-dimensional cross-sectional images which illustrate the pro-
jection of preoperative data into the intraoperative configuration following resection
of tumor. The brain shift is largest in the frontal region, and relatively small in other
regions. Preoperative DTI and fMRI data were projected to match the intraoperative
configuration, and are illustrated in Figure 4.

3.2 Validation of Segmentation of Intraoperative Therapy Delivery

Figure 5 illustrates the procedure used to validate segmentations of intraoperative imag-
ing data. In this example we examined repeated segmentations of a region of cryoab-
lation of a tumor from MRI. Five repeated segmentations were carried out by a single
rater, first with limited training in the interpretation of the images, and then after a train-
ing session with an experienced radiologist. Both before and after training, the STAPLE
[29] algorithm was used to create a probabilistic estimate of the underlying true cryoab-
lation region. Using this technique, we were able to observe that before training the
rater was much more variable than after training. The STAPLE algorithm can be used
to compare interactive segmentations and semi-automatic or automated algorithms, and
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(a) Preoperative SPGR of the brain of a patient. (b) Intraoperative SPGR of the brain of a patient
at the end of surgery following resection.

(c) Preoperative SPGR warped to match the in- (d) Warped preoperative patient scan clipped in
traoperative scan. the region of the resection cavity. A close match
to image (b) can be seen.

Fig. 3. Illustration of projection of preoperative scan onto the intraoperative scan and clipping of
the projected data to account for resection. The warped clipped preoperative data closely matches
the intraoperative configuration of the patient brain.
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Fig. 4. Illustration of alignment of preoperative DTI and fMRI to match the intraoperative con-
figuration of the brain of the patient following resection. The preoperative extent of the tumor is
rendered in green, the warped preoperative MRI is shown on the cross-sectional planes, lateral
ventricles and major vessels are rendered in blue, functionally activated regions detected by fMRI
are shown in red and major fiber tracts are shown in pink.

to validate segmentations used for preoperative planning, intraoperative navigation and
monitoring of therapy delivery.

4 Discussion and Conclusion

Brain deformations occur during image guided neurosurgery and can limit the effective-
ness of preoperative imaging for intra-treatment planning, monitoring and surgical nav-
igation. Intraoperative nonrigid registration can re-establish the spatial correspondence
of preoperative and intraoperative imaging data. This can allow quantitative monitoring
of therapy application, including the ability to make quantitative comparisons with a
preoperatively-defined treatment plan. This also enables augmented visualizations that
present to the surgeon both intraoperative imaging data and preoperative imaging data
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(a) Color (b) Frequency of (c) True (d) Frequency of (e) True

scale. segmentation segmentation segmentation after ~segmentation
before training estimate. training session. estimate.
session.

Fig. 5. Illustration of validation of segmentation of intraoperative images. The color scale is used
to display the probability of each of the segmented voxels being the target region, where a proba-
bility of 0.0 is represented by dark blue and a probability of 1.0 by deep red. The same MR image
is shown four times with different overlays. The region of therapy delivery was segmented five
times by a single operator both before and after a training session with an expert radiologist. The
overlays show the frequency of segmentation of each voxel before training (b) and after training
(d), and the estimate of the true region of the therapy delivery found using the STAPLE algorithm
on the basis of these segmentations before (c) and after training (e).

projected into alignment with the current configuration of the brain of the patient. This
can significantly enhance the information available to the neurosurgeon. Ultimately,
such approaches may provide a truly integrated, multimodality environment for quanti-
tative monitoring of intraoperative therapy delivery and enable improved neurosurgical
decision making and hence improved patient outcomes.
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Abstract. Mechanical properties of the myocardium have been investigated in-
tensively in the last four decades. Due to the nonlinearity and history depend-
ence of the myocardial deformation, many complex strain energy functions
have been used to describe the stress-strain relationship of myocardium. These
functions are good at fitting in-vitro experimental data from myocardial stretch
testing. However it is difficult to model in-vivo myocardium by using the strain
energy functions. In a previous paper [24], we have implemented transversely
anisotropic material model to estimate in-vivo strain-stress analysis in the myo-
cardium. In this work, the fiber orientation is updated at each time step from the
end of diastole to the end of systole, and the stiffness matrix is recalculated us-
ing the current fiber orientation. We also extended our model to include residual
ventricular stresses and time dependent blood pressure in the left ventricle cav-

ity.

1 Introduction

The heart wall consists primarily of locally parallel muscle cells, a complex vascular
network, and a dense plexus of connective tissue [1]. The cardiac muscle cell is the
predominant component of myocardium, normally occupying around 70% of heart
wall volume. The muscle cells are tied together by a collagenous network and bun-
dled together into fibers. Two major groups of myocardial collagen have been discov-
ered [2]: one group provides myocyte-to-myocyte and myocyte-to-capillary connec-
tions, while another group surrounds the muscle fibers. Systematic measurements of
muscle fiber orientations of canine heart were carried out by Streeter [3]. His main
finding was that fiber directions generally vary in a continuous manner from +60° on
the endocardium to -60° on the epicardium. Other studies have shown similar trans-
mural fiber distribution in other mammalian species [1]. More collagen organizes the
fibers into sheets, which are loosely tied together. It has been shown that the sheet
orientation varies consistently within the wall [4,5].

The structure of myocardium reveals that it is a composite material. The material
properties of heart wall were initially estimated based on uniaxial tests, mostly per-
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formed with papillary muscles [6,7]. Biaxial tests were subsequently carried out [8,9],
showing that the myocardium is anisotropic, and the corresponding constitutive rela-
tions have been proposed [10,11], which have included that the myocardium is anisot-
ropic. To model the material properties of heart wall, different complex forms of
strain energy function have been used to fit the excised tissue [1]. However these
strain energy functions do not offer us a direct quantitative relation between stress and
strain and it is difficult to understand the real meaning of the parameters in these func-
tions. In some other research group’s work [29], linear elastic energy function has
been used together with the active forces. As an alternative, we can use a fiber-
reinforced composite material model for the stress estimation of the in-vivo left ven-
tricle. Composite materials have been studied extensively in the past decades, and the
modelling of their strain-stress relationship is standardized. By using this composite
material model, we can estimate parameters such as Young’s modulus and the Pois-
son ratio, which are more understandable and meaningful than the strain energy func-
tion parameters.

In a previous paper [24], we used reconstruction of the displacements of the left
ventricular myocardium from MRI-SPAMM tagging [12] and physics-based deform-
able model method [13] based on previous work of Haber [14,15]. The finite element
method [16] was used to calculate the strain and stress. In our model, we studied the
heart contraction cycle from the end of diastole to the end of systole. The mechanical
properties of the fiber-reinforced composite material are greatly affected by the fiber
orientation. Because human fiber data is not available, we have used animal fiber data
measured by other researchers [3,17]; there is good agreement between different spe-
cies that have been studied. The measured fiber orientation data from animal hearts is
applied in our heart model at the end of diastole. In our previous paper, the fiber ori-
entation was simplified to be constant over one contract cycle. However, the fiber
moves along with the heart wall in which it is embedded, and its orientation changes
at every time step during the heart contraction cycle. In this paper, we updated the
fiber orientation of all finite elements in each time step. Assuming the fiber’s local
material coordinates are constant, we can calculate the spatial coordinates of represen-
tative points on the fiber at each time step and then compute the current fiber orienta-
tion. To simplify the computation, we model the heart muscle stiffness as piece-wise
linear; the Young’s modulus depends on how much the muscle has deformed. Other
researchers have shown that residual stress exists in the left ventricle [25,26,27],
which reduces the endocardial stress concentrations during diastole. In this work, we
implemented the residual stress at the end of diastole to make our model more realis-
tic. The principal boundary condition in our model is blood pressure in the left ventri-
cle cavity. The change of blood pressure over the contraction cycle is an important
aspect of cardiac function. We have included time-variant blood pressure in our ex-
tended model.

2 Composite Material Model
2.1 Definition
A composite is a structural material which consists of two or more constituents, which

are combined at a macroscopic level and are not soluble in each other [18]. One con-
stituent is called the reinforcing phase, which is embedded in another constituent
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called the matrix. In our model, the reinforcing phase is muscle fiber and the matrix is
collagen.

2.2 Elastic Moduli Evaluation

Consider a representative volume element from a unidirectional lamina which con-
sists of the fiber surrounded by the matrix (Fig. 1). Assume the fiber and matrix vol-
ume fractions are Vv, and V_, respectively, the Young’s moduli of the fiber and matrix
are E and E, , respectively, the Poisson ratios are v, and v, , respectively, and the in-
plane shear moduli are G, and G, , respectively. For the composite, the Young’s

moduli along the fiber orientation and across the fiber are, respectively [18]:

v, v ]_1. (1)

E

EI:Efo+Eme Ez:[

! mo

The Poisson ratio and the in-plane shear modulus are, respectively [18]:

-1
\4 14
Vi =vaf v,V G :(Grf +Gn’:7 | . (2)
2.3 Strain-Stress Relation
The stress-strain relation is given by [19]:
1/E, -v,lE -v,/E 0 0 0 ]
~v,/E, 1/E, —vy,/E, 0 0 0
—~Vv,/E, -Vy,lE, 1/E, 0 0 0
£= o o=Co . (3
0 0 0 20+v,)/E, 0 0
0 0 0 0 1/G, 0
| 0 0 0 0 0 1/G,]

where E, is the Young’s modulus along fiber direction, E, is the Young’s modulus
along cross-fiber direction, v,,and v,, are the corresponding Poisson ratios, and G, is
the shear modulus. Both Young’s moduli are assumed piece-wise linear as shown
qualitatively below (Fig. 2). Poisson ratios are assumed to be 0.4 since myocardium is
appromately incompressible [20], the lack of full incompressibility can be included in
the model. G,, is assumed to be equal to E,/(1+v,,) [18]. C is called the compliance
matrix.

2.4 Transformation Relation
The stress-strain relationship in Equation (3) is defined with respect to local material

coordinates. In the finite element method, we need to represent the stress-strain rela-
tion of all elements in the same global coordinates. Since the fiber orientation varies
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in different regions of the left ventricle [2], we need to transform the local stress-
strain relation into a global stress-strain relation. For the coordinates shown in Fig. 3,
the stress in local fiber coordinates (/,2,3) can be transformed into global element
coordinates (x,y,z) by [19]:

o, [ cos?@ sin’ 6@ 0 0 0 2sin @ cos @ VUX
o, sin” @ cos’d 0 0 0 —2sin@cosf || O,
o 0 0 1 0 0 0 o,
O Y= . |=To,. - (4)
Ty 0 0 0 cos@ -—sinf 0 T
75 0 0 0 sinf cos@ 0 T
T |—sin@cos@ sinfcosd 0 0 0 cos’ 6 —sin29_ 17w |
3
chA
2
RUTCEOTTRITE
{3 —
*verlennrarans 1
Fiber
> €

Fig. 1. Elastic moduli evaluation of composite Fig. 2. Piece-wise linearity of Young’s modulus

z,3
Fiber orientation

Fig. 3. Coordinate transformation

The strain transformation can be expressed in tensor form as:

Ep =Te, . 5)

By inverting equations (4) and (5) and combining with equation (3), we have the
stress-strain relation represented in global coordinate x-y-z as:

e, =T 'CTo, =C,o, . (6)

xy
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3 Finite Element Formulation

3.1 Model Dynamics

The finite element equation is derived by using energy minimization and the varia-
tional formulation [16]:

Gg+K(g-q,)=P . 0

where g represents the displacement, g, represents the displacement generated by re-
sidual strain, K is the stiffness matrix and

K=Y ([B"DBdV )- P=P,+P, = Z(JNTfpdS + INTfadV)’
e e e s Ve
where f, is the boundary force mainly generated by the pressure of the blood in the
cavity, and f, is the active force generated by the fiber. D is the elasticity matrix; it is
the inverse of the compliance matrix given in equation (3). B is the strain-
displacement matrix that relates nodal strain, &, to nodal displacements, ¢, as € = Bq.
N is the shape function matrix.

Fig. 4. Isoparametric Finite Element

3.2 Isoparametric Finite Elements

The finite elements reconstructed from MRI images have irregular geometry. We
used isoparametric finite elements to map each element to a regular geometry ele-
ment (Fig. 4).

The transformation is expressed in terms of shape functions:

x= 2 N (ELCmx, y=3Y N (& {my, =3 N.(E{.mz, . 8)
i=1 i=1 i=1

where (x, y, z,) is the position of i th node in the element numbering system. The
shape functions, N, depend on the node’s local coordinates. The Jacobian of the trans-
formation will determine whether the material is incompressible.
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3.3 Residual Strain and Stress

To measure the residual strain, researchers have taken cross-sectional equatorial slices
from potassium-arrested rat left ventricles [27]. They were then cut radially and im-
mediately became curved arcs, with open angles which quantified the residual strain.
In our model, both the circumferential residual strain and the radial residual strain are
assumed to vary linearly from the epicardium to the endocardium. We assume the
circumenferential residual strain is 0.05 at the epicardium and —0.05 at the endocar-
dium, while the radial residual strain is -0.05 at the epicardium and 0.05 at the endo-
cardium [28].

A Pressure A Pressure
C B C
D A D
> >
Volume Time

Fig. 5. Schematic ventricle pressure-volume loop Fig. 6. Ventricle pressure changes over time

3.4 Boundary Conditions

In our finite element model, the principal boundary condition is the blood pressure in
the left ventricle, which changes over time. The left ventricle receives blood from the
left atrium and pumps the blood through the aorta to the systemic circulation. As
shown schematically in Fig. 5 and Fig. 6 [1,21], the mitral valve closes at A and the
left ventricle undergoes isovolumic contraction with rapidly rising pressure until B,
when the left ventricular pressure exceeds the aortic pressure and the aortic valve
opens, blood is ejected and the left ventricle’s volume begins to decrease. The aortic
valve closes at end systole of C, due to the decreasing pressure which falls below the
aortic pressure. The left ventricle then undergoes isovolumic relaxation from C to D.
The mitral valve reopens at D when the pressure of left ventricle is lower than that of
left atrium. In our implementation, we updated the blood pressure at each time step
from the end of diastole to the end of systole.

3.5 Stiffness and Active Force Estimation

In Equation 7, the elasticity matrix D and the active force f, are unknown. The in-vitro
elasticity parameters of canine heart have been measured [22]; we used this data as
initial values because of the general similarity between human and canine hearts. We
then used the EM algorithm [23] to estimate the stiffness and active force at each time
step. EM algorithm is typically used to compute maximum likelihood estimates given
incomplete samples. Define J(6]0,) as:
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p(X.,0)

J@ |6, =E log
0 9(;[ p(X.0,)

‘S (X)= s] : 9)
where X is the random variable, 0 is the parameter to be estimated, S(X) is the suffi-
cient statistics on X, p(X, 0) is the probability density function. The EM algorithm
works as following:

1. Initialize 6,, = 6,

2. Compute J(6]6,,,) for many values of 6
3. Maximize J(8]0,,) as a function of 6
4.Set©, =arg max J(6|0,),if 0, #6

old new?

set 0,,= 0, and go to step 2,

otherwise, return 6=0_

where Step 2 is often referred to as the expectation step and Step 3 is called the
maximization step.

In our experiment, the parameters are 6 = (E,, E,, f). The displacement error is de-
fined as:

d(x.6) = %2 [ =202+ -y 42— 202 ] (10)

i=1

where (x,,z,) is the computed global coordinate based on estimation 6 , and (x,,y,,z,)
is the reconstructed global coordinate from MRI tagging. Since the smaller the dis-
placement error, the better the estimation is, we put more weight on estimations with
less displacement error. Our normalized density function is then defined as:

1/d(x,0)
> (rd(x.6)) (11)

6c©

p(x,6) =

As shown in Fig. 2, since E, and E, are approximated as piece-wise linear, we need
to estimate 0 in each time interval. We assume E, and E, are linearly related. The im-
plementation algorithm is:

1. Initialize t = 1

2. In the ¢ th time interval, calculate d(0) and p(x, 0) for all 6 € ©

3. Initialize (E, ,, 2 ) = (E
perimental data given in [22]

E, ), where E,  and E, , are calculated from the ex-

4.Fix (E, ., E, ), using the EM algorithm to get optimal estimation f_
5.Fix f, ., using the EM algorithm to get optlmal estimation (B, ,E, )
6' If (E],old > 772, 0ld ) # (E] new’ 2, nsw) set (El old ? 2 old ) - (El new” "2, new) go to Step 4

=f

1, new> "2, new) a, new

otherwise, return (E, E,) = (E
7.t=t+1, if t <nt, go to step 2, otherwise, stop.
where nt is the number of time steps.
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4 Results

4.1 Finite Element Model

The left ventricle reconstructed from MRI tagging has 8 levels of parallelepiped ele-
ments and 1 level of wedge-shaped elements. The wedge-shaped element has better
geometric approximation to the object and is used at the left ventricle apex. Each par-
allelepiped level has 2 layers radially and 12 elements for each layer. Each wedge-
shaped level has 72 elements. Totally we have 264 elements and 327 nodes. To model
the fiber orientation change from epicardium to endocardium and improve the preci-
sion of computation, we interpolated each parallelepiped elements into 27 subele-
ments. Then we have 5256 elements and 6303 nodes. The cycle from the end of dias-
tole to the end of systole is divided into 4 time intervals. Time 1 corresponds to the
end of diastole and time 5 corresponds to the end of systole.

4.2 Fiber Orientation

In Figure 7, we have shown the fibers in epicardium and endocardium at time 1. In
(a), the epicardium elements were shown in wireframe with green color, the tiny bar
in each element shows the orientation of fiber within that element. In (b), we have
shown the fiber orientations of 6 elements from epicardium to endocardium. In (c),
the corresponding fiber orientation of endocardium was shown similarly. The fiber
orientation of each element changes over time, we can compute current fiber orienta-
tion at each time step by calculating the current coordinates of representative points
on the fiber. The fiber orientation data was then plugged into Equation 6 to compute
each element’s current compliance matrix.

(a) ' (b) (©)
Fig. 7. Fibers: (a) in epicardium (b) from epicardium to endocardium (c) in endocardium

4.3 Blood Pressure

The blood pressure in the left ventricle cavity changes over time and it has small
variance between base and apex because of hydrostatic pressure [1]. The blood
pressure values over time are given in Table 1.
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Table 1. Left ventricle blood pressure in each time sitep

Time 1 2 3 4 5
Blood Pressure (KPa) | 1.1 ~1.6 6.1 ~6.6 11.1~11.6 | 15.1~15.6 | 13.1~13.6

4.4 Strain and Stress Distribution

The strain and the stress distributions in one contraction cycle (5 time steps) are
shown in Fig. 8 and Fig. 9, respectively. In general, the left ventricle becomes thicker
radially, shorter circumferentially and longitudinally when it contracts. As we can see
from the images, most radial stresses are positive while most circumferential and lon-
gitudinal stresses are negative. However some elements don’t follow this rule because
of either boundary condition constraints or adjacent elements’ influence.

The numerical computation code was written in C and the output display was
implemented in Matlab. The program was run on a DELL Precision 330 with 4 CPUs
(1.5GHz each) and 1,048MB RAM. For each time step, it took around 15 minutes to
estimate the strain and stress. The analysis for one cycle from the end of diastole to
the end of systole requires around 60 minutes.

5 Conclusions

We have developed an improved novel composite material model to estimate the
strain and stress of left cardiac ventricle by using accurate displacements recon-
structed from MRI-SPAMM tagging and a deformable model. Compared to the tradi-
tional strain energy function method, our model gives more intuitive and understand-
able parameters. The results are consistent with earlier studies. They may be clinically
useful in the future.
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Abstract. This article describes an experimental protocol to obtain in
vivo macroscopic measures of the cardiac electrical activity in a canine
heart coupled with simulations done using macroscopic models of the
canine myocardium. Electrical propagation simulations are conducted
along with preliminary qualitative comparisons. Two different models
are compared, one built from dissection and highly smoothed and one
measured from Diffusion Tensor Imaging (DTI). Validating a macro-
scopic model with in vivo measurements of the electrical activity should
allow a future use of the model in a predictive way, for instance in radio-
frequency ablation planning.

1 Introduction

Cardiac electrical activity disorders are involved in many pathologies, often vis-
ible through the mechanical deficiency of the heart. Simulating the heart elec-
tromechanical activity could help to better understand these pathologies, guide
diagnosis or plan interventions, like radio-frequency ablation.

Understanding and modeling cardiac electro-physiology, studying the inverse
problem from body surface potentials and direct measurement of heart potentials
are active research areas [48|11].

To completely validate an electromechanical model, direct in vivo measures
are necessary to improve knowledge of the phenomena . Macroscopic measures
of the electrical and mechanical activities on the same heart become now possi-
ble [12]. But these measures are difficult to obtain and invasive. Once validated,
a possible outcome is to use the model in a predictive way and to interpolate
data where needed.

This article presents a protocol to measure electrical potentials on the epi-
cardium compatible with mechanical measurements and the construction of a
macroscopic model of the myocardium from different sources along with simu-
lated results of electrical propagation qualitatively compared to isolated and in
VIV0 Mmeasures.
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Fig. 1. Multi-electrode epicardial sock on the canine heart studied, in vivo.

The chosen model is simple enough so that the parameters can be adjusted
from macroscopic measures, at first qualitatively. As the number of unknowns
is more important than the number of measures, a more complex model would
not be tractable. Moreover, the goal is more studying the differences between
the pathological and normal functions than precisely studying quantitatively a
given function.

The final goal is to use the complete electromechanical model in a predictive
way and to simulate pathologies, therefore, it must be efficient enough to be used
interactively. In this paper, a qualitative adjustment of the electrical model to
the data is first performed. More quantitative adjustment is a work in progress.

2 Materials and Methods

2.1 Surgery and Experimental Layout

An adult male mongrel dog was used in this measure study. Anesthesia was in-
duced with an initial intravenous injection of thiopental (25 mg/ml at 0.5ml/kg)
and maintained after endotracheal intubation with isoflurane (0.8-2%, Siemens
ventilator, 900D). A median sternotomy was performed, and a pericardial cradle
was fashioned.

A multi-electrode epicardial sock consisting of a nylon mesh and 128 copper
electrodes attached in an ordered fashion was then placed over the ventricular
epicardium. The sock was placed in a consistent and pre-determined orientation
and secured with several sutures (see fig. [[l). Bipolar epicardial twisted-pair pac-
ing electrodes were sewn onto the right atrium (RA). Similar electrodes were
sewn onto the RV free-wall. A ground reference electrode was sewn onto the fat
pad at the root of the aorta.

All sock and pacing wires were run directly out of the chest and connected,
via a customized connection box, to two 64-channel analog to digital converter
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Fig. 2. Sock on the canine heart studied, once excised and polysiloxane-filled.

(A/D) boards (Hewlett-Packard, now Agilent, E1413C). All A/D boards were
connected via FireWire (IEEE 1394) to a computer (Windows NT, 4.0) running
data acquisition software (Hewlett-Packard, VEE 5.0). This procedure is MR
compatible and fully detailed in [6].

2.2 Data Acquisition

RV pacing capture was established at a pacing rate (110-125 bpm) approximately
10-20% above intrinsic rate. Pacing current was set to approximately 20% above
that needed for capture. Intrinsic electrical activation was suppressed by si-
multaneously pacing the RA and unipolar epicardial electrical recordings were
obtained.

Electrical recordings were obtained at an acquisition rate of 1000-1450 Hz
for a duration of approximately 10 seconds immediately prior to and following
MR scans. Unipolar signals were electrically referenced to the aortic ground
electrode.

After all in vivo image data and electrical recordings were obtained, the
animal was heparinized and then euthanized with a bolus of potassium chloride
while still under general anesthesia. The heart was excised with the sock still
in place. The coronary arteries were then perfused from the aorta with isotonic
saline at 50-60 mmHg to induce tissue turgor, and the heart was submerged in
an isotonic saline bath to reduce body force deformation.

With the excised heart therefore in an approximate end-diastolic configu-
ration, the LV and RV were then filled with vinyl polysiloxane by injection
through the corresponding atria and atrioventricular valves to fix the shape.
After approximately ten minutes, the vinyl polysiloxane solidified (see fig. ).
Using a 3D digitizer, the sock electrodes and localization markers were localized
(digitizer coordinates). Additionally, locations of anatomical landmarks such as
inter-ventricular sulcus, apex and aortic root were recorded.
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2.3 Data Analysis

For analysis of electrical activation, epicardial readings from each electrode were
averaged over approximately 20 heartbeats. The five-point finite difference esti-
mate of the derivative of the recorded voltage, v, as a function of time, ¢, was
used:

do(t) 1
dt — 12At

[—0(t + 2At) + 8u(t + At) — 8v(t — At) + v(t — 2At)]

Electrical activation times, referenced to the pacing stimulus, were chosen as
the point of the most negative derivative, indicating the time of local depolar-
ization. Due to pacing artifact, the first ten milliseconds after pacing were not
used for the detection of activation times.

3 Heart Myocardium Modeling

The whole process used to build a model of the myocardium from different
imaging modalities is more precisely detailed in [14]. As the anisotropy created
by the muscle fibers intervenes in the electrical wave propagation (and in the
mechanical contraction), these directions are included in the mesh.

For the presented simulations, two different models were built. One from a
canine heart dissection done in the Bioengineering Institute, Auckland Univer-
sity, New Zealandﬂ, where position and fiber directions were measured. These
fiber directions from Auckland were interpolated and smoothed by the Cardiac
Mechanics Research Grou, UCSD, United States, and the latest version, which
is available as a 3D vectorial image of the fiber directions, is used here.

The other model is built from a canine heart Diffusion Tensor Imaging done
in the Duke University Medical CentelE’I, North Carolina, United States, which
directly gives an estimate of the fiber directions for each voxel of the image [10].

3.1 Geometry of the Myocardium

For both models, the geometry is in a 3D image format. To build the mesh from a
3D image, the triangulated surface from the thresholded image is extracted, after
using preprocessing like anisotropic diffusion and/or mathematical morphology
to obtain a smooth binary mask.

As the quality of the tetrahedra depends on the quality of the surface (the
surface stay unchanged when the inner volume is meshed), we improve the trian-
gulation quality, using the INRIA Yamdi software, by optimizing the triangles
positions depending on the curvature of the mesh.

! http://www.bioeng.auckland.ac.nz/home/home . php

2 http://cmrg.ucsd. edu/

3 http://wwwcivm.mc.duke . edu/civmPeople/HsuEW/EWHsu. html
4 http://www-rocq.inria.fr/gamma/yams/
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Fig. 3. Elevation angle of the fiber directions. (Top) 3 slices from a 3D image of the
interpolated values representing the cardiac muscle fiber directions (data courtesy of
A. McCulloch et al.). (Bottom) 3 slices from a 3D diffusion tensor MRI representing
the cardiac muscle fiber directions (DTI data courtesy of Dr. Hsu et al.).

Finally, the volume is meshed with regularly sized tetrahedra to prevent
smaller tetrahedra from reducing the stability of the time integration, using the
INRIA GHS3DH software. The presented models have around 8000 vertices and
40 000 tetrahedra.

To adapt the shape of the model to the geometry of the electrodes basket,
an affine registration is computed between the surface nodes of the model and
electrode points positions obtained from 3D digitizer, as described in section [Z3]

3.2 Fiber Directions

The data from reduced-encoding MR Diffusion Tensor Imaging (DTI) of a canine
heart is quite noisy compared to the data from UCSD, see fig. Bl Such studies can
help compare the results obtained with this modality with the results obtained
with a smoothed model. Fiber directions are assigned to the tetrahedral mesh
using the rasterization procedure detailed in [14] (see fig. H).

4 Electrical Model
4.1 Cell Level

At the cell level, the main idea is to study the relationship between the trans-
membrane ionic currents and the ionic potentials inside and outside the cell.
The models concerning this relation improve while the number of phenomena
observed at the cell level increases [3].

® http://www-rocq.inria.fr/gamma/ghs3d/
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Fig. 4. Fiber directions assigned to the myocardium mesh from the UCSD interpolated
data (top) and DTT data (bottom), anterior and posterior views.

At the beginning, the model is only expected to account for the most impor-
tant biological phenomena:

a cell is activated only for a stimulus larger than a certain threshold;

— the shape of the action potential does not depend on the stimulus (it is only
model-dependent);

— there is a refractory period during which the cell cannot be excited;

— a cell can act as a pacemaker.

Different models are available for such a simulation. Luo-Rudy type models
include many ionic currents to model precisely the evolution of the potentials.
To be able to adjust the model from macroscopic measures, a more global model,
FitzHugh-Nagumo like, where the variables are directly macroscopic potentials
is chosen.

In so-called bidomain models, extra-cellular and intra-cellular potentials are
included. As an objective of computing this electrical potential is also to control
an electro-mechanical coupling, only a mono-domain model is used. Indeed, the
contraction is controlled by the action potential, which is the difference between
the two previously cited potentials.

A FitzHugh like model [7] seems to correctly capture these behaviors, and
yields fast 3D computations. Aliev and Panfilov developed a modified version of
the FitzHugh-Nagumo equations adapted to the dynamic of the cardiac electrical
potential [I]. The model is simplified, as the complete € term is mainly useful
to model the influence of changes in pacing frequency and this behavior is not
needed for the moment. Here is the set of differential equation studied:

Ou =ku(l —u)(u—a) —uz

Oz = —e(ku(u—a—1) + 2)) (1)
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Fig. 5. 1D measure of action potential simulation with simplified Aliev and Panfilov
model.

u is a normalized potential and z is a dynamic variable modeling the repo-
larization. k£ and € control the repolarization, and a the reaction phenomenon.
Parameters values are taken from [I].

With an excitation above the initialization threshold, the simulated action
potential with this system is rather similar to measurements of cardiac action
potentials (fig. [).

4.2 Whole Ventricle Level — Anisotropy

At the macroscopic scale, the ventricles are considered as a conducting contin-
uum, where the local potentials are undergoing at the same time the diffusion
and the reaction phenomena described by the models above. Hence, (II) becomes:

Opu = div (DV (u)) + ku(l — u)(u — a) — uz 5
Oz = —e(ku(u —a — 1) + 2)) @)
On a physiological point of view, these equations are understood either as a
mathematical approximation of the dynamical system introduced by Hodgkin
and Huxley [9], as in [7], or as the result of some equilibrium equations that
govern the conducting continuum, like in the bidomain model [15].

The anisotropy of the ventricles is taken into account through the diffusion
tensor D: D = dy.diag(1,p,p), in a local orthonormal basis (i, j, k) where i
is parallel to the fiber. dy is a scalar conductivity and p the anisotropy ratio
between the transverse and the axial conductivities. It is typically said that the
electrical propagation goes two times faster in the fiber direction, so the used
value is p = 0.5 (and dg = 1.0, as the system is adimensioned).

Once adimensioned with x and ¢ between 0 and 1, the system is dimensioned
spatially to the max dimension of the mesh and temporally so that the action
potential duration is around 0.3 s (7 = 0.26¢, with 7 the dimensioned time and ¢
the computational time). The other parameters are: ¢ = 0.01, k = 8.0, a = 0.15.

To initiate the action potential propagation, the extremities of the Purkinje
network, which are the specialized system that conducts the depolarization from
the atrio-ventricular node to the myocardium, have to be located.

The Purkinje network is hardly visible by dissection and by imaging. We used
the measures from Durrer et al. [5] to locate the Purkinje network extremities on
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the endocardia of both the left and right ventricles (the version of [5] presented
here (fig. [f) was found on the weHfd).

A first validation of the 3D computation was comparing the resulting action
potential isochrones with the measures from Durrer et al. (see fig.[6). The tem-
poral integration is done with explicit Euler scheme and the spatial integration
is done with linear tetrahedral elements. The computation time step is 107°
and a 3D simulation takes around half an hour on a standard PC with 40 000
elements.

From the qualitative comparison between the resulting simulations, we can
observe that both models seem to reproduce the activation patterns visible on
the measures, with maybe a closer result for the smoother model. But as the
activation initialization is not exactly at the same place, due to anatomical dif-
ferences, a more detailed comparison is difficult. This is another reason why
measures with precisely located pacing electrodes are very valuable.

To try to evaluate the effect of anisotropy, simulations were conducted using
an isotropic diffusion tensor (see fig. [). As the fibers have quite a small radial
component, the diffusion in the wall is much slower in the anisotropic case. The
anisotropy effect seems more important with the model built from DTI. As the
fiber directions are noisier, there are more discontinuities, so the propagation is
more affected by the anisotropy.

4.3 Simulation of the in vivo Measurements

Model Geometry. The 3D position of the electrodes plus different points
on the left ventricle endocardium are known. Surfacic meshes are fitted to these
point clouds to interpolate the positions and have more 3D data to register. These
surfaces were transformed into binary 3D images. Then an affine transformation
is computed between the models built and the myocardium image created from
the measures, using the hierarchical method described in [T4].

Ultimately, the model geometry will be fitted to the data geometry directly
in a 3D image of the measured heart, using the method described in [14] to
obtain local deformations.

Simulated Pacing. In order to complete our anatomical model, data about
electrical onset areas of the ventricular depolarization is needed. In the presented
measures, the location of the pacing electrodes is well known, which is very
interesting for simulating propagation.

Pacing electrodes are simulated by imposing an initial action potential in the
epicardium location corresponding to the localization of the pacing electrodes in
the measure protocol, see fig. [0

S http://butler.cc.tut.fi/ malmivuo/bem/bembook/
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Fig. 6. Action potential isochrones measured by Durrer et al. (top row) compared with
the simulated ones using the model built from UCSD data (middle row) and from DTI
(bottom row).

4.4 Results of the Wave Propagation

The propagation of the action potential is simulated in the 3D meshes of the
myocardium constructed, initiating the wave at the location defined in previous
section. Fig. [T presents resulting simulated isochrones of activation.
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Fig. 7. Comparison between isotropic (left) and anisotropic (right) propagation for the
model built from UCSD data (top row) and from DTI (bottom row). The fibers are
mainly circumferential, so the radial diffusion is much slower with anisotropy.

Fig. 8. Affine registration between the two models built and a 3D Image created from
the position of the electrodes and points on the left ventricle endocardium. (left) match-
ing between the model and the image voxels. (others) initial position in red and final
position in blue.

As the action potential is computed and not both intra-cellular and extra-
cellular potentials, the electrical measures cannot be compared directly with the
simulations, only the activation times, through the isochrones, can be compared.
The results look qualitatively good and using a 3D propagation model allows also
to visualize the simulated potential inside the myocardium wall (see fig. [T). It
appears that in the model from DTI, the discontinuities in the fiber directions in
the right ventricle create a delay in the electrical propagation, and the asymmetry
in the propagation does not seem to be present in the measures. It is likely that
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Fig. 9. Red triangles: real (left) and simulated pacing electrode location (middle: UCSD
model, right: DTI model).

due to the noise in the current in vivo measurements in fiber directions, it would
be preferable to use a smoothed model rather than measures from another heart.

Ultimately, the DTI image will be from the same canine heart as the measures
(there are ongoing DTT measurements on the heart of the experiment), so it will
be able to determine whether the simulations with a specific model can give
better results than ones with a general smoothed model.

5 Conclusion and Perspectives

This article presents first qualitative results comparing measures and simulations
of the electrical activity of a canine heart. Different data sources were used to
build models of the myocardium. The simulations show that the model well
captures the action potential propagation.

Quantitative adjustment of the parameters of the model are an ongoing work,
using data assimilation techniques based on Kalman filtering but no existing
method is really suited to adjust such a model with this kind of data. Ultimately,
such a model could allow to find electrical activity patterns directly from ECG
measures.

This time-dependent computed potential can also be used as an excitation
entry to the system describing the mechanical behavior of the myocardium, as a
model of the electro-mechanical coupling is developed [13]. Tagged cine images
acquired during RV pacing in this study are very useful for this task.

Indeed, nodes displacements can be computed from the electro-mechanical
coupling, and then compared with the displacements extracted from MRI. Once
the whole model has been validated, it could be used in a predictive way to study
pathologies and intervention planning.
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simulation with the UCSD model, right: simulation with the DTI model.
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Fig. 11. Simulated Action Potential isochrones, visualized in the myocardium wall, for

the

UCSD model simulations (top row) and for the DTT model simulations (bottom

row).

Additional color version of the images and videos can be found on the wetd.
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Abstract. We present a system to assist in the treatment of tachycardia
patients by catheter ablation.

In an augmented reality framework we combine a patient specific pre-
operative MR model, constructed from a set of transverse, coronal and
sagittal images, with intra-cardial voltage potential measurements and
fluoroscopic imaging to guide the electrophysiologist. The registration
of the model and the fluoroscopic images, which is done by a visual
matching technique, enables an easy transfer of the measurement to the
pre-operative model. By visualizing annotations of different tissue types
and of the measurements, extra insight is gathered about the problem,
resulting in improved patient care.

Because of its low cost and similar advantages we believe our approach
can compete with existing commercial solutions, which rely on dedicated
hardware and costly catheters. First clinical evaluation on 31 patients
indicate a considerable advantage in the diagnosis and treatment.

Our future work will consist of improving 2D-3D registration and further
automating the measurement procedure.

1 Introduction

The purpose of augmented reality is the integration of real and virtual entities
to attain a certain goal. In medical applications this goal is increasing procedure
quality and possibly reduce its time thereby improving patient care.

Patients which suffer from tachycardia —too fast and irregular beating of the
heart— can currently be treated by cardiac ablation. The origin of this tachy-
cardia is the presence of abnormal conduction paths within the heart of these
patients which causes an irregular activation and thus beating. Treatment by
cardiac ablation consists of the following steps:

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 244 2003.
© Springer-Verlag Berlin Heidelberg 2003
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— First of all, the activation times are recorded by means of electrodes which
are attached to catheters inserted in the heart and which measure the volt-
age potential as a function of time. The procedure is guided by bi-plane
fluoroscopic images such that the electrophysiologist gets feedback about
the location where he is measuring.

— Secondly the electrophysiologist mentally constructs a 3D representation
of the patients’ heart based upon the bi-plane fluoroscopic images and his
anatomical knowledge. Subsequently he maps the measured activation times
on this mental model and deducts from these the faulty conduction paths.

— The third phase and actual treatment consists of burning these abnormal
conduction paths. Here the electrophysicist has to back-project his mental
model in the real scene to know where he has to burn.

One of the major challenges for the electrophysicist is the combining of his
anatomical knowledge with information from both the fluoroscopic images and
the catheter measurements. In this problem augmented reality is well suited
to provide a solution since it can create a framework in which several sources
of information are integrated. We present here such a system which not only
integrates the fluoroscopic images and the activation times but also includes a
patient specific model of the heart, offering pre-operatively very detailed anatom-
ical information.

Other approaches, of which some are commercially available ([1],[2]), solve
the problem by creating a virtual environment only. Technical descriptions can
be found in [3], [4], [B] and [6]. They make use of dedicated electro-magnetic
tracking systems and specialized catheters. The position of these is known with
respect to a fixed coordinate system and is recorded repeatedly when touching
the cardiac wall. This way a point cloud of cardiac wall points is gathered and a
surface model is generated. At the same time voltage potentials are stored and
activation times are marked. The advantages of such systems with respect to a
conventional approach are the use of a patient specific model and the display
of electro-anatomical data onto it. Disadvantages include that the model has a
spatial accuracy limited by the number of places visited by the catheter and
that there is no 3D knowledge about the heart prior to surgery. Also the high
installation cost and the costly catheters, which are to be used only once, have
to be taken into account.

The approach we present here resolves these disadvantages while retaining
most of the advantages.

2 Material & Methods

Our approach can be subdivided in the following parts:

Acquisition of pre-operative MR-datasets of the patients’ heart.
Delineation of the MR-images and construction of a surface model.
Registration of surface model with the fluoroscopic images.

Annotation of the patient model with the activation timing measurements.
Visualization of the activation times on the surface model.

L=
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Part [I and [2 are completed pre-operatively while parts [3 until [l have to be
used during the intervention and thus imply a time constraint on the process-
ing time. These parts are therefore constructed such that processing time and
acquisition time of the fluoroscopic images is kept very low and almost real-time.

2.1 Acquisition & Surface Model Generation

Cardiac MR images (256 x 256 matrix, 20 slices, 1.25 x 1.25 mm pixel size, 6 mm
slice spacing) are acquired in a single breathhold at end- systole of the heart cycle
(i.e. atrial diastole) using a balanced fast- field-echo sequence (Philips Intera, TR:
2.62 ms, TE: 1.31 ms, Flip Angle: 55, slice thickness: 6 mm). Three subsequent
orthogonal scans are made in the patient’s transverse, coronal and sagittal ori-
entation. The images are digitally transferred in DICOM format over the PACS
network from the scanner to a workstation and subsequently converted to 3-D
stacks. 3-D transverse, coronal and sagittal images are first co-registered by an
affine coordinate transformation in order to correct for global patient motion
and differences in breathhold between different acquisitions. The registration is
initialized from the information about the position and orientation of each image
within the space of the scanner as provided by the DICOM header of the images
and further refined using an intensity-based automated procedure based on max-
imization of mutual information [7]. The right atrium is delineated by manual
contouring in each slice of the three orthogonal scans. The 2-D contours delin-
eated in one image are transformed into the other images using the previously
derived registration transformations to allow verification and adjustment of the
position of all contour points in 3-D. All 3 orthogonal sets of contours are then
combined and a single surface is constructed through all contour points using
a scattered data interpolation algorithm based on fitting radial basis functions.
The resulting surface consists of a dense grid of points.

2.2 Registration

The fluoroscopes of which the orientation parameters are input to a software
camera, are modeled as orthographic cameras. This assumption can be made
because the size of the heart (£10 cm diameter) is small with respect to the
focal distance of a fluoroscope (£100 cm).

Registration is currently implemented by a modified version of the visual
matching technique studied in []]. Orientation of the model with respect to the
fluoroscopes is determined by means of information from both the fluoroscopes
and the MR~equipment. The remaining degrees of freedom, which are the posi-
tion in the viewing plane and the zoom factor are left to the user to determine
by visual matching.

For this purpose, contrast enhanced fluoroscopic images are made (cfr fig-
ure [T) and imported by a framegrabber in the system. The surface model is
rendered transparently in overlay while the electrophysiologist uses the mouse
to align the model with the images. Once good alignment is reached that state
is fixed (cfr figure [I).
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Fig. 1. On the left the bi-plane contrast enhanced fluoroscopic images and on the right
the same image with the model in overlay after visual matching.

The use of a visual matching technique can be justified by a number of argu-
ments. First of all the contrast enhanced images might differ from the projections
of the model in a number of ways due to for instance errors in the manual seg-
mentation, approximations in the fusion of contour points (cfr section 21I) or due
to the movement of the atrium in one heartbeat. By using visual matching the
electrophysiologist can apply his knowledge of anatomy and fluoroscopic imag-
ing to identify these inconsistencies and compensate for their presence. Secondly
time of registration will vary around 2-3 min [8], which is a negligible percentage
of procedure time. Thirdly we can make an extrapolation of the accuracy results
of visual matching obtained in [§]. Recomputing the x and y movement (these
are the movements parallel to the viewing plane), we obtain a result of :I:GI—Ocm
which is negligibly small. The influence of the zoom estimation is computed as
+0.5cm which is larger but still acceptable for our goal, certainly if we compare
this error with the one due to the beating of the heart. These considerations
indicate strongly the suitability of the visual matching approach for this appli-
cation because of a sufficient registration accuracy and flexibility to incorporate
user knowledge.

The registration procedure makes an easy transfer possible from the intra-
operative scene to the pre-operative model as described in the following section.
On the other hand, it also facilitates the transfer in the other direction: once
the locations to burn are identified on the model, they can easily be seen in the
augmented scene and thus on the registered fluoroscopic images.
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Fig. 2. The patient model on which one annotation point is attached by visual transfer
from the fluoroscopic images (left) and an example of the spraying capability used to
mark regions of injured tissue or valves (right).

2.3 Annotation

Annotation is the process of marking the surface with characteristics. In this
case they are derived from the catheter measurements within a conventional
electrophysiological setup. Currently, we implemented three types of annotation:

— The marking of activation times

— The marking of injured tissue: because of their non-conducting property,
these tissue regions are often the centers of circular currents which cause the
tachycardia. They originate for instance of previous open heart surgery or
a specific pathology which causes microcracks in the cardiac wall. Therefore
it is essential to be able to manually mark these regions based on previous
surgery reports or derived from the catheter measurements

— The marking of holes and valves on the model. These natural non-conducting
spaces were not modeled in the segmentation step (cfr [Z1]), but can be
entered by annotation. They can also cause circular currents in combination
with the previous type.

Individual measurement points can be marked by manually clicking the sur-
face model and entering delay values or tissue types. Using the two fluoroscopic
views the transfer of measurement locations onto the model is quite intuitive: by
making the model transparent the electrophysiologist just indicates the electrode
visible through the surface and a new point is added to the model. Problems like
on which side he should add a point, can be resolved by the biplane fluoroscopic
images, which are mostly set at about 90°. Also the ability to mirror both the
model and the fluoroscopic images, is an important feature in this matter.

Injured tissue and holes can be entered manually one by one as in the previous
case or they can be sprayed onto the surface. By spraying, points are added to
the model in a given, modifiable radius and at a certain resolution (cfr figure [2).

Tools were added to change the properties of previous measurements or to
relocate them on the surface. The latter feature is mainly used when no fluoro-
scopic images are present or to compensate possible registration inaccuracies.
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Since patients with complex pathologies often have several different activa-
tion patterns sequentially, the possibility is provided to add points to a certain
type of arithmia while the injured and hole surface types are kept invariant over
all arithmias. Even when previous measurements or tissue types are altered, this
invariance is maintained.

2.4 Visualization

To offer a proper insight into the patients anatomy, three viewing windows are
constructed: two “augmented” views, which show the fluoroscopic images aligned
with the model and a third one allowing free manipulation of the pre-operative
model. This enables the electrophysiologist to get a good 3D perception of the
atrium shape before and during the intervention.

Once the model is annotated, we can visualize this information by color
coding the surface. Since the outcome of our model generation step is constructed
upon a dense grid of points, we can colorize the surface by assigning a color to
each vertex. The method to accomplish this proceeds as follows:

1 First of all, the annotation values are assigned to vertices in a predeter-
mined radius 7. This radius is chosen as a validity radius of the annotation
measurement.

2 Together with the assignment of annotation values a weight factor is assigned
to each vertex which is given by:

ad; 2
w; =e (1)

with d; equal to the distance between the annotation point i and the vertex
and a a fixed factor.
3 For each vertex the resulting value is computed as

k
=1

for k equal to the number of annotation points that influence this vertex.
The resulting value is used to modulate the hue component of the vertex
color. The M; values represent activation times of the heart contraction
but can without modification be used for voltage potentials or other local
characteristics.

For the special types of tissue, we assign special weights such that the normal
measurements are suppressed.

By following this procedure we make sure that annotation measurements are
extrapolated across the surface as far as they are valid. On the other hand, they
are interpolated in overlapping regions. This results in a simulation model as
depicted in figure Bl In the case of activation time measurements, the electro-
physiologist can clearly observe regions of early and late activation from the local
color component and doing so, he can identify the activation flow path.
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Fig. 3. A patient atrium model, after annotation with activation timings, injured tissue
and a valve which was followed by color coding the surface. The color codes represent
the activation times of the potential.

2.5 Hardware Requirements

To use our software a common personal computer (Pentium IIT) with OpenGL
graphics card is sufficient. Currently the fluoroscopic images are digitized by
means of a DataTranslation framegrabber. Therefore hardware costs are reduced
to the minimum and we can acquire fluoroscopic images at video rate. We also
constructed a dual screen setup such that the physiologist can immediately view
the model while manipulating the catheters. In that case the program is con-
trolled by his assistent which can manipulate and annotate the model.

3 Qualitative Intra-operative Evaluation

The system has already been used in 31 cases and found to be very useful
and offering a substantial amount of added value with respect to the conven-
tional approach: the practicing electro-physiologist stated that the fact only of
having pre-operatively a patient specific model at hand provides extra insight
and sometimes leads to the choice of a different approach for the intervention
than conventionally would be assumed. The color coded surface also provides
an intuitive visualization and simplifies the mental reconstruction problem of
the electrophysiologist where he has to fuse electrical, anatomical and imaging
information to come up with a treatment plan.

One drawback in the current implementation is the fact that all annotation
measurements have to be entered manually, which is rather time consuming.
This will be dealt with in our future work.
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4 Discussion

In this paper we presented an augmented reality tool to assist an electrophysiolo-
gist in the treatment of tachycardia. Three sources of information are combined,
which offer a substantial amount of added value: a patient specific model of the
heart incorporating detailed anatomy, intra-operative fluoroscopic, which give
immediate feedback and activation measurements from the cardiac wall.

Since the system can be used as an extension to a conventional electrophysi-
ological setup, hardware costs were reduced to the minimum and its advantages
are comparable to other commercial approaches, we believe our approach to be
competitive to these. Nevertheless, a number of drawbacks remain unsolved: al-
though the registration accuracy between pre- and intra-operative images seems
fairly good from the analysis provided in section 22, we believe it might be fur-
ther improved by an automated method. Furthermore we would like to automate
recording of cardiac potentials and activation timing to reduce procedure time.

The first problem we intend to solve by an intensity based registration. In
that case the procedure will consist of a manual alignment as implemented in
the current approach followed by the intensity based approach. Several criteria
can be used like correlation, mutual information, etc. [9].

In order to automate the recording, we will design virtual catheters, which can
be aligned with the real ones thereby enabling fast localization of the electrodes
on multi-polar catheters. The latter can contain 20 or more electrodes. This way
the activation of a complete chamber can be measured by placing the catheters
at 3 to 5 locations.
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Abstract. Modeling of cardiac electro-mechanics enables and simplifies
understanding of physiology and pathophysiology of the heart. In this
work a model is presented, which allows the reconstruction of macro-
scopic electro-mechanical processes in the left ventricle of small mam-
mals. The model combines a three-dimensional model of left ventricular
anatomy represented as truncated ellipsoid with an integrated electro-
mechanical model. The integrated model includes electrophysiological,
force development and elastomechanical models of myocardium. The
model is illustrated by simulations, which reflect the behavior of an ex-
tracorporated heart. These simulations yield temporal distributions of
electrophysiological parameters as well as descriptions of electrical prop-
agation and mechanical deformation. The simulations show the connec-
tion between cellular electrophysiology, electrical excitation propagation,
force development, and mechanical deformation.

1 Introduction

Basic mechanisms and complex phenomena of the heart can be described and re-
constructed by mathematical modeling and computer-aided simulation [I]. These
simulations deliver physical and physiological quantities, which are partly not
available by measurements due to technical limitations and ethical objection.
Thereby achieved insights can be applied to improve clinical diagnosis and ther-
apy as well as education in cardiology and heart surgery. A description of cardiac
electro-mechanics necessitates a combination of different models, e.g. anatomical,
electrophysiological, and mechanical models. An anatomical model defines the
tissue distribution. An electrophysiological model of single myocytes reconstructs
e.g. transmembrane voltage, intra- and extracellular ion concentrations, and ion
flows through membranes. The combination with a model of electrical current
flow allows the reconstruction of electrical excitation propagation. A tension de-
velopment model quantifies the tension developed by contractile units outgoing
from cellular electrophysiologic and mechanic states. Another mechanical model
specifies the stress-strain relationship of myocardium.

In this work a three-dimensional model of a left ventricle was developed,
which allows the coupled simulation of electrical excitation propagation, force

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 253-2601 2003.
© Springer-Verlag Berlin Heidelberg 2003



254 Frank B. Sachse and Gunnar Seemann

J

i

Fig. 1. Model of ventricular anatomy. The (a) full and (b) sectioned model is shown
in wire frame representation. The model consists of 30 x 30 x 38 cubic elements.

development and deformation. The anatomy was represented by a truncated
ellipsoid model with varying fiber orientation from endo- to epicardial my-
ocardium. The model was derived from the Noble-Varghese-Kohl-Noble model
of the electrophysiology of a ventricular myocyte [2], a monodomain model of
intercellular current flow [I], a hybrid model of force development [BJ4[5], and
a deformation model [6], which bases on the strain energy density function of
Guccione-McCulloch-Waldman for passive myocardium [7]. The force develop-
ment is controlled by the concentration of intracellular calcium. The calculation
of the deformation was performed in an incremental Lagrangian formulation with
displacement-based isoparametric finite elements [§]. The integrated model was
used to investigate the distribution of physical and physiological quantities in the
left ventricle. The results of simulations, e.g. patterns of transmembrane volt-
age, intracellular calcium concentration, electrical propagation and mechanical
displacement, were analyzed quantitatively.

2 Modeling of Ventricular Anatomy

The geometry of left ventricle can be approximated by crop of two confocal
truncated ellipsoids [9]. The ellipsoid’s focus length d is defined as d = va? — b?
with the ellipsoid’s minor radius b and major radius a. The truncation of an
ellipsoid is quantified by a truncation factor f;, specified by fi, = lap/leq With
the length from apex to base l,; and the length from equator to apex l.,. Com-
monly, a truncation factor f; of 0.5 is chosen. The orientation of myocytes was
included by interpolation starting from boundary conditions in three depths of
the myocardium. The orientation was set subepicardial to —70°, midwall 0°, and



Modeling of Cardiac Electro-Mechanics in a Truncated Ellipsoid Model 255

subendocardial 70° reflecting knowledge from anatomical studies [10]. The size
of the ellipsoids was chosen in such a manner, that they approximate the size of
small animal’s left ventricle. The ventricle’s geometry and fiber orientation was
rendered in lattices of 30 x 30 x 38 and 16 x 16 x 20 cubic elements with a length
of 200 and 400 pm, respectively (figure [I)).

3 Modeling of Electrophysiology

Cellular electrophysiology. Variant models of myocyte’s electrophysiology were
published in the last 40 years. In this work the Noble-Varghese-Kohl-Noble model
was applied, which describes the electrophysiology of ventricular myocytes of
guinea-pig. The model includes effects on ionic channels by the concentration of
adenosine triphosphate (ATP) and acetylcholine (ACh) as well as by stretching.
Furthermore, a tension generation model and a description of the diadic space
was incorporated. Different variants and configurations of the model exist. The
variant applied in this work is based on [2[T1]12] neglecting ATP and ACh ac-
tivated ionic channels as well as using only the electrophysiological part of the
model. The model includes dependencies of electrophysiological parameters on
the length or tension of the sarcomere. The mechano-electric feedback is real-
ized by introducing stretch-activated ion conductances, a modulation of calcium
binding to troponin C, and a modulation of sarcoplasmic leak current. The usage
of the mechanisms in the integrated model presented in this work is restricted to
the incorporation of length dependencies of the electrophysiological parameters.
Stretch activated ion channels were deactivated.

Ezxcitation propagation. Different modeling approaches of the electrical exci-
tation propagation in the myocardium can be distinguished depending on the
representation of the microscopic and macroscopic anatomy as well as depend-
ing on the approximation of the cellular electrophysiology [1]. In this work a
monodomain model was used [13], which describes the electrical current flow in
the intracellular domain by the generalized Poisson’s equation:

V- (0sV i) = Bl — L

with the intracellular potential ¢;, the intracellular conductivity tensor o;, the
intracellular current source density Ig;, the transmembrane current density I,
and the surface to volume ratio 8 of myocytes. The intracellular conductiv-
ity o; consists of conductivities for the intracellular components and for the
gap junctions. The hereby arising 2nd order differential equations were solved
on deformable grids with the finite element method. A deformation dependent
transformation of the intracellular conductivity tensor was performed [14].

4 Modeling of Tension Development

Overview. Of special interest for biophysically motivated modeling are descrip-
tions of cellular tension development, which base on electrophysiological quan-
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(a) (b)

Fig. 2. State diagram of hybrid model. (a) Two state variables quantify the calcium
binding to troponin C. (b) Two further state variables describe the configuration of
tropomyosin. (c) Ten state variables detail the interaction of actin and myosin as well
as the hydrolysis of adenosine triphosphate. M and A symbolize myosin and actin, re-
spectively. ATP, ADP and P; represent adenosine triphosphate, adenosine diphosphate
and phosphate, respectively. The transition between states is depicted by an arrow,
strong binding by a closed circle, and weak binding by a tilde. The arrows are labeled
with constants k,, ATP and stretch velocity v indicating that these are influencing
rate coefficients functions.

tities delivered e.g. by electrophysiological cell models [T5]. Commonly, the con-
centration of intracellular calcium [Ca?T]; is used to modulate rate coefficients,
which depict the interaction between states of actin and myosin. The state vari-
ables describe e.g. the binding of intracellular calcium Ca?* to the troponin
complex and the cross bridge cycling. Further parameters influencing rate coef-
ficients are the sarcomere length and the state variables.

Hybrid model. The hybrid model combines a description of the binding of intra-
cellular calcium [Ca?T]; to troponin C, the configuration change of tropomyosin,
and the interaction of actin and myosin. The calcium binding to troponin C is
similarly described as in the 3rd model of Rice et al. [T5]. The interaction of actin
and myosin is adopted from Gordon et al. [I6], Bers et al. [I7], and Spudich [I§].
The model uses 14 state variables, which are coupled by rate coefficients. Two
state variables, T and TCa, detail the binding of intracellular calcium Ca?*t to
troponin C (figure 2a). The state variable T' describes the normalized concen-
tration of troponin C with no bound calcium, T'C'a the normalized concentra-
tion of troponin C with bound calcium. Two further state variables, T'M,,,, and
TMyysy, quantify the configuration of tropomyosin (figure 2b). The state vari-
able T'M,,, describes the normalized concentration of tropomyosin in permissive
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Fig. 3. Deformation at time ¢ = 290 ms in electro-mechanical model of left ventricle.
(a) All and (b,c) half of the ventricle’s model is shown with a bright wire-frame as
reference configuration and arrows indicating displacements.

configuration, "M, in non permissive. Ten state variables are used to quantify
the interaction between actin and myosin, particularly the cross-bridge cycling
(figure 2k), by describing normalized concentrations of myosin. The interaction
between the states of the model is described by a system of 1st order differential
equations. The differential equations describe the change of states controlled by
rate coefficients. Partly, the rate coefficients are dependent on the sarcomere
stretch velocity v, the sarcomere stretch A and the concentration of intracellular
calcium [Ca?T];. The sum of tension generating states Taps is given by:

Tayy=AoM+AeNMoeADP + Ao M* o ADP
The normalized tension 7T is determined by

Tam

T=«
Tmax

with the sarcomere overlap function o = (), which is tissue and species specific
[T7/15], and maximal tension T}, which is dependent on the rate coefficients.
The normalized tension 7" can be multiplied by a tissue and species specific factor
fro to quantify tension development of myocardium.

5 Results

The integrated ventricular model was investigated by exemplary simulations,
whereby the tension factor fro was varied. The tension factor frg was set to
5, 10, and 20 kPa. Two different resolutions were chosen for the electrophysio-
logical and mechanical model, i.e. 200 and 400 um per voxel length. The basal
positions were fixed, i.e. the displacements were set to zero. An exemplary sim-
ulation started by applying an electrical stimulus at the apex at time t = 0 ms.
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Fig. 4. Ratio of endocardial volume. The ratio between the volume of left ventricular
cavity in deformed and undeformed configuration is dependent on the tension produced
by contractile units. The course of the volume ratio is shown calculated by simulations
with a tension factor fro of 5, 10 and 20 kPa.

The simulation had a duration of 800 ms. The displacements were determined
every 5 ms. Every 20 us a calculation of each voxel was performed in the electro-
physiological, excitation propagation, and force development model.

The simulations with the integrated model showed a rapid spread of electri-
cal excitation and delayed force development (figure B). The simulations lead to
an inhomogeneous force development and deformation, which is characterized
by the fiber orientation (figure B)). Significant torsions were appearing in regions
near to the apex (figure B c¢). The transmembrane voltages and intracellular
calcium concentrations differ only slightly for different tension factors and mea-
surement positions (figure [{ a,b). Significant differences are found for tension
development (figure Blc). Normalized developed tensions T' were larger for small
tension factors. The differences can be attributed to the decrease in stretch by
increase of tension factors. This decrease leads to reduced calcium-troponin C
binding and small values in the sarcomere overlap function. The endocardial
volume was decreased during the contraction to maximal 84, 74, and 61 % of
its reference volume for a tension factor of 5, 10, and 20 kPa, respectively. The
course of volume decrease was similar for the different tension factors (figurel).

6 Discussion

A integrated model of cardiac electro-mechanics and its application in a left
ventricular model was presented. Simulations in an environment similar to the
classical Langendorff experiments [I9] were performed to illustrate the proper-
ties of the model. Different limitations of the simulations can be assigned, e.g.
neglect of transmural inhomogeneities of myocardium [20] as well as simplified
mechanical and electrical boundary conditions. Nevertheless, the methods pre-
sented illustrate a strategy, which can be adapted e.g. for clinical cardiologic
diagnosis and therapy planning on patient specific data sets.
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Fig.5. (a) Transmembrane voltage, (b) concentration of intracellular calcium, and (c)
normalized tension at different positions and for different tension factors fro. Tension
factors of 5, 10 and 20 kPa were assigned to the contractile units. Positions at the
epicardial apex, equatorial midwall, and basal midwall were selected.
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Abstract. Sleep Apnea Syndrome (SAS) is defined as a partial or total
closure of the patient upper airways during sleep. The term ”collapsus”
(or collapse) is used to describe this closure. From a fluid mechanical
point of view, this collapse can be understood as a spectacular exam-
ple of fluid-walls interaction. Indeed, the upper airways are delimited in
their largest part by soft tissues having different geometrical and me-
chanical properties: velum, tongue and pharyngeal walls. Airway closure
during SAS comes from the interaction between these soft tissues and
the inspiratory flow. The aim of this work is to understand the physical
phenomena at the origin of the collapsus and the metamorphosis in in-
spiratory flow pattern that has been reported during SAS. Indeed, a full
comprehension of the physical conditions allowing this phenomenon is a
prerequisite to be able to help in the planning of the surgical gesture that
can be prescribed for the patients. The work presented here focuses on
a simple model of fluid-walls interactions. The equations governing the
airflow inside a constriction are coupled with a Finite Element biome-
chanical model of the velum. The geometries of this model is extracted
from a single midsagittal radiography of a patient. The velar deforma-
tions induced by airflow interactions are computed, presented, discussed
and compared to measurements collected onto an experimental setup.

1 Introduction

Sleep apnea is a disorder in which a person stops breathing during the night,
usually for periods of 10 seconds or longer. In most cases the person is unaware of
it. This disorder results from collapse and obstruction of the throat pharyngeal
airway (figure[).

It is accepted that this occurs due to both a structurally small upper airway
and a loss of muscle tone, as there is loss of the wakefulness stimulus to upper
airway muscles with sleep onset. This results in airway collapse, increased re-
sistance to airflow, decreased breathing, and increased breathing effort ([8]). In
most subjects, the narrowest airway cross-section area occurs behind the palate
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Fig. 1. Sleep Apnea Syndrome: fluid (airflow) / wall interactions.

and uvula. This area is the most vulnerable to obstruction from loss of muscle
tone during sleep. On physical exam, a long and wide velum, large tonsils, and
redundancy of pharyngeal walls may be found. Lower throat findings may include
a large tongue and lingual tonsils. An estimated 5 in 100 people, typically over-
weight middle-aged men, suffer from sleep apnea. In addition to a strong daily
fatigue, several chronic cardiovascular complications have been found to be re-
lated to sleep apnea syndrome (SAS), such as systemic arterial and pulmonary
hypertension, heart failure or arrhythmias. The Apnea Index (AI) measures the
number of apneas per hour. Hypopnea is defined as a decrease in airflow of 50%
or more (without complete cessation) accompanied by a drop in oxygen satu-
ration. The Hypopnea Index (HI) is the number of hypopneas per hour. The
Apnea/Hypopnea Index (AHI) is the sum of AT and HI. The definition of sleep
apnea in terms of the AHI is assumed to be the following: normal is AHI 0-5,
mild 5-15, moderate 15-30, and severe 304. Surgical techniques used for the
treatment of the SAS can either reduce the volume of the tongue, stiffen the
velum, or try to have a more global and progressive action on the entire upper
airways. In order to fully understand the metamorphosis occurring in the inspi-
ratory flow pattern that has been reported during SAS, some mechanical models
of the upper airway have been developed, assuming that upper airways can be
represented by a single compliant segment ([1], [10]), or by series of individual
segments representing singularities ([2]). In this aim, a complete biomechanical
model of the upper airways appears thus to be interesting, to describe and ex-
plain - at the physical point of view - the upper airway obstruction. The work
presented here focuses on a simple model of fluid-walls interactions. A 2D Fi-
nite Element (FE) biomechanical model of the velum is introduced, and coupled
with an analytical approximation of the equations that govern the airflow inside
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a constriction. The simulations of airflow / walls interactions are then compared
with in vitro measurements collected onto an experimental setup.

2 Finite Element Model of the Velum

Lingual, velar and pharyngeal soft tissues are partly responsible for the SAS as
their deformations can even lead to a total closure of the upper airways. In a first
step, we only focus on the velo-pharyngeal region, at the intersection between
the nasal and the oral cavity. In this perspective, a 2D sagittal continuous model
of the velum was elaborated and discretized through the Finite Element Method.
The codes developed for this model assume no displacement in the transverse
direction (plane strain hypothesis) as well as a small deformation hypothesis.
Velar tissues being assumed as quasi-incompressible (because mainly composed
of water), a value close to 0.5 was chosen for the Poisson ratio. A 10 kPa value
was taken for the Young modulus, which seems coherent with values reported
for tongue ([B]) and vocal folds ([4]). The geometry of the model was extracted
from a single midsagittal radiography of a patient (figure ().

Fig. 2. Midsagittal view of the upper airways (right) and FE model of the velum (left).

The upper part of the model represents the velar tissues. Geometrical dimen-
sions were close to values reported in the literature ([7]) ([I1]): the total length
is of order of 30 mm while thickness varies from one extremity to the other (with
a mean of 5-mm). Only the velum deformations were taken into account for the
current simulations. The pharyngeal walls (the lower part of the model in fig-
ure [2) were assumed to be rigid. The two points located onto the right part of
the velum were also considered as fixed in order to model the velar attachment
to the hard palate. Finally, simulations were limited to the 2D midsagittal plane,
but for the computation of pressure forces (integrated along the 3D geometry),
a 30-mm value was taken for the velar thickness in the frontal plane.
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3 Physical Modeling of the Airflow

From a fluid mechanical point of view, the partial or the total collapse of the
upper airway, as observed during sleep hypopnea or apnea, can be understood
as a spectacular example of fluid-walls interaction. While the most important
parameters influencing this effect in vivo are well known, this phenomenon is
still difficult to model and thus to predict. Figure B presents in a simple way a
constriction inside the upper airways.

conistriction (A )

Fig. 3. Schematic Illustration for airflow inside the constriction.

An exact analytical solution for the flow through such a constriction is not
available. Further, full numerical simulations of the unsteady three-dimensional
flow through a deformable structure are still, at present time, very complex
even using the recent numerical codes and using powerful computers [3]. For
these reasons, and also because the aim of this paper is to provide a qualitative
description of a sleep apnea, we use here a simplified flow theory based on the
following assumptions:

— As the airflow velocity in the upper airways is, in general, much smaller than
the speed of sound, it can be assumed that the flow is locally incompressible.
— It can be reasonably assumed that the time needed for the constriction to
collapse (of order of a second) is large compared with typical flow convection
times (the time needed for the flow to pass the constriction is of order of a
few milliseconds). Therefore, it will be assumed that the flow is quasi-steady.

The principle of mass-conservation thus yields the following relationship:
& = constant (1)

where @ = v-A is the volume flow velocity, v and A are respectively the (local)
flow velocity and upper-airways area. As a third assumption, it is considered
that all viscous effects can be neglected. This assumption can be rationalized
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partially by considering that typical Reynolds numbers involved are of order of
1000 and therefore that viscous forces are negligible compared with convective
ones. This leads to the Bernoulli law:

1
P+ gpz/2 = constant (2)

where p is the local pressure and p the (constant) air density. Equations (1)
and (2) must be corrected in order to take into account a spectacular viscous
effect: flow separation. Indeed, it is expected that the strongest pressure losses
are due to the phenomenon of flow separation at the outlet of the constriction.
This phenomenon is due to the presence of a strong adverse pressure gradient
that causes the flow to decelerate so rapidly that it separates from the walls
to form a free jet (see right part of figure B]). Very strong pressure losses, due
to the appearance of turbulence downstream of the constriction, are associated
with flow separation. As a matter of fact, the pressure recovery past the flow
separation point is so small that it can in general be neglected. In the following,
it is assumed that the flow separates from the walls of the constriction at the
point where the area reaches 1.2 times the minimum area Ag (see figure ).
This approximated value was empirically proposed and constitutes an acceptable
approximation of the phenomena [6]. To summarize, for a given pressure drop
(p1 — p2), and for a given geometry of the constriction, the volume flow velocity

P is:
& — Ag 2(p1 —p2) _ 1.24, 2(p1 — p2) (3)
V' » V. »

and the pressure distribution p(z) within the constriction is predicted by:

1,1 1
p(z) =p1 + §P¢ (A% - A(x)Q) (4)

where A(z) is the transversal area at the z abscissa (figure B)). Therefore, the
force exerted by the airflow onto the walls of the constriction can be computed
by integrating the pressure along the z axis up to the flow separation point. This
force induces a deformation of the upper airways soft tissues, thus modifying
the airways geometry, and therefore changing the pressure distribution along
the airways.

4 Coupling the Airflow with the Model of the Velum

The coupling between the airflow pressure forces computation and the deforma-
tions of the FE model of the velum was iteratively processed. An adaptive Runge
Kutta algorithm was used to solve the dynamical equations that govern the de-
formations of the velum. At each integration time step of the algorithm, the new
deformed geometry of the velum is used to calculate the pressure forces distribu-
tion along the constriction. This new pressure force distribution is then defined
as new boundary conditions for the Finite Element computation of the velum
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Fig. 4. FE model of the velum coupled with the airflow: from initial (left) to final
(right) positions. One frame each 0.025 second.

deformations. As a first very qualitative approximation of the respiratory cycle,
the pressure drop (p; — p2) was taken as a sinusoidal: p; —pa = Ppaq - sin(47m - t).
Figure [4 shows simulations of the airflow / velum interactions for a half-period
pressure drop command with an 800 Pa maximal value. A clear reduction of the
constriction can be observed, thus simulating a hypopnea [9].

This decrease in the size of the constriction is associated with a limitation
of the volume flow velocity. Left part of figure [l plots this phenomenon, and
shows also that this limitation can be avoided if the stiffness of the velum (the
Young modulus value in our FE model) is increased. This point is qualitatively
coherent with the clinical practice of uvuloplasty that consist in burning the
velum in order to stiff the velar tissues. Similarly, the right part of figure Bl
shows how a decrease in the size of the constriction can increase the volume flow
velocity limitation.

debit, m3.s-1
debit, m3.s-1
,

Fig. 5. Simulated limitation of the volume flow velocity: influence of the velum stiffness
(left) and the constriction size (right).

5 Experimental Setup

Our investigations are based on an experimental exploitation of a setup specially
designed using classical dimensions obtained through in-vivo data acquisition.
Although in vivo data serve as a reference for model development, they are
highly non reproducible and don’t allow quantitative validation of theory, as
many parameters are not controlled, or even not reachable. This underscores the
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interest of using an experimental setup where most of the parameters are under
control. In order to investigate precisely the interaction phenomenon, the elastic
characteristics of the upper airway soft tissues must be reproduced with suffi-
cient realism. To fulfill this requirement, the soft tissues were modeled in a first
approximation by a latex cylinder filled with water under pressure. This latex is
assumed to represent to some extent the rounded backward part of the tongue,
also responsible for a collapse during SAS. The latex is placed inside a squared
rigid pipe (figure []) that represents the larynx. It is assumed that larynx walls
are rigid compared to the tongue elasticity. Extremities of the latex are fixed
and glued to the pipe with silicone. Pressure measurements can be performed at
different positions : before (Pyyp), after and at constriction (Pyy, Pyq). Comple-
mentary velocity measurements can also be made using a hot film (TSI, model
1210). Various parameters can also be controlled: air flow conditions in order to
simulate different aerodynamic conditions, constriction height hc.

Rigid or
Psub < Latex-+water

flow ——p» 1 he

O A e iy, = |

Pgd

Fig. 6. Schematic view and photography of the experimental setup used to study air-
flow/tongue interaction.

Figure [l plots the pressure drop and volume flow velocity values measured
at the constriction. When the pressure drop command has a low value (low
respiratory effort), the volume flow velocity profile is similar to the pressure
drop temporal evolution (figure [7 left). On the contrary, when the pressure
drop command increases (close to 1000 Pa), the latex tends to collapse and the
area of the constriction decreases. A limitation of the volume flow velocity is
then observed (right lower part of figure [7]).

6 Discussion

Despite the limitations of our modeling hypotheses, preliminary interesting sim-
ulations were carried out. Indeed, the airflow model coupled with a 2D Finite
Element model of the velum provides a decrease of the size in the constriction
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Fig. 7. Pressure drop (top) and volume flow velocity (down) measured for two condi-
tions. Left: low pressure drop; normal conditions. Right: high pressure drop; patholog-
ical conditions with sleep hypopnea.

area with the increase of the pressure drop. This result is well known by the
clinicians and is described as the airflow limitation phenomenon (hypopnea).
Moreover, this phenomenon is observed in the in vitro experimental set up that
we have developed. If they differ from a quantitative point of view, figure[H and
figure [l (right lower part) both illustrate the same phenomenon: the volume flow
velocity limitation. Finally, it is also interesting to note that an increase of the
velum stiffness (modeled with an increase of the Young modulus value) or an
increase in the size of the velo-pharyngeal constriction both tend to limit the
hypo-apnea syndrome. Those results are consistent with some surgery techniques
that try to modify mechanical properties of the velum (by burning tissues, thus
increasing their stiffness) or try to have a more global and progressive action
on the entire upper airways (in order to increase the size of the upper-airway
constriction).
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Abstract. Our purpose in this article is to superimpose a 3D model
of the liver, its vessels and tumors (reconstructed from CT images) on
external video images of the patient for hepatic surgery guidance. The
main constraints are the robustness, the accuracy and the computation
time. Because of the absence of visible anatomical landmarks and of the
“cylindrical” shape of the upper abdomen, we used some radio-opaque
fiducials. The classical least-squares method assuming that there is no
noise on the 3D point positions, we designed a new Maximum Likelihood
approach to account for this existing noise and we show that it gener-
alizes the classical approaches. Experiments on synthetic data provide
evidences that our new criterion is up to 20% more accurate and much
more robust, while keeping a computation time compatible with real-
time at 20 to 40 Hz. Eventually, careful validation experiments on real
data show that an accuracy of 2 mm can be achieved within the liver.

1 Introduction

The treatment of liver tumors by radio-frequencies is a new technique which
begins to be widely used by surgeons. However, the guidance procedure to reach
the tumors with the electrode is still made visually using per-operative 2D cross-
sections of the patient using either Ultra-Sound (US) or Computed Tomography
(CT). Because of the difficulty to locate in 3D the tumor’s center, surgeons esti-
mate that the tumor size has to exceed 2 cm to perform a reliable intervention.
Our purpose is to build an augmented reality system that could superimpose re-
constructions of the 3D liver and tumor onto a video image in order to improve
the surgeon’s accuracy during the guidance step. In such a system, the overall
accuracy has to be less than 5 mm to provide a significant help to the surgeon.

Just before the intervention, a CT-scan of the patient is acquired and an
automatic 3D-reconstructions of his skin, his liver and the tumors is performed
[I7]. Two cameras (jointly calibrated) are viewing the patient’s skin from two
different points of view. The patient is intubated during the intervention, so the
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volume of gas in his lungs can be controlled and monitored. Then, it is possible to
fix the volume at the same value during a few seconds repetitively and to perform
the CT and the electrode’s manipulation almost in the same volume’s condition.
Thus, we assume that a rigid registration is sufficient to register accurately
the 3D-model extracted from the CT with the 2D video images. Consequently
we are confronted to the classical rigid problem of 3D/3D and 3D/2D Object
Registration.

Surface and iconic registration using mutual information have been used to
register the 3D surface of the face to either video images [18] or another 3D
surface acquired with a laser range scanner [5]. In both cases, thanks to several
highly curved “edges” on the model (nose, ears, eyes), the reported accuracy was
under 5 mm. We believe that in our case, the “cylindrical” shape of the human
abdomen is likely to lead to much larger uncertainties along the cranio-caudal
axis.

Landmarks 3D/3D or 2D/3D registration can be performed when several
precisely located points are visible both in the 3D-model and in the video images.
Since the landmarks are really homologous, the “cylindrical” geometry of the
underlying abdomen surface is not any more a problem. As there are no visible
anatomical landmarks in our case, we chose to stick to the patient skin some
radio-opaque markers that are currently localized and matched interactively.

This problem was largely considered in a wide variety of cases. Closed-form
solution for few points [2[I] and linear resolution [3] were proposed in the last
decades to find the registration as quickly as possible to fulfill real-time con-
straints. Others [0]15] determine the object pose by minimizing the classical
projective least-squares (LSQ) error function. In these cases, the methods differ
by the minimization procedure and by the rotation parameterization. Haralick [6]
and Or [I0] turn the 2D /3D problem into a 3D/3D points registration problem
in which they estimate the depth of the points seen in the image by minimizing
a 3D LSQ Euclidean distance criterion. Finally, Yuan and Liu [19]§] solve the
problem by separating the rotational components from the translational one.

Linear and closed-form solution provide a direct resolution, but they are
very sensitive to noise because they assume that data points are exact. As the
accuracy is crucial in our application, we cannot afford using them. An alter-
native approach that separates the rotation from the translation was examined
by Kumar [7], and he shows that it leads to worse parameters estimation in the
presence of noise than the classical LSQ estimation.

Therefore, we think that a LSQ criterion has a definite advantage among the
other methods because it can take into account the whole information provided
by the data. However, all of the existing methods implicitly consider that 2D
points are noisy, but that 3D points are exact. In our case, this assumption
is definitely questionable, which lead to the development of a new maximum
likelihood (ML) criterion generalizing the standard 3D /2D LSQ criterion. Last
but not least, LSQ criterion enables the prediction of the noise influence on the
final registration. This would be very useful as it would allow us to detect an
inaccurate registration. However, this aspect will be considered in a future work.
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In the sequel, we first recall that the classical 2D /3D registration criterion
for points correspondences can be considered as a Mazximum Likelihood estima-
tion if the 3D points are exact. Then, modifying the statistical assumptions to
account for an existing noise on the 3D point measurements, we derive a new
and original criterion that generalizes the classical ML one. Section [ is devoted
to the comparative performance evaluation of both criteria with synthetic data
while Section H] focuses on a careful validation with real data.

2 Maximum Likelihood 2D /3D Registration

Let M; = [2;,vi, 2] be the 3D points that represent the exact localization of the
radio-opaque fiducials in the CT-scan reference frame and m; Y = [ugl), vl@}T be
the 2D points that represent its exact position in the images of camera (). In this
article, we assume that correspondences are known. To account for occlusion, we
use a binary variable £! equal to 1 if M; is observed in camera (1) and 0 otherwise.
We denote by T x M the action of the rigid transformation 7" on the 3D point
M and by P, (1 <1 < M) the camera’s projective functions from 3D to 2D

o _

such that m;’ = PW(T x M;) (we used in our implementation the calibration

algorithm of [20]). In the following sections, A will represent an estimation of a
perfect data A, and A an observed measure. Thus, the 3D points measured by
the user will be written M;, and the measured video 2D points m;.

2.1 Standard Projective Points Correspondences (SPPC) Criterion

Assuming that the 3D points are exact (Z\Zl = M;) and that the 2D points only
are corrupted by an isotropic Gaussian noise 7; of variance o3, we have:

D =m 4, = PO(T « M) +m;  with 5 ~ N(0,02p)

The probability of measuring the projection of the 3D point M; at the location
m;® in image (1), knowing the transformation parameters = {T'} is given by:

| PO(T % M;) — i) ||2)
3

1
FD1e) = — . _
p(mi'” | 0) om0l eXp( 2 oan

Let x be the data vector regrouping all the measurements, in this case the 2D
points ;) only. Since the detection of each point is performed independently,
the probability of the observed data is p(x | §) = Hl]\il ]_[Z (O | 9)¢. In
this formula, unobserved 2D points (for which ¢ = 0) are 1InphC1tly taken out of
the probability. Now, the Mazimum likelihood transformation 0 maximizes the
probability of the observed data, or equivalently, minimizes its negative log:

HPl) (T % M;)

~(l)
Cap(T 2255 o H (ZZ&) log[2mo3p] (1)

=1 =1 =1 =1
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Thus, up to a constant factor, this ML estimation boils down to the classi-
cal LSQ criterion in the 2D coordinates. Of course, this criterion assumes that
there is no noise on the 3D points, or that this noise could be distributed over
the 2D measurements. This simple hypothesis makes the criterion very easy to
optimize because there are only 6 parameters to estimate and lead to a very low
calculations cost. However, from a statistical point of view, distributing the 3D
error on 2D measurements leads to correlated noises, which does not agree with
the independence assumption used to derive the ML estimation.

2.2 Extended Projective Points Correspondences (EPPC) Criterion

To introduce a more realistic statistical hypothesis on the 3D data, it is thus
safer to consider that we are measuring a noisy version of the exact points:

Mi:Mi—FQ with €iNN(O,O'3D).

In this case, the exact location M; of the 3D points is considered as a pa-
rameter, just as the transformation 7. In statistics, this is called a latent or
hidden wvariable, while it is better known as an aeuxiliary variable in computer
vision. Thus, knowing the parameters § = {T, M;,... My}, the probability of
measuring respectively a 2D and a 3D point is:

1 03D

P |6) = Gop (PO@ 5 2) = V) and p(M; | 0) = Gy, (Mi = T3 .
One important feature of this statistical modeling is that we can safely assume
that all 3D and 2D measurements are independent. Thus, we can write the prob-
ability of our observation vector y = (mi,...,mY, ..., mJlV[, . mN,Ml,.. MN)
as the product of the above individual probabilities. The ML estimation of the

parameters is still given by the minimization of —log(p(x|0)):

N
| M — M |2 p -l |
T,M,...My) = —_—
O(T.My,... My) =) s Py R

i=1 =1 =1

+K (2)

where K is a normalization constant depending on o3p and o3p.

The obvious difference between this criterion and the simple 2D ML is that
we now have to solve for the hidden variables (the exact locations M;) in addition
to the previous rigid transformation parameters. An obvious choice to modify the
optimization algorithm is to perform an alternated minimization w.r.t. the two
groups of variables. Starting from a transformation initialization Tp, we initialize
the M; with the M; and perform a first minimization on T (this corresponds to
optimizing the simple 2D ML criterion). In a second step, we keep the transfor-
mation 7" fixed and we optimize for the M;. We then continue to alternatively
update the transformation 7’ (glven the lastly estimated values M; of the exact
M;) and the exact positions M; (given the lastly estimated transformation 7).
The algorithm is stopped when the distance between the two last estimation of
the parameters become negligible. The convergence is insured since we minimize
the same positive criterion at each step.
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2.3 Dealing with 3D and 2D Anisotropic Noise

Up to now, we considered isotropic 2D and 3D noises. However, most of the
CT-scan acquisition are not isotropic (the slice thickness is often larger than the
pixel size within a slice). In that case, the markers 3D localization error will
most probably be anisotropic:

ei~N(0,Y3p)  with  X3p= 0 o3p, 0

This induces very small changes in our ML formulation: we just have to replace
in our criterion (Eq. ) the first term ”aiM“ by half of the Mahalanobis

distance (M; — M;) 7" - i (M; — M;). The same kind of modifications obviously
holds for the second term of the equation in the case of a 2D anisotropic noise.

2.4 Link with Reconstruction and 3D/3D Registration

Let us consider that the exact 3D points are measured in the reference frame of
the cameras (instead of the CT frame as previously) and that we are looking for
the transformation from the camera world to the CT (instead of the reverse as
previously). The 3D/2D ML criterion is then rewritten:

| — PO) |

5 + K.

N N
C(T,Ml,...MN):Z”M T M |” +ZZ§§- |

i=1 2-03p? 1=1 i=1 2020

As explained in the section[2-2] this criterion can be optimized iteratively by
successively estimating the 3D coordinates and the transformation 7'. Moreover,
it has to be noticed that the change of variable does not affect the transformation
to be found.

Now, assuming that we are performing an estimation with a largely overesti-
mated o3p and a correct estimation of oop. Around the optimal transformation
T, we will have

N N
1 ~ 1 ~ . .
N 2o WA= T My [P 5 37 ) M = T M |[P= 3p < o
i=1 i=1
Thus, the first term of the criterion is negligible with respect to the second term

(since oop is assumed to be correctly estimated): optimizing for the exact 3D
point positions boils down to the minimization of

Chee(M, .. ZZ&I | — PO M) |2

=1 =1

This criterion is in fact one of the more widely used reconstruction criterion.
Then, after the determination of the 3D coordinates of the points in the cameras
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frame, the next step consists in minimizing the criterion with respect to 7. As
the second term does not depends on 7', this corresponds to the minimization of

N
Cspreg(T) = Y || My =T % M; ||?

i=1

which is no more than the standard 3D LSQ criterion.

As a conclusion, the method consisting in reconstructing the position of 3D
points from the cameras and then registering in 3D can be viewed as a limit case
of our 3D /2D ML criterion where the noise on 3D points is largely overestimated
(with respect to the noise on 2D points). On the other hand, we have already
seen that the standard 2D ML criterion for 3D/2D registration is a limit case of
our 3D/2D ML criterion where the noise on 3D points is largely underestimated
or really very small (still with respect to the noise on 2D points).

Thus, we may expect our criterion to perform better than these methods
when there is effectively some noise on the 3D points and if we have a good
estimation of relative 3D and 2D variances.

3 Performances Evaluation and Criteria Comparison

The goal of this section is to assess on synthetic data the comparative effective-
ness of the SPPC and EPPC criteria in terms of computing cost, accuracy and
robustness. Experiments are realized with two synthetic cameras with a default
angle of 45 degrees and jointly calibrated in the same reference frame. The two
cameras are focusing on the same 15 points M; representing the markers local-
izations, distributed in a volume of about 10 x 10 x 10 cm®. The ratio of the
distance cameras/points with the cameras focal length is 25. We modeled the
fiducial localization error by a Gaussian noise with different standard deviations
on both the 3D and 2D data (default values are o3p = o2p = 2 which cor-
responds to a SNR of 75 dBl. The optimization procedure used is the Powell
algorithm. The registration error is evaluated using 9 control points C; different
from the M, to assess a Target Registration Error (TRE) instead of a Fidu-
cial Localization Error (FLE) that does not reflect correctly the real accuracy.
For each experiment, we give the mean computation time, the mean RMS TRE
and the mean relative error (TTREsppc/TREEppc) over 10000 registrations (a
value above one means that EPPC is more accurate than SPPC).

3.1 Accuracy Performances

Focusing on the accuracy and not on the robustness, we kept the initial and
sought transformation fixed and close enough so that both algorithms do con-
verge correctly. The two following tables present the performances w.r.t. a vary-
ing 3D/2D noise ratio (mean TRE values are meaningless and then not reported

! SNRyp = 10 log;o(Z=) where o5 (resp. o) is the variance of the signal (resp. noise).
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since the noises do vary) and a varying angle between the cameras. In these
tables, we should only consider the relative values of the computation times as
the absolute value depends on the initialization.

[Noise ratio o3p/oep]] 4 [ 2 [ 1 [ 05 ]0.25 |
Computation] SPPC[0.0024]0.0023]0.0024[0.0023]0.0024
time (sec.) |EPPC||0.119 | 0.057 | 0.025 | 0.024 | 0.021
[ Mean relative error [| 1.17 [ 1.15 | 1.09 | 1.03 [ 1.006 |

’ Cameras angle \ 90 \ 60 \ 45 \ 30 \ 10 ‘
Computation|SPPC|/0.0025(0.0034(0.0026|0.0025/0.0031
time (sec.) |EPPCJ 0.015|0.021 | 0.025 | 0.028 | 0.022
Mean TRE |SPPC| 1.76 | 1.94 | 2.14 | 2.50 | 4.12

(mm) EPPC| 1.75 | 1.83 | 1.94 | 2.22 | 3.40

[Mean relative error [ 1.008 [ 1.051 [ 1.089 [ 1.114 | 1.188 ]

One can see that EPPC always provides a better TRE (up to 20%) than SPPC,
at the cost of a 10 to 20 times larger computational time. The gain in accuracy
is all the more sensitive that the angle between the cameras is small and the 3D
noise is important w.r.t. the 2D noise. As the amount of 3D information depends
on these two parameters, this results was expected since EPPC better captures
than the SPPC the noisy nature of information on 3D data.

Eventually, the following table presents the influence of the number of points
on the computation times and accuracy performances.

| Number of points | 30 [ 15 | 8 [ 4 |

Computation| SPPC||0.0042s|0.0026s|0.0016s]0.0011s
time (sec.) |EPPC| 0.067s | 0.025s | 0.011s | 0.006s
Mean TRE |SPPC| 1.55 | 2.16 | 2.73 | 4.45
(mm) EPPC|| 1.42 1.97 | 2,51 3.94

’Mean relative error H 1.080 \ 1.090 \ 1.079 \ 1.117 ‘

The first observation is that the computation times are roughly proportional to
the number of points. This was foreseeable since the computational complexity is
linear in the number of data points. The second observation is that the measured
TRE seems inversely proportional to the square root of the number of points
(multiplying 2 times the number of points decrease the RMS error by a factor
V/2). This is also in accordance with the standard accuracy improvements in
statistics. One interesting consequence is that we need about 15% less points
with EPPC than with SPPC to reach the same accuracy on this example.

3.2 Robustness Evaluation

To evaluate the robustness w.r.t the initial transformation, we select a random
initial and/or sought transformation (uniform rotation and translation in a range
of the order of the cameras’ field of view), random 2D (resp. 3D) noises from
1 to 3 pixels (resp. mm), and a random angle between the cameras (from 10
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to 90 degrees). In the following table, we display the performance results when
the transformation is initialized using the identity or randomly. The first case
represents the usual situation where we have no prior information, and the second

one simulates a very bad initialization.

Random T with Random T with
identity initialization||random initialization
Computation SPPC 0.0223s 0.0250s
time EPPC 0.138s 0.342s
Ratio of wrong |SPPC 20.07% 31.55%
convergence (RWC)[EPPC 0.09% 0.67%
’ Mean relative error H 1.107 H 1.139 ‘

In both cases, one can see that the SPPC converges wrongly in broadly 20%
of the case, whereas the EPPC almost always converges toward the optimal
transformation (RWC under 1%). The difference in performances between the
two columns probably comes from the optimization algorithm (Powell) that uses
a research domain centered around the identity. Another optimization scheme
may lead to slightly different results.

3.3 Computation Times

EPPC is a more accurate and much more robust criterion than SPPC. This is
paid by a higher computation time that remains however limited to a few tenths
of seconds when the initialization is unknown, and to 0.025 to 0.05 seconds when
the initialization is close to the sought transformation. Thus, in view of a real-
time system, one may expect to obtain with EPPC the best performances with
an initialization time of say 0.3 sec. and an update rate of 20 to 40 Hz if the
motions are sufficiently slow w.r.t. the video-rate. One may further improve the
tracking rate by updated the “exact 3D coordinates” only once in a while or
using a Kalman filter.

4 Performances Assessment with Real Data

This section is devoted to accuracy experiments with real 3D CT-scans and 2D
images of a plastic mannequin with approximately 25 fiducials sticked on its
surface. Ideally, the method’s accuracy should be assessed by comparing each
registration result with a gold-standard that relates both the CT and the camera
coordinate systems to the same physical space, using an external and highly
accurate apparatus. As such a system is not available (otherwise we would not
have to develop a 3D/2D registration algorithm), we adapted the registration
loops protocol introduced in [I3JT6T4], that enables to measure the TRE error
for a given set of test points.

The principle is to acquire several CT scans of the mannequin that are reg-
istered using a method described below. Then, several couples of 2D images are
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The cameras are calibrated together in the same world coordinate

Fig. 1. Registration loops used to estimated the registration consistency.

acquired with the cameras jointly calibrated so that we can compare independent
3D/2D registration of the same object (different 2D and 3D images). A typical
loop is sketched in Fig. [It a test point in the faked liver of CT1 is transformed
into the CAM1 coordinate system using a first 3D /2D registration, then into the
coordinate system of CT2 using a second 3D /2D registration (the coordinate sys-
tem of CAM1 and CAM2 are identical since cameras are jointly calibrated), and
back to CT1 using the bronze standard registration. Using two different CT im-
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ages allows to de-correlate the two 3D /2D transformation. Indeed, if we register
the 2D points to the same set of 3D points (extracted from a single CT scan), the
two transformations are similarly affected by the 3D points errors. Consequently,
the variability of the 3D points extraction (and any possible bias) is hidden.

If all transformations were exact, we would obtain the same position for our
test point. Of course, since the transformations are not perfect, we measure
a Target Registration Error (TRE) whose variance is 025001, = 20%, AMm/cr +
o?or sor- This experiment providing only one error measurement, we still need
to repeat it with different datasets to obtain statistically significant measures. In
order to take into account possible calibration error and/or bias, it is necessary to
repeat the experiment with different calibrations and positions of the cameras,
and not only to move the object in the physical space. As a result, we are
able to measure 0210017 and thus to estimate the variability due to the 3D/2D
registration 0 ¢ ap/cr, provided we know o2 ¢ . For this purpose, we devise
the following experimental procedure based on multiple CT scan registration
that not only gives a very accuracy registration between CT images, but also
evaluates the accuracy of this registration.

4.1 Bronze Standard Registration between the CT Images

Our goal here is to compute the n — 1 most reliable transformations Ti,i+1 that
relate the n (successive) CT; images. Estimations of these transformations are
readily available by computing all the possible registrations 7; ; between the
CT images using m different methods ([I6]). Then, the transformations T} ;41
that best explain these measurements are computed by minimizing the sum of
the squared distance between the observed transformations 7; ; and the corre-
sponding combination of the sought transformation Tj ;41 0 Tyy1i42 ... Tj—1-
The distance between transformations is chosen as a robust variant of the left
invariant distance on rigid transformation developed in [13].

The estimation ﬁ)i+1 of the perfect registration T; ;11 is called bronze stan-
dard because the result converges toward T; ;i1 as m and n become larger.
Indeed, considering a given registration method, the variability due to the noise
in the data decreases as the number of images n increases, and the registra-
tion computed converges toward the perfect registration up to the intrinsic bias
(if there is any) introduced by the method. Now, using different registration
procedures based on different methods, the intrinsic bias of each method also
becomes a random variable, which is hopefully centered around zero and aver-
aged out in the minimization procedure. The different bias of the methods are
now integrated into the transformation variability. To fully reach this goal, it is
important to use as many independent registration methods as possible.

In our setup, we used five CT scan of the plastic mannequin in different po-
sitions, and five different methods with different geometric features or intensity
measures. Three of these methods are intensity-based: the algorithm aladin [I1]
has a block matching strategy where matches are determined using the coeffi-
cient of correlation, and the transformation is robustly estimated using a least-
trimmed-squares; the algorithm yasmina uses the Powell algorithm to optimize
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the SSD or a robust variant of the correlation ratio (CR) metrics between the im-
ages [L16]. For the feature-based methods, we used the crest lines registration
described in [12], and the multi-scale EM-ICP algorithm of [4] on zero-crossings
of the Laplacian surfaces (the images were down-sampled by a factor of 2 to
limit the number of surface points to about 1.5 million...). Since none of these
methods uses the 3D extracted points as registration data, we ensure the inde-
pendence with respect to the marker localization noise that corrupts the 3D/2D
registration.

As a side effect, we may use only four of the five methods to determine the
bronze standard registration, and use that standard to determine the accuracy of
the fifth method (a kind of leave-one-method-out test). This uncertainty is then
propagated into the final bronze standard registration (including all methods)
to estimate its accuracy. In the table below, we give the standard deviation
determined this way on the rotational and translational components of each
method, the uncertainty of the resulting bronze standard registration and the
uncertainty of the 3D registration using standard least-squares of the fiducial
markers positions (w.r.t. the bronze standard).

’ Harot (deg) ‘Utrans (mm) ‘

Aladin 0.09 0.56
Yasmina SSD 0.02 0.41
Yasmina CR 0.06 0.41
Crest lines 0.04 0.27
EM-ICP 0.08 0.68
’Bronze StandardH 0.01 \ 0.07 ‘
[Fiducials [ 015 | 085 |

One can observe that the crest lines registration is performing the best,
quickly followed by the Yasmina registrations. EM-ICP is not performing very
well due to the down sampling of the images. The final bronze standard registra-
tion accuracy is very good (it corresponds to 0.08 mm TRE on the test points).
Finally, we point out that the lack of accuracy of the fiducials registration w.r.t.
the other methods is due to the fact that the markers were stick on the “skin”
of the mannequin, which is elastic and did move by about 1 to 2 mm between
the acquisitions, while all other methods did focus on the rigid structure of the
mannequin (this effect was checked on the images after registration).

4.2 Validation Results and Discussion

After the bronze standard registration of our 5 CT images of the mannequin,
we took pictures of the mannequin in four different positions with four different
cameras and three different (but joint) calibrations. As a result, we have 12 pairs
of 2D images to register to 5 CT scans for each pair of cameras (the second pair
of camera being used to close the registration loop on a different CT scan). To
robustify the experiment, we randomized the camera used in each pair among
the four available, which finally leads to 180 registration loops. Approximately
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25 stick fiducials were interactively localized in each image (o3p = 0.75 mm,
o2p = 2.0 pixel). This lead to the following quantitative evaluation.

’Angle between the camerasH 60° \ 40° \ 10° ‘

Computations | SPPC /0.023 s]|0.025 s]|0.027 s
time EPPC [0.21s|0.21s|0.25s
Mean TRE RMS| SPPC 1.80 | 1.99 | 2.30
error in mm EPPC 1.70 | 1.83 | 2.20

y Relative error [ 1.062 | 1.089 | 1.054 |

One can observe that EPPC is always more accurate than SPPC but the
relative error does not increase as much as denoted with synthetic data when
the angle is small (10°). This may be explained by the various conditions in
which the measurement were done (different local lengths, number of fiducial
observed...), and the simple representation of the camera (pinhole model).

Another explanation is obviously the consistent but non-rigid motion (men-
tioned in the last section) of the skin markers on which the registration is done.
However, these small movements realistically simulate the imperfect reposition-
ing of the skin and the organs that is induced by our gas volume monitoring
protocol. In this context, the assumption (on which are based our criteria) of in-
dependent noises on each 3D marker position may not be fulfilled. Despite these
variations from the theoretical assumptions, we underline that the achieved ac-
curacy is around 2mm, which is by far better than the 5mm needed for our
medical application. One can assess the visual accuracy of our registration on
one particular case in Fig. 2

5 Conclusion

We devised in this paper a new 2D/3D Maximum Likelihood registration cri-
terion (EPPC) based on better statistical hypotheses than the classical 3D /2D
least-square registration criterion (SPPC). Experiments on synthetic and real
data showed that EPPC is 5 to 20% more accurate and much more robust than
SPPC, but requires higher computation times when the initialization is unknown
(0.3 instead of 0.03 sec.). However, synthetic experiments provide evidences that
a refreshment rate of 20 to 40 Hz is achievable in a tracking phase, where only
small motions have to be detected. In the context of augmented reality for liver
radio-frequencies, we showed that the proposed method provides an accuracy of
about 2mm within the liver, which fits the initial goal of 5mm that was necessary
to provide a significant help for radiologists and surgeons.

In the future, we will focus on the automatic detection, tracking and match-
ing of the fiducials in the 3D and 2D images, in order to fully automate the
algorithm. Incidentally, we expect to obtain a much better (probably sub-pixel)
localization of the fiducials, and thus drastically improve the accuracy of the
3D/2D registration down to less than one millimeter. We will also investigate
the effects of the optimization procedure and of the camera calibration algo-
rithm. Another work in progress concerns the prediction of the uncertainty of
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Fig. 2. The top left image shows the plastic mannequin with the radio-opaque fiducials.
The top right image displays the augmented reality view of the surgeon, i.e. the super-
imposition on the video image of the 3D reconstruction of the fiducials and interns parts
(plastic frame and liver) after the registration process. To check visually the quality of
the achieved registration on the liver, we put off the skin (bottom left image), and we
superimposed the reconstruction of the fiducials on the liver (bottom right).

the 3D/2D registration w.r.t. the current data used. This important element of
the system safety will allow the detection of bad geometric fiducials configura-
tions (for instance not enough fiducials visible in both cameras, etc) that lead
to very inaccurate registrations. Lastly, we intend to extend the current system
in order to take into account the deformations due to breathing.

References

1. M. Dhome and al. Determination of the attitude of 3d objects from a single
perspective view. IEEE Trans. on PAMI, 11(12):1265-1278, December 1989.

2. M. Fischler and R. Bolles. Random sample consensus : A paradigm for model
fitting with applications to image analysis and automated cartography. Com. of
the ACM, 24(6):381-395, June 1981.

3. S. Ganapathy. Decomposition of transformation matrices for robot vision. Pattern
Recognition Letters, 2(6):401-412, December 1984.



10.

11.

12.

13.

14.

15.

16.

17.

18.

19.

20.

Evaluation of a New 3D/2D Registration Criterion 283

Sébastien Granger and Xavier Pennec. Multi-scale EM-ICP: A fast and robust
approach for surface registration. In A. Heyden, G. Sparr, M. Nielsen, and P. Jo-
hansen, editors, Furopean Conference on Computer Vision (ECCV 2002), volume
2353 of LNCS, pages 418-432, Copenhagen, Denmark, 2002. Springer.

W. Grimson and al. An automatic registration method for frameless stereotaxy,
image-guided surgery and enhanced reality visualization. IEEE TMI, 15(2):129-
140, April 1996.

R. Haralick and al. Pose estimation from corresponding point data. IEEE Trans.
on Systems, Man. and Cybernetics, 19(06):1426-1446, December 1989.

R. Kumar. Determination of camera location and orientation. In DARPA Image
Understanding Workshop, pages 870-881, Palo Alto, Calif., 1989.

Y. Liu and al. Determination of camera location from 2d to 3d line and point
correspondences. IEEE Trans. on PAMI, 12(01):28-37, January 1990.

D. Lowe. Fitting parameterized three-dimensional models to images. IEEE Trans.
on PAMI, 13(5):441-450, May 1991.

Siu-Hang Or and al. An efficient iterative pose estimation algorithm. In Proc. of
ACCV’98, pages 559-566, 1998.

S. Ourselin, A. Roche, S. Prima, and N. Ayache. Block Matching: A General
Framework to Improve Robustness of Rigid Registration of Medical Images. In
Proc. of MICCAI’00, pages 557-566, Pittsburgh, Penn. USA, October 11-14 2000.
X. Pennec, N. Ayache, and J.-P. Thirion. Landmark-based registration using fea-
tures identified through differential geometry. In I. Bankman, editor, Handbook of
Medical Imaging, chapter 31, pages 499-513. Academic Press, September 2000.
X. Pennec, C.R.G. Guttmann, and J.-P. Thirion. Feature-based registration of
medical images: Estimation and validation of the pose accuracy. In MICCAI’98,
LNCS 1496, pages 1107-1114, October 1998.

G. Penney and al. Overview of an ultrasound to ct or mr registration system for
use in thermal ablation of liver metastases. In MIUA 01, July 2001.

T. Phong and al. Object pose from 2-d to 3-d points and line correspondences.
1JCV, 15:225-243, 1995.

A. Roche, X. Pennec, G. Malandain, and N. Ayache. Rigid registration of 3D
ultrasound with MR images: a new approach combining intensity and gradient
information. IEEE TMI, 20(10):1038-1049, October 2001.

L. Soler and al. Fully automatic anatomical, pathological, and functional segmen-
tation from ct-scans for hepatic surgery. Computer Aided Surgery, 6(3), August
2001.

P. Viola and W.M. Wells. Alignment by maximization of mutual information.
International Journal of Computer Vision, 24(2):137-154, 1997.

J. Yuan. A general photogrammetric method for determining object position and
orientation. IEEE Trans. on Robotics and Automation, 5(2):129-142, April 1989.
Zhengyou Zhang. A flexible new technique for camera calibration. Technical report,
Microsoft Research, December 1998.



In vitro Measurement of Mechanical Properties
of Liver Tissue under Compression and Elongation Using
a New Test Piece Holding Method with Surgical Glue

Ichiro Sakumal, Yosuke Nishimura!, Chee Kong Chui!, Etsuko Kobayashi!,
Hiroshi Inada2, Xian Chen!, and Toshiaki Hisada!

! Institute of Environmental Studies, Graduate School of Frontier Sciences,
The University of Tokyo, 7-3-1 Hongo, Bunkyo-ku, Tokyo 113-8656 Japan
isakuma@k.u-tokyo.ac.jp,
{yosuke, cheekong, etsuko}@miki.pe.u-tokyo.ac.jp
{chen,hisada}@sml.k.u-tokyo.ac.jp
2 Department of Precision Machinery Engineering, Graduate School of Engineering,

The University of Tokyo, 7-3-1 Hongo, Bunkyo-ku, Tokyo 113-8656 Japan
inadah@miki.pe.u-tokyo.ac.jp

Abstract. There is a need to determine biomechanical properties of liver tissue
to develop realistic elastic deformable liver model for computer aided surgery.
In this report, we introduced a method to measure mechanical properties using
surgical instant adhesive (surgical glue). The method made easier to define the
mechanical boundary conditions for test pieces. It also makes it possible to
conduct both compression and elongation test on the same test piece. In actual
deformation of liver during surgical intervention, the tissue is subject both to
compression and elongation. Identification of mechanical properties in the
range where mechanical force changes from compression to elongation is im-
portant. We can identify the stress-strain relationship of liver samples in the
transition range from compression to elongation. We also investigated visco-
elastic properties by compressing the sample at different velocities. The ob-
tained results can be applied to non linear FEM analysis of liver tissue.

1 Introduction

To develop realistic deformable model for liver that can be used for computer aided
surgery such as surgical navigation, identification of mechanical properties of liver is
important. However, no standard protocol to determine the mechanical properties is
available currently. Recently deformation analyses based on biomechanics using
finite element analysis (FEM) have been widely investigated to develop surgical
navigation system. To identify the mechanical properties of liver, reliability of the
analysis is dependent on the accuracy of mechanical properties used. Ishihara et al.
recently reported results of elongation test using sheet shaped liver test pieces[1].
Yamada performed elongation tests on liver tissue[2]. Ottenmayer and Salisbury
measured normal indentation fore-displacement over a frequency range from DC to

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 284-292, 2003.
© Springer-Verlag Berlin Heidelberg 2003
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approximately 100Hz to identify solid organ mechanical properties in vivo.[4] Kauer
et al [4] reported inverse finite element characterization of soft tissue based on aspira-
tion method of soft tissue.

In actual deformation, liver tissue is subjected to both elongation and compression
at different positions in the liver tissue. Thus it is important to identify mechanical
properties under both of elongation and compression. In this paper, we propose a new
mechanical test method applicable both for elongation and compression [5]. The
proposed method can simplify the mechanical boundary condition near the interface
between liver test piece and holding chuck of a test instrument. The preliminary re-
sults on stress-strain relationship, heterogeneity of mechanical properties of liver, and
vico-elastic properties are demonstrated.

2 Material and Methods

2.1 Liver Test Piece Preparation and Fixation of a Test Piece

Fresh liver was collected at local slaughterhouse and was refrigerated and set at room
temperature before experiments. A cylindrical test piece was obtained using a circular
surgical knife (8 mm in diameter, 5-10 mm in length). In this procedure, cylindrical
samples with diameter of 7 mm were obtained. The longitudinal length of the test
piece free from external force was measured and used as natural length of the test
piece. Both ends of the cylindrical test piece were attached to the two rubber plates
using instant surgical glue as shown in Figure 1. A holding part was attached on the
plate as interface between the test piece and chuck of a loading test machine. Al-
though the bonding force of the glue is not large enough to hold the liver tissue at its
breakpoint, strain as large as +40% could be realized.

2.2 Measurement of Stress-Strain Relationship

A compact testing instrument (Eztest, Shimadzu Co.Kyoto,Japan) was used. This
instrument can conduct elongation, compression, indentation, and stress relaxation
test. The elongation and compression speed can be changed from 1 to 1000mm/min.
Resolution of force measurement was 0.001N. A photograph of a test piece placed on
the instrument is shown in Figure 2. The change in the diameter of the test piece was
monitored using a video camera.

Elongation and compression forces as large as +0.1 N were applied three times at
rate of 30 mm/min as preconditioning. Throughout the tests, the temperature was kept
at 22+1. Humidity was kept from 60 to 70% to prevent drying of the test pieces.

A cylindrical test piece was obtained using a circular surgical knife (8 mm in di-
ameter, 5-10 mm in length). Both ends of the cylindrical test piece were attached to
the two rubber plates using instant surgical glue.
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Fig.1 Preparation of a liver test piece

Testing instrument
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Fig.2 A liver test piece set on the testing instrument

3 Results

3.1 Effect of Compression on Mechanical Strength for Elongation

To evaluate influence of history of compression on the mechanical properties during
elongation test, we applied fixed compression force prior to the elongation test. Af-
terwards we measured force-displacement relationship during elongating the test
piece. The compression force was set at 1, 2, 5, 10, and 18 N respectively. The ob-
tained relationship between applied force and displacement is shown in Figure 3. The
upper panel shows the relationship between strain and force for compression experi-
ments. The lower panel shows those for elongation tests. When the applied compres-
sion forces were larger than 5 N, change in the relationship was observed. There was
leakage of interstitial fluid under these conditions. When the applied compression
fore was 15N, irreversible destruction of liver tissue was observed. When the applied
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compression force was less than 1 N, there were no significant differences between
the obtained force-displacement curves under elongation.

Force(N)

> 20 40 60 80

strain(%)
(a) Compression
025

10N
0.2 AN

113

0.1

Force(N)

103

-1.03

strain(%)
(b) Elongation

Fig. 3. Influence of compression force on mechanical properties during elongation. Compres-
sion force ranging from 1 to 18 N was applied to the test pieces. Relationship between applied
force and displacement was evaluated under elongation on the same test piece after initial
compression with forces ranging from 1-18N. In case of application of 18N, the test piece was

destroyed at approximately 15 N before reaching the maximum of the programmed compres-
sion force.
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3.2 Stress and Strain Relationship Measurement

Figure 4 summarizes results of elongation and compression tests for 15 test pieces.
The average relationship between strain and stress is illustrated. Elongation and com-
pression velocity was set as 10mm/min. The length of test pieces was 5 +1mm. The
diameter of the test piece was 7 mm. We tested 15 test pieces. Obtained average
stress and strain relationship is shown in Fig.4. Vertical axis denotes nominal stress
obtained using the initial cross sectional area of the test piece. The data showed non-
linear relationship between stress and strain in liver tissue samples. In small strain
range (less than 10 %), reproducibility of the measured stress is good while the stan-
dard deviation of the measured stress among the test pieces were large.
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Fig. 4. Relationship between nominal stress and strain of liver test pieces

The average value of 15 measurements is shown. Error bar stands for standard devia-
tion among 15 different test pieces.

3.3 Heterogeneity of Mechanical Properties in Liver Tissue

Test pieces were collected from visceral side, diaphragmatic side, and edge part of
the liver. as shown in Figure 4. These portions have relatively homogeneous struc-
tures. The length of the test pieces was 10 =1 mm. The locations of sampling points
in liver tissue and measured average specific gravity of test pieces at each point are
shown in Figure 5. Their mechanical properties were measured at leading speed of 10
mm/min. The strain-stress results are shown in Figure 6, where vertical axis denotes
nominal stress obtained using the initial cross sectional area of the test piece. Liver
tissue at visceral side showed slightly softer properties under elongation compared
with the other test pieces. The size of hepatic lobule was larger than those in the other
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sides. It is considered that macroscopic stress-strain relationship is affected by these
differences in microscopic structure of liver tissue. These results imply that heteroge-
neity of mechanical properties in liver tissue should be taken into consideration for
accurate simulation of organ deformation.

Specific gravity of test samples

diaphragmatic side 1.095(g/cm’)
viscereal side 1.105(g/cm’)
Edge part 1.061(g/cm’)

A4 ¥
. :

Fig. 5. Location of test piece harvest and specific gravity of the test pieces

3.4 Measurement of Visco-Elastic Properties with Stress Relaxation Tests

To identify visco-elastic properties of liver, stress relaxation tests ware conducted on
the liver test pieces. The diameter of the test piece was 7 mm and its length was 5
mm.

Initially, 40 % compressive displacement was applied to the test pieces at different
displacement rate (1, 2, 10, 20, and 50 mm/min) respectively. Test with displacement
rate of 1 mm/min was conducted first, and test with displacement rate of 50 mm/min
was conducted last. Change in applied force at fixed displacement was continuously
monitored after the onset of force application.

The results are shown in Figure 7. The magnitude of observed force was highly
dependent on displacement rate. With displacement rate of 50 mm/min, the maximum
observed force was less than 0.35N. At 300 sec after the onset of force application,
the observed forces approached to the value of 0.01-0.015 N in all cases.

Figure 8 shows the relaxation of elongation force under change during elongation
of liver tissue samples. Initially, 20 % elongation applied to the test pieces at different
displacement rate (1, 2, 10, 20, and 50mm/min respectively). Test with displacement
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rate of 1 mm/min was conducted first, and test with displacement rate of 50 mm/min
was conducted last. The maximum observed force was approximately 0.03 N with
displacement rate of 50 mm/min,, while that with Imm/min was 0.025N. Several
hundreds sec after the onset of force application, the observed forces approached to
the value of 0.01 to 0.015 N in all cases.
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Fig. 6. Relationship between nominal stress — strain of the liver samples taken from different
part of the liver
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Fig. 8. Relaxation of elongation force under 20 % elongation at different displacement rate

Similar results were obtained both in compression and elongation tests. These re-
sults imply that displacement rate should be taken into consideration in developing
deformable model of liver.

4 Discussion

Ishihara et al. [1]measured mechanical properties of liver using a sheet specimen
under elongation. In their method, mechanical stress is applied at the interface be-
tween the sample and mechanical chuck of the testing instrument. They measured
change in distance between two marker points at the central area free from the above
mentioned device related mechanical stress. There is still ambiguity in determining
the natural distance under no load condition.

Miller and Chinzei[6] used surgical glue to fix the brain sample on the plate and
conducted stretch test of the brain tissue. The proposed method is similar to their
method. One of the advantages of this holding method is simplified boundary condi-
tion at the interface between test pieces and mechanical chuck of the instrument.The
advantages of the proposed testing method are as follows:

1. It can conduct both compression and elongation test continuously on the same test
pieces. Thus we can estimate the origin of stress-strain curve accurately.

2. Since cylindrical test piece was attached on the rubber plate, the mechanical
boundary condition is relatively simple [6].
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In actual deformation of liver during surgical intervention, the tissue is subject
both to compression and elongation. Identification of mechanical properties in the
range where mechanical force changes from compression to elongation is important.
For this purpose, the proposed method will provide valuable information. Preliminary
results showed that the compression of the test pieces with less than 1 N did not cause
any change in mechanical properties of the test piece under elongation. Thus the
proposed method is effective in analyzing the stress-strain relationship in the transient
range from compression to elongation.

The result also showed the existence of heterogeneity of mechanical properties
among liver tissue even for relatively homogeneous portion in the liver tissue.

Visco-elastic property was investigated in compression test of the liver. Viscous
force was three times larger than elastic force when 50 mm/min displacement rate
was applied. It implies that constitutive equation of liver tissue should take the visco-
elastic properties into consideration for finite element analysis of liver deformation.
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Abstract. Soft tissue artefact is the most invalidating source of error in human
motion analysis. This error is caused by the erroneous assumption that markers
on the skin surface are rigidly connected to the underlying bone. Several meth-
ods have been proposed in the literature to compensate for this spurious effect
by mathematical modelling of the interposed soft tissues. Validation of these
methods has been performed only on simulated data or on a small sample of
data acquired from subjects mounting devices which limit skin motion. In the
present study, the performance of one of the most recent compensation methods
was evaluated using experimental data acquired combining stereophotogram-
metry and 3D video-fluoroscopy. The effectiveness of the compensation
method was found strongly dependent on the modelling form assumed for the
motion of the markers in the bone frame. Even when the compensation pro-
duced a significant advantage in the evaluation of bone orientation, the estima-
tion of position was critical.

1 Introduction

The description of human joint kinematics during activities of daily living is the main
aim of human motion analysis. Stereophotogrammetry allows the reconstruction of
the trajectories of markers attached to the skin surface of the body segments to be ana-
lysed. These trajectories are used to calculate the pose of the underlying bony seg-
ments, with the erroneous assumption that markers and bony segments are rigidly
connected. It is well known that markers on the surface of the body move signifi-
cantly with respect to the underlying bones because of the interposition of soft tissues
[1]. This interposition is the origin of two different sources of error: anatomical land-
marks mislocation and Soft Tissue Artefact (STA). The latter has been recently rec-
ognized to be the major source of error in human motion analysis [2]. It is caused by
the relative movement between the markers, necessarily attached on the skin, and the
underlying bones, and it is therefore associated to the specific marker-set and experi-
mental protocol adopted. Inertial effects, skin deformation and sliding, gravity and
muscle contraction contribute to this phenomenon. This artefact has a frequency con-
tent similar to that of bone movement in space and it is therefore not possible to dis-
tinguish between this latter and STA by means of any filtering technique.

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 293-301, 2003.
© Springer-Verlag Berlin Heidelberg 2003
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Because of the relevance of this source of error in human motion analysis, several
compensation methods have been suggested in the literature in order to model and to
try to compensate STA. Cappello et al. [3] have described a method designed to re-
duce errors associated with non-rigid segment movement. This technique overcomes
the previous constraint of rigidity between the marker cluster and the underlying bone
and advises a double calibration of the anatomical landmarks, at the two extremes of
the expected range of motion. Lu and O’Connor [4] expand the rigid-body model ap-
proach. Rather than seeking optimal rigid body transformation on each segment indi-
vidually, they imposed model-based constraints to the joints connecting each couple
of body segments. Lucchetti et al. [5] take an entirely different approach, using ad-
hoc movements to characterize the artefact and to determine the correlation between
flexion-extension angles and skin marker trajectories. Andriacchi et al. [6] described a
Point Cluster Technique (PCT), which employs an overabundance of markers placed
on each segment and an optimal weighting to minimize the effects of skin motion. A
more recent paper by the same authors [7] illustrated a further extension of this
method, the Interval Deformation Technique (IDT), including equations assumed to
describe soft tissue deformation. This recent method was tested simply on simulated
data, biased by the fact that generated deformation is of the same functional form as
the model used for its compensation, and on one subject mounting an Ilizarov external
fixator, which limits skin motion.

The purpose of the present study was to assess the performance of the proposed
IDT on experimental position data obtained from the combination of stereophoto-
grammetry and 3D video-fluoroscopy. This test allows for the assessment of the tech-
nique in real conditions, without any restriction to skin motion, and with the knowl-
edge of the reference motion of the underlying bone.

2 Materials and Methods

2.1 Subjects

Two female subjects, who underwent total knee replacement, were analysed. The sub-
jects were clinically successful arthroplasty and gave informed consent to participate
in this study. The age, height, weight, Body Mass Index, and follow-up of subject #1
and #2 were 67 and 64 years, 155 and 164 cm, 58 and 60 Kg, 24 and 22, and 18 and
25 months, respectively.

2.2 Set-Up and Methodology

The subjects were contemporary analysed with stereophotogrammetry and video-
fluoroscopy.

In order to assess the amount of STA on the lateral aspect of the thigh, a cluster of
many reflecting skin markers was stuck on this segment. The clusters were 4-5 cm
spaced grids of markers with a diameter of 0.6 cm. Nineteen and twenty-five markers
were uniformly attached laterally on the skin of the thigh of subject #1 and #2, respec-
tively (Fig. 1).
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()

Fig. 1. Grid of markers evenly distributed on the lateral surface of the thigh.

Further five specialized reflecting and radiopaque markers, therefore visible to
both systems, with a diameter of 12 mm were used. Four of these were placed on a
plane parallel to the image plane of the fluoroscope for spatial registration of the two
measurements. The fifth specialized reflecting and radiopaque marker was attached
on the skin in correspondence of the patella for temporal synchronization.

A static up-right posture was acquired. The position of 6 anatomical landmarks
(right and left anterior iliac spines, mid-point between right and left posterior iliac
spines, great trochanter, lateral and medial epicondyles) was calibrated with respect to
the relevant cluster of markers [8]. The two subjects were acquired during step
up/down with fluoroscopy and stereophotogrammetry simultaneously. Three repeti-
tions were collected.

The subjects performed each motor task with the knee under analysis inside the
fluoroscopic 32cm field of view.

Marker trajectories were collected at 50 frames per second by means of a stereo-
photogrammetric system with 5 TV cameras (Smart, e-Motion, Padova, Italy). The
stereophotogrammetric calibrated field of view was 1.5x 1.5 x 1 m.

2.3 Data Analysis

The accurate 3D pose of the prosthesis components was reconstructed by means of
single-plane lateral 2D fluoroscopic projections and relevant CAD models (Fig. 2).

FLUOROSCOPIC IMAGE

PROJECTION RAYS
FOCUS #

Fig. 2. Sketch of the model for fluoroscopic image generation process used to estimate compo-
nent 3D poses.
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Series of lateral images were acquired at the nominal frequency of 6 samples per
second with a standard fluoroscope (DRS, System 1694 D, General Electric CGR,
USA). The images were printed out on films and digitised by means of a scanner
(Scanmaster DX, Howtek, Hudson, NH, USA). Images of a 3D cage of plexiglas with
18 tantalum balls in known positions and of a rectangular grid of lead balls 10 mm
apart were collected in order to calculate respectively the position of the camera focus
and the parameters necessary for image distortion correction. This was obtained using
a global spatial warping technique [9]. An established technique for 3D kinematics
analysis of a known object from a single view was implemented [10]. Prosthesis
component poses in space, assumed to well represent position and orientation of the
bones, were obtained from each fluoroscopic image by an iterative procedure using a
technique based on CAD-model shape matching. Previous validation work [10]
showed that orientation and position in the sagittal plane can be estimated with an ac-
curacy better than 1 degree and 0.5 mm, respectively.

Spatial registration between the two measurement systems was obtained by defin-
ing a common absolute reference frame by means of the four radiopaque and reflect-
ing markers. The temporal synchronization was obtained by matching the fluoro-
scopic with the resampled stereophotogrammetric trajectories of the fifth specialized
marker. The matching was obtained by calculating the maximum cross correlation be-
tween the two trajectories considering the resampling frequency and the starting
frame as the parameters to be determined. Skin marker trajectories obtained from the
stereophotogrammetric system and the 3D poses of the prosthesis components ob-
tained from 3D fluoroscopy were then reported in the same absolute reference frame.

The possible misalignment of the prosthesis components with respect to the rele-
vant anatomical reference frame was taken into account. This misalignment was cal-
culated in the static up-right posture, considered as reference position, and the fluo-
roscopy-based 3D pose of the anatomical reference frame was calculated accordingly.

According to the Calibration Anatomical System Technique (CAST) proposed by
Cappozzo et al. [11], the kinematics of the thigh anatomical reference frame can be
reconstructed from the trajectories of the skin markers, once the position of the ana-
tomical landmarks relative to the corresponding technical reference frame is known
from a calibration procedure (Fig. 3). The technical reference frame is defined for
each segment at frame n from the position of its origin 0, (n) and its rotation matrix

R, (n), calculated from the trajectories of the corresponding markers in the global
reference frame.

The local coordinates AL, . of the anatomical landmarks in the technical reference

loc
frame are calculated from data acquired during the calibration trials. Then the global
coordinates are given by the equation:

AL, (n) =0, (n)+ R, (n)- AL (1)

loc

Thus, the kinematics of the anatomical reference frame in terms of its origin o, (n)

and rotation matrix R, (n) in the global frame, are:

0,()=0,(n)+R,(n)-o" @)
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R, (m)=R,(n)-R" 3)

Where o is the origin and R’ is the rotation matrix of the anatomical in the
technical reference frame.

Calibration

Pointer Technical Reference Frame

Anatomical Landmarks

Anatomical & Anatomical Reference Frame
\

Landmark
localization in the
technical reference frame

Globalisation of the'
coordinates in the

laboratory <« =@

Fig. 3. Schematic representation of the calibration and reconstruction in the global reference
frame of the position of the anatomical landmarks and of the relevant anatomical frame (dashed
axes), through the definition of the technical reference frame (solid bold axes), according to the
Calibrated Anatomical System Technique [11].

Five different methods were used for the definition of the technical reference frame
and for the following reconstruction of the kinematics of the thigh anatomical frame:

PCT:

As suggested by Andriacchi et al. [6], the technical frame associated to the cluster of
skin markers is defined by the eigen-vectors of the inertia tensor described by the ex-
pression:

n 2 2 n n (4)
2Py + (i) 1-m(n); X piy - piy - (—m(n);) 2 Pix Pig (-m(n);)
i=1 i=1 i=1

I(n) = gpi,x-p,-,ym—m(n),-) §[<pi,x>2+(p,-,z>2]-m<n>,~ gp,-,y~p,-,z-(—m<n>,->

S Doy Py - (cm(n);) S Py iz cmn)y) BP0+ (P2 mn),
i=1 i=1 i=1

Where p, is the trajectory of the i marker. The mass m, associated to each marker is es-
timated at each time instant 7 in order to isolate rigid body motion of the cluster.

Being e,(n), e,(n), and e, (n) the eigen-vectors of I(n) :
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R, (m)=le,(n) e,(n) e,(n)] Q)

o0, (n) is the centroid of the skin markers.
Having defined the kinematics of the technical frame according to this technique,
the kinematics of the anatomical frame is reconstructed, having determined og and

R in the static reference calibration condition.

Three different IDT compensations on PCT:
The change of position of the skin markers with respect of the underlying bone,
caused by the skin motion artefact, is taken into account. The technical reference
frame is defined according to the former PCT [6].

A compensation [7] is introduced, by minimising the cost function:

(6)

— 2

3N (L(l’ ]7”)_L(lﬁ ]9”))
o(i, j,n)

where L(i,j,n) is the position of marker i, at frame n, along direction j of the technical

frame, and ofi,j,n) is the individual standard deviation of the noise. The motion of the

markers in the technical frame was modelled as follows:

Lii,n) = EZ (W[R(i,n)— C gy (n)] 0

where i(i ,n) is the position of marker i at frame » in the anatomical reference frame,

C (n) and E ,(n) represent the position and orientation of the technical with respect to
the anatomical bone frame.

This compensation was applied to calculate the kinematics of the anatomical frame
by considering the (1) real Trajectories of the Markers in the Bone-embedded Frame
(TMBF). As this knowledge is not usually available, compensation was also per-
formed assuming a (2) cubic (IDT-3) and (3) gaussian modelling of the TMBF. The
parameters of the cubic and gaussian trajectories were obtained as the minimum
square approximation of TMBF, in order to evaluate the performance of the compen-
sation method in the best possible conditions.

Singular Value Decomposition (SVD):
The Singular Value Decomposition (SVD) method [12] was also used to calculate

o,(n) and R, (n). Then, o} and R’ were obtained from the static reference cali-
bration condition.

The position and orientation error of the bone-embedded frame estimated for each
of the five different methods with respect to the fluoroscopy based gold standard was
calculated. The mean and standard deviation of the error was evaluated over the six
trials of the two subjects. The relative orientation was expressed in terms of Euler an-
gles (¢, B 7, according to XYZ convention. In the bone-embedded frame, X is the
antero-posterior axis, Y is the longitudinal and Z is the medio-lateral.



Validation of the Interval Deformation Technique 299

Orientation error

0IIIQJ'}. Sl ]
T1 11 1

= § 0 I
l’ [ L
(4

Position error

[mm]

[deg]

0 afy oaBy oafy Xyz Xyz Xyz

PCT IDT-3 SVD PCT IDT-3 SVD

Fig. 4. Mean value * one standard deviation bar representation of the orientation and position
error of the bone frame estimated with PCT, IDT with cubic polynomial modelling of the mark-
ers trajectories (IDT-3), and CAST with SVD definition of the technical frame. Values are
reported for each method for the three angles (¢, B, 7 and directions (x, y, z) with respect to the
bone anatomical frame of the femur.

3 Results

The root mean square error of the cubic approximation of the TMBF was 3.6 mm,
whereas the gaussian was 4.5 mm.

The orientation and position error of the estimated bone frames as estimated by the
PCT, the IDT with cubic polynomial approximation and the CAST based on SVD es-
timation of the pose of the bone anatomical frame are reported in terms of mean value
+ one standard deviation of the error in Fig. 4. IDT-3 performed well and reduced sig-
nificantly the orientation error with respect to PCT and SVD, with a mean value in the
range of —0.2°+0.3° and a standard deviation within 2.2°. On the other hand, for
position error, IDT-3 showed small mean position errors but a large standard devia-
tion, up to 9.7 mm.

Results obtained from IDT with gaussian approximation and real marker trajecto-
ries were not reported in Figure 4. The gaussian approximation produced orientation
and position errors much larger than any other method, with magnitudes up to several
degrees and centimetres. On the other hand, the compensation based on real trajecto-
ries produced an accurate estimation of the bone frame, with negligible orientation
and position error.
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4 Discussion and Conclusions

IDT is the most recent method proposed in the literature to compensate for STA in
human motion analysis data. It features the modelling of the effect of the soft tissues
interposed between the markers and the underlying bones [7]. The compensation to
the PCT in the estimation of the pose of the bone anatomical frame is excellent when
the real trajectories of the markers in that frame are available, as it had already been
shown [7]. In the routine experimental practice, however, the knowledge of the
TMBEF is not given, and the problem can be faced only by means of modelling with
some degree of approximation. In this context, the IDT compensation appeared to be
extremely dependant on the modelling form adopted for the TMBF approximation, as
shown by the extremely different results obtained with the cubic and gaussian ap-
proximations, although the root mean square value errors of the trajectory approxima-
tion were comparable for the two methods. Moreover, the cubic approximation per-
formed was the best possible, and did not produce a significant increase in the bone
pose estimation accuracy, especially in terms of translations. Finally, it was observed
[13, 14, 15] that TMBEF are strongly subject and task specific, thus a generalized tra-
jectory approximation is extremely difficult without any further subject-specific trial.

In conclusion, the performance of IDT is strongly affected by the convention
adopted to represent TMBF. IDT does not introduce a significant improvement in
bone pose estimation, unless TMBF are accurately known, but this is unlike in routine
human motion analysis.
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Abstract. In this paper we introduce the extendible and cross-platform software
framework Julius. Julius combines both pre-operative planning and intra-
operative assistance within one single environment. In this paper we discuss
three aspects of Julius: the medical data processing, the visualization pipeline
and the interaction. Each aspect provides interfaces that allow to extend the ap-
plication with own algorithms and to build complex applications. We believe
that this approach facilitates the development of image guided navigation and
simulation procedures for computer-aided-surgery.

1 Introduction

Image-guided surgery becomes more and more indispensable these days. The vision
of reality is enhanced using information from CT, MR and other medical scans to help
the surgeon in his every-day work. Several software products are available, such as
specialized non-profit systems or commercial applications [1, 2]. We propose to de-
velop a general software framework for a complete medical processing-pipeline,
including data processing, visualization and navigation in pre-operative planning and
intra-operative guidance. It should be possible to use this framework as a test-
platform for research, providing a high-level visualization infra-structure as well as an
architecture with extendible interfaces for easy implementation of professional algo-
rithms, including rendering and simulation techniques. Our system also supports easy
integration of third-party software libraries for medical processing and rendering (e.g.
ITK and VTK) [3, 4].

The remainder of the paper is structured as follows: In section 2 we present the
software architecture of our framework that is the basis for our interaction and naviga-
tion model described in section 3. Section 4 gives an overview of some exemplar
software components for visualization and interaction that we have implemented with
Julius. Section 5 discusses the results of our work. Finally, section 6 gives a summery
and addresses future work.

2 Software Architecture
The general software framework Julius, together with its graphical user interface

(GUI) and many software components, was presented in [5]. In this paper we will

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 302-310, 2003.
© Springer-Verlag Berlin Heidelberg 2003



An Open Software Framework for Medical Applications 303

focus on the software architecture and components from the visualization and simula-
tion perspective — see Figure 1.

[ Object Communication System ]
Visualization Layer Data-Processing
View plug-ins K > Data plug-ins
Renderer plug-ins Controller plug-ins

Plug-in Model

Fig. 1. Overview of the core infra structure of Julius. The plug-in model is the basis for com-
ponent implementations, in particular for data processing and the visualization layer. The
communication system manages the co-operation between both.

The main part of our framework is the object-oriented JCore library, based on
Trolltech’s multi-platform application toolkit Qt [6]. The core library encapsulates
fundamental functionality required for an extendible medical processing pipeline. In
the following paragraph we present an overview of the core functionality while in the
second paragraph we discuss the visualization infrastructure.

2.1 Core Functionality

To achieve extendibility, modularity and scalability the JCore library features a plug-
in model that enables third-party developers to connect own software components to
the Julius framework at run-time — without recompiling the source code [7]. This
allows replacing existing plug-ins with more optimized or introducing dedicated im-
plementations. Available plug-in versions can be easily activated or deactivated, using
the plug-in configuration tool of the GUI. This facilitates the testing of new imple-
mentations.

The JCore library also addresses the communication between objects of the frame-
work and plug-ins that are currently activated. Our Julius object communication sys-
tem (JOCS) features message-based information exchange between distributed objects
in the framework. Complex communication protocols can be created by attaching
additional data to the message. JOCS supports different addressing modes to
minimize the number of potential listeners, i.e. direct, multicast and broadcast ad-
dressing. Therewith, developers have the possibility to implement efficient update
schemes, e.g. for rendering of dynamic data such as results of volume deformation
during simulation. JOCS also features posting of messages for safe communication in
a multi-threaded environment. This greatly simplifies the use of parallelism in multi-
processor architectures. Extending the communication system is simple because mes-
sages are represented by objects, derived from standard Julius classes.
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Data processing is a fundamental part of the JCore library. Our concept is based on
the separation between data representation and operations that process that data. By
utilizing this pattern we can efficiently build medical workflows.

e Data representation — Information for the medical processing pipeline is stored in
plug-ins, derived from the data plug-in base class. Example data plug-ins are vol-
umes, polygonal meshes and abstract objects like anatomical properties, finite ele-
ment nets or scene objects, like the camera. Different data plug-ins can be linked
together to build a complex and modular hierarchy, e.g. a 3D scene graph.

e Operations — Algorithms acting on the data or introducing new data are imple-
mented by the so-called controller plug-ins. Examples are import, export, segmen-
tation, registration and mesh generation.

Each time a controller creates or modifies data it automatically multicasts a data
modification message via the JOCS. The attached data of such a message contains bit-
flags, identifying the parts of the data plug-in that were modified by the controller.
Other objects that receive this message can efficiently update their internal state. This
leads to minimal memory transfer for local dynamics during simulation.

An example is the hardware-accelerated volume renderer (e.g. on SGI graphics
hardware) that does not need to upload the whole voxel data to texture memory, if just
a small sub-volume has been modified.

2.2 Visualization Infrastructure

An important infrastructure based on the core library of our software architecture is

the Julius visualization layer (JVL). The JVL is responsible for the visualization of

results produced by the data processing pipeline — see Figure 2. It introduces two
plug-in types:

e View plug-ins specify view ports to the current scene. A scene consists of several
data plug-ins encapsulating different data types. The view plug-in is linked to a Qt
widget in the user interface, which allows receiving user-input, such as key
strokes.

® Renderer plug-ins are responsible for the visualization of data plug-ins in a spe-
cific view. Their interfaces are very slim and they are not directly linked to the
GUI. However, renderer plug-ins have to handle data updates, resulting e.g. from
interaction and navigation.

Both visualization plug-in types are based on the context of a rendering library,
such as OpenGL or VTK. Julius also provides interfaces for extending the visualiza-
tion system with other rendering libraries. Different but compatible renderers can be
combined dynamically in the same view, resulting in a maximum of configurability
and flexibility, e.g. for rendering of a volume that is overlaid by a vector field.

The Active Mode

A view plug-in can be set to the so-called active mode: On each incoming data modi-
fication message, it automatically updates the rendering and creates new compatible
renderer plug-ins for the modified data, if necessary. Such a mechanism is useful
especially for displaying updates during interaction and temporary results from a long
data-processing pipeline. In addition, successive updates caused by the same manipu-
lation, e.g. interactive dragging of a control point during volume deformation, are
gathered before the scene is rendered. This avoids visualization of inconsistent results.
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Fig. 2. Visualization of interactive segmentation results using a threshold-based approach.

3 An Infra Structure for Interaction and Navigation

Another essential part for the development of simulation applications, besides data
processing and visualization, is our interaction layer. We have developed a general
plug-in infrastructure, based on the JCore library that facilitates the development of
interaction and navigation applications. We call this infrastructure DIR model. It is
based on three base plug-ins device, interactor and reactor.

Device

The device plug-in represents input hardware. Examples are mouse, haptic interface
and optical tracking. Each device plug-in communicates with the underlying input
hardware and stores the information received from the device tool, like transformation
(i.e. position and orientation) and button states. Each input device is associated with a
list of geometric data plug-ins that are under control of the corresponding device. An
example is a polygonal mesh data plug-in, representing a surgical instrument that is
navigated through the surgical scene. Note that exploiting the concept of the associ-
ated list of data plug-ins allows to manipulate multiple objects with one single input
device.

Interactor

The interactor plug-in can be seen as the central of the DIR model and coordinates the
complete interaction process. The interactor is triggered by a simulation timer and
works on the active input device plug-ins. Its task is to transform the associated data
plug-ins using the information read from the input devices. The interactor supports
two modes of transformation, absolute and relative. In the absolute mode the position
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and orientation values from the input device are directly copied to the associated data
plug-ins. This assures best accuracy and performance. In the relative mode each trans-
formation is computed relatively to the position and orientation values from the last
time step. This mechanism allows to manipulate one single object with multiple input
devices at the same time, which can be useful e.g. for manual or semi-automatic regis-
tration operations. On each step of the simulation process the interactor sends two
types of messages: First, an interaction message is invoked after the transformation
data from the input device has been read, but not applied yet. Second, a reaction mes-
sage is sent when all position and orientation updates of the data plug-ins have been
successfully processed. This message protocol allows easy extension of the interactor
plug-in.

Reactor

Finally, the last plug-in type of the DIR model is the reactor plug-in. Reactors imple-
ment specific interactive applications just by connecting them to the message inter-
face of the interactor. Typically, a reactor implementation executes one or more con-
troller plug-ins on each incoming interaction/reaction message, resulting in a
manipulation of the objects in the current scene. Examples are collision detection and
response, force feedback object exploration and object deformation. More detailed
examples can be found in the section 4.2 of this paper.

4 Exemplar Plug-Ins

In the following part we will present examples of software components that we have
integrated into the Julius framework. First, we will focus on plug-ins for medical
visualization. In the second part we will describe exemplar components that imple-
ment basic interactive operations, based on the DIR model presented in the previous
section.

4.1 Plug-Ins for Visualization

The 3D view plug-in supports OpenGL and VTK-based renderer plug-ins of polygo-
nal and volumetric datasets. The view plug-in may be seen as a container for the ren-
derer plug-ins (see 2.2). Different renderer plug-ins can be used stand-alone or in
combination with others to visualize data plug-ins: Polygonal data — A standard ren-
derer plug-in for VTK-based polygonal mesh data objects. Volumetric data — A soft-
ware-based solution using the ray-casting approach is available for high-quality im-
ages as well as a hardware accelerated implementation for interactive visualization via
the 2D or 3D texture mapping technique. Cut planes — A renderer plug-in for visuali-
zation of free-oriented cutting planes through a polygonal mesh or volumetric dataset.
There are two implementations available, one for software- and one for hardware-
based rendering.

Primarily, we use the 3D view plug-in (with various configurations of renderer
plug-ins) for execution of long controller sequences, as required during complex
medical procedures. The co-operation between the Julius data-processing and the
visualization layer provides visual feedback and interfaces for data manipulation in
each step of that sequence.
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Another view plug-in is responsible for slice visualization (see Figure 3), which is
fundamental for most medical applications. It supports OpenGL and VTK-based
renderer plug-ins showing a planar cut through a volumetric dataset or polygonal
mesh similar to the cut-planes for the 3D view plug-in. The slice is represented by a
data plug-in that can be shared among different views. By changing the position or
orientation of the plane, e.g. via a slider in the GUI, the corresponding cut plane
moves synchronously in all related 2D and 3D views. Additionally, the slice view
offers interfaces to connect blending plug-ins for the composition of multiple slice
images for visualization. This feature is useful particularly for semi-automatic regis-
tration.

Fig 3. Screen shot with mixed renderer plug-ins for visualization. The 3D view shows overlaid
transparent polygon meshes, while the slices display a composition of cuts through the original
volume and the corresponding polygon dataset.

All view plug-ins can be linked together by setting the same input data for their
renderer plug-ins. Transformations and deformations in one view will cause automatic
update in all other views.

4.2 Plug-Ins for Interaction

One interactive application that we have integrated into the Julius software framework
is the so-called operation central. This application is based on the DIR model and can
be configured in a simple graphical user interface. The user has the possibility to
setup the following application parameters: Input device — Specifies the DIR input
device that has to be used for the operation, e.g. mouse, haptic interface. Operation
type — Specifies the DIR reactor. This parameter determines the type of the interactive
procedure, e.g. object deformation. Tool object — Specifies the tool that is controlled
by the input device. This object can represent a surgical instrument, like a scalpel.
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Fig 4. Screenshot, showing an exemplar interactive polygon cutting procedure, implemented
with the DIR model. The femur bone was cut and separated into two individual pieces. A cy-
lindrical instrument is used for drilling holes in the object.

We have implemented two exemplar operation types based on polygonal surface
meshes:

e Polygon cutting — This procedure is implemented with a DIR reactor and two
controller plug-ins. Both controller plug-ins are iteratively executed on each in-
coming reaction message, if an input device button is pressed. The first controller
encapsulates a VTK-based algorithm for boolean operations on polygonal meshes,
used for subtracting the tool object from the target object. The second controller
separates the cut object into individual regions that were disconnected in the first
step. Figure 4 shows a screenshot of this procedure.

e Object exploration — The object exploration is also implemented with a DIR reac-
tor and is based on the collision detection algorithm of the Proximity Query Pack-
age (PQP library) [8]. On every collision between an object in the scene and the
currently selected tool in the operation central, the reactor computes response
forces that are encapsulated in JOCS messages. Therewith, force feedback devices
that receive this message have the possibility to react and pass this information to
the haptic hardware. By pressing an input device button, objects can be grabbed
and transformed in the scene.

5 Results

We have developed the JuliusLight sample application based on our software frame-
work. As described before, the framework can easily be extended and tailored to
specific applications in the medical field by supporting a broad range of plug-in types
that can be added to the application at run-time. The intention of JuliusLight is to
show the versatility and flexibility of this framework.

The JuliusLight sample application (see Figure 5) is dedicated to segmentation and
measurement but can easily be extended with simulation algorithms based on previ-
ous segmentation results. Accessing per-voxel attributes is simple: As a general rule,
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volumetric datasets that have been loaded are never modified, instead, all data that is
generated during segmentation is stored in a separate labeled volume (also referred as
the segmented volume), which has the same dimensions and position as the loaded
dataset. With this concept, each voxel in the dataset has an unambiguous assignment
to a freely definable structure (including biomechanical parameters) that is in turn
represented by the appropriate label.

Both the original and the label volumes can be visualized simultaneously, being in
the same location in space, to show which voxels of the dataset belong to which en-
tity. In the slice views, the labels are always translucent in order to show the underly-
ing data. Furthermore, by adjusting the opacity of each segmented entity, the spatial
alignment of the structures can be studied in the 3D view.

The described functionality is encapsulated in plug-ins that were independently de-
veloped from the rest of the framework. This gives a good impression about the as-
pects of a medical pipeline that can be extended using the Julius software framework.
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Fig. 5. Brain segmentation results in Julius. The picture shows free oriented slice planes
through the volume. Visualization was done using 3D texture mapping functionality.

6 Conclusions

With Julius we have developed a general and flexible software framework for medical
applications. The crucial elements of this framework are the cross-platform portabil-
ity, modularity and application-driven configurability. The plug-in model, the data-
processing concept and the visualization layer make Julius easily extendible with new
algorithms and rendering techniques especially in the context of visualization and
simulation. Our communication system is used to efficiently coordinate medical proc-
essing and the rendering components, especially during interaction and navigation.
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Therefore, using Julius as a platform for rapid application development benefits to the
end-user and the scientific developer.

The DIR model allows easy development and extension of navigation and simula-
tion applications. New input hardware can be easily integrated via device plug-ins.
Using the message interface and reactor plug-ins facilitates the incorporation of inter-
active operations. Additionally, optimizations and features of the interactor plug-in
have a global impact on the whole interaction system. One example that we plan to
implement is Kalman filtering for the transformation data, received from the input
devices. Another example is the adaptive control of the simulation time step, based on
the current system workload and the desired simulation accuracy [9].

Our framework is in daily-use and acts as a base for other research. We plan to in-
tegrate additional rendering libraries, including scene-graph support (e.g. via OpenSG
[10]). The JCore library will provide interfaces for distributed communication, visu-
alization and data-processing.

Julius has been made public available under a non-commercial license at
http://www julius.caesar.de.
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Abstract. This paper presents a method to artificially re-create haptic
feedback while moving and sliding an arbitrary virtual tool against a
virtual deformable body with nonlinear elastic properties. The compu-
tation of the response in such general cases is a task which does not yet
admit computational solutions suitable for realtime implementation. To
address this, we describe an approach based on the bookkeeping of force-
deflections curves stored at the nodes of a triangulated body surface. For
realism, normal and lateral deformations at each node are represented in
a range of deflection distances. The response everywhere is synthesized
via area interpolation of response curves stored at the nodes of the mesh.
The mathematical continuity of the synthetic response is the result of
both local coordinates interpolation and of response function interpola-
tion, which previous methods did not account for. This guarantees the
absence of haptic ‘clicks’ and ‘pops’ which are unacceptable artifacts in
high fidelity simulations. Sliding contacts are also considered.

1 Introduction

A haptic display is capable of re-creating artificially the forces that simulate the
interaction of a tool with a deformable body. This capability can be used for
various applications such as in training for surgical tasks performed with a tool.

The computational engine of a haptic display, namely the haptic engine,
should be able to provide these forces in real time. The construction of a haptic
engine that can simulate the continuous mechanics of the contact between a
tool and a nonlinear deformable body in realtime is a daunting task. Instead,
we introduce a pre-calculation approach. It relies on the offline determination
of force-deflection curves at the nodes of a triangulated body surface mesh for
a range of deflection in a pre-processing step. Online, forces are calculated at
arbitrary locations via area interpolation.

The pre-calculation method approach can be viewed as a systems approach.
Contact forces are the outputs of a multi-input multi-output system. The inputs
are the position and the orientation of the tool tip, and the internal variables
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represent the position of the contact point. The behavior of the system is repre-
sented by a construction of piecewise polynomial curves designed to approximate
the behavior of an actual deformed body. The coefficients of these polynomials
are the system parameters. The systems formulation allows us ensure two proper-
ties for the simulation which are also properties of the original physical system,
namely, continuity and passivity [15/14]. Continuity is provided by the inter-
polation of the coordinates defined at the surface of virtual body and by the
interpolation of the response functions.

The identification of the system parameters is done offline. It is performed
by fitting the outputs of the system to actual contact forces obtained through
measurement or via accurate offline simulation. The parameters can be stored in
standard data file format since at any given time, only a small number of them
is needed for simulation.

Section 2l reviews previous work. Section B describes a mathematical frame-
work to calculate normal and lateral forces. Section [ explains how the pre-
calculated responses can be constructed from actual or accurate forces at a set
of test points. Section [ evaluates the interpolation approach through a simple
implementation. Section Bl concludes the paper.

2 Related Work

Various techniques were proposed to make the haptic simulation of contact in-
teraction possible. We divide them into two groups.

2.1 Pre-calculation Methods

Cotin et al., James and Pai, and Bro-Nielsen introduced the pre-calculation
method [4I11/12[16]. Linear models, obtained either from the finite element
method or from the boundary element method, represent the deformation of
a body. A set of algebraic linear relations among the nodal quantities at the free
boundary are then derived [12]. The deformation responses given by unit forces
(or tractions) applied to each node of the free boundary are calculated during
a preprocessing phase. The nodal forces in the contact region are calculated in
advance from a reduced-order linear system that directly relates the nodal dis-
placements to forces. A small linear system is derived from the displacement
responses at runtime. The deformation response of the boundary due to a dis-
placement constraint imposed by the user is calculated as the superposition of
responses of each nodal force in a preset contact region.

Delingette et al. as well as Astley and Hayward used pre-calculation tech-
niques to compute the contact between a part of a body (peripheral to the
interaction point) and the rest of the body in a hybrid body structure [7J3].

Pre-calculation methods are very effective for reducing the computation time
of deformation. However, they are applicable only to linear elastic bodies and
small displacements. Due to discretization, even for linear elastic deformation,
accurate computation of the force deflection response requires a large number
of elements to represent a body well. In the contact region, this number can be
arbitrarily large, and hence can yield a prohibitively large computational load.
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In contrast, the approach introduced in this paper is capable of handling non-
linear deformation (arising either from large deformation or from nonlinear elas-
ticity) due to massive pre-computation of the forces responses in a pre-processing
step. Moreover, the pre-computation burden can be reduced by computing forces
for a mesh structure coarser than the mesh structure used during the simulation.

2.2 Time Integration Multi-resolution Methods

High order dynamic deformation models represent the deformation of the body.
Explicit or semi-explicit time integration are used to solve these models efficiently
in realtime. Multi-resolution calculations in space and time are used to refine the
calculation in regions of interest.

Astley and Hayward proposed multi-layer finite element mesh for model-
ing deformation of a viscoelastic body [2]. Multi-rate integration could be used
to compute the model. Zhang and Canny used the explicit time integration
method for haptic rendering of large deformation [I8]. D’Aulignac et al. used
implicit integration in a particle-based method [5]. Wu et al. used explicit inte-
gration and adaptive meshing for simulating large deformations of non-Hookean
materials [I7]. Debunne et al. used adaptive multi-rate integration with multi-
spatial resolution for simulating tool contact with viscoelastic materials. These
approaches essentially simplify either the finite element method or the contact
problem to make high rate computation of forces possible [6].

3 System for Tool Contact Simulation

Figure [0 defines a haptic engine system for a single tool. The inputs to the
system are !, 22, 23, the position components of the virtual tool tip (or the end
effector of the device) and 0!, 62,6 the orientation components of the tool tip.
The internal variables of the system are the position components ¢!, ¢?, ¢® of
a contact point c¢. Output forces and torques are functions both of the inputs
and of the internal variables. This representation of the haptic engine system
assumes a quasi-static contact. It also assumes that the contact area between

the tool and the body always contains the tool tip.
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Fig. 1. Haptic engine.

In the following, we describe the calculation of output forces for a haptic
engine. A similar approach can be used for the calculation of output torques.
We ignore the dependency of contact forces on tool orientation. It could be
included following exactly the same approach.
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3.1 Normal Contact

The haptic engine receives z(t), the position of tip of a virtual tool. The contact
point ¢ represents the position of the initial contact of the tool on the surface of
the deformable body at rest. The deflection vector at point ¢ is 6 = = — ¢, see
Figure [ and caption.

. c
c=x(1) 9

x(1)

Fig. 2. (a) A tool initially contacts a body at point c. (b) With penetration, a contact
surface is formed (shown as a circle). The known tool tip position z gives an approx-
imation for the position of this surface. The deflection § at point ¢, a point of initial
contact on the surface of an undeformed object (in black outline), is found from the
difference between the position of the contact surface and c. When the object deforms
(in black outline), a force response is produced.

Nodes distributed on the surface of the body can be organized in a triangu-
lation used to represent the geometry of the body at rest as a set of triangular
elements. With the force response pre-calculation approach, the need to deter-
mine the nodal displacements online is eliminated.

Response of a Deformable Body. The force response to contact at each
node [ of element m is represented in local coordinates. Each node is labeled
Z1.m. The unit vectors uim and uzm with origin at z;,, are such that §;,, =
FmUim + U] 0] s as shown in Figure Bh. The quantities f7,,(.) and f/,,(.)
are the components of the force responses as in Figure Bb. The responses can be
derived from actual force responses (pre-calculated or pre-measured with suitable
approximations [14]) using piecewise polynomial interpolation. Given z; ,,, and
x, the force response at node [ of element m is:

a b fl?m ((slz,m) flfm (6lr,m)

Z
Ml,m
X
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Z l,m
6l,m
e
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_ ve r
c=X , 6l,m 6l,m

Fig. 3. (a) Deflection in local coordinates. (b) Response vector components.
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Interpolated Response. When c is inside an element m, coordinates are de-
fined at point ¢ with a unit vector uZ found by interpolation of unit vectors at
each node.

The unit vector u/ is such that § = §ZuZ + d7u’ as in Figure[dl Call ng,(.)
the interpolation function for node [ of element m:

up= D () 4. (2)

1=1,2,3

Fig. 4. Local coordinates at ¢. The normal vector uZ points inside the body.

We use a common interpolation scheme used in computational methods for
continuous mechanics based on natural coordinates. Within one element of area
A, these coordinates are given by the areas A; ,,, of the triangles defined by the
contact point and the three vertices as in Figure [Bh,

A m(c
nym(c) = lALm() (3)
Note that the vector uZ is normally distinct from the vector normal to the surface
of the element.

A key property of the interpolation approach is to ensure continuity of co-
ordinate change over the surface of the body. Referring to Figure Eb, the force-
deflection response at ¢ is obtained from:

fe(8) = fE(62)ug + fe(60)uc, (4)

where fZ(.) and fI(.) are also interpolated from three pre-calculated force-
deflection responses:

F20 =37 mm(e) fim(), (5)

1=1,2,3

FEO =) mm(e) fln()-

1=1,2,3

The haptic engine outputs are now defined for any initial contact point and
tool tip position.



316 Mohsen Mahvash and Vincent Hayward

a

Fig. 5. (a) A point inside a triangle defines three areas labeled as indicated. (b) For
each triangular element m, the vertices are associated to uj,,,l = 1,2,3 and to two
responses f;,, and f;,,. Similarly, variations in the limiting coefficient of friction as a
function of penetration can be encoded over the surface of the body.

3.2 Sliding Contact

Sliding behavior is represented in terms of pre-sliding displacements [1(]]. During
sliding contact, ¢ moves over the body boundary. Let §; be the limiting sliding
deflection such that fI(07) = w(0Z)fZ(67), where u(.) is the limiting friction
coefficient given as function of normal penetration. The pre-sliding distance is
not to be confused with the pre-sliding observed with hard materials in contact,
which is measured in pm [I]. For soft materials, it can be large and depends
mostly on the material properties and on its support. Consider, for example, the
case of palpation. The skin can deform over large distances before slip occurs.
Applying Coulomb’s law is equivalent to assuming that p is invariant with the
contact surface, i.e., is independent from penetration.

In the pre-sliding model, sliding occurs when §” > §7 [10]. During sliding,
¢ moves over the body surface in such manner that 6" < 47 at all times. The
movement is in the direction of the projection of u/, over the element surface and
its magnitude is |47 — 67|, see Figure

Al

Ac =0, -8

Fig. 6. Vector u, is projected onto the element surface to define the direction of the
movement of c. If §; reaches 07, c slides by |6 — 95|
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4 Construction of the Pre-calculated Responses

The pre-calculated force-deflections f7,,(6%) and f/,, ("), as well as the friction
properties described by (%), can be interpolated by piecewise linear or polyno-
mial interpolators. The parameters of the interpolators are calculated such that
the outputs of the haptic system fit either the actual forces obtained by experi-
mental measurement or accurate forces generated by an offline simulator [149].

The location and number of testing points can differ from those of the surface
nodes used to represent a virtual body. For example, Figure[7] illustrates how a
mesh can be refined by obtaining the force response at a new node from pre-
calculated forces at three test points, using an interpolation approach similar to
the one of the last section. More generally, the number of the test points for a
body can be much smaller than the number of virtual body surface nodes used
for a simulation. This is useful when it is known that the change of force response
over the surface of a body is smoother than, for example, the change in visual
aspect or in the geometry of the body surface.

YRy Y,
Test Data MK % TNehw node / %
A b

Fig. 7. Force Deflection responses for a new node of a mesh of a body surface is obtained
by force-deflection responses of three test points using area interpolation.

5 Implementation

A simple haptic engine system was implemented to evaluate the performance of
the interpolation approach. The virtual environment comprised a tool interacting
with a deformable cylindrical virtual body made of about 500 patches. The local
responses at a node [ of element m were:

. O 57 <0
fl,m(6 )_ {100 klz,nz 622 0 < §? (6)

The vectors uj,,, at each mode were in the radial direction.
The test showed that coordinates interpolation, together with force-deflection
interpolation provided continuity for the responses. Conversely, eliminating one
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Fig. 8. Graphical user interface and device used in the tool contact simulation.

of the two interpolations caused a variety of artifacts, including unwanted tex-
tures or limit cycles resulting from lack of passivity during sliding motions. These
could be attributed to discontinuities in deflection or in the produced force at
the mesh edges. These unwanted artifacts were called haptic ‘clicks’ and ‘pops’
by analogy to the defects in sound production.

Figure Bl shows the user interface used in the test. The simulation program
consisted of two independent real-time threads running under RTLinux-3. One
thread provided for rendering the forces and the other for finding the active
element. The forces were generated by a PenCat/Pro™" haptic device (Immersion
Canada Inc.) which is “direct drive” and hence provides good fidelity because of
near absence of mechanical damping.

6 Conclusion

This paper described a pre-calculation solution for haptic simulation of con-
tact between a tool and a nonlinear deformable body. The approach relies on
pre-calculated forces responses known at nodes of the triangulated body surface
mesh. It calculates forces at arbitrary locations through interpolation of both
force responses and coordinates. According to the needs and the application,
piecewise linear or polynomial interpolators can be used to register normal and
lateral forces at each node at each direction for a range of deflection distances.
The pre-calculation responses can be derived from actual force responses re-
sulted from measurement or accurate offline simulations. The measurements or
simulations can be done only at a set of testing point located over the surface
of the body and the results are extended to many nodes of the body surface by
using area interpolation.

This approach could be generalized to cases that include damage and plas-
ticity by adding additional internal variables. The case of cutting, a special case
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of damage, was treated in [13]. The systems approach also allows us to study
stability of haptic interactions in a general way [15].
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Abstract. Stereotactic neurosurgery for Parkinson’s disease consists of
stimulating deep nuclei of the brain. Although target coordinates are
calculated with high precision on the pre-operative images, cerebrospinal
fluid (CSF) leakage during the procedure can lead to a brain deforma-
tion and cause potential error with respect to the surgical planning.
In this paper, we propose a patient-specific biomechanical model of the
brain able to recover the global deformation of the brain during this type
of neurosurgical procedure. Such a model could be used to update the
pre-operative planning and balance the mechanical effects of the intra-
operative brain shift.

1 Introduction

It is usually the case in neurosurgery that pre-operative planning is based on
the assumption that anatomical structures do not move between the image ac-
quisition time and the operation time. In reality, the position of brain tissues
changes during the operation and significantly decreases the accuracy of the
planning made on the pre-operative image. Two approaches have been proposed
to solve this problem. One uses intra-operative images (ultra-sound devices [7],
stereo-vision systems [8], open-configuration magnetic resonance scanners [3]) to
register the pre-operative images with the intra-operative ones. The second one
attempts to predict the brain deformation. This approach can be either based
on statistical models [2] or on biomechanical models [5].

The biomechanical approach we propose here is based on a finite element
model (FEM) of the brain. It takes into account the patient specificity and
anatomical cerebral structures to predict the brain deformation.
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2 Stereotactic Neurosurgery for Parkinson’s Disease

2.1 Overview of the Surgical Procedure

The Parkinson’s disease procedure consists of the deep implantation of electrodes
to stimulate the subthalamic nuclei in the brain. It recently renewed the interest
for functional stereotactic surgery.

This method uses a metallic non-magnetic
stereotactic frame visible on the different
imaging modalities (T1, T2, scanner) as a
geometrical referential fixed on the patient’s
head. The frame serves as a guide for the
electrodes paths during the procedure. Af-
ter locating the target nuclei on pre-operative
images, the path of electrodes is planned
through the parenchyma, avoiding crossing
critical structures like sulci, blood vessels or
ventricles. We notice that no consensus quo Fig-1. Stereotactic operation at
has been reached yet in the definition of L@ Piti¢ Salpétriere hospital (cour-
these critical structures. The surgical proce- tesy of Medtronic Inc).
dure starts the day after the planning. The
surgeon first makes two holes in the skull for
accessing the two hemispheres but perform the electrodes implantation one after
the other. Because all images in this study come from a single surgeon, the hemi-
spheres are treated in the same order for every patient. After the dura mater
opening, the surrounding zone around the target nuclei is explored in a +5mm
zone around the pre-operative located position by five different electrodes testing
each position to determine the best stimulating location. However, depending on
the intervention duration (6 to 10 hours) and on the dura-mater opening size,
the CSF leakage induces a brain deformation which might compromise the lo-
calization of the targeted nucleus.

2.2 The Data

This study is based on the analysis of 7 cases of Parkinson’s disease treated
at La Pitié Salpétriere hospital in Paris. The images considered for this study
are T1 weighted MRIs (IR-FSPGR). The 7 cases are staggered over two years
between 1999 and 2001. All patients have been operated following the same
protocol: the pre-operative images and planning are performed the day before
the procedure while the procedure starts early in the morning, following the
previously described protocol, and in the same position. The post-operative MRI
images are acquired in the morning of the day after the procedure. The patient
is kept lying down until the post-operative image acquisition. (figure [2).
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pre-op post-op pre-op post-op

Fig. 2. Two cases extracted from the seven pre and post operative T1 weighted MRI
used for this study.
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Fig. 3. Overview of the proposed method.

3 Methods

The model we propose is based on a retrospective study of the deformation
measured on the 7 patients, rigidly registered on an atlas in a pre-treatment
stage (see [6] for the rigid registration algorithm. Figure B presents an overview
of the proposed method. The model creation can be decomposed in different
steps:

— brain segmentation
— patient pre to post-operative deformation generation

deformation analysis and characteristic features extraction
patient specific biomechanical model building
— model parameters optimisation
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Rigid -> non rigid registration

Measured deformation D(A->I)

Atlas MRI (A) MRI to segment (I)

D(A->I) M'*]

Atlas brain mask (M) Deformed mask (M") Segmented cortex

Fig. 4. Brain segmentation method.

3.1 Displacement Field Extraction from the Non-rigid Registration

Brain Parenchyma Segmentation. We developed a simple automatic method
based on the registration of a digital atlad] on the pre/post operative MRI. The
overall method is presented in figure @

To optimize the precision of the registration procedure, we split it into dif-
ferent stages, with increasing complexity, initializing each displacement field by
the previously computed one:

similarity [6] = affine [6]— free-form [I]

Finally, we used the final free-form displacement field obtained from the regis-
tration software to deform the brain mask.

Building an Average Displacement Field. In order to analyze the defor-
mations that occur in the brain, we compute the non rigid displacement field
between each pre and post-operative MRI from the 7 cases of Parkinsonians,
already rigidly registered in the atlas geometry. The average displacement field
is then built by averaging these 7 displacement fields (figure [H).

3.2 Characteristic Feature Extraction

Displacement Analysis. One can, from these first displacement fields gener-
ated, put forward different phenomena:

— assuming an horizontal position of the patient in the MRI scanner, we com-
puted the average displacement direction. This one is mostly aligned with
the gravity (average direction difference = 17°).

! http://splweb.bwh.harvard.edu:8000/pages/papers/atlas/



Patient-Specific Biomechanical Model of the Brain 325

Fig. 5. Average displacement field computed over the 7 cases, affine registered on the
atlas brain.

— we observed for almost every cases an important asymmetry in the dis-
placement field of the two hemispheres (also distinguishable on the pre and
post-operative MRIs, see figure [2)).

The metallic nature of the electrodes introduces very important artifacts
on the computed displacement fields, so that we cannot make any deformation
analysis on this area.

Deformation Analysis. Let @ denote the relationship which associates the
new position vector of a material point X to its rest position after transformation
in a fixed reference. U(X) is the displacement function.

B(X) = X + U(X).

We can then compute the image (figure [6) which represents the local volume
variation (defined by the ratio of the local volume variation by the initial vol-
ume):
a2 — df
df2y

This new image () revealed an incompressible behavior for the brain
parenchyma, with a compression rate comprised between +5% and -5%, ex-
cept in the electrode area where artifacts induced large unrealistic compression
rate values (over 15%).

= det(VP(X)) — 1 = det(Id + VU(X)) — 1

4 The Biomechanical Model

To build a physically-based deformable model, one must follow different steps.
After the generation of a tetrahedral mesh (ETl), we have to choose a biome-
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dR—d2g

Fig. 6. Local deformation rate: TN

Fig. 7. Final tetrahedral mesh of the brain.

chanical constitutive behavior law for the brain material, based on continuum
mechanics laws (BL2). The next step is boundary conditions determination, de-
pending on the observed behavior (£3]). Last step is the computation of the

solution (4.4)).

4.1 Mesh Generation

We use the masks of the brain presented in section[3.1]to generate the volumetric
mesh (figure [)) with the package GHS3D developped at INRIA Rocquencourﬂ.
This software minimizes the shape variability between all tetrahedra in the final
mesh. We limited the number of tetrahedra in the model to 8000, in order to
keep the computation time under two minutes. The proposed method allows us
to automatically create a patient-specific mesh of the cortex (figure [1).

2 http://www-rocql.inria.fr/gamma/index.html
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4.2 Material Parameters

We propose a model for brain tissue material which takes into account the ob-
servation made on the deformation:

1. We assume a brain tissue material almost incompressible, which is consistent
with the known mechanical properties of the brain parenchyma [4] and with
the deformation analysis made in section [3-11 We have thus fixed its Poisson
ratio to 0.45.

2. With no a-priori information about the brain tissue stiffness, we used the
Young Modulus measured in Karol Miller experiments (See [4] for more
details) E = 2000Pa. We can then compute the Lamé constants:

w =689 A =6200

3. In a first stage, we assumed an isotropic material, with linear elasticity be-
havior law. We wish to insist on the fact that this kind of behavior law does
not aim to model a dynamic behavior (like viscoelastic) but only the static
effects of an external loading.

4.3 Boundary Conditions

With respect to the displacement field obtained in section [l we propose a new
model including the brain anatomy and the mechanics of static fluids.

1. We consider that a Cerebro Spinal Fluid leak leads to an equivalent liquid
level in the skull. The brain part under this liquid level is then subject to
the fluid force applied on the brain surface and the gravity:

— The local volumetric force induced by gravity is:

FGravity - _/ Pgdv
Brain Volume

p is the mass density of the brain (~ 1Kg.dm~3)
g is the gravity vector (|g| = 9.81N.Kg™1)

— Considering no friction between the brain and the skull, the force of the
fluid applied o the brain is:

Friuia = // P dS = /// grad(Pgy) dV
Brain Surface Brain Volume

Py, is the pressure of fluid on the brain
The explicit pressure law in a fluid is given by:

Pry=pgh+ P

h is the distance to the liquid level
P, is the air pressure

Then: Fppia = /// pgdV
Brain Volume
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Therefore, if no friction exists between the brain and the skull, we can
consider that the resultant force applied to the part of the brain under
the liquid level is null.
2. The part of the brain which is over the liquid level is subject to gravity
only ( [ P, is balanced over the total surface of the emerged part). On each
tetrahedron’s vertex, we have then applied the force:

pgdVv
F = ZAdjacent Tetrahedron(* /// 4 )
Tetrahedron Volume

3. To take into account the asymmetry in the computed displacement field,
we propose to separate the hydraulic behavior of each hemisphere. This
hypothesis is based on the anatomy (the falx cerebri). It is also based on the
fact that during a this type of neuro-surgical procedure, the two hemispheres
are treated one after the other. We have then a different CSF liquid level for
each hemisphere leading to two different volumetric forces applied to each
hemisphere.

4. To balance the force moment due to the difference of forces between both
sides, we implicitly modeled the falx cerebri, allowing vertices belonging to
tetrahedron intersecting the mid-sagittal plane to slide along this plane.

5. Finally, we fixed vertices at the basis of occipital lobe (on 10 % of the total
height) since displacement analysis showed no displacement for this part of
the brain.

4.4 Numerical Solving of the Mechanical Problem

Once boundary conditions have been applied, we have to solve the linear system:

KIU=F [K] Stiffness matrix
U Displacement vector
F External force vector

We do not explicitly compute the stiffness matrix inverse [K]~!. Due to the
sparseness of [K], we precondition the [K]| matrix with incomplete Cholesky
method using tools of the Matrix Template Librar. The final solution is ob-
tained with the conjugate gradient method of the Iterative Template LibraryH.

5 Results

Matching Criterion. To estimate the quality of the prediction, we need to have
an error criterion sensitive not only to voxel-value error, but also to displacement
error over the brain. We propose to compute the sum of squared displacements
over the brain obtained by registering the predicted MRI with the post-operative
MRI:

% http://www.osl.iu.edu/research/mtl/
4 http://www.osl.iu.edu/research /itl
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FError = / / /
Brain Volume

where _ﬂ> is the measured displacement.

This criterion, more than a precise estimate of the real displacement error, is
used as an energy function we minimize to adjust our model’s parameters which
best correspond to the target post-operative image.

_)2
ﬁ‘.dV

Model Performance Evaluation. We performed our model tests in two
stages: first, we optimized an average CSF liquid level in the skull with respect to
our matching criterion (the optimum value is 18.5%), then we computed the two
different CSF liquid levels, initializing the two levels with the optimal average
one.

Difference pre / post-operative MRI ~ Difference predicted / post-operative MRI.

Fig. 8. Comparison of the difference images with and without prediction (patient with
the largest brain-shift).

Figure Rlpresents the absolute difference of pre and post-operative MRI com-
pared to the absolute difference of predicted and post-operative MRI. The pre-
dicted MRI have been computed with the two CSF liquid levels that minimize
the global error with the post operative MRI. We can verify that our model is
able to balance the brain shift phenomenon as well as the asymmetry. Never-
theless, the model does not seem to reduce the difference residue on the sulcus
area. This problem is, in our opinion, due to the homogeneous material model
proposed for the full brain and maybe also to displacement boundary conditions
imposed at the base of the occipital lobe.

The observation of the image difference allows us to evaluate the quality of
the biomechanical prediction:

— The model relates well to asymmetrical deformation.
— The gravity-induced deformation is quantitatively well modeled by the physi-
cally-based biomechanical model we propose.
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— As previously seen, the measured displacement is very disturbed in the elec-
trode area. We thus have no way to estimate the accuracy of the displacement
in this area.

— We observed a general error increase from the center of the brain to its
surface, which might originate from the incompressibility constraint.

— Finally, we can see on the sagittal view of the right block of figure Blthat the
predicted displacement in the pre-motor area of the frontal lobe is signifi-
cantly higher than the real one. We therefore propose to prevent the brain
to move too far in this direction by modeling the contact with the skull
in our model.

6 Discussion

This paper demonstrates the ability of a biomechanical model to predict gravity-
induced deformations of the brain. The model shows good results for the global
displacement and the asymmetrical effects for both brain surface and ventri-
cles. However it still has some weaknesses, especially for the displacement of
the frontal lobe. Actually, this displacement observation reveals that the brain
collides with the skull in the pre-motor area of the frontal lobe. We thus need to
improve our model with a brain/skull contact model.

Discussions with surgeons also revealed the leading role of physiological pa-
rameters on the mechanical behavior of the brain. Effects of the mannitol (a
drug administered to the patient during the surgery), could explain for instance
some of the errors measured on the brain surface. Thus drug effects might bal-
ance the mechanical incompressibility constraint. These kind of physiological
reaction need to be taken into account in future models.

Using a physics-based model seems to be well suited to explaining the real
deformations measured on pre-operative and post-operative MRIs. Although the
model cannot predict the entire deformation yet, we believe these are encourag-
ing preliminary results. Further work will include other anatomical structures to
simulate more complicated procedures. Combining anatomical and physiological
constraints will help understanding and simulating the brain deformation in the
future.

References

1. P. Cachier, E. Bardinet, D. Dormont, X. Pennec, and N. Ayache. Iconic Feature
Based Nonrigid Registration: The PASHA Algorithm. CVIU — Special Issue on
Nonrigid Registration, 2003. In Press.

2. C. Davatzikos, D. Shen, A. Mohamed, and S. Kyriacou. A framework for predictive
modeling of anatomical deformations. IEEE Trans. on Med. Imaging, 20(8):836—
843, 2001.

3. Matthieu Ferrant, Arya Nabavi, Benoit Macq, Black P.M., Ferenc A., Jolesz, Ron
Kikinis, and Simon K. Warfield. Serial registration of intraoperative mr images of
the brain. Medical Image Analysis, 6(4):337-360, 2002.



Patient-Specific Biomechanical Model of the Brain 331

. Miller K. Biomechanics of Brain for Computer Integrated Surgery. Warsaw Univer-
sity of Technology Publishing House, 2002.

. M. I. Miga, K. D. Paulsen, J. M. Lemry, F. E. Kennedy, S. D. Eisner, A. Hartov,
and D. W. Roberts. Model-updated image guidance: Initial clinical experience with
gravity-induced brain deformation. IEEE Trans. on Med. Imaging, 18(10):866-874,
1999.

. A. Roche, A. Guimond, N. Ayache, and J. Meunier. Multimodal Elastic Matching
of Brain Images. In Computer Vision - ECCV 2000, volume 1843 of LNCS, pages
511-527, Dublin, Irlande, June 2000. Springer Verlag.

. A. Roche, X. Pennec, G. Malandain, and N. Ayache. Rigid registration of 3D ul-
trasound with MR images: a new approach combining intensity and gradient infor-
mation. IEEE Transactions on Medical Imaging, 20(10):1038-1049, October 2001.
. Oskar Skrinjar, Arya Nabavi, and James Duncan. Model-driven brain shift com-
pensation. Medical Image Analysis, 6(4):361-374, 2002.



Volume Modeling of Myocard Deformation
with a Spring Mass System

Matthias B. Mohr!, Leonhard G. Bliimcke?, Gunnar Seemann',
Frank B. Sachse!, and Olaf Déosselt

! Institut fiir Biomedizinische Technik, Universitit Karlsruhe (TH), Germany
Matthias.Mohr@ibt.uni-karlsruhe.de,
2 med3D GmbH, Heidelberg, Germany

Abstract. The deformation of myocard takes a vital part in the pump-
ing function of the heart muscle. Knowledge of myocard anatomy and
physiology makes it possible to create models of cardiac behavior. These
models can be used for surgery planning, educational and research pur-
poses. Simulations can be performed, which are beyond the capability of
physical experiments. Volume models of myocard are necessary for real-
istic simulations. The deformation model presented in this work is based
on a mass spring system parameterized by a continuum mechanics defor-
mation model. Electrophysiology and excitation propagation of myocard
were simulated and the resulting force development was used as input
for the deformation models. Electromechanical coupled simulations with
simple myocard geometries were carried out to show the capability of
the deformation model in reconstruction of cardiac deformation.

1 Introduction

The heart’s pumping function is dependent on its contracting muscle cells.
Knowledge about muscle cells leads to a better understanding of functional and
pathological states of the heart. With computer aided simulations of the heart,
experiments with new treatments can be carried out and the results can be evalu-
ated. Simulations can also be utilized for preparing surgeries and for educational
purposes.

In this work an anatomical model of the heart is used as reference for the cre-
ation of myocard patches. Anatomical and physical properties are implemented,
e.g. fiber orientation and electrical conductivity . Models of cellular electrophysi-
ology and excitation propagation are linked with force development models. The
combination of models describing the electrophysiological properties of the heart
is base for the mechanical models (Fig. ). The force development is input for
the spring mass system to calculate the deformation. This paper describes the
basics of electrophysical and force development models. The paper focuses on
the creation of a three dimensional elastomechanic myocard model on the base
of a mass spring system and the deformation simulation.

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 332-[339 2003.
© Springer-Verlag Berlin Heidelberg 2003
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2 Modeling

Electrophysiological Modeling. A myocard cell consists of various cell com-
ponents. The membrane is the separator of intra- and extracellular space. Vari-
ous channels penetrate the membrane for ion transfer and metabolism purposes.
Passive ion channels as well as ion pumps and exchangers are found, e.g. for
calcium and potassium. An interconnectivity exists between single cells via gap
junctions. The ion concentrations inside and outside the cell result in a trans-
membrane voltage.

Models of the electrophysiology describes e.g. the state of ion channels and
concentration of ions by coupled nonlinear differential equations. Electrophysio-
logical cell models were first introduced by Hodgkin et al. [I].

In this work simulations were done with an extended cell model proposed by
Noble et al. [2]. The transmembrane potential and the ion concentration change
were calculated. Of special interest is the intracellular calcium concentration as
the parameter for the electromechanical coupling.

Ton currents through gap junctions and extracellular currents can result in
a propagation of excitation to neighboring cells. This phenomenon can be de-
scribed by the bidomain model [3]. Two domains are specified: One is the extra-
cellular and the other the intracellular space. A Poisson equation describes the
cellular potential for each domain. The equations define e.g. the stimulus current
for the adjoining cells.

Force Development. A myocyt consists of nucleus, mitochondria, myofibrils,
sarcoplasmatic reticulum, cytoskeleton and further components. The myofibrils
are composed of myofilaments formed by actin and myosin filaments.

The myofibrils are arranged in the sarcomere and responsible for mechanical
force development. The electromechanical coupling is dependent on the intracel-
lular calcium concentration [4]. Calcium initiates the sliding of actin and myosin
filaments under consumption of adenosine triphosphate (ATP) and therefore the
contraction.

Force development models describe e.g. the binding probabilities of calcium
to troponin, the state of tropomyosin and the state of the myofilaments actin
and myosin with the transition rates from force to none force generating states.
In this work force development was calculated by solving differential equations
describing the system [5)].

Elastomechanical Modeling. The mechanical properties of myocard, i.e.
strain-stress relationship taking anisotropy and isovolumetry into account, have
to be modeled. The calculation of deformation of myocard cells can be imple-
mented in two ways: As a continuum mechanical or as a mass spring system.
The continuum mechanical model describes the myocard with the equation of
motion of a continuous medium in the total Lagrangian formulation [6J7]. The
mass spring system applies pointwise discretization of the spatial domain. Both
models implement the anisotropy and isovolumetry of myocard. The spring mass
system was derived from Bourgouignon et al. [8].
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Fig.1. Overview of myocard deformation simulation. The solid line shows the simu-
lation with the continuum mechanical deformation model. The dashed line represents
the simulation with the mass spring system. The parameterization of spring constants
was performed by comparing the results of the two deformation models.

(a) (b) (c) (@ (e)

Fig. 2. A cubic voxel of biological tissue is modeled with masses and springs. Masses
are denoted as spheres at the corner of a voxel (a). Anisotropy is modeled with 3
springs, displayed as cylinders and are fixed to the center of the voxel. They describe
the fiber, sheet and the sheet normal orientation (b). Isovolumetry is modeled by 8
springs running from the center of the voxel to the corner masses (c). The classical
structural springs are displayed in (d) and the classical surface springs in (e).

This paper presents an extended mass spring system to simulate the defor-
mation of myocard. The spring constants were parameterized by comparison of
deformation simulations with the continuum model.

3 Mass Spring Model

A given geometry was represented by cubic voxels, which are modeled by masses
and springs. For simplicity only one cubic voxel is described (Fig. [2).

Masses. The mass of a voxel is split evenly into eight parts, which are as-
signed to voxels’ vertices (Fig. . Adjoining voxels contribute to the mass by
summation.

Anisotropy. The first set of three springs denote the fiber, the sheet and sheet
normal direction (Fig.[2(b)). Their intersection points with the voxel planes xp
(Fig. [B) are calculated with the bilinear form function:

xp=Mxa+(1-nxp+(1-¢)(1-nxc+{(1-n)xp
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Fig. 3. Myocard voxel with 8 corner masses. The directions of fiber, sheet and sheet
normal are set up at the barycenter and intersect the voxel planes (a). The position
of an intersection P is described by bilinear form factors ¢ and 7. As an example the
front plane of the voxel is extracted (b).

Here, xa, xB, xc and xp denote the vectors describing the position of corner
masses of the given voxel and ¢ and n the form factors. The force fp acting on
an intersection point is distributed to the neighboring masses by the following
equations:

fa = (nfp, f8 = (1 - () nfp,
fc=01-¢Q—-n)fp, fo=C(1—n)fp. (1)

The forces fa, fg, fc and fp are forces distributed to the corner masses (Fig. B).

Angular Springs. The angles between anisotropic springs are kept nearly con-
stant by using of three further springs called angular springs [g].

Isovolumetry. Different approaches can be distinguished form model of isovol-
umetry. An approach described by Bourguignon et al. [8] can be seen in Fig
A spring is constructed between the voxel center (barycenter) and each corner
mass. For simple geometries the volume is approximately conserved during de-
formations. The determination of spring constants is time consuming and for
complex geometries only partly useful. In the modeling process these passive
springs were converted to active springs by the following means.

In this work the approach is extended using continuum mechanics foundation.
The volume of the deformed voxel is calculated by establishing the deformation
gradient tensor F. 9x

F=_—°>
0X

It describes the transformation of a line element dX from the reference X(¢) to a
line element dx in the momentary configuration x(t) [9]. The tensor F can be set
up by knowing the initial and the momentary position of the eight corner masses
of a voxel. The momentary volume V and the initial volume V} is calculated.

V=VydetF, AV =V —V,=V;(detF—1).
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Fig. 4. Myocard patch with 4% voxels and fiber orientation in Z direction. At 130 ms
the largest deformation is visible (a). The scales describe the transmembrane voltage
Vim, the intracellular calcium concentration Ca;, the force development F' and the dis-
placement in Z direction over time. The wireframe shows the relaxed model. The force
acting on the model is gray value coded. Displacements of the point with coordinates
(4,4,4) were calculated with the continuum model (solid line) and the mass spring
system (dashed line) aiming at parameterization of spring constants (b).

04 0.5

The change in volume AV is scaled with the factor ks and issued as additional
volume preserving forces i to the corner masses x;.

1 1 X; — X,
f= —k AV — o XX
' T I e = s
Therefore a positive change in volume results in a scaled volume force f; towards

the barycenter. The vector of the barycenter is xs. A negative change in volume
results in a force from the barycenter to the corner.

4 Simulation and Parameterization

For dynamic simulations the presented models were combined to an electrome-
chanical model. The simulation was performed starting with the electrophysical
models followed by the mechanical models. Therefore the spring mass system
was created and the linear spring parameters were set. Then internal iterations
were done as follows:

The prior calculated tension for the time step At was issued to the end points
of the fiber springs. The contribution of each shortened or lengthened spring was
calculated and distributed to the masses. The resulting force vector of a corner
mass distinguished its displacement direction by Newtons law F = ma. The
mass was displaced according to the internal time step. The change in volume
was determined and the volume preserving forces were distributed.

The number of internal iterations was the decisive factor for simulation time.
This number had to be sufficiently large to allow for spring relaxation. The defor-

mation at time step At was used by the electrophysiologic and force development
model.
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(d) ()

Fig. 5. Simulations with a tube like structure. A circular fiber orientation was con-
structed in each plane to test anisotropic behavior. The black lines indicate the fiber
orientation (a). A lateral cut of the model is shown in relaxed state with no force act-
ing (b). The following figures display the deformation for rising force (c), at maximum
force peak (d), (e) and (f) for the fading force.

Determination of Spring Parameters. A myocard patch of 4 x4 x4 voxels
was used. Each voxel had a lenght of 100 pm. The fiber orientation was set to
Z direction for all voxels and the plane Z = 0 fixed. The simulation of electro-
physiology and tension development was performed. The deformation simulation
was done with both the continuum mechanical and the mass spring model. The
total deformation was compared and the spring parameters adapted accordingly
(Fig. . A simulation with the mass spring model of the myocard patch at
maximal contraction is displayed (Fig. @D

5 Results

Anisotropic Simulation. The parameterized springs were used to create a my-
ocard patch of 15x15x 15 voxels with a volume of 153mm? to do simulations
with anisotropic fiber orientation. In the middle a free space of 5x5x5 voxels
was introduced to visualize effects for a tube like structure (Fig. B). A circular
fiber orientation was constructed in each Z plane (Fig. and the top plane
was fixed. A linear ramp function from 0 to 370 kPa was used for applied tension
and all voxels were subject to this tension at the same time. Hereby, electrophys-
iology was not calculated. The spring mass system was created with all above
explained springs. Volume preservation was achieved with an average of 75%.

Anisotropic Simulation with Realistic Fiber Orientation. Simulations were ex-
tended to a simplified ventricle model. A cylinder was rendered in a lattice of
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Fig. 6. Simulations with a cylinder model. A closeup of the cylinder wall shows the
fiber orientation (a). The figures denote the deformation of the model from rest position
(b), through force rising (c) to maximal force peak (d). The white wireframe shows the
relaxed model.

21 %21 x21 voxels with a wall thickness of 3 voxels (Fig. [6(b)). The fiber orien-

tation was set according to anatomical studies (Fig. [6(a)).

The top plane was fixed and a stimulus was set at the lowest layer. The active
models were calculated with the presented geometry including mechanoelectrical
feedback. The resulting force was used with the mass spring model to calculate
the deformation (Fig. []).

6 Discussion

An anisotropic mass spring system for description of cardiac deformation was
presented, which was parameterized by continuum mechanics techniques. Simu-
lations of electrophysiology resulted in force development, which provided input
for elastomechanical simulations. The process was coupled to feed mechanical
deformation back to the electrophysical and force development model. The sim-
ulations with the presented mass spring model showed, that a deformation of
myocard patches can be realistically described.
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The used springs were linear. The results for simple geometries compared
with the continuum model were satisfactory. The active spring applying the de-
formation gradient tensor F supported isovolumetry. The additional force made
it necessary to implement the classical springs (Fig. to be able to
preserve continuity of the voxel. This led to an increase of springs per voxels and
therefore an increase in calculation time. Furthermore, the evaluation of volume
preservation of the spring mass system showed deficiencies.

7 Future Work

Future work will be done concerning reduction of calculation time aiming at
deformation simulation of more complex ventricle models. Nonlinear springs were
already implemented and their effect in simulations will be tested. The volume
preservation will be enhanced and the software will be extended for parallel
computing.
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Abstract. This paper presents ongoing research on a semi-automatic
method for computing, from CT and MR data, patient-specific anatom-
ical models used in surgical simulation. Surgical simulation is a software
implementation enabling a user to interact, through virtual surgical tools,
with an anatomical model representative of relevant tissues and endowed
with realistic constitutive properties. Up to now, surgical simulators have
generally been characterized by their reliance on a generic anatomical
model, typically obtained at the cost of extensive user interaction, and
by biomechanical computations based on mass-spring networks.

We propose a minimally supervised procedure for extracting from a set
of CT and MR scans a highly descriptive tissue classification, a set of
triangulated surfaces coinciding with relevant tissue boundaries, and vol-
umetric meshes bounded by these surfaces and comprised of tetrahedral
elements of homogeneous tissue. In this manner, a series of models could
be obtained with little user interaction, allowing surgeons to be trained
on a large set of pathologies which are clinically representative of those
they are likely to encounter. The application of this procedure to the
simulation of pituitary surgery is described. Furthermore, the resolution
of the surface and tissue meshes is explicitly controllable with a few sim-
ple parameters. In turn, the target mesh resolution can be expressed as
a radially varying function from a central point, in this case coinciding
with a point on the pituitary gland.

A further objective is to produce anatomical models which can inter-
act with a published finite element-based biomechanical simulation tech-
nique which partitions the volume into separate parent and child meshes:
the former sparse and linearly elastic; the latter dense, centered on the
region of clinical interest and possibly nonlinearly elastic.

1 Introduction

Surgical simulation is a software implementation enabling a user to interact,
through virtual surgical tools, with an anatomical model representative of rele-
vant tissues and endowed with realistic constitutive properties. The anatomical

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 340 2003.
© Springer-Verlag Berlin Heidelberg 2003
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Fig. 1. Illustration of anatomy relevant to pituitary surgery: pituitary gland and sur-
rounding critical tissues (reproduced with permission from [8]).

model must feature tissues whose consideration is essential to the clinical sit-
uation, such as critical vasculature and nerves, so as to appropriately simulate
and penalize any damage to them. This is particularly true in our clinical ap-
plication, the simulation of transnasal pituitary surgery [8][10], where the target
is surrounded by the optic and oculomotor nerves and by cranial arteries (see
figure ).

Up to now, virtual anatomical models for surgical simulation have been highly
task-specific and obtained by elaborate computer-user interaction, including seg-
mentation and meshing. This paper presents on-going research on a minimally
supervised procedure for extracting from a set of MR and CT scans a highly
descriptive anatomical model, leading not merely to one generic model, but to a
family of patient-specific models. This procedure integrates a distortion-tolerant
mutual information MR-CT registration, a new tissue classification exploiting
global spatial cues, a simplex-based surface meshing model to identify and tri-
angulate the relevant anatomical boundaries, and an automatic almost-regular
tetrahedralization of tissue volumes surrounded by these boundaries. This pro-
cedure is designed to be extensible to other surgical applications.

Lastly, a further objective of our research is to apply a new finite element
(FE) software architecture, proposed by Astley [1][2] and specifically designed
for surgical simulation, to a real clinical problem. As shown on figure [2 (a)-(c),
this architecture partitions the underlying volume into one or more relatively
dense child meshes and a sparse parent mesh, and decouples them in a manner
analogous to the Norton equivalent in circuit analysis. The static FE equation
is represented as follows:

Ka—f=0, (1)

where K is the stiffness matrix, a is the vector of node displacements, and f is the
set of node forces. Each represents the assemblage of elemental stiffness matrices
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Fig. 2. Tllustration of biomechanical modeling principle. (a) Partition of FE domain
into parent and one or more child meshes. Subsequently, either subregion, parent or
child, can be represented in the stiffness matrix of the other as an equivalent based
on the Norton equivalent in circuit analysis. Each node shared by parent and child is
considered (b), and, in computing the decoupled stiffness matrix of the child mesh, the
parent mesh as seen by this node can be expressed as (c) force and stiffness equivalents
(reproduced with permission from [2]).

K¢, displacements a® or forces f¢ [28]. The set of forces f¢ includes a concentrated
loads term which accounts for user-controlled virtual cutting forces [18] [9].
This FE architecture considers each node shared by the parent and child
meshes: for each subregion, parent or child, it expresses the other subregion(s)
encountered at each node as one equivalent impedance and force. A system
characterized by a large stiffness matrix K is then reduced to n 4+ 1 decoupled
systems with significantly smaller stiffness matrices, where n is the number of
child meshes. Each system can be resolved independently and at different rates
over time, but the child system(s) surrounding the surgical tool(s) must be solved
at haptic rates, typically of the order of 500 Hz [7]. Decoupling the problem
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naturally leads to parallelization on n + 1 processors, which can make optimal
use of even a dual-processor Pentium computer, particularly if the haptic [19]
and visual [21] rendering can be handled by peripheral hardware. Finally, the FE
method can be extended to nonlinearly elastic models [22] [5]; this architecture
allows for nonlinearly elastic children and has been demonstrated at haptic rates
on non-anatomical geometries, justifying its selection over methods that are
constitutively limited or that require extensive precomputation [3].

This perspective imposes on our surface and volumetric meshing stages a
requirement of explicit control over mesh resolution. Control is exercised with a
smooth, radially varying mesh scale function defined from a user-provided central
point (e.g.: on the pituitary gland), which naturally leads to a conformal mesh
composed of a dense child and a sparse parent. It should also be emphasized that
our procedure identifies anatomical surfaces prior to volumetric meshing, rather
than proceed directly from the classification to tissue-guided volumetric meshing,
because in general the latter approach will not produce a mesh boundary that is
smooth and that closely agrees with the anatomical boundary. From a haptic and
visual rendering standpoint, an anatomical model with jagged or badly localized
boundaries would detract from the realism and clinical relevance of a surgical
simulator as well as confuse the user.

2 Materials and Methods

2.1 Locally Weighted Mutual Information Registration

Pituitary surgery imposes requirements on the surgeon of a highly accurate tra-
jectory through both bone and soft tissue, which entails their accurate resolution
near the pituitary gland [8]. To do so, we must co-register CT and MR volumes,
and resample MR data in a manner compatible with CT sampling. However,
this registration is complicated by MR distortion caused by magnetic suscepti-
bility variations near the pituitary gland and sinus cavities [25]. The prevalent
co-registration technique for MR and CT is the global mutual information (MI)
procedure [27]. It registers two volumes in manner which iteratively minimizes
the dispersion of their joint intensity distribution, is widely used and provides
globally accurate results. However, this method suffers from misregistration pre-
cisely where the distortion is most pronounced, and where the greatest accuracy
is required by our clinical application. Our registration technique, which ad-
dresses this shortcoming, is comprised of the two following stages:

1. a standard global 7-parameter MI procedure (rigid + scale), followed by
2. a locally weighted linear MI procedure based exclusively on information “near”
the anatomy of interest, using a spherical mask easily specified by the user.

2.2 Global Structure-Preserving Voxel Classification

Voxel Classification is a mapping of feature vectors, typically comprised of to-
mographic modalities such as CT or MRI, to a discrete set of tissue classes. Up
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to now, virtual anatomical models for surgical simulation have been obtained
by highly elaborate manual segmentation. Ultimately, the tissue classification
on which the anatomical model is based must account for clinically relevant tis-
sues, including critical tissues such as vasculature and nerves, while also fulfilling
our objective to produce a series of such models with little supervision. These
conflicting requirements lead to the necessary consideration of a priori anatom-
ical information in the classification, as feature space alone does not provide
enough information to discriminate between all classes relevant to the simula-
tion. Recent techniques [16] [20] exploit essentially local spatial constraints on
tissue classification. In constrast, we exploit the global spatial structure of tissues,
whose recruitment in disambiguating two or more clinically relevant tissue types,
overlapping in feature space, has been neglected up to now in the literature.

Our classification method, somewhat inspired from the semi-supervised Fuzzy
C-Means technique [6], begins with a Minimum Distance (MD) classification
from a small training set, and then tries either to consolidate, or to invalidate
and recompute, membership on the basis of global spatial constraints. We inte-
grate the Fast Marching (FM) [24] method with our minimally supervised, iter-
ative classifier. Constraints can easily be placed on the FM front propagation to
implement assumptions about global structure. These assumptions include (for
more details see [4]):

1. Contiguity with training pointsﬂ: given an initial classification, the contiguity
of voxels x; with the training points of class C; can be enforced by an
outward front from these points, propagating only on voxels of class C;.

2. Prior assumptions about spatial extent: the FM method described in 1 can
be restricted by a scale factor, preventing the front propagation to continue
beyond this limit; e.g.: pathology, cranial nerve and vasculature voxels can
be assumed to be close to their training points, if the latter are well chosen.

3. Embedded structure: a very useful cue for classification relates to how con-
tiguous tissues fit within each other, particularly in relation to a tissue class
which can be identified reliably such as bone; e.g.: grey and white matter
occur inside, while muscle and fat are found outside, the cranium.

4. Similarity and prozimity to confidently classified voxels: if there is still am-
biguity, feature similarity and spatial proximity to the boundary I3 of a set
of contiguous blobs of confidently classified voxels X, ; can be exploited.

The philosophy of this method is not to favour any single class over all others,
but merely to discount from consideration any class which at a given position
has essentially zero likelihood, based on prior information.

In our tissue classification, there is currently no special treatment of critical
tissues other than the global constraints discussed so far, but given their im-
portance to the simulation, we recognize that our framework can be refined to
consider them as a separate case. In research currently underway, user-provided

! For classes where this constraint is useful, training points should be chosen not only
for their intensity, but for their spatial relation to tissues. We consider this added
burden on the user to be manageable, since the training set remains small.
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“training points” from blood vessels and cranial nerves are being used to an-
chor a minimal path (MP) through them [II][14], and a tissue classification
which proceeds outwards from these minimal paths. In contrast with existing
MP techniques, which exploit only image gradient magnitude information and
may be undermined by low-contrast areas, our MP computation makes use of a
robust image feature for detecting tubular structures. This feature, which takes
gradient direction into consideration, is the image gradient fluz [26], which dis-
tinguishes between sources and sinks of a gradient vector field, coinciding with
points where the outward flux of this field is positive and negative respectively.
For visible vessels and nerves, tubular structures of higher intensity than their
surroundings, points inside their boundary coincide with strong gradient sinks,
particularly along their central axis, whereas points beyond coincide with gra-
dient sources. Consequently, a robust minimal path along this central axis can
be identified based on a flux-weighted potential. The subsequent critical tissue
classification can make use of the sign of image gradient flux, as well as the
proximity of a voxel to a particular minimal path.

2.3 Simplex-Based Tissue-Guided Surface Meshing
with Resolution Control

Once a descriptive tissue classification is computed, our next step is to establish
the triangulated tissue boundaries relevant to the simulation by exploiting this
classification, a discrete surface model, and the position of the training points of
each class. The n-simplex mesh is a discrete active model [12], characterized by
each vertex being linked to each of n+ 1 neighbours by an edge. A balloon force
can act on this mesh to cause it to expand until some image-based force halts this
expansion. A surface model in 3D is realized as a 2-simplex, characterized by each
vertex having 3 neighbours, and this representation is the dual of a triangulation,
with each simplex vertex coinciding with a center, and each simplex edge being
bisected by an edge, of a triangle. Furthermore, this surface model also features
other internal forces [12] which nudge each simplex face, and consequently each
dual triangle, towards having edges of equal length, and towards Cy, C; or Cs
continuity, for example.

We apply the 2-simplex surface model to our anatomical meshing problem
because of the explicit control on mesh characteristics which can be achieved,
many of which are already implemented [12][13]. Each simplex is initialized with
a small spherical mesh centered on a tissue class training point, and expanded
until halted by image information, in the form of a set of tissue classes assumed
“outside” the volume of interest. A few adaptations to the simplex model are
proposed here for automatic FE mesh generation. First, we can endow the surface
model with absolute mesh size thresholds, expressed as a target simplex area
scale A; and a percent tolerance €4,: a simplex face falling below the area
minimum Ay —e€4_/100 results in the fusion of two contiguous faces into one by
eliminating a shared edge [12], while a face above the maximum area As+¢ 4, /100
is subdivided into two by a new edge. This constant target area can be replaced
with a radially varying function As(x), determined by the distance R(x) =
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Ix — x|l between the centroid x of each simplex face and a user-defined central
point x., e.g.: inside the pituitary gland:

A As,min if R(X) <= Rchiid
»(x) = Asmin + (As,maz — As,min) {1 — exp [77<R<X)7R”"ild)] } otherwise,

scale

(2)

where A pin and Ag ma specify smallest and largest target areas, and Rcpiq
and Rg.qie determine the behaviour of the function bridging the two values:
a small, constant scale for a radius less than R.p;;q and an exponential func-
tion tending towards A; e as the distance of the simplex face to the central
point increases. This scale function thereby produces small mesh faces near the
pituitary gland and larger faces away from it. The triangulated surface coincid-
ing with the anatomical boundary, obtained by duality with the final simplex
mesh, is the objective of this stage. More than one children are possible, at the
cost of selecting other “central” points of interest x.;, in which case we define
R(x) = min; ||x — x¢ -
Finally, a number of other adaptations are underway, including;:

— A conformality-preserving force, which would cause two contiguous bound-
aries to share vertices wherever desirable, and

— Topological adaptivity applied to the 3D simplex model (previously demon-
strated for 2D simplex models [13]), which would allow two or more spheres
emerging from neighbouring training points to fuse together upon contact, or
conversely would allow a simplex boundary to break apart over large gaps. In
particular, a promising approach is that of Lachaud [17], which for a triangu-
lar mesh model sets an inner bound on edge length and detects topological
changes on the basis of an inter-vertex distance falling under this bound.
In our case we could substitute our simplex target area for a target edge
length, and proceed analogously. This quality may turn out to be essential
to identifying the boundaries of various sinus and air passages, for example,
whose topology can vary considerably from patient to patient.

2.4 Almost-Regular Volumetric Meshing
with Radial Resolution Control

The last stage in our procedure partitions each volume bounded by a triangulated
mesh, coinciding with a relevant tissue class, into tetrahedral elements consistent
with the FE method. The volumetric meshing stage is essentially a published
technique [T5] which automatically produces an optimal tetrahedralization from
a given polygonal boundary, such as a triangulated surface. In this case, optimal-
ity is defined as near-equal length of the tetrahedral edges, along with a sharing
of each inner vertex by a nearly consistent number of edges and tetrahedra. This
method features the optimal positioning of inner vertices, expressed as a mini-
mization of a penalty functional, followed by a Delaunay tetrahedralization. The
resulting near-regularity is important for FE stability and efficiency [23].
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We modify this technique by integrating into the penalty functional the now-
familiar radially varying scale function, which is specified as a target edge length
L(x) for each tetrahedron. Based on the relationship between the number of
simplex and triangle vertices V; &~ V,/2 [12], a target simplex mesh size of Ag
works out to a triangular area of A; ~ As/2, and to the following triangular and
tetrahedral target edge length (assuming edges of near-equal lengths):

Le(x) = 1/ [24:(x) / V3] . (3)

The separation of the resulting tetrahedral mesh into child and parent is as
follows: contiguous tetrahedra whose edge lengths approach

Lt,min = [2As,m1n/\/§]

comprise the child mesh, while the other elements constitute the parent.

3 Results

Ongoing validation for each stage is based on the application of the procedure to
real patient data obtained in collaboration with the Tokyo Women’s Hospital.
Validation of the registration exploits fiducial registration error (FRE) statistics,
based on manually identified surgical fiducials in both spaces, and is documented
in [4]. While we could have exploited the fiducials in the registration, we pro-
ceed otherwise for the sake of extensibility, as they may not be present in other
surgical applications which eschew image guidance, to which we would extend
this method. A study evaluating the relative merits of different linear transfor-
mations is currently under way and will be published shortly. We use either a
small set of homologous anatomical landmark pairs or a principal axis transform
to provide the global MI stage with an initial transformation. The size of the
spherical mask is typically 100 mm. An illustration of typical results is shown in
figure 3.

Classification validation, while currently qualitative, provides a stark justifi-
cation for incorporating global spatial constraints, given the number of classes
which can be discriminated, in comparison to what is achievable otherwise, as
illustrated in figure [d Future validation will make use of a digital anthropomor-
phic phantom as well as CT and MR simulators.

The validation of both the surface and volumetric meshing are also based on
qualitative studies with patient data, as shown in figure[H, and in the future will
exploit synthetic anthropomorphic data.

4 Conclusion and Future Directions

This paper presented results of ongoing research on a semi-automatic procedure
for computing anatomical models for patient-specific surgical simulation. The
procedure features distortion-tolerant MI registration of MR and CT, classifica-
tion which exploits the global structure of tissues, simplex-based tissue-guided
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(a) (b) (c)

Fig. 3. Illustration of local weighting: (a) CT scan with manually identified fiducial; (b)
MR scan transformed to CT space based on global MI registration, with CT fiducial
overlaid; (c) transformed MR data as in (b), using the locally weighted method.

surface meshing, and automatic almost-regular volumetric meshing, with explicit
resolution control on both meshing techniques.

It should be emphasized that this meshing strategy will tend to produce a
mesh of radially varying density and of heterogeneous material properties, re-
sulting from the consideration of triangulated boundaries of different tissues and
necessary for constitutive realism. In the event that a particular tissue is essen-
tial to the simulation but impractical to tessellate at the computed target size, it
may become imperative for this constraint to be relaxed somewhat. For example,
a multiresolution surface meshing strategy [17] may be beneficial to first identify
a complex surface, and might then be followed by a few iterations where the
simplex model tends towards the spatially varying target area. Moreover, some
tubular structures may benefit from a biomechanical modeling as curvilinear,
rather than volumetric, elements, for the sake of computational performance.
Ultimately, forthcoming experimentation with the multirate FE architecture of
[2] will validate our meshing strategy, or suggest modifications to it.

As for the tissue classification, we do not claim that the resulting descrip-
tion is the equivalent of a manual classification everywhere, from a histological
standpoint, but we believe that for the sake of the simulation, a sufficiently de-
scriptive tissue map is achievable with limited user interaction. Another issue
worth exploring in the future is whether our tissue map can serve as a starting
point for a high-quality description based on warping a manual classification on
a patient-by-patient basis.
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(d) (e) (f)

Fig. 4. Illustration of improvement due to global spatial constraints: (a) CT data; (b)
CT-based classification of hard and soft tissues, via constraints 1, 2 and 3; (¢c) MR
data; (d) embedded intracranial and intraorbital regions (constraint 3); classification
of 9 soft tissues (e) without, and (f) with, constraints 1, 2, 3 and 4. In (e) there are
many corticospinal fluid (royal blue) and muscle (green) false positives, as well as many
vasculature (bright green) and ocular tissue (orange and red) false negatives.
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Fig. 5. Illustration of surface and volumetric meshing: (a)-(d) evolution of simplex
mesh, at (a) 10, (b) 300 and (c) 1300 iterations at constant target mesh size; (d) radial
target mesh size, with faces with minimal target area shown in turquoise; (e) final dual
triangulated surface; (f) volumetric mesh, bounded by the surface in (e) (with child
mesh shown in pink), featuring visibly near-regular structure.
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Abstract. Periodic deformations of organs which are due to respira-
tory movements may be critical disturbances for surgeons manipulating
robotic control systems during laparoscopic interventions or tele-surgery.
Indeed, the surgeon has to manually compensate for these motions if ac-
curate gestures are needed, like, e.g., during suturing. This work presents
a model predictive control scheme that is applied to the problem of main-
taining a constant distance in the endoscopic images from a surgical tool’s
tip to the organ’s surface. A new optimization criterion is developed for
an unconstrained generalized predictive controller based on a repetitive
input-output model, where contributions of the control input to reference
tracking and to disturbance rejection are split and computed separately.
Thanks to this approach, mechanical filtering of the repetitive distur-
bances and teleoperation by the surgeon can run simultaneously and
independently on the robot arm. The system is tested on both an endo-
training box with a surgical robot and in in vivo conditions on a living
pig. Results are shown to validate the control scheme and its application.

1 Introduction

Robotic systems appeared a few years ago in the field of laparoscopic surgery.
Commercial systems like ZEUS (Computer Motion, Inc.) or DaVinci (Intuitive
Surgical, Inc.) make use of robot arms to manipulate surgical tools and the en-
doscopic camera. The robot is actually tele-operated through master arms by
the surgeon looking at the visual feedback from the endoscope (see Fig. ). Ad-
vantages of these systems are numerous: the surgeon’s tiredness is reduced as
he can comfortably seat during the operation; natural tremor is eliminated by
translating the surgeon’s hand motions to robotic movements; the use of a high
master/slave motion ratio can increase the surgeon’s motion accuracy. Further-
more, teleoperation allows long distance surgical procedures to be performed
(see, e.g., the Lindbergh Operation (Marescaux et al., 2001)).

Research works recently reported new possible developments for providing
the surgeon with further assistance from the robot or even for having the robot

N. Ayache and H. Delingette (Eds.): IS4TM 2003, LNCS 2673, pp. 353 2003.
© Springer-Verlag Berlin Heidelberg 2003
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Fig. 1. Laparoscopic robotic system at work (IRCAD, Strasbourg). The master arms
are driven by the surgeon (left) to control the movements of the instruments into the
patient’s body (right).

itself realize semi-autonomous tasks. For instance, systems appeared that use
visual servoing techniques and patterned (Casals et al., 1995) or coloured (Wei
et al., 1999) marks to make the endoscope autonomously track instrument’s
motions. A specific lightweight endoscope manipulator was shown in (Berkelman
et al., 2002) with the use of an external optical localizer that allows the surgeon
to automatically position the endoscope. The system proposed by (Krupa et
al., 2002) is made of optical markers and tiny laser pointers; a visual servoing
control scheme is developed to automatically bring the surgical tool at the center
of the endoscopic image; servoing of the insertion depth of a standard instrument
is also proposed.

Nevertheless, systems above do not explicitly consider motions of the organs
in tele-operated laparoscopic surgery; these motions and deformations are in-
duced by the patient’s breathing or heart beating and have to be manually com-
pensated for by the surgeon through the manipulation interface when accurate
tasks are required, such as suturing. Using standard surgical robot controllers,
accurate servoing of the distance between an instrument and organ surfaces is not
possible, since PID-type controllers are unable to reject repetitive disturbances
due to breathing; curves shown in (Krupa et al., 2002) and in Fig. 2] actually
exhibit large residual errors. A possible solution would be to do high-gain con-
trol to reduce these errors, but this is not appropriate since surgical robots are
mechanically designed to be lightweight and enable only slow displacements for
safety reasons.

In our research, we focus on the design of new controllers for standard surgi-
cal robots that explicitly take into account repetitive disturbances. We address
the problem of keeping constant the distance from the instrument to the moving
organ, as it is viewed from a fixed endoscope. Basic idea is to use a model of
the robotic servo loop and a model of the perturbation to predict future dis-
turbances so as to get the robot anticipate the movement thereby cancelling its
effect. Several applications of Model Predictive Control (MPC) to the rejection of
periodic disturbances can be found in the literature: a dynamical model describ-
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Fig. 2. Example of perturbations induced by respiratory movements during servoing
of the tool insertion depth in in-vivo conditions, with a classical PID-type controller
(courtesy of Krupa et al., 2002).

ing the oscillatory behavior of a chemical process is shown in (Zhu et al., 2000),
a mixture of repetitive control and predictive control is found in (Natarajan
and Lee, 2000) (for a chemical application too). These controllers are developed
using the state-space formulation of MPC and linear time-invariant or even time-
varying (as in (Lee et al., 2001)) descriptions of the plants; applications shown
consider steady-state control where no distinction is made between a periodic
output disturbance or a periodically varying reference.

In this paper, we formulate an input-output model in the ARIMAX form that
includes a repetitive noise model and derive a new Repetitive Generalized Pre-
dictive Control (R-GPC) scheme. A new cost function is formulated where the
control commands are split into two independent components, the first one de-
pending only on the reference trajectory tracking, the second one depending only
on disturbance rejection.

The remainder of the paper is organized as follows. The next section presents
the laparoscopic robotic setup and visual servoing system used. Section 3 details
the R-GPC controller and its two control outputs and discusses the impact of
varying or unknown breathing periods as well as a suddenly stopped breathing.
Results are finally given in the last two sections; experimental results obtained
on an endo-trainer box with a simulated breathing motion and a laparoscopic
surgery robotic arm are first shown in section [ ; results from in vivo tests on a
anaesthetized pig in the operating room of IRCAD are presented in sec.

2 Laparoscopic Robotic Setup

The robotic setup we consider in this work is shown in Fig.[B. The robot is an
AESOP laparoscopic arm (Computer Motion, Inc.) which is modelled by the iden-
tified transfer function of its translational joint. The endoscope is a monochrome
PAL camera mounted on a fixed rigid stand; images from the patient’s abdomen
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Fig. 3. System setup. The robot is an AESOP surgical arm holding a laser-pointing
instrument. The breathing period is controlled by external systems during the procedure.
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Fig. 4. Left: distance measurements are performed using a laser-pointing instrument
with optical markers. Right: Block-diagram of the predictive control system. Instrument
insertion depth y(t) is measured in the endoscope images from the instrument’s tip to
the organ surface; it is controlled by visual servoing, using references r(t).

are updated every T, = 40 ms through a incision point. The robot arm is hold-
ing a laser pointing instrument equipped with optical marks (Fig. H). Distance
from the instrument’s tip to the moving organ is estimated through the observed
images using the technique described in (Krupa et al., 2002). Measurements are
fed into the predictive controller, which, in turn, returns the optimal speed to be
applied along the instrument’s axis. The vision thread (see (Krupa et al., 2002)
for more detail) and the predictive control thread are hosted by a 800 MHz dual-
processor Linux PC computer that communicates with the surgical robot via a
serial link. Controller computations are synchronized with the image acquisition.

The system we want to control is a single input / single output plant. Its
input (hereinafter u(¢)) makes the robot translate the instrument along its axis,
and the output (hereinafter y(t)) is the distance from the tip of the instrument
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to the organ surface that is measured in the endoscope. The visual servoing loop
is accordingly summarized in Fig. @ predictions are made using the robot model
and current and past outputs and control inputs; command w;(t) is computed
according to the finite receding horizon strategy of MPC so as to ensure an
optimal tracking of the reference distance r(t) in the future; command us(t) is
computed according to the disturbance period T* so as to cancel the effect of the
moving organ; command wu(t) = uy(t) + ua(t) is sent to the robot and controls
the insertion depth of the instrument.

This setup will be applied to a laboratory experiment in sec. () and for in
vivo tests in sec. ().

3 Generalized Predictive Control

This section introduces a new unconstrained Generalized Predictive Control
(gpC) scheme based on a repetitive input-output model of the system to be
controlled. Separate contributions of the control input to reference trajectory
tracking and disturbance rejection are computed by means of a new cost func-
tion that ensures no interaction between both components.

3.1 Repetitive ARIMAX Model

Unconstrained GPC was originally introduced by (Clarke et al., 1987), where the
system model is represented by an ARIMAX equation,

A(q Myt = Blg Vult — 1) + 4 (1) (1)

where ¢—! is the backward operator, T, = 1s is the (normalized) sampling

period, A and B are two polynomials modelling the system dynamics (B may
also include pure delays), and polynomial C is used to colour the zero-mean
white noise £(t). Polynomial A is used to make noise £/A be non-stationary,
which is suitable to model any perturbation in a control loop (Camacho and
Bordons, 1999). For instance, A is set to a pure integrator,

Algh) =6 HEQ—-q),

when disturbances are only supposed to be constant steps (Clarke et al., 1987;
Camacho and Bordons, 1999). However, this classical setting is not appropriate
when the actual disturbances vary periodically over time; we therefore propose
to modify the ARIMAX model by including repetitive features of disturbances
and write A as:

Alg)

=6(¢7") Ar(a™) (2)
with Ar(¢™!) £ 1

—q " (3)
and 7' € N, T' > 2, is the number of sampling periods in one period T* of

the disturbance. The perturbation model /A is actually made periodic with a
period equal to T'.
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Earlier results were shown in (Ginhoux et al., 2002) where the standard
unconstrained GPC cost function was considered with A = 1—a¢~7. The float
« was chosen in ]0; 1] so as to act as a forgetting factor, whose main impact was
to filter control commands in order to increase the robustness against errors in
the system model or noise in the visual measurements. In the next section, we
propose to split the control input into two terms so that they can be filtered
independently.

3.2 Separation of Control Input

Writing y(¢) in equation [) as y(¢t) = yem(t) + €(¢) is equivalent to the two
following equations:

Ayen(t) = Bug(t — 1) (4)
Ae(t) = Bug(t —1) + %5(15) (5)

where u(t) is now written as u(t) = wu;(t) + ug(t). Command w4 (t) is input to
the theoretical system model (@), leading to the theoretical output measurement
yen(t). Command us(t) is responsible for the actual plant to exhibit measurement
error €(t) when subject to noise and disturbances in the measurement signal.
Then, following and adapting the method from (Clarke et al., 1987; Camacho
and Bordons, 1999) to this formulation of the controller, the expression of the
the cost function for the unconstrained R-GPC is derived from equations () and

E) as:

N2 N2
TJw=ur+uzt) =Y [[gnlt +5) = r(t + )+ Y et + )
J=N1 j=N1
N, N,
A Mour (t 4+ = DI+ ) llous (t+5 = 1)IF (6)
J=1 Jj=1

Ny, Ny are respectively, the lower and upper bound of the cost horizon, and
N, is the length of the control cost horizon; N, < Na and du;(t+j5—1) =0
for j > N,, i =1 or 2; A and p weight the relative importance of both control
energies. The reference trajectory is denoted by r(¢t). The aim is to compute
the N, future control increments duq(t + 5 — 1) so that the error between the
predictions of the theoretical model outputs and the future references r(t + j) is
minimized; and the control increments dus(t + j — 1) so as to drive the actual
system outputs towards the theoretical ones, or, equivalently, to compensate
for the measurement disturbances. Note that the two sets of control increments
separately contribute to the minimization of the cost function. As the control
law is receding, only the first control increment du(t) = Juq(t) + dua(t) is sent
to the system, and the overall minimization is performed at each time step.
Advantage of this decomposition is manifold: first, the control command wus
that acts on the disturbance rejection is equivalent to an autonomous mode for



Model Predictive Control for Cancellation of Repetitive Organ Motions 359

the robot, as it is independent of command u; that is directly driven by the
surgeon. Secondly, the commands responsible for the cancellation of the per-
turbation can be filtered separately from the commands acting on the reference
tracking; this means that low-pass filters or even nonlinear filters can replace and
increase the performance of the single forgetting factor used so far (Ginhoux et
al., 2002), thereby increasing the robustness against errors in the system model
or noise in the depth estimation; monitoring component us(t) ensures a reliable
estimation of the perturbation period since it remains periodic whatever changes
are found in the reference trajectory; different levels of saturation can be put
on both control inputs in order to prevent teleoperated component u,(t) from
saturating with no influence on the perturbation cancellation in case of large
changes in the reference signal.

3.3 Comments on the Breathing Period

This section discusses the problem of unknown or time-varying breathing periods
and the effect of a suddenly stopped respiration in the control system.

For effective cancelling of the breathing disturbance, the actual respiratory
frequency is required to be known in Ag (see eq. (@)); this is not a limitation in
real operating conditions since the breathing frequency can be precisely known
from the external medical systems that control the anaesthetics (Fig. Bl sec. [B).
One can nevertheless take advantage of the control input decomposition in the
R-GPC controller to apply algorithms for period estimation, as it is ensured
that component us(t) remains periodic over time and reflects the effect of the
disturbance in the feedback loop; the use of the recursive procedure proposed
by (Tsao and Qian, 1993) was shown in (Ginhoux et al., 2002) ; the application is
to account for temporal variations in the disturbance signal’s period by providing
online updates to polynomial Ag using the best estimate T of the true motion
period T™* (results are shown in the next section).

In the case of a respiration that would suddenly stop, the measurement dis-
turbance would actually disappear from the control loop in Fig. [ ; this means
that the predictive controller would then stop rejecting the disturbance, thereby
concentrating only on reference tracking.

4 Experimental Results

In this section we provide results from the laboratory experiment shown in Fig.
The system is an endo-training box where the organ motion is simulated thanks
to an additive semi-rotating motor that makes the plane shown in Fig. [l oscillate
periodically. Movement of this oscillating plane is set so that T* = 2.4 s and the
oscillations make measurements of the instrument insertion depth vary of about
+/ — 6mm. Controller parameters are set to Ny = 8, N, = 45, N,, = 30,
A =0.55 and p = 0.70.

A classical GpC controller with the same parameters as above (except that
A is not considered) is first used in figure (G) where the reference is kept to a
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p
robot arm

F

Fig. 5. Laboratory experiment with an endo-training box. Respiratory motions are
simulated using a periodically oscillating plane.

constant distance. The perturbation is badly attenuated (residual amplitude is
+/— 4mm) and makes the system output vary periodically with time. Figure (7))
shows the system response as it is driven by the R-GPC controller with varying
references. Effect of the disturbance is clearly reduced and residual error has
an amplitude of about 2mm. The corresponding command wu(¢) and its two
components u(t) and ug(t) are shown in Fig. [§ Curve for u(¢) is shown to
be in accordance with reference changes whereas us(t) is made oscillating for
reducing the disturbance amplitude.

In figure (@), the period of the R-GPC controller was originally set to 2.16 s
and switched to 2.4 s once the period estimate has been recovered by the gra-
dient descent algorithm. The period switch is made online thereby making the
controller adaptive with respect to T and improving the disturbance cancella-
tion.

Fig. M0l depicts the gradient descent and the evolution of the period estimate
before the R-GPC switches in Fig.

5 Validation in 2n vivo Conditions

In this section, the R-GPC controller is again compared to a classical GPC, but the
laser-pointing instrument and the endoscope are now inserted into the abdomen
of an anaesthetized pig at the operating room of IRCAD (see Fig.[ITl). Respiration
is set to 20 movements a minute. Curves in fig ([2) show that the residual error
in steady state with the R-GPC controller is twice as small as the error with the
GPC controller. Note that the transient for R-GPC reflects the learning behaviour
of repetitive controllers. Curves in Fig. show that changes in the reference



Model Predictive Control for Cancellation of Repetitive Organ Motions 361

System output (mm)

r—T—T T T T T T T 1
24 : : : : : : : : ‘
22
20
18

16 LV A A
14 |measure y(t) —— - e oo
e e A T s W W S

10 15 20 25 30 35 40 45 50 55 60

time (seconds)

Fig. 6. System output with a classical GPC and repetitive disturbances.
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Fig. 7. System output with a varying reference.

signal (which are driven by the surgeon) do not affect the performance of the
cancellation of the breathing-induced disturbances.

6 Conclusion

This paper presented a repetitive model predictive controller approach for the
active mechanical filtering of periodic motions induced by respiration or even
heart beating in laparoscopic robotized interventions. Periodic property of the
perturbation has been included into the input-output model of the controlled
system so as to have the robotic system anticipate perturbating motions. A new
cost function has been presented for the unconstrained generalized predictive
controller where reference tracking is decoupled from the rejection of predictable
oscillatory motions. Experimental results have been shown for visually servoing
the insertion depth of a surgical tool in an endoscopy-training box and in real
conditions with an AESOP surgical robotic arm. The surgeon can interact with the
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Command u(t) = ui(t) + ua2(t) (V)
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Fig. 8. System command for Fig.[7l The system is driven to the varying reference as
shown by command u1(t) (bottom left). Term usz(t) is periodic and reflects the controller
behaviour for disturbance rejection (bottom right).

control system to change the distance reference, while the robot is autonomously
cancelling the breathing motions.
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t = 20s by the estimation algorithm of (Tsao et al., 1998). Disturbance rejection is
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Abstract. In the last few years, radiofrequency ablation has become
one of the most promising techniques to treat liver tumors. But radiol-
ogists have to face the difficulty of planning their treatment while only
relying on 2D slices. We present here a realistic radiofrequency abla-
tion simulation tool, coupled with a 3D reconstruction and visualization
project. They help radiologists to have a better visualization of patients
anatomic structures and pathologies, and allow them to easily find an
adequate treatment.

1 Introduction

Recent advancements in medical imaging have allowed to develop several kinds
of minimally invasive techniques for the ablation of liver tumors that used to be
considered as being non-resectable. Among them, percutaneous thermal ablation
has been studied in different forms, such as microwave, laser, high intensity
focused ultrasound, cryotherapy, and radiofrequency (RF) that appears to be
the easiest, safest and most predictable [IJ.

Radiofrequency is a tumor denaturation method using heat created by ionic
agitation generated by the principle of a microwave located at the tip of a needle-
like probe. It leads to cell death and coagulative necrosis when enough heated.
The probe may be positioned several times in order to treat a larger zone. Radi-
ologists burn the whole tumor volume with a 1 cm security margin [2], which is
mandatory to prevent local recurrence of a tumor after treatment, and to reduce
the effects of a possible inaccuracy of needle placement.

The three important criteria for the success of such a treatment are the choice
of secure trajectories for the probe, the destruction of a maximum number of
cancerous cells, and a minimum amount of affected healthy tissues. Unfortu-
nately, planning such a treatment according to these factors is quite difficult for
a radiologist who can only rely on 2D scanner slices.

Scanner image reconstruction allows a more intuitive 3D visualization of the
patient’s anatomy [3], that makes the simulation of needle placement easier. The
expected follows up of this functionality are both the visualization of the necrosis
of treated zones, and the automatic planning of needle trajectories that would
optimize the three criteria.
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In this paper, after a summary of recent studies on lesion size and shape,
and on treatment planning, we explain how we simulate the necrosis of the
treated area. Then, we show how we plan to automatically compute optimal
needle positions, and which future improvements this work will bring in RFA
treatment.

2 State of the Art

2.1 Lesion Size and Shape

3D simulation of radiofrequency necrosis depends directly on recent studies on
lesion size and shape. Indeed, to accurately simulate lesions, it is necessary to
know all the factors that have an influence on them. Literature shows that several
kinds of factors are important to predict how lesions will look like [4].

— Device-dependent factors:

The shape of the necrosis zone depends on the type of probe used for the
treatment. Different kinds of probes are used in radiofrequency ablation. Ex-
pandable multi-array needles, which are insulated needles containing hook-
shaped inner electrodes that can be deployed once the target is reached, pro-
duce a more or less spherical lesion. Other types, single or clustered cooled
needles, produce an ellipsoidal lesion shape. A comparative study of these
systems can be found in [5].

Technological advancements in needle design tend to increase lesion size.
Needle design (electrode’s diameter and tip length) also modifies lesion size
and shape. Moreover, the different kinds of provided generators use various
ablation algorithms [I]. According to the power they can supply, the lesion
size may be greater. It is possible to control lesion size and shape by changing
intensity and duration of the supplied current.

— strategy-dependent factors:
Since larger lesions may avoid multiple needle insertions, different strategies
have been studied to increase lesion size. Radiofrequency lesions can be en-
larged by a temporary occlusion of the tumor blood supply, because blood
flow in large vessels has a “heat-sink” effect that cools the thermal pro-
cess [6]. Infusion of a saline solution into the target tissue via a cannulated
radiofrequency probe also amplifies the ablative volume [7].

— anatomic factors:
As we said previously, blood flow in large vessels causes thermal process
cooling. If the needle tip is placed close to large vessels, they will not be
affected by the treatment, and the lesion shape will be deformed, and model
itself to the shape of the vessels. As for smaller vessels (£ < 2 to 3 mm), they
seem to be obstructed by clots after radiofrequency treatment, and have no
consequence on lesion shape or size [9].
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— pathologic factors:
Some studies showed that in the case of cirrhotic livers, the shape of the
thermal lesion was more extended and almost modelled to the tumor shape,
whereas less surrounding cirrhotic tissue was burnt. Livraghi et al. attribute
this difference to a phenomenon called “oven effect” [8].
All these factors, directly influencing size and shape of the necrosis zone,
obviously have to be taken into account for an accurate RFA simulation. Indeed,
a computer-aided treatment planning has to offer a maximal guarantee of success
and safety for the patient, for a better survival rate.

2.2 Treatment Simulation and Planning

Previous studies on treatment simulation and planning have already been carried
out, but they were mainly focused on other minimally invasive treatments such
as cryotherapy [9/10], or they were centered on finite element modelling [I1], but
very few works have been done on radiofrequency real-time 3D simulation and
treatment planning.

Cryotherapy is with RF, one of the most often used systems to treat liver
tumors. So far, it has been more widely studied in computer science than radiofre-
quency, and some teams carried out softwares able to simulate iceball growth.
Most are based on finite element methods and compute the propagation of freez-
ing inside tissues [9], others approximate lesions by ellipsoids [10].

Both also tried to initiate a treatment planning for cryotherapy [10/12],
but with some limitations. For instance, T. Butz proposed a very interesting
cryotherapy simulator and planner, included in 3D-Slicer, that can also be ex-
tended to one type of radiofrequency probe. However, it can only compute the
best positioning of cryoprobes within a predefined window of the body, and
doesn’t take into account the presence of surrounding organs. In [11], a finite
element model for radiofrequency is presented, based on the resolution of bioheat
equation, but it doesn’t seem to be real-time.

3 Radiofrequency Ablation Simulation

The researches we carried out, and that we will detail here, were justified by the
fact that many radiologists expressed a need of information about their patients
that would be easier to visualize, and of having the ability to simulate accurately
and realistically the radiofrequency treatment before operating.

We present here a tool, called RF-Sim, that links 3D reconstruction and
visualization of slices, and a virtual RF probe placement simulator. The whole
project allows to easily visualize the patient’s anatomy in 3D and to localize his
tumors, and has several useful functionalities such as security margin display,
volume calculation, and inner navigation. RF-Sim adds the ability to append RF
probes in the scene, and to place them by taking into account security margins,
and surrounding organs and factors.
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3.1 Chosen Framework

First of all, we perform the 3D reconstruction of a patient’s liver and tumors from
an enhanced spiral CT scan using an automated algorithm described in [3]. All
the experiments that were made with this simulator were based on real patients’
data that came from Strasbourg’s Civil Hospital, and that were performed within
a preoperative framework.

For this simulator, aimed at being first tested in this hospital, we chose to
represent the electrode model that is mainly used by our radiologists, that is
the Berchtold® HITT system (see Fig[dl). This kind of needle produces a quite
ellipsoidal lesion zone around the tip, as shown on Fig[3l Therefore, we first
chose to represent the necrosis zone by a meshed ellipsoid (see FigHl). However,
we could easily extend our simulator to other types of needles, like expandable
(see Figl) or clustered systems, by simply changing the appearance of the needle
and the general shape of the lesion.

T

Fig. 4. Virtual needle electrode and its associated ellipsoidal lesion around tip

O

3.2 Enhancement of Realism

Once the basic shape of the lesion zone had been chosen, we tried to make it
even more realistic by taking into account surrounding factors. One of the most
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important of them is the proximity of large vessels, that cools the surrounding
tissue zone, and avoids a complete burning of the ellipsoidal zone if the blood
flow is not occluded. When done close to a large vessel, a RF treatment causes a
deformed necrosis zone. However, we also have to consider that, on the contrary,
small vessels don’t affect the treatment and are completely burnt.

Deformation of the Ellipsoid: We consider that the heat produced by the
electrode and propagating within the tissue is coming from the tip and is directed
towards the boundary of the ellipsoid, following the heat flow. We approximate
the “heat-sink” phenomenon by saying that if the heat flow comes near a vessel,
it is stopped. That way, we can represent the necrosis zone by a quite simple
deformation of the ellipsoid, following the shape of the vessel.

Technically talking, for each vertex of the theoric ellipsoid, we test if it is
inside the deformation zone. If so, we replace it by the vertex placed on the
same vector and that is as far as possible from the center of the ellipsoid, while
being outside the deformation zone. Intuitively, we “repulse” the vertex away
from the vessel, but keep it on the same radius of the ellipsoid (see FigH).

Y o

Fig. 5. Deformed shape of the necrosis zone close to large vessels

Computing Deformation Zone from Vessels: As we said earlier, large
vessels cool their surrounding area and remain unchanged after the treatment,
whereas small vessels are considered as being burnt. To reproduce this effect, we
have to compute a deformation zone that includes large vessels but excludes the
smallest ones. We chose to use the voxel version of the whole vessel network in
order to perform an opening on it. An opening is a composition of one or more
erosions and of the same number of dilations [T3].

We have to perform a sufficient number of erosions on voxel shape to make
small vessels disappear, only thinning large ones. The number of erosions is
determined by the size of small vessels to eliminate (Z < 2 to 3 mm) and the
resolution of the voxel mask. The average resolution of the masks we currently
use is 0.6 x 0.6 x 0.6 mm, so we perform 2 erosions in order to eliminate vessels
having a radius < 1.2 mm, i.e. a diameter < 2.4 mm. Performing 3 erosions would
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eliminate too many vessels (Z < 3.6) and performing only 1 erosion would miss
out on some vessels (1.2 < & < 2.4 ). Then, the same number of dilations bring
large vessels to their initial thickness.

In a second step, we perform some more dilations, in order to increase thick-
ness of large vessels. Indeed, the “heat-sink” effect also cools the area surrounding
the vessel, so the zone has to be extended to include this area. We obtain a de-
formation zone that incorporates large vessels and their neighborhood, and that
excludes small vessels. An example for a portal vein is shown on Fig[f, where
the voxels are represented by their center point.

Fig. 6. Voxel deformation zone of a portal vein

4 Results and Perspectives

We present on Figlf] the results of 2 deformations of a virtual necrosis zone
based on the voxel deformation shape. In these snapshots, we can easily see the
deformations induced by large vessels. For each one of them, we present 2 views:
in the second one, veins are not drawn in order to see the deformation more
easily. The manipulation of the needles and of their associated scalable lesion
zone is a real-time operation.

Finally, we present on Figl8l a snapshot of a typical RF-Sim scene, showing
the simulation of a RF treatment. Several electrodes are placed on tumors, some
of them produce overlapping lesions to treat a large tumor. To have a better
visualization, skin and liver are drawn in a transparent mode, and lesion zones
in a semi-transparent mode.

This example is taken from a set of 18 real study cases on which we made
our experiments so far. These patient data were taken from the Strasbourg Civil
Hospital radiology service’s database, among patients that were candidate for a
RF treatment. All these experiments will soon be subjected to post-treatment
medical validation by experts.
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These experiments consisted, for each case, in opening the set of recon-
structed organs and tumors of a patient, and then trying to place manually
as many needles as necessary to cover all tumors plus margin volumes, while
also trying to minimize healthy tissue burning, and to avoid inserting needles
through vital organs. In other words, it consisted in thinking about a placement
plan for each case, trying to apply it by placing virtual needles, checking if the
predicted locations were appropriate by comparing margin and lesion shapes and
volumes, and if necessary correcting the plan until a satisfactory treatment was
found.

The experiments clearly showed that when a tumor is located too close to
vessels, it is often impossible to find a needle configuration that would totally
burn the additional margin volume, because the cooling process interferes. The
direct manipulation of the needles and the real-time deformation of the lesion
shape significantly improved the visualization of this phenomenon, and seem to
be helpful in the prediction of treatment efficiency.

Fig. 7. Deformed virtual necrosis zones

The direct extension of this work is obviously RF treatment planning. Let
us explain here what will be the main points of this study, and how they will be
carried out.

First, we have to define what is an optimal treatment plan. It has to fulfill the
3 criteria of an efficient treatment: burn all the cancerous cells, burn a minimum
of healthy tissue, and be safe. But it also has to take into account accessibility
(bones), and treatment simplicity (minimum number of needle insertions) in
order to be more comfortable for the patient and easier for the radiologist.
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Fig. 8. Snapshot of RF-Sim

We plan to compute electrode placements in 3 phases:

— definition of a range of possible paths for needle placements, in order to
eliminate unaccessible or unsafe directions,

— computation of a set of accurate overlapping ellipsoid configurations, that
produce compound lesions allowing to burn cancerous tissues efficiently,

— choice of the best configuration among those previously computed, minimiz-
ing the burning of healthy tissue, and maximizing the simplicity criteria.

The first phase is mainly a collision detection operation, defining a set of 3D
shapes inside of which needles can manoeuvre to reach their goals. The second
phase is probably an extension of the work of T. Butz [10], that allowed to
compute the best overlapping ellipsoid configuration to cover the tumor plus
margin shape, the needle being inserted within a predefined window. For us,
the window will be extended to the previously computed 3D shapes of possible
directions. Then, the third step is a heuristics-based selection of the best solution
among many according to several fixed constraints.

5 Conclusion

The simulator RF-Sim we presented here represents a first step to a complete
treatment planning and simulation tool that will assist radiologists in their work.
It allows to see easily the patient’s anatomy in 3D, to append virtual RF probes
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and their associated lesion zone, that are realistically rendered according to
surrounding parameters. With the adjunction of the planning tool, radiologists
will be able not only to simulate the treatment they plan to perform, but also
to ask the computer for advice. This study on RF ablation simulation may lead
in the future to considerable improvements in the treatment of cancers.
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Abstract. Realistic generation of variable anatomical organ models and
pathologies are crucial for a sophisticated surgical training simulator. A
training scene needs to be different in every session in order to exhaust
the full potential of virtual reality based training. We previously re-
ported on a cellular automaton able to generate leiomyomas found in
the uterine cavity. This paper presents an alternative approach for the
design of macroscopic findings of pathologies and describes the incor-
poration of these models into a healthy virtual organ. The pathologies
implemented are leiomyomas and polyps protruding to different extents
into the uterine cavity. The results presented are part of a virtual reality
based hysteroscopy simulator that is under development.

1 Introduction

In the last few years many surgical training simulators have been developed
[618J9]. There is consensus that one of the main advantages of a training simulator
is the ability to offer training on many different surgical scenes in a compressed
period of time, thus increasing the experience of the trainee. Nevertheless, the
generation of variable anatomical models of the healthy organ and the incorpo-
ration of pathologies have not been treated as a specific issue. Instead, today’s
simulators use single static organ models, usually derived from an exemplary
anatomy such as an MRI dataset of a volunteer, a specially acquired high reso-
lution dataset, or artificially created with CAD.

Our current research aims at the development of a hysteroscopy simulator.
Hysteroscopy is the visualization of the inner surface of the uterus by performing
a distension of the cavum uteri, realized through a single hull for manipulation
and visualization. It makes minimal invasive surgery on the uterus possible and
allows the physician to perform a specific treatment under organ saving condi-
tions. Hysteroscopy is the second most often performed endoscopic procedure
after laparoscopy in gynecology. Because of lack of alternatives, training is usu-
ally performed during actual interventions, with an experienced gynecologist.

A single organ model is inherently unable to represent an everyday situation
of the operating site, thus obstructing the training effect of the simulator. The
organs of any two patients will never be alike. Statistical anatomical models, for
example those used for the incorporation of prior anatomical knowledge into the
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segmentation process [3lff] offer an appealing way to handle the variability of
healthy human anatomy within the organ models used for simulation.

The other requirement for a reasonably realistic surgical simulator is the abil-
ity to offer training on a wide variety of pathological cases. The large number of
possible pathologies as well as the enormous range of their manifestations makes
a similar statistical approach unreasonable if not impossible. We are therefore
exploring different approaches to model the pathologies.

We previously reported on a cellular automaton that is able to model differ-
ent types of leiomyomas. A minimal set of rules was presented that simulates the
growth process of a myoma. Thus, by successive and probabilistic application of
the rules new myomas are generated [15]. The limitations of the cellular automa-
ton become obvious when investigating pathologies like polyps. The interaction
between the surface of the pathology and the healthy organ is an integral part of
the growing process. Modeling of collisions in a cellular automaton is far more
complex than in any surface based system.

In this work, a different strategy for the generation of pathologies found in
the uterine cavity is described and their incorporation into the model of the
healthy organ is presented. Instead of growing a pathology model every time a
different manifestation is needed, the desired findings are directly designed. In
a second step, the pathology is embedded in the healthy organ. Hysteroscopy
being the target application, the most frequent pathologies visible from within
the uterine cavity have been implemented, namely submucosal leiomyomas and
polyps. The implementation of the first one allows for a direct comparison with
the previously published approach. In addition, polyps are excellent candidates
to discover the suitability and limitations of the different approaches, as they
have significantly different properties than myomas.

2 Pathologies in the Uterine Cavity

Leiomyomas and polyps are both the cause of abnormal bleeding and the reason
for the majority of hysteroscopic interventions. While the symptoms and the ap-
pearance of these pathologies might to some extent be similar, their treatment
during hysteroscopy is completely different. Resecting a pedunculated myoma
the same way as a polyp is removed can lead to serious problems during inter-
vention.

2.1 Mpyoma Formation

Uterine leiomyomas are well-circumscribed, non-cancerous tumors arising from
the myometrium of the uterus. They are found in 25-40% of women in their child-
bearing years and are classified by their location in the uterus. In hysteroscopy
submucosal leiomyomas, both sessile and pedunculated, protruding to different
extents into the cavity, are visible and treatable. As a myoma is composed of
very dense fibrotic tissue, it has a much stronger tendency to keep its shape than
any of the surrounding tissues. Therefore the myoma will be able to grow almost
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independently from its surroundings and keep a spherical shape. The size of a
myoma can range from a few millimeters up to several decimeters.

Removing a myoma is usually done by electric resection in small parts. A
monopolar loop electrode is used to carve small strips that can subsequently
be grasped and extracted from the cavity through the cervix. In doing so, it is
crucial to keep the peduncle. Cutting off the peduncle of a myoma can lead to
serious problems in hysteroscopy: the rigid sphere that forms the myoma will be
floating like a ball in the cavity, making any further resection impossible.

2.2 Polyp Formation

Endometrial polyps are - like myomas - benign tumors. They are encountered
most commonly in women between 40 and 50 years of age and occur relatively
frequently after the menopause. The prevalence of polyps in the general popu-
lation is about 24% [10].

As most polyps are small, they do not cause symptoms. The most common
clinical presentation is abnormal bleeding, less frequently they are the cause of
infertility. Two types of polyps are distinguished, one type originating from the
corpus, the other from the cervix [I4]. There is no classification based on the
size or shape of a polyp.

Polyps originate as focal hyperplasias of the basalis and develop into benign,
localized overgrowth of endometrial tissue covered by epithelium and containing
a variable amount of glands, stroma, and blood vessels. These components make
them - in contrast to myomas - very soft. Polyps may be broad-based and sessile,
pedunculated, or attached to the endometrium by a slender stalk. Furthermore,
they vary in size from 1.0 mm to a mass that fills and expands the entire uterine
cavity. They rarely exceed 1.5 cm in diameter. Large polyps may extend down
the endocervical canal or may even protrude into the vagina, being visible on
physical examination. The surface is tan and glistening, but occasionally the
tip or the entire polyp may be hemorrhagic or characterized by sufusions and
petechiae due to irritation of infraction. Polyps are generally solitary, but about
20% are multiple. They may originate anywhere in the uterine cavity, but most
occur in the fundus, usually in the cornual region.

The occurrence of carcinoma in benign polyps has been reported to be no
more than 0.5%; however, polyps have been found in 12-34% of uteri with en-
dometrial carcinoma. Polyps found in postmenopausal women are therefore al-
ways subject to histological investigation, as they are often a side effect of a
carcinoma [I]. It is important to remove any polyp completely from the basis,
otherwise there will always be a chance of relapse.

Hysteroscopy offers the accepted advantages of direct visualization, targeted
biopsy and simultaneous complete surgical resection of polyps and myomas.
Ultrasound often fails to accurately differentiate between polyps, hyperplasia
and endometrial carcinoma. Hysteroscopy is more specific as a diagnostic tool
in cases of post-menopausal bleeding and the combined use of hysteroscopy and
biopsy leads to nearly 100% accuracy [16].
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The hysteroscopic resection of a polyp - as opposed to the resection of a
myoma - is best performed by picking the stem of the polyp and extruding it.
Once the polyp is separated from the uterus, it can easily be pulled out of the
cavity, as the soft tissue of the polyp can be squeezed through the cervix.

Table [[] summarizes the basic differences between myomas and polyps in the
context of surgical training simulation. If polyps and myomas cannot be visually
distinguished, haptic feedback can indicate the pathology.

Table 1. Fundamental differences between myomas and polyps

Property Myoma Polyp
Origin Myometrium | Endometrium
Tissue Stiff Soft
Shape Spherical Elongated
Resection| Carving Extruding

3 Skeleton Based Pathology Design

Almost a century ago, D’Arcy Thompson already identified the decisive role of
axial growth processes in forming the shape of living objects [4]. The concept
of local symmetries has later been shown to capture axial growth efficiently and
can be handled by a coherent mathematical theory [2]. Local symmetries are
described by skeletons, which are therefore a good tool for designing anatomical
objects such as the pathologies under scrutiny. For axial growth, a skeleton can
be approximated by of a set of connected axes that describe the geometry of
the object, and a width r associated with every position p of every axis of the
skeleton [13].

The design process is initiated by generating a skeleton S. Even though
relatively complex growth patterns can theoretically emerge, only one main axis
of growth can be identified in the presented pathologies. However, more complex
geometrical structures are sometimes observed in polyps, e.g. in cases where
the tip of the polyp seems to split. Yet, extreme tree-like branching does not
occur. These small geometrical changes can be handled differently by specific
application of the surface distortion, as shown below.

In an unconstrained environment, the growth process can be idealized to
follow one straight axis. The restrictions imposed by the organ’s shape are con-
sidered later in the post-processing steps of the design. The beginning of the
skeleton is aligned with the origin of the coordinate system and the tip placed
somewhere on the z-axis. The z-value represents the size of the pathology spec-
ified by the physician and scaled to the relative size of the organ. Using this
orientation, the socket of the pathology lies on an virtual plane X~ which coin-
cides with the zy-plane.

The width function r(p) is determined by a characteristic profile of the desired
pathology. This profile is generated by a two dimensional non-uniform rational
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B-spline (NURBS) curve C parameterized by ¢ € [0..1] [5]. The control points of
the curve C have been empirically selected to produce profiles that match the
descriptions and images of real pathologies. As one basic requirement for the
generation of models for surgical simulators is the specification in medical ter-
minology [15], the physician will select the desired pathology (myoma or polyp)
as well as the size and width of the body and the peduncle. Consistency tests
have to ensure meaningful values before transforming the specifications into the
control points.

The profile is discretized at regular intervals of the parameter ¢. In the case of
the polyp, two different radii can be specified to generate elliptical axial shapes.
The profile is then scaled by r1 cos(¢) +r2 sin(p). This extension is not needed in
the case of myomas, due to their spherical shapes. The surface {2 of the pathology
is a 4-connected grid where its vertices are defined by the discrete angles ¢; and
the discrete positions ¢; of the profile. The resulting structure is open at the
socket on the plane X.

In addition to the grid connections, every point p € {2 is connected to its
closest skeleton point, resulting in a segmentation of the skeleton at z-values
corresponding to the projections of the ¢; positions of the profile. Additionally, a
triangulation of the surface is defined for rendering purposes. All connections are
modeled by springs. Three different stiffness factors are assigned to the following
spring elements in increasing order: surface to surface, surface to skeleton and
skeleton to skeleton.

Randomness is introduced by modulating the generated surface 2. The points
p on the surface are displaced in normal directions m,. The amount d(p) of
displacement is chosen such as to achieve a predefined global amplitude ay and
frequency. The values d(p) can be stored in a matrix D since the surface {2 is a
4-connected grid. In principle, the values of every element D;; in the matrix can
be randomly selected and the resulting matrix smoothed with a circular Gauss
filter. The amplitude ag of the perturbation is additionally modulated with the
radius r(p) to avoid too large distortions at the peduncle:

d(p) = aor(p)w

where z is a uniformly distributed random variable in the range [—1..1]. The
repeated application of this process with different amplitudes and filter-lengths
leads to different perturbation patterns at different scales, allowing a simple
interactive modification of the shape. In the actual implementation, the mod-
ulating and smoothing steps are unified for efficiency. Figure [ illustrates the
results of the process described for a polyp and a myoma.

4 Fusion of Pathology with Healthy Anatomy

Alternative tumor growth models place an initial seed for the pathology directly
in the organ’s model. Finite element analysis has been used to model the de-
formation of the organ induced by the growth process [IT]. The application of
such concepts is coupled with the modeling of the growth processes inside the
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-

Fig. 1. The first image exhibits an undistorted and its corresponding distorted
polyp profile, as well as a variation of the shape. The second image illustrates the
corresponding profiles for myomas.

organ and thus not applicable in the current approaches. In both the cellular
automaton and the skeleton method, the pathology models Muihoiogy have to be
combined with the organ model Mg 4an after they have been generated.

A model M is an entity associated with a certain representation. In the
current context, Morgan iS an uterus represented by a triangulated, inner and
outer surface oriented according to a patient specific coordinate system. In the
case of the cellular automaton, Mgy is a voxel based representation of different
concentrations on which the rules are applied. The skeleton model Mg of a
pathology incorporates a surface representation with a local coordinate system
at the origin of the pathology. The set £ denotes a representation type, by
convention labeled with the original model instance. Therefore Lg4qr is the set
of models parameterized by a surface triangulation, whereas Lpathology is the set
of models represented by voxels in the case of the cellular automaton and by
surface triangulation in the case of the skeleton-based approach.

The combination of the organ and the pathology corresponds to a transfor-
mation T : L, — L, and additional operations on the models M. For the case
of the cellular automaton this leads to

T T
Eorgan — ‘Cpathology — Eorgan

T7 being the voxelization of the organs surface, 15 a voxel to surface conversion
algorithm, e.g. Marching Cubes [12]. In the ideal case T, = Tfl, so that parts not
involved in the tumor gestation process are not altered. As T ~ Tfl, it is better
to select the region of growth in L,gan and only transform this portion of the
surface. T» will then produce a surface fragment that has to be merged with the
remaining organ’s surface. Possible collisions have to be handled appropriately.
The improved procedure can be written as

Moo € Morgan (1)

T T
Lor‘gan *1> Epathology 42) Lorgan (2)
M scene = f collision (M organ U Alpathology ) (3)

where C defines the selection of a region of interest, U the surface merging opera-
tion, and feoision the handling of any collisions. This procedure explains, why the
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Fig. 2. Image a) is an example of a polyp inserted in the organ before merging.
Image b) shows the resulting connections and image c) the result after relaxation of
the springs.

cellular automaton is not suited for the generation of polyps. A cellular automa-
ton cannot handle collisions, since two adjacent cells of the same tissue have no
information whether they belong to the same or different surface fragments. To
handle collisions, equations [, 2] and Bl would have to be applied on every growth
iteration. The repeated change of representation would lead to an unacceptable
accumulation of errors.

For the skeleton approach, the combination is simplified by the fact that the
model already entails a surface representation. The only transformation required
is

T
‘Cpathology — ‘Corgan (4)

where T represents a simple rotation and translation of the model Mg to position
the local coordinate system in the selected point p of origin of the pathology in
the organ. Equation [B] also holds for the transformed model Mg to obtain a
coherent surgical scene.

Merging Mg and Mgrgan in Lorgan is more involved than in the case of the
cellular automaton and will be described in more details. For simplicity of the
description, equation ] is inverted. Thus, merging is accomplished in Lpathotogy-
The final result needs to be transformed with 7" to obtain a scene in the correct
coordinate system.

The triangulation surrounding the point p € Moyrgan is refined to roughly
match the resolution of the pathology’s rim Rpathoiogy- The points closer to the
point p than the pathology’s radius are removed, thereby creating a hole in
Mrgan of approximately the size of the pathology’s base. The resulting rim in
Morgan is denoted Rorgan- Image a) in Figure Plshows an exemplary case.

The points of Rpathology and Rorgan have to be connected, so that the surface
triangulation is closed and no two points of the same rim are connected. That
is, m points of Ryrgan and n points of Rpathology have to be mapped with the
additional constraints of no overlapping connections and smallest possible dis-
tances between the connected points. The later restriction is required during the
relaxation process of the springs derived from the newly created connections.
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First the points on Rorgan are projected on the plane X' by rotating them
around the closest tangential segment of Rpqathology, SO that they lie outside of the
ellipse described by Rpathology- The points p; € Rorgan and ¢ € Rpathology NEXE
to each other are selected as starting points py and ¢o. The remaining points of
each rim are sorted along the rim with the same orientation around the origin.
A matrix of all possible angles between the normals n; of the points ¢; and the
vectors m;; = (sz is constructed

Aij = {(nj,mij) Ae ERan

A triangle between the two rims is now represented by two adjacent values in
A. The global optimal triangulation in the sense stated above corresponds to
the cheapest path from Ay to A,,,. This path can be found by building a new
matrix B that accumulates the values in A starting from Agg

Bij =min(A; j + Bi—1,,4ij + Bij-1)  BeR™"

and building the triangles by starting at Bpg and always selecting the lower of
the adjacent values. Finally the points g; are projected back to their original
positions.

The new connections are represented by springs with equilibrium length zero.
These springs and the pathology’s springs are relaxed to attract the pathology’s
surface {2 to the uterine cavity. Image b) in Figure [ illustrates all springs con-
nected to Rorgan and Rpathology before relaxation. Image c) in Figure [ is the
result after relaxation of the springs. The boundary between the pathology’s
rim and the uterine cavity is no longer C'-continuous, as was the case with the
original virtual plane X. Nevertheless, as can be seen in image c¢) in Figure [
this inconsistency is barely visible on the scale of interest.

The inserted pathology will very likely overlap at some places with the uterine
cavity. Depending on the type of pathology, this collisions have to be dealt with
differently. As argued in Section [2, myomas have a very strong tendency to keep
a spherical shape. The edges of the triangles building the surface of the organ
are equally modeled by springs. A collision of a myoma and the cavity will be
handled by correcting the cavity’s surface while fixing any point of the pathology.

In contrast to the myoma the polyp is a very soft tissue mass, which will
be deformed according to the uterine cavity’s shape. Only springs belonging to
the pathology, both peduncle and polyp, are relaxed during collision handling.
The final results of the skeleton-based approach are compared to a real polyp in
Figure Bl

5 Conclusion and Future Research

The presented approaches have all been discussed with a experienced gynecol-
ogists, who attested them a high resemblance with real cases. As we are aware
that such validation will never overcome the limitations of subjective judgment,
we are looking for long term validation strategies. This will entail the compari-
son of different modeling approaches as they emerge and the comparison of the
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Fig.3. Real polyp (left) and two different views of an artificial polyp in the uterine
cavity. The cavity has been inflated to allow for a better view, as is done during surgery.
The last image is an unusual perspective during actual surgery but gives an excellent
overview of the scene.

resulting models during actual training with real cases, giving not only the vi-
sual, but also the haptic feedback. Future research will concentrate on the two
pathologies presented.

The described approach of designing a pathology for surgical training simu-
lators has both advantages and disadvantages over the cellular automaton. The
main advantages are, that both polyps and myomas can be generated and that
no growing time is required, making the generation of a pathology model possi-
ble in the order of one second. While completely autonomous generation was one
of the requirements stated for the generation of pathologies for surgical training
simulators, a physician might want to modify the resulting pathologies to more
specifically match his expectations. The presented model is well suited for this
task, as mass-spring models of this size can be modified at interactive rates.

However, some features might be missing. As an example the inner core of the
myomas cannot be discerned from the surface. Therefore the generated myomas
might not supply sufficient information for an accurate vascularization model.

Polyps are also a common finding in other organs, e.g. the colon (colon-rectal
polyps). The described approach is completely independent of the organ chosen,
allowing a direct application to any other surface-based organ model.
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