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tool for mapping the working brain’s activation patterns, both in health
and in disease. It is an interdisciplinary field and crosses the borders of
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from introducing the basic ideas and principles to the underlying physics
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or researcher with no previous knowledge of the technology.
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Preface to the second edition

The field of functional magnetic resonance imaging (fMRI) has expanded enormously since
the mid-1990s. The field is still dominated by basic neuroscience research, but increasingly
fMRI is being used to study disease, and clinical applications are growing rapidly. This book
is intended as an introduction to the basic ideas and techniques of fMRI. My goal was to
provide a guide to the principles of fMRI with sufficient depth to be useful to the active
neuroscience investigator using fMRI in research, but also to make the material accessible to
the new investigator or clinician with no prior knowledge of the field. To this end, the key
ideas are all presented in Part I as a general overview and then developed in more detail in
Parts IT and IIL

The second edition has been extensively revised to reflect new developments in the field
since publication of the first edition in 2002. As in the first edition, the emphasis is on
examples that illustrate the basic principles rather than a comprehensive review of the field.
The viewpoint of the book reflects my own background as a physicist, focusing on how the
techniques work and the physiological mechanisms underlying fMRI. The early sections on
the basic connections between neural activity, blood flow, and energy metabolism have been
completely revised to reflect the large body of the new work since the first edition was
published. The final chapter addresses what I think is the primary challenge for fMRI today:
how can we take fMRI from a mapping tool to a quantitative probe of brain physiology?

I have been fortunate to be able to work with an exceptional group of colleagues at UCSD,
and over the years the material in the book has been shaped by many helpful discussions with
Eric Wong, Larry Frank, Tom Liu, David Dubowitz, Miriam Scandeng, Giedrius Buracas,
Kun Lu, Adina Roskies, Karla Miller, Kamil Uludag, Marty Sereno, Joan Stiles, Frank Haist,
Greg Brown, Anna Devor, and Anders Dale. I have also benefited from numerous stimulat-
ing discussions with other colleagues in the field, particularly on ideas related to the
physiological foundations of fMRI, including Peter Bandettini, David Boas, Noam Harel,
Joe Mandeville, Marcus Raichle, Robert Turner, Essa Yacoub and many others.

Finally, this book could not have been completed without the loving support of Lynn
Hall, and the book is dedicated to her.

Richard B. Buxton






Preface to the first edition

The field of functional magnetic resonance imaging (fMRI) is intrinsically interdisciplinary,
involving neuroscience, psychology, psychiatry, radiology, physics, and mathematics. For
me, this is part of the pleasure in working in this area, providing an opportunity to
collaborate with scientists and clinicians with a wide range of backgrounds. This book is
intended as an introduction to the basic ideas and techniques of fMRI. My goal was to
provide a guide to the principles of fMRI with sufficient depth to be useful to the active
neuroscience investigator using fMRI in their research, but also to make the material
accessible to the new investigator or clinician with no prior knowledge of the field. The
viewpoint of the book reflects my own background as a physicist, focusing on how the
techniques work. The emphasis is on examples that illustrate the basic principles rather
than a more comprehensive review of the field or a more rigorous mathematical treatment
of the fundamentals.

This book grew out of courses I taught with my colleagues L. R. Frank and E. C. Wong,
and their insights have significantly shaped the way in which the material is presented. Our
courses were geared toward graduate students in neuroscience and psychology, but the book
should also be useful for clinicians who want to understand the basis of the new fMRI
techniques and potential clinical applications, and for physicists and engineers who are
looking for an overview of the ideas of fMRI. Some of the techniques described are not yet
part of the mainstream of basic neuroscience applications, such as arterial spin labeling,
bolus tracking, and diffusion tensor imaging. However, the clinical application of these
techniques is rapidly growing, and I think that over the next few years they will become
an integral part of many neuroscience fMRI studies. This book should also serve as an
introduction to recent excellent multiauthor works that present some of this material in
greater depth, such as Functional MRI edited by C.T.W. Moonen and P. A. Bandettini
(published in 1999 by Springer).

In writing this book, I have benefited from helpful discussions and critical readings
from several of my close colleagues, including Eric Wong, Larry Frank, Tom Liu,
Karla Miller, Antigona Martinez, and David Dubowitz. I am also fortunate to be able to
work with faculty and students in the San Diego neuroscience community, including
Geoff Boynton, Greg Brown, Adina Roskies, Marty Sereno, Joan Stiles, Dave Swinney, and
many others. Their insights, comments, and questions have stimulated me to think about
many of the topics discussed in the book. In addition, I have also benefited from numerous
discussions with colleagues in the field over the years, including Peter Bandettini,
Anders Dale, Arno Villringer, Robert Weisskoft, Joe Mandeville, Van Wedeen, Bruce Rosen,
Ken Kwong, Robert Turner, Gary Glover, Robert Edelman, Mark Henkelman, and many
others. Although these individuals have strongly influenced my own thinking, they are not
responsible for what appears here, particularly any errors that may remain.

Finally, this could not have been completed without the loving support of Lynn Hall, and
the book is dedicated to her.

Richard B. Buxton
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) \ Introduction to the physiological
basis of functional neuroimaging

The subject to be observed lay on a delicately balanced table which could tip downwards
either at the head or at the foot if the weight of either end were increased. The moment
emotional or intellectual activity began in the subject, down went the balance at the
head-end, in consequence of the redistribution of blood in his system ...

... We must suppose a very delicate adjustment whereby the circulation follows the
needs of the cerebral activity. Blood very likely may rush to each region of the cortex
according as it is most active, but of this we know nothing.

William James (1890) The Principles of Psychology
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Introduction

Metabolic activity accompanies neural activity

The goal of understanding the functional organization of the human brain has motivated
neuroscientists for well over 100 years, but the experimental tools to measure and map brain
activity have been slow to develop. Neural activity is difficult to localize without placing
electrodes directly in the brain. Fluctuating electric and magnetic fields measured at the scalp
or near the head provide information on electrical events within the brain, and from these
data the location of a few sources of activity can be estimated, but the information is not
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sufficient to produce a detailed map of the pattern of activation. However, precise localization
of the metabolic activity and blood flow changes that follow neural activity are much more
feasible and form the basis for most of the functional neuroimaging techniques in use today,
including positron emission tomography (PET) and functional magnetic resonance imaging
(fMRI). Although comparatively new, fMRI techniques are now a primary tool for basic
studies of the organization of the working human brain, and clinical applications are growing.

In 1890, William James published The Principles of Psychology, a landmark in the develop-
ment of psychology as a science grounded in physiology. The possibility of measuring changes
in brain blood flow associated with mental activity clearly lay behind the experiment performed
by Angelo Mosso and recounted by James in the quotation at the beginning of this section.
By current standards of blood flow measurement, this experiment is quaintly crude, but it
indicates that the idea of inferring neural activity in the brain from a measurement of changes
in local blood flow long preceded the ability to do such measurements (Raichle 1998).

In fact, this experiment is unlikely to have worked reliably for an important reason.
The motivation for this experiment may have been an analogy with muscle activity. Vigorous
exercise produces substantial muscle swelling through increased blood volume, and thus
a redistribution in weight. But the brain is surrounded by fluid and encased in a hard shell,
so the overall fluid volume within the cranium must remain nearly constant, a principle often
referred to as the Munro-Kellie doctrine. Blood volume changes do occur in the brain, and
the brain does move with cardiac pulsations, but these changes most likely involve shifts
of cerebrospinal fluid (CSF) as well. As a result, the weight of the head should remain
approximately constant.

Furthermore, this experiment depends on a change in blood volume, rather than blood
flow, and blood flow and blood volume are distinct quantities. Blood flow refers to the volume
per minute moving through the vessels, while blood volume is the volume occupied by the
vessels. In principle, there need be no fixed relation between blood flow and blood volume;
flow through a set of pipes can be increased by increasing the driving pressure without
changing the volume of the plumbing. Physiologically, however, experiments typically show
a strong correlation between cerebral blood flow (CBF) and cerebral blood volume (CBV),
and functional neuroimaging techniques are now available for measuring both of these
quantities.

The working brain requires a continuous supply of glucose and oxygen (O,), which must
be supplied by CBF. The human brain receives approximately 15% of the total cardiac output
of blood (approximately 700 mL/min) and yet accounts for only 2% of the total body weight.
Within the brain, the distribution of blood flow is heterogeneous, with gray matter receiving
several times more flow per gram of tissue than white matter. Indeed, the flow per gram of
tissue to gray matter is comparable to that in heart muscle, the most energetic organ in the
body. The activity of the brain generates approximately 11 W/kg of heat, and glucose and O,
provide the fuel for this energy generation. Yet the brain has virtually no reserve store of O,
and is therefore dependent on continuous delivery by CBE. If the supply of O, to the brain is
cut off, loss of consciousness quickly follows.

Table 1.1 lists the primary physiological variables associated with brain energy metabo-
lism and blood flow, along with approximate values for the resting human brain. With brain
activation, glucose metabolism, O, metabolism, blood flow and blood volume all increase in
the active area. Unexpectedly, however, the oxygen extraction fraction (OEF) - the fraction
of the delivered O, that leaves the blood and is metabolized in the cells - decreases with
activation, and this phenomenon is exploited in fMRI.
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Table 1.1. Typical energy metabolism and blood flow variables for the resting human brain

Physiological variable Abbreviation Typical value
Cerebral blood flow CBF 0.5 mL/(g:min)
Cerebral blood volume CBV 4%

Cerebral metabolic rate of glucose CMRGlc 8.5 pmol/(g-min)
Cerebral metabolic rate of oxygen CMRO, 1.6 pmol/(g-min)
Oxygen extraction fraction OEF (or £ 40%

Arterial oxygen content [O5]5 8 umol/mL

Functional MRI

Positron emission tomography provided the first technology for mapping patterns of
activation in the human brain with high spatial resolution by measuring changes in blood
flow and energy metabolism, and these methods are described later in this chapter. More
recently, fMRI methods have dominated the field of functional neuroimaging, primarily
based on a phenomenon called the blood oxygenation level dependent (BOLD) effect. This
effect arises because of two distinct phenomena. The first is that when hemoglobin,
the molecule in blood that carries O,, loses that O, to become deoxyhemoglobin, the
magnetic properties change in a subtle way. The effect of this is that the MR signal changes
slightly, increasing when the blood becomes more oxygenated. This phenomenon alone,
while interesting from a biophysical point of view, only becomes useful when combined with
a second, physiological phenomenon: when an area of brain is activated, the blood flow
increases much more than the O, metabolic rate (CMRO,). This leads to a reduction of the
OEF, a seemingly paradoxical scenario in which the venous blood is more oxygenated —
despite the increase in CMRO, - because the blood flow has increased more. Taken together,
these two phenomena produce the BOLD effect, a local increase of the MR signal owing to a
reduction of the OEF during increased neural activity.

Functional MRI based on the BOLD effect is the most widely used method for exploring
brain function in human subjects, but MRI offers several additional techniques as well.
Although the term fMRI is often taken in a narrow sense to mean BOLD imaging, in this
book the term is taken in a broader sense to mean any MRI technique that moves beyond
anatomical imaging and provides information on physiological function. Chapters 1 and 2
provide an introduction to the physiological basis of these methods, as well as background on
other techniques such as PET. The connection between neural activity, energy metabolism,
and blood flow is the foundation of functional neuroimaging, yet this area of physiology is
still not well understood. Recent research has emphasized the key role played by astrocytes,
cells that have processes projecting to both neurons and blood vessels. This has led to the
concept of the neurovascular unit, a close interaction between neurons, astrocytes, and blood
vessels. The first two chapters describe these current results and ideas.

Neural signaling

Like all organs, energy metabolism in the brain is necessary for the basic processes of cellular
work, such as chemical synthesis and chemical transport. But the particular work done by the
brain, which requires the high level of energy metabolism, is the generation of electrical
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activity required for neuronal signaling. We begin by reviewing the basic processes involved
in neural activity from the perspective of thermodynamics, in order to emphasize the
essential role of energy metabolism. A more complete description can be found in standard
neuroscience texts (Nicholls et al. 1992).

Neural activity

Neurons have a complex structure, with an intricate tree of fine dendrites extending outward
from the cell body, and a single axon that carries outgoing signals (Fig. 1.1A). The axon
divides into many branches, and a branch makes contact with a dendrite or cell body of
another neuron at a synapse. In the primate brain, a neuron may have on the order of 10 000
synapses where it can receive signals from other neurons. Most of these connections are with
nearby neurons (within a few millimeters), but some connections are much longer.

A key aspect of all cells, but in particular for neurons, is the membrane potential.
Electrodes placed inside and outside the cell record an electric potential difference across
the cell membrane of approximately —70 mV, with the potential more negative inside. One
can think of the membrane potential as the medium of neuronal signaling: it is the
physiological property altered in one neuron when it receives a signal from another neuron.
An action potential or spike is a transient disturbance of that potential, a rapid depolarization
of the membrane near the origin of the axon, initiated by a partial depolarization of the
membrane potential. For example, if positive current is injected into the cell, the membrane
potential will slowly increase (depolarize, approaching zero) until a threshold is reached that
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Fig. 1.1. Neuronal signaling. (A) The schematic diagram shows the dendrites, cell body, and axon for a pyramidal cell,
the principal neuron of the cortex. Axons from other neurons make contact at synapses on the dendrites and cell
body, causing ion channels to open and current to flow into or out of the cell. If a sufficient depolarizing current
reaches the cell body, an action potential is generated that travels along the axon to signal other neurons. (B) lons
have different extracellular and intracellular concentrations. The membrane potential depends on these distributions
plus the permeability of the cell membrane to each ion. Synaptic activity leads to transient opening or closing of
specific ion channels, producing fluctuations of the membrane potential. (C) A source of the non-linear complexity of
neuronal signaling, including the generation of an action potential, is that other ion channels are voltage dependent
and so are affected by the membrane potential, creating a feedback loop.
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triggers the action potential, an abrupt further depolarization that quickly recovers. This
rapid depolarization triggers an action potential in a nearby section of the axon, and in this
way the action potential propagates down the axon until it reaches a junction with another
neuron at a synapse.

The arrival of the action potential then influences the firing of the second neuron by
creating a local fluctuation in the membrane potential of the post-synaptic neuron. With an
excitatory post-synaptic potential (EPSP), the potential inside is raised, creating a slight
depolarization, and for an inhibitory post-synaptic potential (IPSP) the potential inside is
decreased, creating a slight hyperpolarization. Each neuron thus has the capacity to integrate
the inputs from many other neurons through their cumulative effect on the post-synaptic
potential. A new action potential is generated by the post-synaptic neuron if the membrane
potential in the region where the axon originates becomes sufficiently depolarized. From an
electrical viewpoint, the working neuron is an intricate pattern of continuously fluctuating
membrane potentials caused by synaptic activity punctuated by occasional sharp action
potentials.

The membrane potential

The membrane potential depends on two factors: the extracellular/intracellular distribution
of ions across the cell membrane, and the permeability of the membrane to each of those ions
(Fig. 1.1 B, C). In general, ions cannot freely diffuse across the membrane but instead must
pass through ion channels created by specialized proteins embedded in the membrane. Ion
channels can be very specific and can be modulated by chemical messengers such as neuro-
transmitters, or by the membrane potential itself. The interesting complexity of neuronal
signaling is that permeability to specific ions determines the membrane potential, but the
membrane potential, in turn, affects the permeability of voltage-sensitive ion channels. For
example, a voltage-sensitive sodium (Na*) channel will open if the membrane in its vicinity
becomes depolarized, and this will lead to an additional Na" influx that will further depo-
larize the membrane. This non-linear cooperative behavior is a key part of the generation of
an action potential.

In addition to Na*, the other principal ions involved in neuronal signaling are potas-
sium (K*), calcium (Ca**) and chloride (Cl7), which are distributed with higher concen-
trations of Na*, Ca** and Cl~ outside the cell and a higher concentration of K* inside the
cell. Whenever there is a concentration difference across a membrane, there is a tendency
for the ions to diffuse from the side with the higher concentration to the side with the lower
concentration. However, this tendency is offset by the membrane potential; a negative
potential inside the cell will favor a higher intracellular concentration of positive ions.
For a given intracellular/extracellular distribution of an ion, the equilibrium potential is the
membrane potential that would balance that distribution so that there is no tendency for a
net movement across the membrane. For example, a typical distribution of CI” is an
extracellular/intracellular concentration ratio of approximately 12:1, a ratio that is in
equilibrium with a membrane potential of approximately —70 mV. Because this is close to
what is observed as the existing membrane potential in resting neurons, we conclude that
even if the membrane is highly permeable to CI™ there will nevertheless be no tendency for a
net flux of ions through the membrane.

Sodium has a similarly high extracellular/intracellular concentration ratio, approxi-
mately 10:1, but because Na™ is positively charged the equilibrium potential is approximately
+60 mV, substantially different from CI. At rest, the permeability of the membrane to
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Na" is low, so there is little flux of Na* down its gradient (although there is a slow leak). If
membrane ion channels open to allow passage of Na*, making the membrane permeable to
Na*, there is a strong inward current because both the concentration gradient and the
negative potential drive a Na™ flux into the cell. Potassium has an even more asymmetric
distribution, with an extracellular/intracellular concentration ratio of approximately 1:40,
and the corresponding equilibrium potential is approximately —95mV. Opening a K"
channel will lead to an outward flux of K* down its gradient. In short, relative to the resting
membrane potential, the Cl~ distribution is near equilibrium; the K* distribution is some-
what out of equilibrium; and the Na™ distribution is far from equilibrium.

Given this complex non-equilibrium system with multiple ions in different distributions,
what actually determines the membrane potential? Ultimately, the membrane potential
depends on a very slight imbalance of charge inside and outside the cell, but the amount of
charge involved is much smaller than the fluxes of charge across the membrane through ion
channels. One can think of the neuron as being in a steady state in which the net flux of
charge across the membrane is zero. That is, positive and negative charges are moving back
and forth through membrane channels, and for any particular ion there may be a steady flux
in one direction, such as a slow but steady leak of Na* into the cell. Overall, however, there is
no net charge transfer across the membrane. Because the membrane potential is highly
sensitive to any imbalance of charge across the membrane, any departure from this steady
state, leading to a net flux of charge, will quickly alter the membrane potential. Then, for any
combination of ion distributions and membrane permeabilities, the membrane potential
takes on the value that will create this steady state with no net flux of charge.

For example, if the membrane is highly permeable to one ion, but only weakly permeable
to the others, the membrane potential will approach the equilibrium potential of that ion,
because that ion alone determines the net flux of charge. However, if the membrane also is
permeable to another ion with a different equilibrium potential, the resulting membrane
potential will be intermediate between the two equilibrium potentials, weighted by the
relative permeability to each of the different ions. That is, as the permeability to the second
ion increases, the membrane potential will shift toward the equilibrium potential of that ion.
In this case, because the membrane is permeable to both ions but the membrane potential
does not match either equilibrium potential, there will be a steady leak of ions that tends to
degrade the ionic distributions across the membrane, even though there is no net flux of
charge. The stability of the cell depends on maintaining these ionic distributions, so homeo-
stasis requires that the ions be pumped back against their gradient, requiring energy
metabolism (see below). In short, the membrane potential depends on the ion distributions
across the membrane and the permeability of the membrane to each ion, and these ion
permeabilities are altered in neuronal signaling.

Synaptic activity

An action potential arriving at a synapse with another neuron initiates a process that causes
ion channels on the post-synaptic neuron to open or close (Fig. 1.2). This process begins on
the pre-synaptic side when the incoming action potential triggers an increase of the mem-
brane permeability to Ca**, allowing Ca>" entry into the pre-synaptic terminal. Within the
pre-synaptic terminal, neurotransmitter molecules are concentrated in small packages called
vesicles, and the influx of Ca®" triggers these vesicles to merge with the cell membrane and
spill their contents into the synaptic cleft separating the pre- and post-synaptic membranes.
The neurotransmitter molecules diffuse across this thin (20-40 nm) gap and bind to receptor
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Pre-synaptic terminal Fig. 1.2. Synaptic
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Figs. 14 and 24).
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sites on the post-synaptic membrane. At each synapse, the neurotransmitter released is
characteristic of the pre-synaptic neuron. Glutamate is the most common excitatory neuro-
transmitter in mammalian cortex, and gamma-aminobutyric acid (GABA) is a common
inhibitory neurotransmitter (Erecinska and Silver 1990). Glutamatergic neurons include the
pyramidal cells, the principal neurons of the cortex. GABAergic neurons include a diverse
class of interneurons that are important for controlling the net activity of ensembles of
neurons.

There are two general classes of receptor. Ionotropic receptors are proteins that are
themselves ion channels, so binding of neurotransmitter leads to a conformational change
of the receptor that opens the ion channel, and the channel remains open while the neuro-
transmitter is bound. These receptors are very fast, operating on a time scale of milliseconds,
and many glutamate and GABA receptors operate in this way. In contrast, at metabotropic
receptors, binding of the neurotransmitter initiates a chemical cascade that changes the
concentration of intracellular second messengers, such as cyclic adenosine monophosphate
(cAMP), cyclic guanosine monophosphate (¢cGMP), and Ca**. These receptors are also called
G-protein-coupled receptors, because the initiating step involves guanosine triphosphate
(GTP), an energy-rich molecule that is a close relative of ATP, which is discussed later in
this chapter. These signaling molecules then gate ion channels or exert other modulatory
effects on the post-synaptic neuron, and the time scale for these effects can be much slower
and longer lasting (seconds to minutes or more) compared with ionotropic receptors. For
this reason, activation of these receptors is often described as having a neuromodulatory role,
affecting different aspects of neuronal signaling from neurotransmitter release to post-
synaptic effects, and these synapses are thought to play an important role in learning and
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memory. Examples include different types of glutamate and GABA receptor as well as a wide
range of other receptors including those for serotonin (5-hydroxytryptamine [5-HT]),
histamine, and dopamine.

In summary, binding of neurotransmitter to a receptor on the post-synaptic membrane
initiates a process that opens or modulates particular ion channels either directly or through
the action of second messengers. Opening Na" channels creates a strong inward positive
current, which will tend to depolarize the membrane potential in the vicinity of the synapse,
creating an EPSP. If, however, the action at the synapse is to open K* channels, the effect is to
make the potential more negative — hyperpolarizing the membrane - because the equili-
brium potential for K" is more negative, creating an IPSP. If Cl” channels are opened, there
may be no change in the membrane potential itself, because the resting membrane potential
is already close to the Cl™ equilibrium potential. However, this also has an inhibitory effect on
the post-synaptic neuron, because now opening the same Na* channels will have less of an
effect on the membrane potential. Opening Cl™ channels pulls the potential more strongly
toward the Cl” equilibrium potential, which happens to be approximately the resting potential.
For this reason, more Na" channels would need to open to achieve the same depolarization as
when the CI™ channels are not open. In short, opening many Na* channels will depolarize the
membrane; opening many K* channels will hyperpolarize the membrane; and opening many
Cl™ channels will tend to peg the membrane potential near the resting value.

At any moment, the neuron may be receiving signals from many other neurons, creating
a complex pattern of flickering fluctuations of the membrane potential on the dendritic tree.
Along a dendrite, the currents and associated membrane potentials combine; and if there is a
sufficient net current that reaches the cell body, the membrane potential there will be
depolarized, generating an action potential and sending a new signal to other neurons.
Note, though, that there is likely to be a great deal of sub-threshold synaptic activity that
may not lead to spiking. Excitatory synapses generally are located on the dendrites, while
inhibitory synapses are generally closer to the cell body. Because of the complex geometry of
a neuron, incoming excitatory currents down a dendrite toward the cell body can be
dissipated by IPSPs nearer the cell body. For this reason, the output of the post-synaptic
cell is a complex combination of the inputs, and it is important to keep in mind the
distinction between synaptic activity and spiking activity. As discussed below, much of the
energy cost of neural signaling is thought to lie in the recovery from synaptic activity.

Electrophysiology measurements
The opening and closing of ion channels creates currents across the cell membrane and also
within the extracellular space. Because of Ohm’s law, these fluctuating currents are associated
with fluctuating electric potentials (Fig. 1.3). These extracellular potentials can be measured
invasively with an electrode with high temporal resolution. For example, opening a Na*
channel at a synapse near the electrode, creating a positive current into the cell, creates a
negative deflection of the potential at the location of the electrode. Extracellular potentials are
often analyzed by dividing the signal into low- and high-frequency components. The low-
frequency components, called local field potentials (LFPs), primarily reflect synaptic activity,
while the high-frequency activity, called multi-unit activity (MUA), primarily reflects spiking
activity (Logothetis 2002). While electrode studies are primarily carried out in animal models,
implanted electrodes in patients with epilepsy have made possible human recordings as well.
In addition, some components of extracellular potentials are detectable outside the
head with non-invasive techniques. The electroencephalogram (EEG) is produced from
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Fig. 1.3. Extracellular potentials. Pyramidal neurons, the principal
neurons of the cortex, have a long apical dendrite extending from the

/ AN Inward cell body toward the cortical surface. Excitatory activity near the top
currents creates inward positive currents toward the cell body. This current
@ dipole in the apical dendrite creates extracellular return currents that
can be detected as fluctuations of the extracellular potential using
implanted electrodes. If the dendritic currents in a patch of cortex are
Current Extracellular  sufficiently coherent, the activity can be detected on the surface of the
dipole potentials head. Electroencephalography is sensitive to the extracellular currents

and magnetoencephalography is sensitive to the magnetic field
created by the current dipole.

Outward
currents

measurements with sensitive electrodes on the scalp. The primary source of these measured
potentials is coherent activity of the cortical pyramidal cells, which have a long apical
dendrite extending perpendicularly through the layers of cortex. Current entering the
dendritic tree at the top and exiting in the cell body creates a large current dipole within
the apical dendrite and a distributed extracellular return current through the rest of the
head. When a patch of cortex is active, the coherent activity of the roughly aligned pyramidal
cells produces currents that are detectable as potential fluctuations on the scalp, and from
measurements with an array of scalp electrodes the source location can be estimated. The
EEG signals are dominated by synaptic currents, rather than action potentials, and do not
distinguish between excitatory and inhibitory activity. In addition, the strength of the
detected potential depends on the geometry of the dendritic currents; an active neuron
with a more symmetric dendritic tree would not generate a strong net current dipole and
so likely would not be detected.

Another non-invasive technique for detecting electrical activity is magnetoencephalog-
raphy (MEG), a technique for measuring very weak magnetic fields outside the head. The
MEG signal also is dominated by the current dipoles along the apical dendrites of the
pyramidal cells, but here it is the magnetic field produced by that dendritic current that is
measured. An important distinction between MEG and EEG is that with EEG the measured
potentials result from currents flowing through the head between the site of the activity and
the electrodes. For this reason, the electrodes must be in electrical contact with the scalp.
In addition, any variations in electrical conductivity, such as between the brain and the skull,
must be taken into account when modeling the source of the potentials from the measured
values on the scalp. In contrast, the magnetic field created by the current dipole in the cortex
extends through space, so the detectors do not need to be in contact with the head, and the
effects of intervening tissues are much less of a problem.

Temporal resolution with EEG and MEG is excellent, on the order of milliseconds.
However, spatial localization with EEG and MEG is more problematic because of the
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difficulty of solving the inverse problem: taking a set of measured potentials or magnetic fields
on the surface of the head and working backwards to deduce what pattern of activity in the
brain could give rise to the observed pattern of measurements. The central problem is that
potentially many distributions of activity within the brain could produce similar measured
EEG and MEG signals, and because of the intrinsic noise in the measurements these brain
spatial patterns cannot be distinguished. Nevertheless, substantial progress has been made on
this problem, particularly when high-resolution anatomical MRI data are used to constrain
the possible solutions of the inverse problem. In summary, current EEG and MEG methods
provide a useful window on brain function, particularly for analyzing the temporal evolution
of the response to a stimulus.

Recovery from neural activity
Neural signaling is a thermodynamically downhill process

From a thermodynamic point of view, each of the steps in neuronal signaling is a downhill
reaction in which a system held far from equilibrium is allowed to approach closer to
equilibrium. The high extracellular Na™ concentration leads to a spontaneous inward ion flow
once the trigger of a permeability increase occurs. Similarly, the Ca** influx occurs sponta-
neously once its membrane permeability is increased, and the neurotransmitter is already tightly
bundled in a small package waiting to disperse freely once the package is opened. We can think
of neuronal signaling as a spontaneous, but controlled, process. Nature’s trick in each case is
to maintain a system away from equilibrium, waiting for the right trigger to allow it to move
toward equilibrium.

The set of intracellular and extracellular ionic concentrations is a thermodynamic system
whose equilibrium state would be one of zero potential difference across the cell membrane,
with equal ionic concentrations on either side. Any chemical system that is removed from
equilibrium has the capacity to do useful work, and this capacity is called the free energy of
the system (see Box 1.1 at the end of this chapter). The neuronal system, with its unbalanced
ionic concentrations, has the potential to do work in the form of neuronal signaling. But
with each action potential and release of neurotransmitter at a synapse, the available free
energy is reduced. Returning the neurons to their prior state, with the original ion gradients
and neurotransmitter distributions, requires energy metabolism.

Metabolism of ATP is required to restore ionic
gradients following neural activity

Restoring the ion gradients requires active transport of each ion against its natural drift
direction, which is thermodynamically an uphill process, moving the system away from
equilibrium and increasing the free energy of the system (Fig. 1.4). For such a change to
occur, the transport must be coupled to another system whose free energy decreases
sufficiently in the process so that the total free energy decreases (see Box 1.1 at the end of
this chapter). The re-establishment of ionic gradients thus requires a source of free energy,
and in biological systems free energy is primarily stored in the relative proportions of the
three phosphorylated forms of adenosine: adenosine triphosphate (ATP), adenosine diphos-
phate (ADP), and adenosine monophosphate (AMP) (Siesjo 1978). Inorganic phosphate (P;)
can combine with ADP to form ATP, but the thermal equilibrium of this system at body
temperature strongly favors the ADP form. Yet in the body, the ATP/ADP ratio is
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Pre-synaptic terminal Fig. 1.4. Recovery
Arteriole frlom Qeuromal
signaling. Glutamate
(Glu) is taken up from
the synaptic cleft by
the astrocyte, with
free energy supplied
by the Na* gradient
Blood (1), converted to
flow glutamine in the
astrocyte with free
energy supplied by
ATP (2), and
transported back to
the pre-synaptic
terminal and
repackaged into
vesicles with the
consumption of ATP
(3). Calcium ions are
) pumped out of the
Post-synaptic neuron pre-synaptic terminal
using free energy
supplied by ATP (4) or
the Na* gradient (not
shown), and Na* is
pumped out of the
cells by the Na*/K*
pump using ATP (5).

maintained at a far higher value, approximately 10:1 in the mammalian brain (Erecinska and
Silver 1994). The conversion of ATP to ADP, therefore, involves a large release of free energy,
enough to drive other uphill reactions. Despite the large free energy change associated with
the reaction ATP > ADP, the ATP form is relatively stable against a spontaneous reaction. In
order to make use of this stored free energy, the conversion of ATP to ADP is coupled to
other uphill reactions through the action of particular enzymes, generically referred to as an
ATPase. The ATP/ADP system is used throughout the body as a common free energy storage
system.

The sodium/potassium pump

The transport of Na* and K" against their existing gradients is accomplished by coupling
the transport of these ions to the breakdown of ATP to ADP. The enzyme Na"/K*-ATPase,
also known as the Na*/K* pump, performs this task by transporting three Na* out of the cell
and two K" into the cell for each ATP molecule consumed. The Na*/K* pump is critical not
just for energetic recovery from an action potential or a fluctuating post-synaptic potential
but also simply to maintain the cell’s resting potential. The resting permeability to Na* is
small, but not zero, so there is a constant leak of Na* into the cell. This excess Na* must be
pumped out continuously by the Na*/K" requiring a constant source of ATP.

The Na* gradient itself can also serve as a source of free energy to drive other uphill
processes. For example, excess intracellular Ca** can be pumped out of the pre-synaptic
terminal by two transport systems (Blaustein 1988). One mechanism directly involves
ATP, transporting one Ca** out of the cell for each ATP consumed. The second system is
driven by the Na* gradient, transporting one Ca>* out in exchange for an inward flux of three
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Na*. Note that one ATP is required to move one Ca>" out of the cell by either transport
system because in the second system the Na*/K" will ultimately be required to consume one
ATP to transport the three Na* back out of the cell.

Astrocytes play a key role in recycling neurotransmitter

At the synapse, neurotransmitter must be taken up by the pre-synaptic terminal, and
repackaged into vesicles. For glutamate, the process of re-uptake involves a shuttle between
the astrocytes and the neurons (Erecinska and Silver 1990; Iadecola and Nedergaard 2007).
Astrocytes are one of the most common glial cells in the brain, frequently located in areas of
high synaptic density. The glutamate from the synapse is transported into the astrocytes by
coupling the passage of one glutamate with the movement of three Na* down the Na*
gradient. The transport of the Na* back out of the cell requires the action of the Na*/K* and
consumption of one ATP. In the astrocyte, the glutamate is converted to glutamine, which
requires an additional ATP, and the glutamine is then released.

The glutamine is passively taken up by the pre-synaptic terminal, where it is converted
back to glutamate. Repackaging the glutamate into the vesicles then requires transporting the
neurotransmitter against a strong concentration gradient, a process that requires more ATP.
One proposed mechanism for accomplishing this is that a strong concentration gradient
of hydrogen ions (H") ions is first created, with the H" concentration high inside the vesicle
(Erecinska and Silver 1990). The inward transport of neurotransmitter is then coupled to a
degradation of this gradient. The H" gradient itself is created by an ATP-powered pump.

An ATP energy budget for neural activity

Theoretical estimates of the energy cost of different aspects of neuronal signaling by Attwell
and colleagues have provided a useful and influential guide in thinking about the energetics
of brain activity (Attwell and Iadecola 2002; Attwell and Laughlin 2001). To frame this
argument, consider the following basic processes: (1) maintenance of the cell at rest; (2) the
generation of an action potential and the propagation of that action potential to many
synapses with other neurons; (3) recovery on the pre-synaptic side of the synapse, includ-
ing Ca®" clearance and neurotransmitter recycling through the astrocytes; and (4) recovery
from post-synaptic potentials, primarily related to pumping Na™ out of the cell against
its gradient. We can think of the first process as basic housekeeping of the cell, and this
component is not directly related to neuronal signaling. The other three components are
directly related to signaling, broken down as the spiking activity and pre- and post-synaptic
activity. The overall costs of this signaling component will depend on the average spiking
rate in the brain, because this drives all three components. In addition, the relative costs
of spiking and synaptic activity will depend on the average number of synapses reached
by each action potential. For these reasons, the distribution of energy costs across these
components is estimated to be different for rats and primates because the primate brain
has a lower average spiking rate but approximately a three-fold larger ratio of synapses to
neurons.

The estimates derived by Attwell and colleagues (Attwell and ladecola 2002; Attwell and
Laughlin 2001) are based on a wide range of data, primarily from rat studies, relating the
different neuronal and glial processes to the ATP required for recovery and for maintenance
of the cell. For the primate brain, the dominant energy cost is recovery from post-synaptic
potentials (~74%). The costs of maintaining the cell, generating and transmitting action
potentials, and recycling neurotransmitter at the synapse are all relatively inexpensive
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compared with post-synaptic costs. At first glance this seems surprising, because we tend to
think of the essence of neural activity as spiking, and we might have expected that to be the
dominant energy cost. The overall energy consumption is closely related to the spiking rate
(Laughlin and Sejnowski 2003), but it is the downstream synaptic activity rather than the
generation of the spike itself that is costly. By these estimates, it is the integrative activity
associated with a neuron receiving many inputs that is costly.

The idea that synaptic activity dominates the energy costs potentially affects how we
should interpret a measured spatial distribution of changes in energy metabolism. Based on
this picture, the energy cost associated with the generation of a particular neuronal spike is
spatially distributed, depending on the projections from that neuron to synapses with other
neurons. Some of these projections are quite long, creating the possibility that the location
where the spike originated may not be detected, with energy metabolism changes seen only
at the downstream synaptic terminals. In practice, this phenomenon of missing the site
of generation of the spikes is probably rare in functional neuroimaging, because most of
the synaptic connections a neuron receives are from nearby neurons. Given the typical
resolution of neuroimaging methods of a few millimeters, most of the synaptic activity
within a resolution element of the imaging technique arises from spiking within that same
element.

However, Raichle and Mintun (2006) have emphasized an example of missing the spiking
location in a study by Schwartz and colleagues (1979). In this early deoxyglucose (DG) study
in rats, the animals were exposed to an osmotic load that would stimulate neurons in the
hypothalamus that have long-range projections to the pituitary gland. The result was that
there was no measurable change in glucose metabolism in the hypothalamus, the location of
the spiking neurons, while there was a strong increase in glucose metabolism in the pituitary,
the location of the synapses. This result supports the general picture that energy metabolism
changes are strongest at the site of increased synaptic activity, rather than the site of increased
spiking activity.

The high cost of post-synaptic processes reflects the need to pump Na* out of the cell.
Estimates are that at least half of the ATP used in the brain is consumed in driving the Na*/
K" pump (Ames 2000). One way to think about this high cost of Na* pumping is to look at
the synapse as an amplifier for an excitatory signal. The action potential arriving at the
synapse is a weak electrical signal, which is first converted to an intracellular Ca** signal and
then converted to a chemical signal in the form of neurotransmitter released into the synaptic
cleft. These stages are relatively inexpensive because the number of molecules that must be
transported in the recovery phase is relatively small. The major amplification comes when a
neurotransmitter binds to a post-synaptic receptor and opens a Na* channel, which may let a
thousand ions pass through before it closes again. In this way, the weak signal associated with
one neurotransmitter molecule binding to a receptor is amplified a thousand-fold. But all
that Na™ must be pumped back in the recovery stage. Very roughly, moving any molecule
against its gradient requires about one ATP, so it is perhaps not so surprising that the
primary signal amplification stage is the dominant energy cost in neural signaling.

In brief, a source of free energy is not required for the production of a neuronal signal,
but rather for the re-establishment of chemical and ionic gradients reduced by the signal-
ing, particularly the costs of ion pumping for synaptic activity. Without this replenish-
ment, the system eventually runs down like an old battery in need of charging. The
restoration of chemical gradients is driven either directly or indirectly by the conversion
of ATP to ADP. To maintain their activity, the cells must restore their supply of ATP by
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reversing this reaction and converting ADP back to ATP. This requires that the strongly
uphill conversion of ADP to ATP must be coupled to an even more strongly downhill
reaction. In the brain, virtually all of the ATP used to fuel cellular work is derived from
the metabolism of glucose and O, (Siesjo 1978). Both O, and glucose are in short supply in
the brain, and continued brain function requires continuous delivery of these metabolic
substrates by CBF.

Energy metabolism

In the discussion above and in Box 1.1 (at end of this chapter), neural activity is discussed
in terms of a thermodynamic framework, in which uphill chemical processes are coupled
to other, downhill, processes. For virtually all cellular processes, this chain of thermody-
namic coupling leads to the ATP/ADP system within the body. But the next step in the
chain, the restoration of the ATP/ADP ratio, requires coupling the body to the outside
world through intake of glucose and O,. Despite the fact that a bowl of sugar on the dining
room table surrounded by air appears to be quite stable, glucose and O, together are far
removed from equilibrium. When burned, glucose and O, are converted into water and
CO,, releasing a substantial amount of heat. If a more controlled conversion is performed,
much of the free energy can be used to drive the conversion of ATP to ADP, with
metabolism of one glucose molecule generating enough free energy change to convert as
many as 38 ADP to ATP. As far as maintaining neural activity is concerned, the chain of
thermodynamically coupled systems ends with glucose and O,. As long as we eat and
breathe, we can continue to think.

The mechanisms for harnessing the free energy of glucose and O, in oxidative metabo-
lism can be divided into four stages: (1) glycolysis in the cytosol, in which glucose breaks
down into two pyruvate molecules; (2) the trans-carboxylic acid (TCA) cycle (also called the
Kreb’s cycle or the citric acid cycle) in the mitochondria, in which pyruvate is broken down to
form carbon dioxide (CO,) with the storage of energy in the form of reduced nicotinamide
adenine dinucleotide (NADH) and related compounds; (3) the electron transfer chain in the
mitochondria, in which the transfer of electrons from NADH to O, to form water is coupled
to pumping of H" across the inner membrane of the mitochondria against its gradient and
thus storing energy in the H' gradient; and (4) the movement of H* down its gradient
coupled with the combination of ADP and P; to form ATP (Fig 1.5). Glycolysis does not
require O, and produces only a small amount of ATP through reactions in the cytosol. The
further metabolism of pyruvate in the mitochondria produces much more ATP. Oxidative
glucose metabolism involves many steps, and the following is a sketch of only a few key
features. A more complete discussion can be found in Siesjo (1978).

Glycolysis in the cytosol

In glycolysis, the breakdown of a glucose molecule into two molecules of pyruvate is coupled
to the net conversion of two molecules of ADP to ATP. The process involves several steps,
with each step catalyzed by a particular enzyme. The first step in this process is the addition of
a phosphate group to the glucose, catalyzed by the enzyme hexokinase. The phosphate group
is made available by the conversion of ATP to ADP, so in this stage of glycolysis one ATP is
consumed and fructose 6-phosphate is produced. A second phosphorylation stage, catalyzed
by phosphofructokinase (PFK), consumes one more ATP molecule. Up to this point, two ATP
molecules have been consumed, but in the remaining steps the complex is broken down into
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mitochondria (not shown in the figure). Finally, the H*

4 ADP gradient is tapped to convert an additional 36 ADP to ATP.
The waste products CO, and heat are cleared from the
tissue by blood flow.
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two pyruvate molecules accompanied by the conversion of four ADP to ATP. The net
production of ATP is then two ATP for each glucose molecule undergoing glycolysis.

The cerebral metabolic rate of glucose (CMRGIc) is defined as the number of moles of
glucose metabolized per gram of tissue per minute. The activities of the key enzymes are
sensitive to the local environment and so provide several avenues for local control of
CMRGIc. Hexokinase is inhibited by its own product, so unless the fructose 6-phosphate
continues down the metabolic path, the activity of hexokinase is curtailed. The step
catalyzed by PFK is the major control point in glycolysis (Bradford 1986). The enzyme
PFK is stimulated by the presence of ADP and inhibited by the presence of ATP. In this
way, there is a simple mechanism for increasing glycolysis when the stores of ATP need
to be replenished. In addition, many other factors influence the activity of PFK, including
inhibition when the pH decreases, so CMRGIc can be adjusted to meet a variety of
demands.

In addition to storing energy in ATP, a second important mechanism for storing free
energy comes into play during glycolysis. The molecule nicotinamide adenine dinucleotide
(NAD") can accept electrons to form NADH, a thermodynamically uphill process. During
glycolysis, the conversion of glucose to two pyruvate molecules is coupled to the conver-
sion of two NAD™ molecules to two molecules of NADH. Essentially, two electrons are
transferred to each NAD" molecule, and the NAD™ also picks up an H* to make the neutral
form NADH. At equilibrium, NAD" is present in higher concentration than NADH, so the
thermodynamically downhill process of glucose conversion to two pyruvate molecules is
coupled to the uphill process of NAD" > NADH. The NADH serves as an intermediate
mechanism to carry electrons to other processes, donating the electrons and reverting to
the NAD" form. The NADH/NAD" system thus contains stored free energy that can be
tapped by other processes.
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Lactate production and the lactate shuttle

The end point of glycolysis is the production of two pyruvate molecules, two ATP, and two
NADH. For glycolysis to proceed, the negative free energy change associated with converting
glucose to pyruvate must be larger than the positive free energy changes associated with
ADP > ATP and NAD" > NADH. If the NADH/NAD" ratio grows too large, the free energy
required to convert more NAD" to NADH will become too high to be provided by the
conversion of glucose > pyruvate, and glycolysis will stop. In each case, the free energies of
the individual reactions depend on ratios of reactants and products (see Box 1.1 at the end of
this chapter), so glycolysis is energetically favored if the glucose/pyruvate ratio is high or the
NADH/NAD" ratio is low. Most of the pyruvate produced diffuses into the mitochondria,
where it is further metabolized (see the next section), and this tends to keep the glucose/
pyruvate ratio high. In addition, a transport mechanism, called the malate/aspartate shuttle,
transfers NADH from the cytosol to the mitochondria in exchange for NAD", which tends to
keep the NADH/NAD" ratio from getting too high in the cytosol.

These mechanisms both shuffle the products of glycolysis off to the mitochondria, as fuel
for oxidative metabolism. However, if the rate of pyruvate production by glycolysis exceeds
the rate of pyruvate metabolism in the mitochondria, the pyruvate concentration in the
cytosol will grow and another reaction becomes important: pyruvate is converted to lactate
by a reaction coupled to NADH > NAD", reducing the problems of both pyruvate and
NADH build-up. This reversible reaction is catalyzed by the enzyme lactate dehydrogenase,
and the lactate produced diffuses out of the cell and is carried away in the blood. In principle,
this can also happen in reverse, with lactate from the blood diffusing into the cell, converting
to pyruvate, and diffusing into the mitochondria for further metabolism, and there is some
evidence that the brain can be a net consumer as well as producer of lactate during exercise
(Quistorft et al. 2008).

From the description above, the production of lactate may be a sign of an imbalance in
energy metabolism, indicating an over-metabolism of glucose relative to O, metabolism. In
hypoxia, for example, glycolysis could continue to provide some ATP when O, is scarce, with
the resulting production of lactate. In fact, though, lactate production may play a more direct
role in healthy energy metabolism through the action of a lactate shuttle (Pellerin et al. 2007).
Astrocytes play a key role in neuronal signaling by clearing neurotransmitter from the
synaptic cleft. There is a growing body of evidence indicating that astrocytes have a high
glucose metabolic rate compared with their O, metabolic rate, with production of lactate.
However, rather than diffusing into the blood, the lactate diffuses into the neurons where it is
used as fuel. Lactate dehydrogenase converts the lactate to pyruvate, which is then metabo-
lized in the mitochondria of the neuron.

In summary, the end point of glycolysis is the production of two ATP molecules and two
pyruvate molecules from each glucose molecule, plus the conversion of two NAD" molecules
to two NADH molecules. But glycolysis alone taps only a small fraction of the available free
energy in the glucose, and utilization of this additional energy requires further metabolism of
pyruvate in the TCA cycle.

Mitochondrial pyruvate metabolism and the electron transfer chain

In the healthy resting brain, nearly all of the pyruvate produced by glycolysis is destined for
the TCA cycle. The TCA cycle involves many steps, each catalyzed by a different enzyme, and
the machinery of the process is housed in the mitochondria. The net balance sheet for the
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TCA cycle is that one pyruvate molecule is broken down to three molecules of CO, with
the conversion of 12 molecules of NAD" to NADH (or a related electron storage com-
pound). These molecular transformations do not involve molecular O,. At this point, the
free energy is concentrated in the NADH/NAD™ system. In the next stage, this free energy is
converted to free energy of the H" gradient in the mitochondria by the electron transfer
chain.

Historically, the conversion of free energy from the metabolism of pyruvate and O, to
free energy of ATP presented a difficult puzzle, if nothing else, because of the numbers of
molecules involved: how can the metabolism of one pyruvate and three O, be coupled to the
conversion of 18 ADP to ATP? For the free energy to be captured, the individual reactions
must be tightly coupled together so that at each step the net free energy change is negative. It
is unlikely that all of these molecules could be involved in one coupled reaction, so there must
exist another intermediate store of free energy that could be raised by coupling it to the
metabolism of pyruvate, and which could then be tapped to drive individual conversions of
ADP to ATP. In the early 1960s, Peter Mitchell made the radical proposal that the missing
intermediate was not a chemical reaction, but instead was a concentration gradient. In this
chemiosmotic hypothesis, the intermediate storage of free energy is an H" (proton) gradient
across an inner membrane in the mitochondria. This proton gradient, with H" at a higher
concentration in the intermembrane space, stores free energy both in the H" concentration
difference and additionally in the electric potential difference that results from pumping
positively charged H" across the membrane. This idea is now viewed as the central concept
underlying energy metabolism in the mitochondria (Nicholls and Ferguson 2002).

A mitochondrion is a complex organelle approximately 1 um in diameter, and it is
thought to have originated as an independent cell that merged with early eukaryotic cells
in a symbiotic relationship. Over time, much of the original DNA of the mitochondria has
moved to the cell nucleus, but some mitochondrial DNA remains. The potential advantage
of a cell merger may have been that mitochondria were excellent machines for scavenging O,.
Today, the mitochondria are the powerhouses of the cell. The structure of a mitochondrion is
important: there are two membranes defining an inner matrix, and an intermembrane space.
The inner membrane is highly folded, with a large surface area, and contains several
molecular complexes that span the membrane. These complexes function as pumps, trans-
porting H' from the matrix to the intermembrane space, creating the strong gradient of both
H* concentration and electric potential. The free energy to drive this uphill pumping is
provided by the NADH/NAD™ system, by the transfer of electrons from NADH to the
complexes, leaving NAD™. These complexes are arranged in a chain, and the electrons are
passed along the chain. At each step in the complex this electron transfer is a thermodynami-
cally downhill process that is coupled to the uphill process of pumping H" across the
membrane against its gradient.

At the end of the electron transfer chain, the electron reaches an enzyme called cyto-
chrome oxidase, and the final step in this process is the transfer of four electrons from
cytochrome oxidase to an O, molecule to form two molecules of water. The net result of the
electron transfer chain is that free energy has been transferred between different forms,
ending with the H" gradient in the mitochondria and the conversion of O, to water. The
necessary O,, of course, must be delivered by blood flow to the capillary bed, from which it
diftuses to the mitochondria.

Finally, the H" gradient in the mitochondria is coupled to ATP synthase, located in the
inner membrane, to produce ATP. The ATP synthase has two components, a stalk that
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penetrates the membrane and serves as a channel for H, and a head that couples this H"
transfer to the conversion of ADP to ATP.

At the end of the process, pyruvate and O, are consumed, and CO, and water are
produced, and up to an additional 36 ATP molecules are created by combining ADP and
P;. The full oxidative metabolism of glucose thus produces approximately 18 times as much
ATP as glycolysis alone. The overall metabolism of glucose is then:

C6H1206 + 602 - 6C02 + 6H20 (—|— ~38 ATP)

From a thermodynamic viewpoint, the original free energy that drives this process is based on
the conversion of glucose and O, to CO, and water. All of the other components of the system
are cycled: NAD" to NADH and back, H" pumped across the mitochondrial membrane and
back, etc. These other systems serve as intermediate storage for the free energy but at the end
of the process are left where they started. The key to harnessing the original free energy is that
the seemingly simple conversion, as written above, is broken into a long chain of coupled
reactions that make possible the transfer of free energy from one system to another. The
biological machinery underlying energy metabolism is a complex mechanism for combining
the slow burning of glucose and O, in a stepwise fashion that captures the free energy in a
form which can then be coupled to the conversion of ADP to ATP.

Delivery of glucose and 0, by blood flow

Blood flow delivers glucose to the brain, carried in the plasma, but only approximately 30%
or less of the glucose that enters the capillary is extracted from the blood (Oldendorf 1971).
Glucose does not easily cross the blood-brain barrier, and a transporter system is required
(Robinson and Rapoport 1986). This type of transport is called facilitated diffusion, rather
than active transport, because no energy metabolism is required to move the glucose out of
the blood. Glucose simply diffuses down its gradient from a higher concentration in blood to
a lower concentration in tissue through particular channels (transporters) in the capillary
wall. The channels have no preference for which way the glucose is transported, and so also
transport unmetabolized glucose out of the tissue and back into the blood. Once across the
capillary wall, the glucose must diftuse through the interstitial space separating the blood
vessels and the cells and enter the intracellular environment. There the glucose enters into the
first steps of glycolysis. However, not all of the glucose that leaves the blood is metabolized.
Approximately half of the extracted glucose diffuses back out into the blood and is carried
away by venous flow (Gjedde 1987). That is, glucose is delivered in excess of what is required
at rest. The net extraction of glucose, the fraction of glucose delivered to the capillary bed that
is actually metabolized, is only approximately 15%.

Oxygen is carried by blood primarily in the erythrocytes, where most of it is bound to
hemoglobin. A small fraction (~2%) of total O, is carried as dissolved gas in the plasma.
While this fraction typically is not important in terms of the amount of O, carried by the
blood, the plasma concentration is important for O, transport into the tissue. Oxygen
diffuses into the tissue down a concentration gradient between dissolved gas in capillary
plasma and dissolved gas in tissue. In the blood, the two pools of O, - bound to hemoglobin
and dissolved in plasma - are in fast equilibrium, so that O, diffusing out of the capillary is
quickly replenished by the release of hemoglobin-bound O,. In the healthy human brain,
with subjects relaxed and lying still, the OEF is approximately 40%. Remarkably, this fraction
is relatively uniform across the brain in this basal state despite a several-fold variation of the
resting CMRO, in different regions (Gusnard and Raichle 2001).
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Carbon dioxide, the end product of oxidative glucose metabolism, diffuses out of the cell,
into the blood, and is carried off to the lungs to be cleared from the body. In addition, heat
generated by metabolism is also carried away by the blood.

Measuring energy metabolism with PET
The deoxyglucose technique for measuring glucose metabolism

The development of the DG technique was a landmark in the evolution of functional
neuroimaging techniques (Sokoloff 1977; Sokoloff et al. 1977). With this method, it became
possible to map the pattern of glucose utilization in the brain with a radioactive tracer, whose
distribution in an animal brain can be measured by a process called autoradiography.
In autoradiography, a radioactive nucleus is attached to a molecule of interest and injected
into an animal. After waiting for a time to allow the tracer to distribute, the animal is
sacrificed and the brain cut into thin sections. Each section is laid on photographic film to
allow the photons produced in the decay of the radioactive nucleus to expose the film. The
result is a picture of the distribution of the agent at the time of sacrifice.

However, autoradiography cannot be used with labeled glucose itself because the brain
concentration of the tracer at any single time point is never a good reflection of the glucose
metabolic rate. Suppose that glucose is labeled with a radioactive isotope of carbon (e.g., '*C).
At early times after injection, the amount of tracer in the tissue does not reflect the local
metabolic rate because some of that tracer will diffuse back out into the blood and will not be
metabolized. If we wait a longer time, the unmetabolized tracer may have cleared, but some of
the "C tracer that was attached to the glucose that was metabolized has also cleared as CO,. In
short, to measure the glucose metabolic rate with labeled glucose, measurements at multiple
time points are required, and this cannot be done with autoradiography.

It is this central problem of estimating the metabolic rate from a single concentration
measurement that was solved with the DG method. Deoxyglucose differs from glucose only in
the removal of one of the O, atoms. This analog of glucose is similar enough to glucose that it
binds with the enzyme hexokinase catalyzing the first step of glycolysis. However, because of
the difference between DG and glucose, the DG cannot proceed down the glycolysis pathway,
and the process halts after the DG has been converted to fructose 6-phosphate. The result is that
the radioactive label on DG essentially sticks in the tissue. It cannot proceed down the
metabolic path, and the clearance of the compound from the tissue is very slow. After a
sufficient waiting period to allow clearance of the unmetabolized fraction, the tissue concen-
tration of the label is a direct, quantitative reflection of local CMRGlc.

Measuring the cerebral metabolic rate for glucose

With the adaptation of the DG method for PET, studies of glucose metabolism were extended
to the working human brain. Carbon-14, the radioactive tracer used in the DG autoradio-
graphic method, cannot be used in humans because the electron emitted in the decay of the
nucleus has a very short range in tissue, producing a large radiation dose in the subject but
virtually no detectable external signal. In PET, the radioactive tracers used are nuclei with an
excess ratio of protons to neutrons, and the decay produces a positron. A positron is the
antiparticle of an electron, with all the same properties as an electron except for an opposite
sign of its charge. Normal matter contains only electrons, so a positron is an exotic particle.
Positrons are emitted with substantial kinetic energy, which is dissipated within a few
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millimeters of travel through the tissue. When the positron has slowed sufficiently, it will
annihilate with an electron. In this process, the positron and the electron cease to exist, and
two high-energy photons are created. In this annihilation process, energy and momentum
are conserved, with the energy of each photon equal to the rest mass energy of an electron
(511 keV), and the photons are emitted in two directions close to 180° apart.

The emitted positron thus annihilates within a few millimeters of its origin, but the two
photons travel through the tissue and can be measured with external detectors. Furthermore,
because two photons travelling in opposite directions are produced, the detectors can be
coordinated to count only coincidence detections, the arrival of a photon in each of two
detectors within a very narrow window of time. The detection of such a coincidence then
determines the origin of the photons - the site of the radioactive nucleus - to lie on a line
between the two detectors. The total count of photons along a ray is proportional to the sum
of all of the activity concentrations along the ray. By measuring many of these projections of
the radioactivity distribution, an image of that distribution can be reconstructed in an
analogous way to X-ray computed tomography (CT) images.

Positron-emitting nuclei are particularly useful for human metabolic imaging because
the nuclei are biologically interesting (e.g., ''C, '>0), the radioactive half-lives are short, and
the decay photons readily pass through the body and so can be detected. A short half-life is
important because it reduces the radiation dose to the subject, but this also requires that the
isotope be prepared shortly before it is used, typically requiring an on-site cyclotron.

The PET version of the DG technique uses ['*F]fluorodeoxyglucose (FDG) as the tracer
(Phelps and Mazziotta 1985; Reivich et al. 1979). Fluorine-18 decays by positron emission with a
half-life of approximately 2 h. The tracer is injected in a subject, and after a waiting period of
approximately 45 min to allow unmetabolized tracer to clear from the tissue, a PET image of the
distribution of the label is made. In fact, PET images can be acquired throughout this period in
order to measure the local kinetics of the FDG. Such time-activity curves can be analyzed with a
kinetic model to extract estimates of individual rate constants for uptake of glucose from the
blood and for the first stage of glycolysis. However, the power of the technique is that the
distribution of the tracer at a late time point directly reflects the local glucose metabolic rate.

In order to derive a quantitative measure of glucose metabolism with either the DG or
FDG technique, two other quantities are required. The first is a record of the concentration of
the tracer in arterial blood from injection up to the time of the PET image (or the time of
sacrifice of the animal in an autoradiographic study). The integrated arterial time-activity
curve describes how much of the agent the brain was exposed to and essentially provides a
calibration factor for converting the amount of activity measured in the brain into a measure
of the local metabolic rate. The second quantity needed is a correction factor to account for
the fact that it is really the metabolic rate of DG, rather than glucose, that is measured. This
correction factor is called the lumped constant, because it incorporates all of the factors that
make the uptake and phosphorylation rate of DG differ from glucose. An important question
for the interpretation of FDG-PET studies in disease states is whether the lumped constant
remains the same, and this question is still being investigated.

Increased glucose metabolism is closely associated
with functional activity

Since the late 1970s, numerous animal studies have clearly demonstrated a close link between
local functional activity in the brain and local CMRGlc (Kennedy et al. 1976; Sokoloft 1981).
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An early monkey study examining the effects of visual occlusion clearly demonstrated that
the striate cortex is organized in alternating ocular dominance columns. This organizational
pattern was known from previous, painstaking recordings from many cells, but the auto-
radiogram showed the full pattern in one experiment. These experiments also demonstrated
that CMRGlc decreases in association with a decrease of functional activity. When only one
eye was patched, the ocular dominance columns associated with the patched eye appeared
lighter (less exposed) on the autoradiogram than the columns corresponding to the open eye.
With reduced visual input from the patched eye, CMRGIc was also reduced.

Activation studies, in turn, showed an increase of CMRGIc in the functionally active
regions (Schwartz et al. 1979). Furthermore, with functional activity of different degrees, the
change in CMRGIc also showed a graded response (Kadekaro et al. 1985). The connection
between functional activity and glucose metabolism through ATP-dependent processes was
demonstrated by an experiment in which the activity of the Na*/K" pump was blocked by a
specific inhibitor, with the result that the increase of glucose metabolism with electrical
stimulation was suppressed (Mata et al. 1980). In short, animal studies with DG and auto-
radiography, and human studies with FDG and PET (Phelps and Mazziotta 1985), have
found a close correspondence between local neural activity and local CMRGlc.

In the brain, the consumption of glucose is heterogeneous. The metabolic rate in gray
matter is three to four times higher than that in white matter. The low metabolic rate in white
matter suggests that the energy cost of sending an action potential down an axon is small,
most likely because of the efficient propagation along myelinated fibers. Instead, the energy
metabolism is more closely associated with the synapses, in keeping with the energy budget
estimates described above. Within the layers that make up cortical gray matter, the glucose
metabolic rate is highest in layer IV, an area rich in synaptic connections. This area also
shows the largest changes in glucose metabolism with activation. High-resolution studies of
the precise location of the increased glucose metabolism suggest that it is not the cell body of
the neuron but rather these areas of dense synaptic connections which show the largest
increase in metabolic rate (Sokoloff 1991).

Measuring cerebral blood flow and 0, metabolism

In addition to CMRGlc measurements, other PET techniques provide measurements of CBF
and CMRO, as well. The basic idea is similar to FDG studies: a positron-emitting nucleus is
attached to a molecule of interest, and from the dynamics of that label as it moves through the
tissue, in combination with the measured dynamic curve in arterial blood, a relevant rate is
calculated. For DG, the relevant rate is the metabolic rate of glucose. For CBF measurements,
the relevant rate is the rate of delivery of arterial blood (discussed in more detail in Ch. 2).
The primary isotope used for these studies is '>O-labeled water in arterial blood.

For CMRO, measurements, the relevant rate is the metabolic rate of O,, and these
measurements also use "“O as the radioactive tracer, but this time labeling O, rather than
water. However, CMRO, measurements are significantly more complicated by the fact that
the O label switches from labeling O, to labeling water when O, is metabolized. The
measured kinetics of the tracer depend on the interplay of delivery and clearance of '>O. By
introducing >0, the initial delivery of '>O does measure the delivery of O,, but clearance of
>0 from the tissue could be either from unmetabolized 'O, returning to the blood, or from
water of metabolism, H,'>O. After a few circulation times, the labeled water builds up in the
blood and is re-delivered to the tissue, but now °O is being delivered as a label of water rather
than molecular O,, so CBF also affects the distribution of the >O. In addition, because
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much of the "°O is bound to hemoglobin in the blood, the CBV also affects the distribution of
0. To deal with these complications, measurement of CMRO, with PET requires three
separate studies: the primary study, introducing '*O-labeled O,, plus a second study with
'°0-labeled water to assess CBF effects, and a third study with '>O-labeled carbon monoxide
to assess CBV effects (Frackowiak ef al. 1980; Mintun et al. 1984). For this reason, CMRO,
studies with PET have been much less common than CMRGIc and CBF studies.

Balance of blood flow, glucose metabolism and 0,

use in the brain at rest and during activation

Based on the discussion above, the ratio of CMRO, to CMRGlc should be 6 for complete
oxidative metabolism of glucose. This ratio, called the oxygen/glucose index (OGI), has been
measured in the resting human brain with PET as approximately 5.3 (Raichle et al. 1970).
The slightly higher rate of glucose metabolism relative to O, metabolism (i.e., OGI <6)
means that not all of the carbons of glucose are going into CO,. Some could become part of
molecular synthesis pathways, and some may appear as a low-level lactate concentration,
with the excess flux of glucose into the brain balanced by a continuous clearance of lactate
from the brain. Nevertheless, the fact that the OGI is near 6 at rest suggests that the majority
of the net glucose metabolic rate is related to oxidative metabolism.

However, neural activation presents a surprisingly different picture. Because CMRO,
measurements are difficult, as noted above, CBF and CMRGlc measurements have provided
the primary windows on brain function. The close correspondence of these two measure-
ments, described above, suggests a straightforward picture of a localized, balanced increase in
flow and metabolism with activation. This simple picture was challenged when Fox and
Raichle (1986) measured the change in CMRO, associated with brain activation and made a
surprising discovery. In a somatosensory stimulation experiment, they found a focal CBF
increase of 29% in the appropriate area of the brain, but only a 5% increase in CMRO,. In a
later visual stimulation study, they again found a large imbalance in the CBF and CMRO,
changes and confirmed that the CMRGIc change was indeed large and comparable to the
CBF change (Fox et al. 1988).

More recent studies have examined the balance of CBF and CMRO, changes with PET
and also with MRI methods (described in more detail in later chapters). Most of these studies
have found larger changes in CMRO, with activation (as high as 20-30% with a strong
activation), but still a weaker CMRO, change compared with the CBF change. Typical values
for the ratio of the fractional change in CBF to the fractional change in CMRO, are in the
range 2-3. However, these are ratios of CBF changes to CMRO, changes, and not CMRGlc
changes. Nevertheless, it is often assumed that CBF and CMRGIc changes are similar, based
on numerous PET studies. In short, with activation the OGI decreases.

The finding that glucose metabolism increases much more than O, metabolism has
important implications for the magnitude of the energy metabolism changes during activa-
tion. Most of the increase in the metabolic rate of glucose is glycolysis alone, rather than full
oxidative metabolism. This means that the actual change in energy metabolism is much less
than would have been assumed from the increase in CMRGIc alone because glycolysis is
much less efficient in generating ATP. The observed imbalance also implies that there should
be a substantial production of lactate. This finding was confirmed with direct measurements
of lactate accumulation in human subjects measured with spectroscopic nuclear magnetic
resonance (NMR) studies (Prichard et al. 1991; Sappey-Marinier et al. 1992).
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What function is served by the large change in glucose metabolism?

Currently, there is no clear answer to the question of the function of such a large change in
glucose metabolism. The additional ATP production associated with glycolysis above and
beyond full oxidative metabolism is relatively small. For example, even with a large mismatch
of a 30% increase of CMRGlIc combined with a 10% increase of CMRO,, the increase of ATP
production from the excess glycolysis is only approximately 1%. Although the excess
glycolysis likely provides only a small component of the total energy costs of neural activity,
it may provide needed ATP for particular tasks that cannot be fueled by ATP from oxidative
metabolism in the mitochondria. For example, dendritic spines may be too small to allow
local mitochondria to be near the synapse, and glycolysis potentially could provide the
needed ATP for activity at these synapses.

Another possibility is that the production of ATP in the astrocytes favors glycolysis
because it is fast, even though it is highly inefficient, and this may be important for rapid
clearance of neurotransmitter from the synaptic cleft (Raichle and Mintun 2006). However,
the free energy required for clearance of glutamate is provided by the Na™ gradient, rather
than ATP directly, with uptake of glutamate coupled to Na* moving into the astrocyte. The
ATP is used to drive the Na*/K* pump to transport the Na* back out of the cell. It is possible
that the rapid recovery of the Na™ gradient within a confined space is important, and that the
Na™/K" pump in the astrocytic processes at the synapse preferentially uses ATP from
glycolysis to accomplish this. However, this is unlikely to be a general requirement of the
Na™/K" pump. Because at least 50% of the energy consumed in the brain is thought to be
linked to the action of this pump (Ames 2000; Attwell and Laughlin 2001), and glycolysis
provides less than 10% of the total ATP production, even during activation, most of the ATP
needed for the pump must come from oxidative metabolism.

The excess glucose metabolism, and associated production of lactate, may be associated
with the lactate shuttle discussed above. Excess lactate diffuses from the astrocytes to the
neurons, and increased lactate production would raise the tissue lactate and increase the
lactate gradient, driving the lactate flux into the neurons. Increased tissue lactate would also
increase the rate of lactate loss by blood flow, widening the gap between CMRGIc and
CMRO;. This raises the question of exactly what role is played by the lactate shuttle. If
lactate from astrocytes is a critical source of fuel for neurons, in addition to glucose delivered
by CBF, then a fall in the OGI and a rise in tissue lactate may be necessary to increase the
lactate flux into the neurons. Alternatively, if ATP derived from glycolysis is specifically
necessary for recycling neurotransmitter, either because of the speed required or the limi-
tations imposed by the cramped space of a dendritic spine, increased tissue lactate may be an
unavoidable consequence. The lactate shuttle then may be a more secondary pathway to
avoid wasting the lactate produced.

Based on these considerations, we can speculate that the increase of CMRGIc is driven
by pre-synaptic activity, while CMRO, reflects the overall energy costs of neural activity.
Because most of these energy costs are thought to be on the post-synaptic side, there could
be a dissociation of these responses depending on how the input excitatory activity
compares with the overall post-synaptic response. A common pattern of neural activity
is that as the stimulus intensity systematically increases the neuronal response increases but
tapers off. If the overall activity tapers oft more quickly than the pre-synaptic activity, then
glucose metabolism would increase more than O, metabolism as the stimulus intensity
increased.
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Current thinking about CBF changes also implicates synaptic activity itself in driving
acute CBF changes. This could potentially explain why CBF and CMRGlIc have similar large
changes, while the CMRO, change is more modest, because of a difference in the particular
aspects of neural activity that drive each response. These questions are considered again in
Chapter 2, after a more detailed discussion of CBF.

Box 1.1. The thermodynamics of neuronal signaling

Free energy and biological systems

All cellular processes, including neural signaling, are constrained by the physical laws of
thermodynamics: (1) energy is conserved and (2) entropy increases or at best stays the same.
Entropy is a subtle concept, but in broad terms it tends to increase if matter or energy are more
dispersed. The interplay of these two effects can make it difficult to see which way entropy
should change in a particular transformation. For example, consider a reaction in which a
compound AB can break up into separate molecules of A and B, or reform as A and B molecules
come together. Energy is distributed in the kinetic motion of all of the molecules, but there is
also a negative binding energy holding A and B together in the AB molecules. For this reason, on
the one hand, energy must be concentrated in the AB molecules in order to overcome the
binding energy and break them apart, and this concentration of energy would tend to decrease
the entropy. On the other hand, breaking AB into separate A and B molecules is a dispersal of
matter, tending to increase entropy. The outcome of these two effects — the actual change in
entropy — depends on the temperature. In general, the entropy associated with concentrating
energy becomes more dominant at lower temperatures, favoring the condensed form AB. For
any given temperature, there is an equilibrium in which the tendency for AB to break into A and
B is balanced by the tendency for A and B to recombine to form AB. This equilibrium is
characterized by a particular ratio of the reactants to the products, Ko(T) = [A][B]/[AB]. If the
actual ratio differs from K, then the favored direction of the reaction is the one that moves the
concentration ratio toward K, Writing this equilibrium ratio as Ko(T) reminds us that it
depends on temperature, but for mammalian cellular activity the temperature normally remains
approximately constant.

The concept of free energy change (or Gibbs free energy change [G]) neatly combines the first
and second laws of thermodynamics into a single useful relationship (see Nicholls and Ferguson
[2002] for an excellent discussion of free energy in biological systems). For any transformation,
such as a chemical reaction or movement of an ion across a membrane, there is an associated free
energy change AG. The free energy is a measure of how far a system is from equilibrium, with a
negative value of AG meaning that the transformation moves the system closer to equilibrium.
Cellular work refers to processes that have a positive AG, moving a part of the system away from
equilibrium, such as transport of an ion against its electrochemical gradient. A process with a
positive AG can only occur if it is tightly coupled to another process with a more strongly negative
AG, so that the net AG for the combined transformation is negative. That is, in order to move one
system farther from equilibrium, that transformation must be coupled to another system that is
moving closer to equilibrium.

For the transformation in which AB breaks into A and B, the free energy can be expressed as:

K[AB]

AB — A+ B: AG = —RTIn
[A][B]
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where R is the gas constant, T'is the temperature, and In indicates the natural logarithm. Note that if
the concentration ratio is equal to the equilibrium ratio (1/Kp), the argument of the logarithm is 1
and AG=0. That is, a system at equilibrium has no capacity to do cellular work. If the system is
moved away from equilibrium owing to an excess of AB compared with A and B, then the break up
of AB is associated with a negative AG and the reaction as written is a downhill reaction in the
thermodynamic sense. If the system is shifted away from equilibrium in the other direction, with an
excess of A and B, then AG is positive for the reaction as written, but would be negative if written
backwards as A+B — AB. That is, the combination of A and B into AB would be the downhill
direction of the reaction.

The importance of considering AG is that this quantity incorporates both the energy and the
entropy changes involved, but this makes it a subtle concept. For example, the dependence of AG on
the ratio of reactant and product concentrations would not be expected if we were dealing just with
energy. In a transformation of one molecule of AB to molecules of A and B, the true energy involved
would depend just on changing bond energies, and would be the same regardless of the concen-
trations involved. The dependence on the concentrations comes from entropy considerations, and
the condition that AG must decrease for a transformation to happen is an embodiment of the
second law of thermodynamics.

In some systems, the rate at which a transformation happens is directly related to the AG
involved, with the rate increasing as AG grows more negative. There is a large body of literature
devoted to these relationships, typically in systems near equilibrium. However, biological systems
have evolved a different mechanism that often allows the rate of a transformation to be completely
divorced from the magnitude of AG. Specific proteins (enzymes) can serve as catalysts to speed up
chemical reactions, or as ion channels to change membrane permeability to specific ions. In this
role, they strongly affect the rate of the process without affecting the associated AG. For example,
the AG associated with diffusion of Na® from outside to inside the cell depends on the concen-
tration ratio, but the rate of Na* diffusion depends on the number of open channels and on the
action of the Na™/K" pump.

In short, the net AG tells us which way a particular transformation will go, and the primary use
of the magnitude of AG is to identify systems that are far from equilibrium and which, by moving
closer to equilibrium, can drive other processes away from equilibrium and perform useful cellular
work. That is, AG tells us which transformations can happen, but not necessarily how fast they will
happen. The ways by which biological sources of AG are tapped in cellular functions are controlled
by specific proteins, and thus by gene expression.

Free energy for life on Earth

For the brain, the ultimate source of free energy is that the concentrations of glucose, O, and CO,
are far from equilibrium inside the cell. And these non-equilibrium concentrations must be
maintained by importing glucose and O, into the cell from the environment and clearing CO,. In
a broad sense, the supplies of glucose and O, in the environment are maintained by plants, which
convert CO, and water into O, and organic compounds, including glucose. The source of free
energy for this strongly uphill process is sunlight, and the degradation of sunlight is coupled to
these chemical reactions in photosynthesis. The source of the free energy of sunlight is that the
photons, which started off in thermodynamic equilibrium when they left the sun, are far from
equilibrium when they reach the earth. The energy density and the spectrum of photons in
thermal equilibrium are both determined by temperature, with a higher energy density and a
spectrum with more high-energy photons at higher temperatures. The distribution of photon
energies in the light leaving the sun is set by the sun’s surface temperature, approximately 5700 K.
As these photons travel away from the sun, they spread out; consequently, the density of photons
at the surface of the Earth is much reduced. As a result, the photons arriving at Earth have a
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spectrum characteristic of a 5700 K source but an energy density equivalent to thermodynamic
equilibrium at a temperature of only approximately 300 K. In other words, the photons arriving at
the surface of the Earth can be thought of as a system far from equilibrium, with the energy
concentrated in high-energy photons, while thermodynamic equilibrium favors a redistribution
of that energy to many more photons each with lower energy. The degradation of these high-
energy photons thus releases a tremendous amount of free energy, which plants couple to
chemical processes through photosynthesis.

The process of photosynthesis can be thought of as splitting water according to the schematic
reaction:

Photon aF COZ aF 2H20 — (CHzo) aF HzO aF Oz

In this scheme CH,O represents the basic building block of carbohydrates. For example, glucose
(CsH1205) is composed of six of these blocks. We can think of this transformation as splitting the
two water molecules on the left side to form one O, molecule and four H atoms, which then
combine with CO, to form a CH,O unit and an additional water molecule (the bold face for O is a
reminder that the O, molecule comes from water, not from CO,). Animals and plants make use of
the free energy stored in the separated O, and CH,O units by reversing this reaction:

02 aF (CHzo) =F H20 — COZ aF 2H20

Note that the molecular O, is converted back to water, rather than CO,.

Life on Earth thus depends on sunlight to drive chemical synthesis and provide a source of AG
for sustaining biological systems. It is interesting to note that it is not primarily the heat of the
sunlight that is critical, but rather the spectrum of the photons. Just as glucose and O, can combine
when burned to produce heat, the energy of the photons from the sun warms the surface of the
Earth. The same amount of heating could, in principle, be supplied by a lower temperature source of
photons, such as a cooler star closer to the Earth, but these photons would be inadequate to drive
photosynthesis. So the existence of life on Earth ultimately depends on the fact that the sun is hot
enough to produce high-energy photons, but far enough away that the equilibrium temperature on
Earth is much lower.

Free energy and neuronal signaling

For understanding the thermodynamic basis of neuronal signaling, the two key types of trans-
formation are chemical reactions and diffusion across a membrane. As described in the main text,
the ATP/ADP system is the primary source of a strongly negative AG. For this system, the
breakdown of ATP to ADP and inorganic phosphate (P;) is associated with a free energy change
of the form:

Kyrp[ATP]

— F = — —_—
ATP — ADP + P, : AGurp RTIn NI
The ratio of the concentrations in this expression is often called the phosphorylation potential.
Because the in vivo ATP concentration is much higher relative to ADP and P; than it would be at
equilibrium, AG is strongly negative.

Diffusion of ions across the cellular membrane also has an associated AG. If there is an electrical
potential difference V across the membrane, then the AG associated with one ion moving across the
membrane depends on V and the extracellular (E) and intracellular (I) concentrations of the ion.
For example, for Na™, the AG for one Na™ to move from the extracellular space to the intracellular
space is:
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Kya(V)[Na']y

[Na®], — [Na*];: AGn, = —RTIn N,

where the equilibrium constant Ky,(V) is the ratio of the concentrations (intracellular/extracellular)
that would be in equilibrium with the membrane potential V. If V=0, there is no longer any
interaction with the ion’s charge, and at equilibrium the extracellular and intracellular concentrations
would be equal (Ky,=1). For a typical membrane potential of V=-70mV, with the inside more
negative, the equilibrium for Na* would be a higher concentration inside the cell because the negative
potential favors the accumulation of the positive ions, corresponding to Ky, ~10. Because the in vivo
distribution is strongly skewed the other way, with a much higher extracellular concentration, there is
a strongly negative AG associated with Na* moving into the cell. Correspondingly, moving Na* out of
the cell against its gradient is a strongly uphill process and must be coupled with an even more
strongly downhill process, such as the conversion of ATP to ADP.

Biological batteries

In general, cellular processes often involve an interplay between these two basic sources of AG: a
chemical system in which the reactant/product concentration ratio is far from equilibrium, or an
ion distribution across a membrane that is far from equilibrium. In each case, we can think of the
system as a biological battery, with the “voltage” of the battery corresponding to how far that system
is from equilibrium as measured by the corresponding AG. Then as one system performs cellular
work, with a corresponding degradation of the relevant concentrations and reduction of the
equivalent voltage, that system can be “recharged” by coupling it with another system with a higher
voltage. The interplay of several systems involved in neuronal signaling discussed in Ch. 1 can be
viewed in terms of such biological batteries.

For example, to move Na' back out of the cell in the recovery from signaling, the transport of
Na" is coupled to the conversion of ATP to ADP, an example of using a chemical reaction source of
negative AG to recharge an ionic gradient. In the mitochondria, the conversion of ADP and P; back
to ATP is coupled to transport of H" across the mitochondrial membrane, an example of an ionic
gradient recharging a chemical reaction ratio. The idea of a system far from equilibrium is
important for another reason in addition to AG and energy metabolism: for a chemical messenger
to convey a “signal,” it must be part of a system that is far from equilibrium. For example, Ca*" is
maintained at a much higher concentration outside the cell, and entry of Ca®" is a common
chemical signal that triggers a chain of events within the cell, such as neurotransmitter release.
For Ca** entry to work as a signal, the intracellular concentration must be kept at a low level prior to
the signal, despite the high concentration outside the cell. One way the Ca** is removed is by
coupling the transport of Ca®" out of the cell to Na* transport into the cell, an example of the
extracellular/intracellular Na* gradient being used as a source of negative AG to restore the Ca®*
signaling system. When a neurotransmitter opens a Na* channel on the post-synaptic neuron, the
strong flux of Na* down its gradient is a signaling mechanism.

In short, from a thermodynamic point of view, neuronal signaling involves an interconnected
set of biological batteries, systems far from equilibrium that can serve as sources of AG for either
energy metabolism or signaling. These batteries have different equivalent voltages and are linked in
a hierarchy in which one can recharge another. They include chemical reaction systems and ionic
gradients, coupled through particular enzymes such as the Na*/K" pump. Ultimately, the battery
with the largest voltage is the system of glucose, O, and CO, within the cell, which is maintained in
a state far from equilibrium by continual delivery of glucose and O, and clearance of CO,. The
overall conversion of glucose and O, to CO, and water taps the free energy originally stored in
carbohydrates when plants coupled photons of sunlight to the splitting of water.
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The blood supply of the brain

Cerebral blood flow (CBF) delivers glucose and O, to the brain, so it is natural to suppose
that local CBF varies with neural activity, as suggested by James (1890) in the second quote at
the beginning of Part IA. Although we certainly know more about the changes in CBF with
activation and in disease states than was known in James’ time, we still lack a full under-
standing. Nevertheless, the change in CBF with a change in neural activity is the primary
signal used for mapping brain activity with functional neuroimaging.

The vascular system
The vascular system that supplies blood to the brain is organized on spatial scales that span a
size range of four orders of magnitude, from the diameter of a capillary (~ 10 um) to the
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Fig. 2.1. The vascular system of the brain. (A) A magnetic resonance angiogram showing the major vessels in the brain.
(B) A two photon microscopy image of the surface vasculature (to a depth of approximately 300 um) in the rat
somatosensory cortex, showing the multidirectional orientation of the vascular network (image courtesy of A. Devor)
(O A photomicrograph of a stained section through the lamina of the primary visual cortex of a monkey (Zheng et al.
1991). The staining indicates areas with high concentrations of cytochrome oxidase, an enzyme involved in oxidative
metabolism, and highlights layers IV and VI and also blobs in layer Il. The panel on the right also shows a camera lucida
drawing of the vessels in the stained section, showing higher capillary densities in the stained areas. (Figure C reproduced
with permission from Zheng et al, J. Neuroscience 11:2622-2629, 1991; copyright 1991 by the Society for Neuroscience))

distribution volume of a major artery (~ 10 cm”). The complexity of the vascular network
can be appreciated from Fig. 2.1. Figure 2.1A is a MR angiogram, showing the major arteries
delivering blood to the tissue, and the veins carrying it back toward the heart. This angiogram
shows vessels down to a few millimeters in diameter. Figure 2.1B is a microscopic view,
showing the complex geometry of the smallest vessels, the arterioles, capillaries, and venules.
This two-photon microscopic image of the somatosensory cortex of the rat is a maximum
intensity projection of a series of 2 um images extending down to approximately 300 um in
depth. The smallest capillaries have a diameter of approximately 6-8 um, comparable to the
size of a red blood cell. Figure 2.1C shows images illustrating the distribution of capillary
density within the layers of the cortex (Zheng et al. 1991). The photomicrograph shows a
1 mm wide strip from a cytochrome oxidase-stained section of a slice through the primary
visual cortex (area 17) of a squirrel monkey, and the camera lucida tracing shows the blood
vessels (mostly capillaries). Cytochrome oxidase is one of the enzymes involved in oxidative
metabolism (Ch. 1), and the uneven distribution of the enzyme in the brain suggests a
heterogeneous distribution of O, metabolism. In this study, the microvessel density, as
measured by the total length of vessels visible in the slice, showed a close correspondence
with the cytochrome oxidase-stained areas. The peak density in the cortex was in layer IV,
where the density was approximately 1.5-3 times higher than that of white matter.

The study of Zheng et al. (1991) also showed how the functional organization of the brain is
at least partially reflected in the blood vessel density. The border between the primary and
secondary visual cortex (areas 17 and 18) is distinguished by changes in the laminar structure,
and the microvessel density correspondingly was found to be approximately 25% higher in the
primary visual cortex. On an even smaller scale, in the primary visual cortex of primates,
functional units called blobs have been identified based on their higher concentration of
cytochrome oxidase. The blobs are located in layers IT and I1I of the cortex and are approximately
250 um in extent in the images in Figure 2.1C. The capillary density in the blobs was approx-
imately 40% higher than that in the interblob regions. In short, the architecture of the vascular
tree shows distinct organization on a spatial scale as small as a few hundred micrometers.

=]



]

An overview of fMRI

Tissue perfusion
Because many functional imaging techniques, including fMRI, depend on changes in CBF, it
is important to understand precisely what CBF is and how it can be measured. The term
perfusion is used in a general way to describe the process of nutritive delivery of arterial blood
to a capillary bed in the tissue. Because functional neuroimaging is potentially sensitive to
several aspects of the perfusion state of tissue, it is important to clarify exactly what is meant
by several terms. Cerebral blood flow is the rate of delivery of arterial blood to the capillary
beds of a particular mass of tissue, as illustrated in Figure 2.2. For convenience, a common
unit for CBF is milliliters of blood per 100 grams of tissue per minute, and a typical average
value in the human brain measured with PET is approximately 50 mL/100 g per min, with
gray matter about three times higher than white matter (Ito et al. 2004; Rostrup et al. 2005).
For imaging applications, it often is convenient to express this as flow delivered to a unit
volume of tissue rather than a unit mass of tissue, because a signal is measured from a
particular volume in the brain, and the actual mass of tissue within that volume is not known.
Because the density of brain is close to 1 g/mL, CBF values expressed in these units are similar.
Note, however, that the units of CBF are then milliliters per milliliter per minute, which are
essentially units of inverse time. For this reason, it is sometimes useful to think of CBF as
having the same units as a rate constant (e.g., 60 mL/100 g per min is equivalent to 0.01s™").
A useful example of considering CBF as an effective rate constant is a fundamental
relationship between CBF and and the cerebral metabolic rate of O, (CMRO,). For a
consistent definition of units, CBF can be expressed as milliliters of arterial blood delivered
per milliliter of tissue per minute, and CMRO, is then expressed as moles of O, consumed
per milliliter of tissue per minute. The rate of delivery of O, to the capillary bed is simply CBF

A Draining vein B

B

Capillary bed

>,_=.
Venule }@/

Equal blood volume
and velocity
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Volume V
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Fig. 2.2. The meaning of perfusion. (A) Blood vessels within a small element of tissue. Cerebral blood flow (CBF) is
the delivery of arterial blood to the capillary beds (F; + £) and so is not directly related to the local blood volume,
which also includes arterial blood destined for a more distal tissue element and venous blood draining more distal
tissues. (B) Measurement of blood volume and blood velocity is not sufficient to measure CBF. In the lower capillary
bed, the vessels are twice as long as those in the upper capillary bed, so the blood volume and blood velocity are
the same, yet the CBF is twice as large in the upper capillary bed. Instead of blood volume and blood velocity
determining CBF, it is blood volume and transit time that determine CBF through the central volume principle.
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times [O,],, the concentration of O, in arterial blood in units of moles of O, per milliliter.
With these definitions, CMRO, can be expressed as

CMRO, = OEF - CBF - [0,], (2.1)

where OEF is the fraction of delivered O, that is extracted and metabolized. In this
combination, the product of the OEF and CBF acts like a “rate constant” for metabolism
of a “substrate” represented by [O,],. This equation essentially just follows from the
definitions of the terms involved, but it is a useful relationship to keep in mind when
considering the BOLD effect. If CBF increases more than CMRO,, then the OEF must
decrease, and this is the essential physiological phenomenon underlying the BOLD response.

Cerebral blood volume and blood velocity

The cerebral blood volume (CBV) is the fraction of the tissue volume occupied by blood
vessels, and a typical value for the brain is approximately 4% (CBV = 0.04) (Rostrup et al. 2005).
The CBV is a dimensionless number (milliliters of blood vessel per milliliter of tissue), and
usually refers to the entire vascular volume within the tissue. In some applications, however, it
is important to subdivide total CBV into arterial, capillary, and venous volumes. Reliable
measurements of the relative sizes of these volumes are scarce, but reported estimates for a
sheep brain for vessels smaller than approximately 2 mm in diameter are 20% for arterioles,
50% for capillaries, and 30% for venules (Sharan et al. 1998). The blood volume potentially can
change in any of these sub-compartments of the vascular system. The dilation of the arterioles
that leads to an increase in flow is a volume increase on the arterial side, and a number of
studies have shown significant changes in the arterial CBV associated with changes in CBF and
neural activity (Devor et al. 2007; Hillman et al. 2007; Ito et al. 2005; Kim et al. 2007).

Some early data suggested that only a fraction of the tissue capillaries are open channels
at rest and that capillary recruitment (i.e., opening the previously collapsed capillaries) is
involved in increasing CBF (Frankel et al. 1992; Shockley and LaManna 1988; Weiss 1988).
However, the accuracy of the techniques used in these early studies has been challenged
(Gobel et al. 1990), and a number of more recent studies have concluded that capillary
recruitment is a small effect, if it occurs at all (Bereczki et al. 1993; Gobel et al. 1989; Klein
et al. 1986; Pawlik et al. 1981; Vetterlein et al. 1990; Villringer et al. 1994; Wei et al. 1993).
Instead, changes of CBF are associated with changes in blood velocity in the capillaries. For
example, studies in rats have found increases during hypoxia (Bereczki et al. 1993; Krolo and
Hudetz 2000) and decreases with pentobarbital (Wei et al. 1993). Blood velocity varies from
tens of centimeters per second in large arteries to as slow as 1 mm/s in the capillaries. At the
capillary level, the pulsatility seen in the arterial vessels is largely damped out. Nevertheless,
studies of the passage of red blood cells through individual capillaries have found that the
flow is often irregular, rather than a smooth constant velocity (Kleinfeld et al. 1998; Villringer
et al. 1994). This likely reflects the fact that the red cell diameter is about the same as the
capillary diameter, and the red cells can clump together to produce transient blockages. In
addition, transit of larger white cells can also cause a transient slow down of flow. If one looks
just at an individual capillary, flow is an irregular process, and it is only when averaged over
thousands of capillaries that CBF takes on a well-defined, stable value.

The central volume principle
Although CBF, CBV, and blood velocity are all important aspects of the perfusion state
of tissue, they are distinct physiological quantities. With the preceding definitions, CBF does
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not explicitly depend on either blood volume or the velocity of blood in the vessels. An
increase in CBF with brain activation could occur through a number of different changes in
blood volume or blood velocity. For example, an increase of blood velocity in a fixed capillary
bed or an increase in the number of open capillaries but with blood moving at the same
velocity in each capillary would both lead to an increase in CBF. In both cases, more arterial
blood flows through the capillary bed. Furthermore, even specifying capillary velocity and
capillary volume is not sufficient to determine CBF, as illustrated in Fig. 2.2B. Two idealized
capillary beds are shown, one with two sets of shorter capillaries, and one with a single set
of capillaries twice as long. In both beds, the blood velocity is the same, and we have
constructed them to have the same capillary blood volume. However, the CBF is twice as
large in the upper bed with two sets of shorter capillaries because the volume of arterial blood
delivered to the bed per minute is twice as great.

Intuitively, it seems that specifying the blood volume and blood velocity ought to
determine CBF, but the preceding example shows that it does not. The missing piece that
does differ between the two scenarios is the capillary transit time. In the capillary bed with the
longer capillaries, the capillary transit time is twice as long. And it is transit time, rather than
blood velocity, that is directly connected to CBV and CBF. The important relationship,
known as the central volume principle, has been recognized for over a century (Stewart 1894):

7 = CBV/CBF 2.2)

where 7 is the mean transit time through the volume defined by CBV. For a CBF of
60 mL/100g per min (0.01s™") and a typical CBV of 4%, the vascular transit time is
approximately 4s from this equation. By restricting the volume to a subset of the entire
blood volume, such as the capillary volume, the relation still holds, with 7 defined as the mean
transit time through the capillary volume.

Cerebral blood flow is a measure of delivery of arterial blood
These considerations indicate that the definition of CBF involves some subtleties important
for understanding how CBF is measured, as illustrated in Fig. 2.2. In this idealized tissue
vasculature, the flow rates through the two capillary beds are designated Fyand F, (expressed
in milliliters per minute), and if these beds feed a volume of tissue V, then CBF is simply
(F1 + F,)/V. However, an element of tissue will also contain arterial blood in larger arteries
that is just passing through, destined for a capillary bed in another location. The tissue
element may also contain venous blood passing through as it drains another tissue element.

For these reasons, it is difficult to make reliable measurements of CBF by looking at the
blood itself within a tissue element, although such techniques are in use. For example, laser
Doppler flowmetry measures a frequency shift in light reflected from moving red blood
cells (Dirnagl et al. 1989; Stern 1975). The proportion of the reflected light that is Doppler
shifted is a measure of the number of moving red blood cells, the total blood volume, and the
average frequency shift is a measure of the average red blood cell velocity. Taken together,
these data provide a measure of blood motion within an element of tissue. This general
motion of the blood does not, however, necessarily reflect CBF, the flow of arterial blood into
the capillary beds.

For example, an element of tissue could have no change in CBF (e.g., F; and F, remain
constant in Fig. 2.2) but show increased red blood cell motion if CBF increases in a distal
tissue element, with a corresponding increase in speed in the arteries and draining veins that
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also happen to pass through the first element. The laser-Doppler flowmetry technique is
useful for studies of the microvasculature in animal models, but estimates of CBF with this
technique should be interpreted with caution. The central problem is that the defining
characteristic of CBF is not blood motion within the tissue element but rather delivery of
arterial blood to the capillary bed. For this reason, a more accurate approach for estimating
CBF is to measure the rate of delivery of an agent carried to the tissue by flow.

Changes in cerebral blood flow and blood volume
Blood flow is controlled by changing vascular resistance

The rate of delivery of arterial blood to a small element of tissue depends on the pressure
driving the blood through the vascular tree and the resistance that must be overcome along
the way. Specifically, blood flow can be taken to be the ratio of the difference in pressure
between the arterial and venous blood (AP) to the cerebrovascular resistance: CBF = AP/CVR
(this is essentially the definition of cerebrovascular resistance). In the vascular system, the
resistance is not uniformly distributed across all of the branches of the network but, instead,
is dominated by the arterioles and the capillaries. The arterioles are the smallest of the arterial
branches, located just prior to the capillaries. For steady flow through the vascular tree, the
net resistance of each stage is reflected in the pressure fall across that stage. Starting with the
largest arteries, there is a gradual pressure decrease as the main arteries branch into smaller
vessels, a sharper drop across the arterioles and capillary bed, and then again a gradual
decrease across the venous branches as the blood collects from the smallest venules into
larger veins (Boas et al. [2008] give a recent model of the vascular tree). In the healthy brain,
autoregulation operates to maintain CBF at a nearly constant value despite alterations
in arterial pressure over a range from approximately 75 to 175 mmHg (Guyton 1981). As
pressure changes, cerebrovascular resistance changes in a compensatory way by dilating or
constricting the arterioles.

The arterioles are the seat of control of vascular resistance. A coat of smooth muscle
cells surrounds the arterioles, contracting to constrict the vessel and relaxing to dilate it.
To maintain control of the arteriolar diameter, and thus resistance, the smooth muscle must
be in a chronic state of moderate contraction, described as muscular tone, so that resistance
can be either increased or decreased (Andresen et al. 2006). Control of smooth muscle
tension is a complicated process but is closely involved with the intracellular Ca®>* concen-
tration in the smooth muscle cell (Faraci and Sobey 1998). Increased cytosolic Ca**, either
through opening Ca** channels to allow external Ca*" to enter or through triggered release of
internal Ca>" stores, initiates a contraction. Processes or agents that tend to interfere with these
Ca*" increases or reduce cytosolic Ca®" lead to relaxation. As discussed in the next section, a
large number of factors can affect the arteriolar smooth muscle and alter resistance.

Resistance is likely to be a steep function of arteriolar diameter. For laminar flow of a
simple fluid, the resistance is proportional to 1/r*, where r is the radius of the vessel.
Therefore, to decrease the resistance of the arterioles by 100%, the radius of the arteriole
need increase only 19%. Blood is not a simple fluid, and the flow is not likely to be purely
laminar; nevertheless, this argument suggests a sensitive mechanism to control blood flow. In
principle, dilation of just the arterioles would be sufficient to increase flow through a local
capillary bed fed by the arteriole. However, another process occurs that is not fully under-
stood: the dilatation propagates upstream to larger arterial vessels. Several mechanisms have
been proposed for this effect, including signaling through gap junctions connecting smooth
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muscle cells and nitric oxide (NO) released from the walls of upstream vessels in response to
increased shear stress. A recent report indicates that the astrocytes play a direct role in
upstream dilatation (Xu ef al. 2008). Although the mechanisms are unclear, the significance
of this effect is that the vessel dilatation associated with increased CBF extends upstream
from the initiating arterioles.

A possible function for the upstream dilatation is that this could serve to prevent a
phenomenon called vascular steal, in which increased flow in one area leads to a decreased
flow in other nearby areas. From the point of view of simple flow through a network of pipes,
avascular steal could develop in the following way. Imagine a small artery that branches into
two smaller arterioles in parallel. If resistance decreases in one arteriole, the overall resistance
of the network decreases and net flow increases. However, if the upstream artery resistance
stays the same while the flow through it increases, the pressure drop across the artery will be
larger. This means that the pressure where it branches into the arterioles is reduced, and it is
this pressure that drives the flow through each of the branches. For the branch that dilated,
the resistance has decreased more than the fall in driving pressure, so the flow through that
branch increases. However, the branch that did not dilate has the same resistance, but now a
lower driving pressure, so the flow is reduced. This steal phenomenon would not happen if
the upstream artery also dilated, decreasing its resistance so that flow could increase without
reducing the driving pressure for the arterioles. That is, upstream dilatation would serve to
further increase CBF in the activated region while preventing a CBF reduction in nearby
regions through a vascular steal.

Dilating the arterioles also may increase the pressure in the downstream capillaries and
veins, and this may lead to CBV changes as a passive response to the CBF change. Depending
on the distensibility of the vessels, this pressure increase could dilate the veins and possibly
the capillaries as well. The result is that changes in blood volume are not likely to be evenly
distributed along the entire vascular tree, and the dynamics of the change may be different in
different vascular compartments. While the arterial CBV changes drive the change in CBF,
downstream capillary and venous CBV changes may be a slower, more passive, response to
increased pressure.

While the primary control point for CBF is thought to be the arterioles, recent studies
suggest that control at the capillary level may also exist. Some capillaries are surrounded by
small contractile elements called pericytes, which have been shown to constrict and dilate in
response to different stimuli in brain slice preparations (Peppiatt et al. 2006). Further work is
needed to determine whether pericytes represent a significant control point for CBF in the
intact brain.

The relationship between blood volume and blood flow

durlng activation

Based on the arguments above, the relationship between CBF and total CBV is potentially
complicated. It is helpful, however, to consider the simple example of laminar flow in a
straight cylindrical vessel introduced above. The resistance is proportional to 1/7*, where r is
the vessel radius, and the volume for a fixed length is proportional to 7. Suppose now that the
vessel dilates so that the radius doubles to reduce the resistance and increase the flow. For a
constant driving pressure, the flow increases by a factor of 2* (= 16), and the volume increases
by a factor of 4. More generally, the relationship between the change in blood flow and blood
volume for this example is that the volume change is proportional to the square root of the
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flow change. If the diameter of every vessel in the vascular tree increased by the same factor,
and the resistance to flow follows the 1/r* law for every vessel, then the changes in CBF and
CBYV would follow this square root relation.

Motivated by this simplified example, we can treat the relationship between CBV and
CBF in a more general way, and characterize it as a power law relation:

4 F\*

where F, is the resting flow, Vj is the resting blood volume, and « is a numerical exponent.
For our simple example above, a«=0.5. In a real vascular tree, we would expect that the
volume change necessary to produce a CBF change is much smaller because the cerebrovas-
cular resistance is concentrated in the arterioles. Dilating the arterioles does increase CBV,
but because the arterioles are a small fraction of the total blood volume, the net change in
CBYV is small. For example, suppose that the arterioles account for 20% of the blood volume
but 50% of the cerebrovascular resistance at rest. Then, if the diameter of the arterioles
increases by 20%, the resistance of the arterioles is reduced by approximately 50%. If there is
no change in the rest of the vascular tree, CBF increases by 25% from a change of only 4% in
total CBV.

From these arguments, the CBV change required to increase CBF may be quite small if it
occurs just in the arterioles, but a larger change in CBV could occur through upstream
arterial dilatation and downstream passive expansion of capillaries and veins. Note that the
magnitude of these additional CBV changes may depend on the extent of the activated area as
well. The classic paper of Grubb et al. (1974) is still the primary reference for the quantitative
relationship between CBF and CBV changes. These investigators altered the inspired partial
pressure of CO, (pCo0,) in monkeys and measured global changes in blood flow and blood
volume. They then fitted the measured pairs of CBF and CBV values to Eq. (2.3) and found
that the data were best described by a = 0.38. In this experiment, the total CBV was measured,
so it was not possible to isolate the contributions of changes in the arterial, capillary, and
venous blood volumes. More recent animal studies have used several different approaches,
including fluorescent dyes (Vanzetta et al. 2004), optical methods (Hillman et al. 2007), and
MRI methods (Kim et al. 2007) to try to distinguish the CBV changes in different vascular
compartments. While there is evidence for changes at all levels of the vascular tree, the data
indicate that CBV changes are predominantly on the arterial side.

The simple empirical relationship in Eq. (2.3) is widely used, but it is only an approxi-
mation for a potentially complex relationship between CBF and CBV changes with activation
(Piechnik et al. 2008), and this relationship affects the interpretation of the BOLD effect.
Although the BOLD effect is primarily driven by changes in oxygenation of the blood,
changes in CBV are also thought to play a role. If CBV changes increase the total local
deoxyhemoglobin, this will tend to offset the drop in deoxyhemoglobin caused by the
decreased OEF. Although there is very little deoxyhemoglobin in the large arteries in a
healthy subject with no hypoxia, there is evidence that the arterioles are partly deoxygenated.
For this reason, CBV changes at the venous, capillary, and even arteriolar level could modify
local deoxyhemoglobin.

In addition, there may be hematocrit changes associated with increased flow that could
alter deoxyhemoglobin by a larger factor than the actual vessel volume increase, and thus
affect the BOLD signal. Because the red cell diameter is similar to the capillary diameter, a
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possible scenario is that some capillaries are perfused at rest with plasma but not red cells,
and that with activation a slight dilatation of the capillaries allows the distribution of red cells
to become more uniform (Krolo and Hudetz 2000). In this way, the total hemoglobin could
potentially increase more than the capillary volume itself. A recent study using optical
techniques in a rat model to measure the response to a brief stimulus found that changes
in total hemoglobin are dominated by the capillaries, and the dynamics of total hemoglobin
in the different compartments are rather different (Hillman et al. 2007). For all compart-
ments total hemoglobin increased with the stimulus, but after the stimulus it recovered more
quickly in the arterioles and even decreased below the baseline level, while capillary and
venous total hemoglobin recovered more slowly. Different dynamics in the vascular com-
partments may be important for understanding a phenomenon often seen in BOLD imaging
called the post-stimulus undershoot — a reduction of the BOLD signal below baseline that may
persist for tens of seconds (discussed more fully in Ch. 16).

Neural activity and the control of cerebral blood flow

The development of ideas about control of cerebral blood flow
Over a century ago, Roy and Sherrington (1890) described the basic principle that, at least in
a general sense, motivated much of the early thinking about the local control of CBF:

We conclude then, that the chemical products of cerebral metabolism contained in the
lymph which bathes the walls of the arterioles of the brain can cause variations of the
calibre of the cerebral vessels: that in this re-action the brain possesses an intrinsic
mechanism by which its vascular supply can be varied locally in correspondence with
local variations of functional activity.

If we interpret the phrase “chemical products of cerebral metabolism” to mean the products
of energy metabolism, then this view presents a relatively simple concept of what happens:
neural activity increases the local rate of energy metabolism, and products of energy
metabolism, in turn, trigger increased flow to deliver more glucose and O,. In this way
there is a simple balance between the energy demands of neural activity and the local energy
supply, which depends on blood flow.

However, although this simple picture is direct and appealing, recent work is challenging
this view. In a recent review, Attwell and Iadecola (2002) concluded:

The view that the haemodynamic response is coupled to signaling processes represents a
conceptual shift from the traditional idea that the energy demands of the tissue directly
determine the flow increase associated with neural activation. In summary, we suggest
that understanding the BOLD response is a signaling problem, not an energy problem.

Specifically, the principle described by Attwell and Iadecola is that the CBF change triggered
by increased neural activity is not driven by a depletion of substrates for energy metabolism
but rather by the neural activity itself. Instead of a serial chain of events in which neural
activity drives energy metabolism which then drives blood flow, the CBF is driven directly by
aspects of neural signaling.

A connected and parallel change in thinking relates to the question: What chemical
agents mediate a change in CBF? The Roy and Sherrington principle suggests that there are
only a few mediators that act on the smooth muscle of the arteries to control blood flow. To
some extent, this view carried through to recent times with the discovery of NO as a
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candidate for the primary mediator controlling blood flow. However, recent studies have
shown that there is not a final common pathway, but rather multiple signaling pathways that
alter CBF. Although products of energy metabolism do modify CBF, the observations
underlying the second quotation above are that there are numerous pathways directly
involving aspects of neural activity. In addition, there has been a profound shift in our
understanding regarding the key role played by the astrocytes. Rather than playing a passive
role, they appear to be dynamic participants in neuronal signaling, and this has led to the
concept of the neurovascular unit, a close functional and structural integration of neurons,
astrocytes, and blood vessels (Anderson and Nedergaard 2003).

The current view that the CBF changes are not driven by energy metabolism has also
raised a basic question: What function is served by the change in CBF? Surprisingly, there is
currently no accepted answer to this question. The fact that large CBF changes accompany
changes in neural activity is well established, and this appears to serve some function
important to the organism, judging from the wide range of mechanisms that have evolved
to produce that flow change. Clearly, CBF is necessary to support energy metabolism, but the
central question is: If CBF is already high, why does it need to increase so dramatically when
neural activity increases? In short, we have a problem in which there are many mechanisms,
but these mechanisms do not tell us the underlying functional advantage of having a large
CBF change in response to a change in neural activity.

Although the two views expressed in the quotations above appear to be in opposition,
they are likely both aspects of a larger synthesis. The key to integrating these ideas may be the
time scale involved. A striking aspect of the brain is that the OEF is relatively uniform at rest,
despite a several-fold variation across the brain in the local rate of energy metabolism
(Gusnard and Raichle 2001). This suggests that during development the CBF to each region
adjusts to the basal level of energy metabolism in that region, creating a close coupling of
blood flow and energy metabolism such that the same fraction of O, (approximately 40%) is
removed from the blood across the brain. This long-term basal adjustment of CBF and
energy metabolism is in keeping with the Roy and Sherrington principle.

However, for an acute change in neural activity it may be a disadvantage to the organism
to wait until substrates for energy metabolism are depleted before increasing blood flow.
Instead of such a feedback mechanism, a feedforward system in which neural activity drives
an increase of CBF in anticipation of a need for increased energy metabolism may be a useful
adaptation. In this way, acute CBF changes are closely tied to neuronal signaling, in keeping
with the Attwell and Iadecola principle. Note that in this view the function of the CBF change
is not directly related to the mechanisms that produce the change. Multiple feedforward
mechanisms provide increased CBF, which ultimately supports increased energy metabo-
lism. Along these lines, a possible answer to the question of why CBF increases is that it serves
to maintain the O, concentration in tissue despite increased energy metabolism. This
speculative idea is discussed further in Box 2.1 at the end of this chapter.

Numerous experiments have revealed particular pathways involved in the control of CBF
(Girouard and Iadecola 2006; Hamel 2006; Villringer and Dirnagl 1995), but how these
pathways function in a coordinated dynamic network is still largely unknown. The following
sections describe some of the current ideas.

Smooth muscle relaxation

Asnoted above, the relaxation or contraction of smooth muscle surrounding an artery depends
on the cytosolic free Ca®* concentration in the smooth muscle cell. The Ca*>* concentration
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depends on exchange between the cytosol and Ca** stores within the cell, and on the influx
of Ca®" from the extracellular space through voltage-sensitive Ca®>" channels, which tend to
open as the cellular membrane depolarizes. For this reason, cytosolic Ca>* concentration tends
to follow the membrane potential, with a graded depolarization producing a graded increase
of Ca®" and a corresponding contraction of the smooth muscle. Because of this sensitivity
to the membrane potential, a number of agents are thought to exert an effect on the arterial
diameter by opening K channels on the smooth muscle cell. Opening K* channels hyper-
polarizes the cell, reducing cytosolic Ca** and relaxing the muscle.

Potassium channels are remarkably diverse, and several distinct types are thought to be
involved in smooth muscle action (Faraci and Sobey 1998). Calcium-activated K* channels
open when cytosolic Ca’* rises, and these are thought to be the most abundant on the surface
of the smooth muscle cell. These channels may serve as a kind of buffer, or negative feedback
system, to limit contraction. If Ca®" rises, Ca**-activated K* channels open, hyperpolarizing
the cell and reducing cytosolic Ca**. ATP-sensitive K* channels are thought to be sensitive to
the metabolic state of the cell. Intracellular ATP inhibits these channels, so a reduction of
ATP leads to channel opening, membrane depolarization, muscle relaxation, and increased
blood flow. Other factors related to metabolism, such as a fall in pH, also open these
channels. Voltage-dependent K channels open in response to membrane depolarization.
Like the Ca®"-activated K" channels, these channels may serve as part of a buffer system to
balance contraction, and so may play a role in maintaining muscle tone. Inward-rectifier
K" channels are characterized by a strong inward rectification, such that they carry inward
current more readily than outward current. The action of these channels is rather complex,
but the net effect is that these channels open in response to an increase in the K* concen-
tration outside the cell, leading to hyperpolarization (Quayle et al. 1997). By this mechanism,
extracellular K" itself acts as a vasodilator.

While many agents that affect CBF act through the medium of the smooth muscle
membrane potential, by affecting K channels, other mechanisms interfere with the way
cytosolic Ca®* couples to the enzymes that control muscle contraction. For example, NO,
initiates a chain of events leading to production of cGMP, and the cGMP is thought to affect
both K* channels and the sensitivity of the contractile mechanism to Ca*".

Vasoactive agents

A number of vasoactive agents are now known, including key ions, metabolic factors, and
factors related to neural activity. The factors most often considered are discussed below.

Carbon dioxide and pH

One of the first chemical agents found to have a strong effect on CBF was CO,, which fits in
nicely with Roy and Sherrington’s original proposal (1890) because CO, is the end product of
oxidative glucose metabolism. Raising the arterial pco, from its normal resting value of
approximately 40 mmHg to 60 mmHg by breathing a gas mixture enriched with CO, nearly
doubles the global CBF in monkeys (Grubb et al. 1974). Carbon dioxide is a gas that readily
dissolves in water and also reacts with water to form bicarbonate ions (HCO;~) and H". This
has two important consequences. The first is that the high solubility of CO, allows blood to
carry itaway efficiently from the tissue, with the bulk of it carried as bicarbonate ions. The CO,
diffuses down a concentration gradient from tissue to blood, where it is quickly converted to
bicarbonate ions through the action of carbonic anhydrase, thus maintaining a relatively low
concentration of CO, as dissolved gas in blood and a strong gradient of CO, from tissue to
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blood. If the conversion of CO, to bicarbonate ions is slowed, as happens when the carbonic
anhydrase inhibitor acetazolamide is administered, CO, builds up in the blood and the tissue
CO, concentration must increase to maintain the diffusion gradient needed to clear CO,. Thus
acetazolamide (Diamox) acts as a vasodilator.

The second important consequence of the conversion of CO, to bicarbonate ions and
H" is that the amount of CO, present directly affects the pH. Because CO, passes easily across
the blood-brain barrier and cellular membranes (Siesjo 1978), it has a potent effect on the
intracellular pH of the brain. In contrast, charged molecules such as bicarbonate ions do not
easily cross the barrier. For this reason, increased CO, in the blood has a strong effect on
intracellular pH, while a change in the pH of blood at a constant CO, level has little effect
on the intracellular pH of brain. For these reasons, clearance of CO, is effectively clearance of
acid, and the CO,/bicarbonate system serves as an important pH buffer.

The vasodilating action of CO, is thought to be caused by the pH change at the arterial
smooth muscle. Numerous studies have shown that local acidosis causes dilatation and
alkalosis constriction of the brain arterioles. Furthermore, animal studies have shown
decreases in pH associated with the large flow changes accompanying induced seizures,
consistent with the idea that increased H* (decreased pH) produces an increase in CBF
(Kuschinsky and Wahl 1979). The brain is evidently very sensitive to pH changes, and the
large CBF response may serve to increase the clearance rate of CO, and provide some control
over pH.

Potassium ions

In addition to H", other positively charged ions (cations) exhibit a strong vasodilatory effect.
Early studies found that increased K* and decreased Ca** in the fluid space around the
cerebral arterioles both produce vessel dilatation. In addition, because neural activity
involves an increase of extracellular K* and a decrease of extracellular Ca>", there is a natural
mechanism for increasing CBF in response to neural activity, an early idea known as the
cation hypothesis for CBF regulation (Lassen 1991). Another early idea was that K* taken up
by the astrocytes at a high concentration near the synapse could be siphoned to the end-feet
near the blood vessels where the concentration is lower, providing a possible mechanism for
communicating K concentration changes to the blood vessels (Paulson and Newman 1987).
Although more recent studies argue against this siphoning effect, a more recent model
suggests an important role for extracellular K* in the signaling cascade from neurons to
blood vessels. This model emphasized the potential role of the astrocytes in integrating
neuronal activity signals (Filosa et al. 2006) (also see The neurovascular unit, below). In this
picture, a Ca®* increase in the astrocyte, triggered by neuronal activity, opens Ca**-activated
K" channels on the astocytic end-feet. Potassium flows out of the astrocyte into the restricted
space between the end-feet and the blood vessel, increasing extracellular K™ and opening
inward-rectifier K™ channels on the smooth muscle. In this signaling cascade, local neuronal
activity is integrated by the cytosolic Ca>* increase in the astrocyte and then translated to a
Ca®" decrease in the smooth muscle cell, with associated vessel dilatation, by intercellular
signaling between K" channels.

Adenosine

Adenosine has intertwined roles in both neural activity and energy metabolism. As discussed in
Ch. 1, the primary energy storage molecule is ATP. In addition to its role in energy metabolism,
ATP also serves as a neurotransmitter/neuromodulator (Haydon and Carmignoto 2006). In the
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extracellular space, ATP is sequentially broken down to produce adenosine, which then has a
potent effect by reducing neuronal excitability. Interestingly, ATP also is released by astrocytes
(Haydon and Carmignoto 2006). For example, in the retina, ATP released from glial cells
is broken down to adenosine, which then opens K" channels that hyperpolarize ganglion
neurons (Newman 2003). Although details of the mechanism of ATP release from astrocytes
are still unclear, this suggests a potentially important mechanism of astrocyte-to-astrocyte and
astrocyte-to-neuron signaling. In cell cultures, Ca** waves propagate between astrocytes, even
when they do not make direct contact with one another, through release of ATP, which then
diffuses from the point of release. At the level of the neuronal synapse, adenosine binds to
receptors on the pre-synaptic side of the synapse and inhibits transmitter release, potentially
providing a basis for regulation of synaptic signaling. Adenosine accumulation is also involved
in lateral inhibition, in which activity at one synapse inhibits the activity of nearby synapses.

Adenosine has a strong vasodilatory effect (Dirnagl et al. 1994; Villringer and Dirnagl
1995; Winn et al. 1991). Caffeine competes for adenosine receptors (Fredholm et al. 1999),
and a number of studies have shown that caffeine reduces CBF (Perthen et al. 2008),
consistent with the idea of a reduction of the vasodilatory effect of adenosine.

Nitric oxide
Since the 1990s, the importance of NO in regulating CBF has been recognized (Iadecola 1993;
Watkins 1995). Nitric oxide is a powerful vasodilator. As a signaling molecule, it has the unique
property of being a simple gas that easily diffuses across cell membranes; consequently, it
can engage directly in intracellular reactions without having to bind to extracellular receptors.
It is a reactive molecule, so it is short lived in tissue. Nevertheless, the range of diffusion of
NO is thought to be on the order of 200 um, so NO produced at one site can potentially signal
to many nearby cells. As noted above, the action of NO in a target cell is to produce an
intracellular second messenger, cGMP, which then triggers subsequent cellular pathways.
Nitric oxide is produced by activation of nitric oxide synthase (NOS), and there are three
forms of the enzyme: endothelial, neuronal and induced. Nitric oxide is produced locally from
neurons and astrocytes following glutamate receptor activity, and it has been implicated in
modulating the vasodilatory effects of virtually all the potential mediators of CBF control
discussed above: CO,, HY, K", and adenosine. Thus, the full picture of the control of CBF may
involve complicated interrelationships between NO and other mediators (Lindauer et al. 1999).
Current thinking is that NO plays an important role in maintaining vascular tone, with a
continuous production of NO in the basal state. The role of NO in triggering acute CBF
changes is more complicated, and somewhat less clear. In part, this is because an exper-
imental finding of a reduced CBF response to activation after NOS is blocked could be
because basal tone was affected, rather than the CBF response itself. For example, studies in
cortex found that the CBF response to activation was reduced when NOS was blocked, but
restored when NO was added non-specifically to the tissue, suggesting that the primary effect
was on basal tone (Lindauer et al. 1999). In contrast, however, a similar experiment in the
cerebellum found that blocking NOS reduced the CBF response and that it was not restored
by adding NO, suggesting a more fundamental involvement of NO in signaling the CBF
change (Akgoren et al. 1994).

Arachidonic acid derivatives
A number of studies have shown that CBF is modulated through an extended metabolic
pathway related to arachidonic acid and its derivatives (Girouard and Iadecola 2006; Straub
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and Nelson 2007). This is a widespread signaling pathway in human biology, particularly
involved in inflammation, fever, and pain associated with injury or disease. A family of
locally acting hormones called eicosanoids are derived from arachidonic acid through the
interaction with specific enzymes. The family name refers to the 20-carbon composition of
each (the same origin as icosahedron). An important class of eicosanoids, prostaglandins,
are formed from arachidonic acid by the enzyme cyclooxygenase (COX). Two forms of
this enzyme, COX-1 and COX-2, are structurally similar but play different roles in human
biology. For example, COX-1 is involved in protecting the stomach lining from acid, while
COX-2 is involved in inflammation and pain. Non-steroidal anti-inflammatory drugs
(NSAIDS), such as aspirin and ibuprofen, inhibit COX enzymes generally, and so a focus
of drug research is on the development of specific COX-2 inhibitors that could address pain
without damaging the stomach. In the brain, there is evidence for the involvement of both
COX-1 and COX-2 in CBF control. A second pathway involving arachidonic acid products,
called the P450 pathway, also is implicated in modulating CBF through the production of
epoxyeicosatrienoic acids.

The pathways described above are associated with vasodilation, but the involvement of
arachidonic acid and its derivatives appears to be more complicated. Another compound
derived from arachidonic acid, 20-hydroxyeicosatetraenoic acid, has a constricting effect on
the blood vessel (Koehler et al. 2006). For this reason, activation of the arachidonic acid
pathway can produce both vasodilation and vasoconstriction, and the potential significance
of this complicated behavior is still unclear.

Neural pathways affecting cerebral blood flow

In addition to the specific agents discussed above, neural pathways also affect CBF (Hamel
2006). The larger arteries receive neural input as part of system-wide control, described as the
extrinsic sources of innervation. The sympathetic pathway, involving release of norepineph-
rine and neuropeptide Y, produces vasoconstriction. This may serve to protect the brain in
the face of a system-wide increase in blood pressure associated with a fight or flight stimulus.
The parasympathetic pathway, operating through release of vasoactive intestinal peptide,
acetylcholine, NO, and other transmitters, produces vasodilation. This system does not
appear to have a prominent role in normal physiological regulation but has been implicated
in disease processes. Finally, the trigeminovascular pathway involves sensory nerves contain-
ing calcitonin gene-related peptide and other transmitters and produces vasodilation. This
system appears to be involved in restoring vascular tone after vasoconstrictive stimuli, but in
addition this system is the focus for studies of migraine headache. This pathway is implicated
in an intriguing phenomenon in brain physiology called cortical spreading depression, in
which a wave of reduced electrical activity and CBF spreads slowly across the cortex at a rate of
a few millimeters per minute. This phenomenon is thought to underlie the spreading visual
aura that sometimes precedes migraine attacks, and waves of cortical spreading depression
also appear to be involved in stroke. Current anti-migraine medications, called triptans, target
the trigeminovascular system by blocking release of calcitonin gene-related peptide.

In contrast to the extrinsic innervation of the larger arteries, the smaller arteries receive
more local intrinsic innervation (Hamel 2006). Cortical neurons receive input from several
deeper structures. Projections from the raphe nuclei in the brainstem release serotonin.
Projections from the locus coeruleus in the brainstem, a region associated with responses to
stress, release norepinephrine. Projections from the nucleus basalis in the basal forebrain,
a region that undergoes degeneration in Parkinson’s and Alzheimer’s diseases, release
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acetylcholine. The details of the pathways involved are still unclear but they may also involve
the astrocytes and other receptor pathways.

In addition, local interneurons, which provide important inhibitory connections in
neural networks, have been shown to produce either vasoconstriction or vasodilation. The
distinction depends on whether the interneurons are associated with vasoactive intestinal
peptide or NOS, eliciting dilation, or somatostatin, eliciting contraction (Cauli et al. 2004).

The neurovascular unit

Research over the last decade has demonstrated a diverse and important role for the glial
cells in brain function. These cells account for about half of the cells in the brain and were
originally thought to be primarily a structural scaffold. One subtype of glial cell, the astrocyte,
has proven to play an important role in neuronal signaling and in energy metabolism
(Haydon and Carmignoto 2006; Magistretti 2006). Although relatively quiet in terms of
electrophysiology compared with neurons, the astrocytes nevertheless have a sophisticated
signaling system based on changes in intracellular Ca**. Astrocytes contain receptors for
numerous neurotransmitters, including glutamate, GABA, acetylcholine and adenosine, and
activation of these receptors induces changes in cytosolic Ca**. With numerous processes
contacting neuronal synapses, the astrocytes are well positioned to play a key role in recycling
neurotransmitter, as described in Ch. 1, and also to monitor and integrate local neuronal
activity. Additional processes, called end-feet, make contact with blood vessels, so astrocytes
create a bridge between neuronal activity and blood flow. This close anatomical arrangement
has long suggested an important functional arrangement, and in recent years the mecha-
nisms by which changes in neural activity translate into changes in CBF have become clearer.
Because of the close interactions between neurons, astrocytes, and blood vessels, this
combination is often referred to as the neurovascular unit (Andresen et al. 2006).

The basic picture of the coordinated action of the neurovascular unit is as follows.
Neurotransmitter, such as glutamate, released at a synapse binds to the astrocytic process
as well as the post-synaptic neuron, initiating a rise in cytosolic Ca>* in the astrocyte. This
Ca’" signal propagates to the end-feet and triggers two processes in parallel: the production
of arachidonic acid and the release of K*. Products of the arachidonic acid pathway, probably
prostaglandins and epoxyeicosatrienoic acids, are released and open K* channels on the
smooth muscle cell, producing vessel dilation. In parallel, the Ca®* rise in the astrocyte
triggers K* release from the end-feet, opening inward-rectifier K" channels on the smooth
muscle. Both of these mechanisms produce vasodilation (Fig. 2.3). However, the full picture
may be more complicated, as indicated above. The release of arachidonic acid at the end-
feet may lead to production of 20-hydroxyeicosatetraenoic acid in the smooth muscle and
vasoconstriction. The effects of astrocyte signaling may thus be complex, involving both
relaxation and constriction (Filosa and Blanco 2007).

In summary, there is ample evidence for a direct involvement of astrocytic signaling,
through cytosolic Ca®* changes and stimulation of arachidonic acid metabolic pathways,
in the matching of CBF with neuronal activity. However, the response is complicated, with
different studies showing dilatation (Zonta et al. 2003) or contraction (Mulligan and
MacVicar 2004) when the astrocytes are stimulated. Part of this complexity may be related
to the basal state of the vessels in the experiments in brain slice preparations (Blanco et al.
2008). When the vessels were pre-constricted, they tended to dilate, and when they were pre-
expanded they tended to contract in response to the stimulus. The basal state of the system is
an important factor for understanding the specific results of stimulating particular pathways.
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Fig. 2.3. Astrocyte signaling to the blood vessels. Arrival of an action potential at a glutamatergic synapse (1) triggers
glutamate (Glu) release (2), which binds to receptors on the astrocyte as well as the post-synaptic neuron (3), initiating
anincrease of intracellular Ca?* (4), triggering release of K* and arachadonic acid products (EET, epoxyeicosatrienoic acids)
from the astrocyte end-feet (5) to relax the smooth muscle and dilate the arteriole.

Measuring cerebral blood flow
The microsphere technique

The most direct way to measure CBF is to inject labeled microspheres into the arterial
system. If these microspheres are carefully designed to be small enough to pass through the
arterioles but large enough that they will not fit through the capillaries, then they will be
trapped in the capillary bed. After injection in a large artery, the bolus of microspheres will be
delivered to each of the tissue elements served by that artery in proportion to their respective
local CBF. The number of microspheres lodged in an element of tissue is then a direct
measure of the local CBF. Typically, this method uses radioactive microspheres, sectioning of
the tissue, and then counting the radioactivity in each sample. For measurements at multiple
time points, microspheres labeled with different radioactive nuclei can be used and then
distinguished later based on differences in the energies of the radioactive decay photons
(Yang and Krasny 1995). More recently, colored microspheres have been used with photo-
metric measurement of the concentrations of different colored spheres in tissue samples.
Although widely regarded as the gold standard for perfusion measurements, microspheres
are not appropriate for human subjects. However, a number of the techniques we will discuss
are closely related, to the extent that they use a tracer that stays in the tissue during the
experiment, like a microsphere, and can be measured externally and non-invasively.

The nitrous oxide technique

A milestone in the development of techniques for measuring CBF in humans was the nitrous
oxide (N,O) technique (Kety and Schmidt 1948). This was the first technique capable of
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Inflow Fig. 2.4. The nitrous oxide (N,O) technique for measuring
global cerebral blood flow. A subject breathes N,O
continuously while the blood concentration of the agent is
sampled in the carotid artery and jugular vein. Over time, the
N>O will distribute throughout the brain, like a well-mixed
Well-mixed tank | Outflow —  tank being filled with fluid containing a dye, and the venous
- - concentration will approach the arterial concentration.
Brain Vein The time constant for reaching this equilibrium is inversely
proportional to the global cerebral blood flow (CBF).
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producing quantitative measurements of global CBF in humans, and it was quickly applied
to investigate perfusion changes in a number of conditions. In this technique, the subject
breathes N,O continuously for several minutes. During this time, the arterial and venous
concentrations of N,O are sampled frequently (e.g., from the carotid artery and jugular vein)
(Fig. 2.4). The N,O diffuses freely from blood into tissue, and if the arterial concentration
remains elevated for a sufficiently long time, the arterial, venous, and tissue concentrations
of N,O will come into equilibrium. In this equilibrium state, the concentrations in tissue,
arterial blood, and venous blood are equal, and so this equilibrium condition carries no
information about the flow. But the time required to reach this equilibrium is strongly
sensitive to flow.

As an analogy, consider a large, well-mixed tank of water (the tissue) fed by an inlet pipe
(arterial flow) and drained by an outlet pipe (venous flow), as illustrated in Fig. 2.4. If dye is
now introduced into the inlet side at a constant concentration, the concentration of dye
in the tank will gradually increase until it comes into equilibrium with the inlet concen-
tration. If the tank is well mixed at all times, the outlet concentration will approach the inlet
concentration in an exponential fashion. The larger the rate of inflow, the more quickly the
concentration in the tank will reach equilibrium. By observing only the inlet and outlet
concentrations, the time constant 7 for the outlet concentration to equilibrate with the inlet
concentration can be measured. This time constant is 7= V/F, where F is the flow rate into the
tank (mL/min) and V is the volume of the tank (mL). To generalize this idea to brain studies
with an exogenous agent, the volume V'is more precisely defined as the volume of distribution
of the agent, the volume to which the agent has access and will eventually fill over time.
Nitrous oxide freely diffuses throughout the brain, and so the volume of distribution is
approximately the volume of the brain itself.

Diffusible versus intravascular tracers

The concept of volume of distribution is important for understanding the kinetics of a tracer.
Nitrous oxide freely diffuses out of the capillary bed and fills the entire tissue space, so its
volume of distribution is essentially the whole brain volume. In contrast, an agent that
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remains in the blood has a volume of distribution that is much smaller, only approximately
4% of the total brain volume. A useful definition of volume of distribution derives from a
simple experiment. Imagine that an agent is administered in the blood, and that we can
measure the concentration in arterial blood and the concentration in a small tissue element
(say, with PET). The volume of distribution A is defined as the ratio of the tissue to blood
concentrations after they have come into equilibrium. For this reason, it is sometimes
described as the partition coefficient for the agent.

Brain studies use a number of different tracers, but most of them fall into one of two
basic classes: diffusible tracers, with A ~1; or intravascular tracers, with A ~CBV. The signifi-
cance of A is that it strongly affects the kinetics of an agent, through the central volume
principle introduced above (Fig. 2.5). The basic time constant defining the kinetics of the
tracer as it passes through a tissue element is simply A/CBF. In other words, the volume of
distribution of an intravascular agent is quickly filled because the blood volume is only a
small fraction of the total tissue volume.

This difference in the equilibration times directly affects what can be measured with
diffusible and intravascular tracers. Imagine that an agent is injected into the blood, and the
tissue concentration of the agent is measured over time. After the agent has equilibrated
within its volume of distribution, the tissue concentration of the agent is independent of flow
but provides a robust measure of the volume of distribution. Just as with N, O, flow affects the
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kinetics of the agent only during its approach to this equilibrium. So an intravascular agent,
on the one hand, provides a robust measurement of CBV because that is its volume of
distribution, but a poor measurement of flow because it equilibrates so quickly. On the other
hand, a diffusible tracer provides a robust measurement of flow because the flow-dependent
part of the tissue concentration curve is much longer. With these basic ideas in mind, we can
consider the development of techniques to measure local CBF with diffusible tracers.

The radioactive xenon technique

The N,O technique made possible a measurement of global blood flow from measurements
of the arterial and venous concentrations of the agent over time. However, this technique
provides no way to determine local blood flow to a particular region of the brain. In principle,
the flow to a smaller subregion of the brain could be determined by collecting the venous
samples from a smaller vein that only drains that subregion, but this is not practical in
human studies. An alternative approach measures the local tissue concentration of the agent
itself. From the preceding arguments, each local element of tissue should come into equili-
brium with the arterial concentration with a local time constant that depends directly on the
local blood flow and volume of distribution of the agent. This type of measurement became
possible with the introduction of radioactive tracers and external detectors for measuring
regional concentrations of the agents. The use of diffusible radioactive tracers to measure
CBF is described in more detail in Ch. 12.

In the 1960s, regional measurements of CBF in humans became possible with the
introduction of radioactive inert gases (Ingvar and Lassen 1963), most notably the xenon-
133 technique (Obrist et al. 1967). Xenon is an inert gas that freely diffuses throughout the
brain. The radioactive isotope '>*Xe decays with the emission of a photon, which can be
captured by an external detector near the surface of the head. The agent typically is
administered by inhalation, entering the bloodstream in the lungs and traveling throughout
the body in the arterial flow. After allowing sufficient time for the xenon to equilibrate in the
brain, the supply of xenon is cut off, and the clearance of the agent from the brain is
monitored. An array of detectors is arranged around the head, with each detector most
sensitive to the nearest regions of the brain. Each detector then measures a regional level of
radioactivity, which decreases over time. Clearance is accomplished by CBF, so the larger the
CBF the faster the radioactive xenon clears from the tissue. The time constant for clearance is
Alf, where A, the volume of distribution of xenon, is approximately 1 because xenon is a
diftusible tracer (Fig. 2.5).

Techniques using PET
Radioactive xenon studies only allow measurement of regional flows because of the limited
spatial selectivity of the detectors. But with PET, an image of the concentration of radio-
activity in a brain section can be measured with a spatial resolution of approximately 1 cm”>.
With dynamic measurements, the concentration is measured as a function of time, referred
to as a tissue time-activity curve. (Note that activity here refers to radioactivity, the number of
measured radioactive decays per second, and not to neural activity in the brain.) The ability
to measure the distribution of a radioactive tracer tomographically with spatial resolution on
the order of 1cm?® made possible a much more detailed study of local CBF changes.

For blood flow studies with PET, the most common agent used is water labeled with '°O,
which has a radioactive half-life of approximately 2 min (Frackowiak et al. 1980; Raichle 1983).
Water is a diffusible tracer with A near 1. There are two standard methods for measuring CBF with
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H,"0. In the first, the labeled water is injected and image data are acquired for the first 40s
after injection. Such a measurement is thus an integration over 40s of the tissue concen-
tration-time curve during the early phase as the tracer is delivered to the brain. The second
method takes advantage of the short half-life of °O. Because the label is decaying away, there
is another way for the agent to “clear” from the voxel in addition to venous flow. The water
itself does not clear any faster, but the radioactive tracer marking the water disappears by
radioactive decay, so for practical purposes the agent can be cleared from the tissue by two
mechanisms. If the 'O is delivered continuously from the arterial flow, a steady state will be
reached in which delivery by flow and clearance by flow plus radioactive decay are balanced.
At this steady state, the tissue concentration provides a measurement of CBF, with a higher
concentration when the flow is higher. Continuous delivery of the tracer is accomplished by
having the subject breath C'>0,. When the labeled CO, enters the blood through the lungs,
the O quickly exchanges with the O, of water to produce H," 0.

Techniques using MRI

Two MRI methods are based on similar principles to those developed for the radioactive
tracer methods described above. The first is bolus tracking, or dynamic contrast-enhanced
imaging, in which an injected agent is carried by blood flow to the brain where it alters the
MR signal as it passes through the capillary bed (Calamante et al. 2002). With rapid dynamic
imaging, a time-activity curve equivalent to those measured with radioactive tracers can be
derived as the agent passes through the tissue. Because the agent remains in the blood in the
brain, it acts as an intravascular tracer and so provides a good measurement of CBV. This
technique is described in more detail in Ch. 12.

A second technique, called arterial spin labeling, measures CBF and is conceptually
similar to PET measurements using H,'°O (Buxton et al. 1998; Detre et al. 1992). In this
case, the water of arterial blood is labeled magnetically in the MRI scanner, and CBF is
measured from how the labeled blood is distributed within the brain. Unlike the PET
methods or the MRI method based on bolus tracking, arterial spin labeling methods do
not require any injection of agents and are completely non-invasive. These methods are
described in more detail in Ch. 13.

Brain activation

Blood flow and glucose metabolism increase with functional activity

In the second quote from William James (1890) that opened Part IA, he speculated that
“Blood very likely may rush to each region of the cortex according as it is most active.” With
the development of tomographic techniques for measuring local CBF and the cerebral
metabolic rate for glucose (CMRGIc), we now know that he was right. This rush of blood
to activated areas is the physiological basis for most of the modern techniques of functional
neuroimaging. Comparisons of CBF and CMRGlIc changes have consistently found good
agreement in the locations of the activation (Fox et al. 1988; Ginsberg et al. 1987, 1988;
Yarowsky and Ingvar 1981). In addition, the flow change is a graded response in the sense
that the magnitude of the flow change varies with the strength of the stimulus. For example,
the flow response in the visual cortex to a flashing checkerboard pattern increases as the
flicker rate is increased up to approximately 8 Hz and then slowly declines (Fox and Raichle
1991), and in the auditory cortex the flow response increases with stimulus rate (Binder et al.
1994). Experimental results such as these support the idea that CBF change reflects not just
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the location of the activated area but also the degree of activation. Direct comparisons of CBF
changes and electrophysiology involve complex experiments, but a number of studies have
now shown a close correlation with CBF and BOLD responses, in both activation and
deactivation (Devor et al. 2007; Logothetis et al. 2001; Shmuel et al. 2006).

There is ample evidence that both flow and glucose metabolism increase substantially
in activated areas of the brain. However, the observed correlation between changes in CBF
and CMRGIc does not necessarily imply a causal link between the two. Even though it is
tempting to suppose that the flow increases to support the change in glucose metabolism, this
is likely not the case. Several lines of evidence suggest that an increase in CBF is not required
to increase CMRGlc. The first is the observation that at rest glucose is delivered in excess of
what is required (Gjedde 1987). That is, about half of the glucose that crosses the capillary
wall is not metabolized and is eventually cleared from the tissue in the venous flow. This
means that from the point of view of glucose delivery, CMRGIc could, in principle, increase
by about a factor of two with no increase in CBF.

The second piece of evidence suggesting that glucose delivery is relatively independent
of flow comes from a study in which the change in CBF with activation was measured at
several levels of hypoglycemia (Powers et al. 1996). Despite the changes in glucose delivery to
the capillary bed, there was no change in the CBF response. These investigators concluded
that the CBF change is not regulated to match glucose supply with glucose demand. Finally,
a study in an animal model showed that blocking the production of NO in the neurons
suppressed the CBF change during activation but did not affect the change in CMRGlc
(Cholet et al. 1997), demonstrating that CMRGIc can increase without a change in CBF.
These arguments taken together suggest that the CBF change is not required to support the
CMRGIc change, even though the two physiological changes are closely correlated. Instead of
CBF being a prerequisite for increasing CMRGIc, the close correlation of the two responses
may be because both of them are being driven in parallel by synaptic activity, as discussed at
the end of Ch. 1.

Oxygen metabolism increases less than blood flow

The key finding that the CMRO, increase with activation is smaller than the CMRGIc and
CBF increases was introduced in Ch. 1. There the emphasis was placed on the mismatch
of CMRGIc and CMRO,, and the associated decrease of the oxygen/glucose index with
activation. Here we can characterize the imbalance of CBF and CMRO, in terms of a
different dimensionless number, the OEF. As noted above, at rest OEF is approximately
40% and is remarkably uniform across the brain, despite a several-fold variation of CBF and
CMRO, (Gusnard and Raichle 2001; Marchal et al. 1992). The seminal work of Fox and
Raichle (1986), demonstrating a larger change in CBF than CMRO,, means that OEF
decreases with activation. That is, despite the increase of CMRO,, because the CBF increases
much more, less O, is removed from each milliliter of blood, so the OEF decreases. Or,
referring back to Eq. (2.1), if CMRO, and CBF both increase, but the CBF increase is larger,
the OEF must decrease.

The reduction of the OEF with activation is the physiological foundation of fMRI,
because this changes the O, saturation of hemoglobin, which then produces a slight
change in the MR signal - the BOLD effect. In recent years fMRI has provided ample
confirmation that the imbalance of flow and O, metabolism changes is not an artifact of
the PET techniques but is instead a widespread physiological phenomenon (Prichard and
Rosen 1994). Many studies using PET and MRI techniques have confirmed that the CBF
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change is larger than the CMRO, change by a factor of two to three (although some larger
ratios have been reported as well) (Fox and Raichle 1986; Fox et al. 1988; Marrett and Gjedde
1997; Roland et al. 1987, 1989; Seitz and Roland 1992; Vafaee et al. 1998, 1999).

Despite the importance of this phenomenon for understanding the signals measured with
fMRI, we still do not understand the functional significance of the decrease of the OEF with
activation. This imbalance initially was described as an uncoupling of flow and O, metab-
olism during activation, in the sense that the large change in CBF seemed to serve some need
other than increased O, metabolism, leaving a fundamental question: Why does flow
increase so much with activation? From the arguments made above, the large change in
CBF is not required to support the CMRGlc change, and the magnitude of the change is out
of proportion to the smaller change in CMRO,. Note that this question of the function served
is a separate question from that of the mechanisms involved. A number of potential
mechanisms for triggering a CBF change were discussed earlier in the chapter, but these
mechanisms do not address why the CBF change is so large. A speculative explanation for
why the large CBF change is useful is that it could serve to maintain an approximately
constant O, level in the tissue despite an increase in CMRO,. This idea is further developed in
Box 2.1 at the end of this chapter.

Summary of physiological changes during brain activation

The physiological picture of what happens during brain activation is still incomplete. The
evidence to date suggests the following scenario: CBF increases substantially; CBV increases
moderately; CMRO, increases moderately; the OEF falls substantially; and the local blood
velocity in the arterioles, capillaries, and venules increases with an accompanying fall in the
blood transit time. With these changes in mind, we can begin to explore the ways in which
MRI can be made sensitive to these effects so that we can map patterns of brain activation.
Chapters 3-5 give an overview of how MRI works and how different fMRI techniques are
sensitive to these physiological changes during activation.

Box 2.1. Does the large change in CBF with activation serve to preserve the tissue
0, level?

The physiological phenomenon at the heart of the BOLD effect is that the fractional increase in CBF
with activation is about twice as large as the fractional increase in CMRO,. This leads to a decrease
in OEF, and a resulting increase of the MR signal. Why this seeming imbalance of CBF and CMRO,
changes occurs is not known, but a possible explanation for the function served by decreasing OEF
with activation is that this preserves the O, concentration in the tissue. The following is a develop-
ment of this idea.

Oxygen transport to tissue

Local cellular metabolism requires constant delivery of O, and constant clearance of CO,, since one
CO, is produced for each O, metabolized. To understand the transport of these gases, it is
important to look at their concentrations as dissolved gases in blood and tissue. A common way
to express the concentration of a dissolved gas in a liquid is in terms of the equivalent partial
pressure: the pressure of gas in a space above the liquid that would be in equilibrium with the
concentration of dissolved gas in the liquid. The partial pressure is usually expressed in torr (very
similar to millimeters of mercury [mmHg]) or kilopascals (kPa), with 1 kPa =7.5 torr. For example,
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standard atmospheric pressure at sea level is 760 torr = 101.3 kPa, and this total pressure is the sum
of the partial pressures exerted by each of the gases that make up the air. The partial pressure of O,
(pO,) is about 150 torr, and pCO, is about 5 torr. In the alveoli of the lungs, however, the pCO, is
higher and this reduces the pO, to about 100 torr. Blood equilibrates with the O, in the gas phase in
the alveoli, and so the pO, of arterial blood delivered to the brain is also about 100 torr. In the
venous blood leaving the resting brain, the pO, is about 35 torr. However, while partial pressures are
a useful way to characterize equilibration between a gas and the dissolved component, another
factor is needed to describe the true concentration of the gas in a liquid: the solubility. The
concentration in the liquid of a dissolved gas is the partial pressure times the solubility.

The essential problem in transporting O, through the body is that it has a low solubility in water
(Fig. 2.6). Carbon dioxide, in contrast, readily dissolves by chemically combining with water to
form bicarbonate ions. If O, and CO, as gases are maintained at the same partial pressure above a
surface of water, the concentration of dissolved CO, in the water is about 30 times higher than that
of O,. The clearance of CO, by blood flow is then relatively simple owing to this high CO,-carrying
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Fig. 2.6. Oxygen gradients in the brain. (A) The O, concentration in water in equilibrium with a gas phase at a
particular partial pressure (pO,) is very low because of the low solubility of O,. Binding of O, to hemoglobin (Hb)
greatly increases the effective blood O, concentration. (B) The O, saturation fraction of Hb depends on pO, of the
plasma and a parameter p-50, the pO, that produces a saturation of 50%. (C) Typical pO, values for the atmosphere
and blood compartments are illustrated. The O, extraction fraction (OEF) is proportional to the difference between
arterial and venous values, while the O, metabolic rate (CMRO,) is proportional to the difference between the mean
capillary and tissue values. The observed fall in OEF with activation may serve to raise capillary pO, in order to support
a larger O, gradient between capillary and tissue while preventing the tissue pO, from falling.
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capacity, and the delivery of O, is the difficult task. Nature’s solution has been to develop carrier
molecules that readily bind O, in the lungs and then release it in the capillary. In mammals, this
molecule is the hemoglobin contained in the red blood cells, and it increases the O,-carrying
capacity of blood by a factor of 30-50.

The hemoglobin O,-binding curve - the fractional saturation of hemoglobin as a function of
the plasma partial pressure of O, — has a sigmoidal shape, as illustrated in Fig. 2.6. As long as pO, is
above approximately 80 mmHg, the arterial hemoglobin is nearly fully loaded with O,. The point at
which the hemoglobin is half-saturated is called the P-50 of the hemoglobin, approximately 27 torr
for human blood. A number of factors, such as pH or temperature, change the P-50 and shift the
dissociation curve to the left or right. For example, in the capillary, the increased CO, diffusing in
from the tissue lowers the blood pH, and the combined effects of the CO, and the pH change shifts
the O,-binding curve to the right. In this way, a given level of saturation is now in equilibrium with
a higher pO, in the capillary, creating a higher driving head for diffusion of O, into the tissue. In the
lungs, the release of CO, shifts the curve back to the left, so that a given pO, is now in equilibrium
with a higher O, saturation, thus increasing O, loading of the hemoglobin as it comes into
equilibrium with alveolar pO..

Figure 2.6 also shows typical pO, values for sea level, the top of Mt. Everest, and blood
compartment and tissue values for a healthy human at sea level to illustrate the gradients involved
in O, transport. Although the dissolved gas component is relatively unimportant in terms of
carriage of O, to the capillary bed, it is the key component for the actual transfer of O, from
blood to tissue. When the blood reaches the capillaries (and to some degree the arterioles as well),
the dissolved O, diffuses out of the vessel into the tissue. Because the O, bound to hemoglobin and
the dissolved O, are in rapid equilibrium, O, is released from the hemoglobin and partly replen-
ishes the dissolved gas in the plasma. As more O, leaves the blood, the plasma pO, largely follows
the O, saturation curve. However, as noted above, CO, increasing in the blood also leads to a
rightward shift of this curve, which somewhat complicates modeling of the gas exchange.

Cerebral blood flow and tissue O, content

The significance of the capillary plasma pO, is that this provides the driving pressure for diffusion
of O, into the tissue, where it is consumed by the mitochondria. That is, we can think of CMRO, as
a net diffusion of O, from a high concentration in the capillary to a lower concentration in the
mitochondria. For this diffusive transport, the net flux of O, is proportional to the O, gradient. To
simplify this process, consider a system in which O, diffuses from an average capillary plasma to an
average tissue pO, as illustrated in Fig. 2.6. The gradient is then the difference of these two values
divided by a characteristic distance between capillaries and mitochondria. We can think of this
distance as being controlled by capillary density: as capillary density increases, the diffusion
distance decreases. The CMRO, is proportional to this gradient, so for CMRO, to increase this
gradient must increase.

We can imagine three distinct ways in which this could happen: increased capillary density,
increased capillary pO,, or decreased tissue pO,. Although older studies indicated some degree of
capillary recruitment with activation, which would increase capillary density, current studies
indicate that capillary recruitment does not occur in the brain to any significant degree with
activation. A possibility noted in the main text is that hematocrit in the smallest capillaries could
increase with activation, and this could effectively shorten the diffusion distance between the red
cells and the mitochondria, but more work is needed to determine if this is a significant effect.
However, capillary density may well change on a slower time scale (weeks to years) to reflect
chronic changes in local metabolism, possibly as a result of disease or chronic conditions such as
mild hypoxia when living at high altitudes.

However, if the capillary distances are relatively fixed, for acute changes in CMRO, the only
way to increase the O, gradient is to raise the average capillary pO, or lower the average tissue pO,
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(or some combination of the two). The average capillary pO, lies between the arterial pO, and the
venous pO,, weighted toward the venous side. Because the arterial pO; is fixed by the lungs, the
local venous pO, must be raised in order to increase the local capillary pO,, and to raise the venous
pO, the OEF must be reduced. Alternatively, if the OEF stays the same but CMRO), increases, then
capillary pO, would remain constant and so tissue pO, would need to fall to increase the diffusion
gradient.

This suggests a different way of thinking about the larger increase of CBF compared with
CMRO; observed with activation. Beyond simply delivering O, to the capillary bed, CBF provides a
way to modulate the diffusion gradient by raising or lowering the capillary pO, by changing the
OEF. The capillary pO, combined with the O, metabolic rate then determines what the tissue pO,
must be to provide the necessary gradient for CMRO,, so we can think of CBF as a mechanism for
regulating tissue pO,. This prompts the question: For a given CMRO, change, how much larger
does the CBF change need to be to maintain the tissue pO, at a constant level? Mathematical
models, framed along the lines described above, suggest that the CBF change needs to be about
twice as large as the CMRO, change in order to maintain tissue pO, at a constant level. The idea that
the capillary pO, must be raised to increase the driving pressure into the tissue was suggested as part
of an earlier model attempting to explain the large change in CBF (Buxton and Frank 1997). The
difference with the current description is that we are considering tissue pO, to be relatively high but
maintained during activation, while the earlier model assumed tissue pO, was zero.

Several groups have reported dynamic tissue pO, measurements in response to brief stimuli
(Ances et al. 2001; Offenhauser et al. 2005; Thompson et al. 2003, 2005). The responses show
interesting wiggles and transient features, but overall the magnitude of the changes in pO, are small,
less than 10% for all but the strongest stimuli. In short, a physiological consequence of the drop in
the OEF with activation is that tissue pO, remains approximately constant.

Why is maintaining constant tissue O, partial pressure

important?

If the useful function served by the large increase in CBF with activation is to maintain a constant
pO,, how does this provide an advantage for the organism? Interestingly, it does not appear to be
necessary to support the kinetics of O, metabolism. In brain tissue, recent studies have found p0O,
values in the rough range 20-30 torr. However, studies in mitochondrial preparations have shown
that the O, metabolic rate does not become compromised by low pO, until pO, is well below 1 torr
(the characteristic concentration is sometimes called K,,,, and is shown as a dashed line near zero in
Fig. 2.6C). For this reason, tissue pO, appears to be quite a bit higher than it needs to be. Instead of
raising capillary pO, to increase CMRO,, one could imagine letting tissue pO, drop to increase the
gradient, and this appears to be what happens in hypoxia. Yet with healthy activation the brain
raises capillary pO, instead.

One possible advantage of maintaining high pO, in the tissue is that this could reduce effects of
highly variable flow in individual capillaries. If tissue pO; is very low, then a mitochondrion will be
dependent on the nearest capillary for its O,, and with irregular capillary flow this could create
transient hypoxia. By maintaining a higher average p0,, O, can diffuse farther before being
consumed, and transient flow reductions in individual capillaries will not create dangerous local
dips of pO,.

A speculative possibility is that the importance of maintaining a high tissue pO, relates to the
thermodynamics of oxidative metabolism (see Box 1.1). A low tissue pO, potentially can limit
oxidative metabolism in two distinct ways. The first is a kinetic limitation, as described above: if the
O, concentration is too low, the O, metabolic rate can be limited. The second potential limitation is
thermodynamic: as the O, concentration falls, the free energy change AG available from oxidative
metabolism also falls because it depends on the O, concentration. Ultimately, the continued
conversion of ADP to ATP, with an associated strong positive AG for the relative concentrations
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in brain, must be coupled with the more strongly negative AG associated with oxidative metabo-
lism. If the AG available from oxidative metabolism falls too much, it will not be sufficient to
provide the AG required. However, if the ATP/ADP ratio degrades, the required AG is smaller, and
the process can continue despite the reduction of the AG available from oxidative metabolism. Then
as the O, concentration declines, the O, metabolic rate can be maintained, but the ATP phosphor-
ylation potential also steadily declines. Some experimental support for this speculative scenario
comes from an early experimental finding that the ATP/ADP ratio fell with decreasing O,
concentration even at relatively high O, concentrations (Wilson et al. 1977).

In Box 1.1, the analogy of biological batteries was introduced, with equivalent voltages related to
the AG associated with different systems such as the ATP/ADP system and the extracellular/
intracellular Na* gradient. As different biological batteries are used for cellular work or signaling,
they are recharged by other batteries with a higher voltage. For example, transport of glutamate into
the astrocyte is driven by the Na* gradient, and the Na* gradient is then “recharged” from the ATP/
ADP battery by the Na/K* pump, which consumes ATP to pump Na" against its gradient. In this
hierarchy of biological batteries, the one with the highest voltage is the one associated with oxidative
metabolism of pyruvate. For this reason, if the voltage available from this battery is degraded, the
effect could propagate down through all of the other batteries as well. Perhaps the important
function of the large CBF increase with activation is to maintain tissue pO, and preserve the AG

available from oxidative metabolism.
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®  resonance imaging

Commonplace as such [NMR] experiments have become in our laboratories, I have not
yet lost a feeling of wonder, and of delight, that this delicate motion should reside in all
the ordinary things around us, revealing itself only to him who looks for it. I remember,
in the winter of our first experiments, just seven years ago, looking on snow with new
eyes. There the snow lay around my doorstep — great heaps of protons quietly
precessing in the earth’s magnetic field. To see the world for a moment as something
rich and strange is the private reward of many a discovery.

Edward M. Purcell (1953) Nobel Lecture
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Introduction

The field of NMR began in 1946 with the independent and simultaneous work of two physics
groups led by Edward Purcell and Felix Bloch (Bloch et al. 1946; Purcell et al. 1946). Building
on earlier work in nuclear magnetism, these groups performed the first successful experi-
ments demonstrating the phenomenon of NMR. Certain nuclei (including hydrogen) pos-
sess an intrinsic magnetic moment, and when placed in a magnetic field, they rotate with a
frequency proportional to the field. This “delicate motion” first detected by Purcell and
Bloch has proved to have far-reaching applications in fields they could hardly have imagined
(see Box 3.1). In this chapter and the next, the basic concepts and techniques of MRI are
described. In Chapter 5, the different approaches to fMRI are described, including contrast
agent and arterial spin labeling techniques in addition to the intrinsic blood oxygenation
level dependent (BOLD) signal changes introduced in earlier chapters. Because these techni-
ques depend on subtle properties of the NMR signal, it is necessary to understand in some
detail how MRI works.

Magnetic resonance imaging has become an indispensable tool in diagnostic radiology.
It reveals fine details of anatomy, and yet is non-invasive and does not require ionizing
radiation such as X-rays. It is a highly flexible technique so that contrast between one tissue
and another in an image can be varied simply by varying the way the image is made.
Figure 3.1 shows three MR images of the same anatomical section, exhibiting radically
different patterns of contrast. These three images are described as T weighted, density
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Box 3.1. The historical development of NMR and MRI

A new tool for physics

In the early part of the twentieth century, it became clear that classical physics could not account for
the world of atoms and subatomic particles. Experiments showed that the light emitted from
excited atoms consisted of discrete frequencies, suggesting that only certain energy states could
exist rather than a continuum of states. To explain subtle but distinct splittings of some of these
spectral lines, called the hyperfine structure, Pauli proposed in 1924 that atomic nuclei possess an
intrinsic angular momentum (spin) and an associated magnetic moment. The interaction of the
electrons in the atom with the magnetic field of the nucleus creates a slight shift in the energy levels
and a splitting of the spectral lines. The significance of these small effects is that they provide a
window to investigate the basic properties of matter. From the magnitude of this hyperfine
structure, one could estimate the magnitude of the nuclear magnetic moment, but the precision
of these experiments was poor. In the 1930s, new techniques were developed based on the deflection
of molecular beams in an inhomogeneous magnetic field (Bloch 1953), but these techniques were
still inadequate for precision measurements.

The Second World War brought a stop to all basic physics research and perhaps explains the
burst in creative activity just after the war that led to the seminal work of Purcell and Bloch. During
the war, Purcell worked at the Massachusetts Institute of Technology on radar development and
Bloch worked at Harvard on radar countermeasures, and their experience with RF techniques and
measurements may have contributed to the success of their NMR studies (Vleck 1970). In fact, the
experiments performed by Purcell and Bloch were rather different, but it was quickly realized that
they were looking at two different aspects of the same phenomenon: in a magnetic field nuclei
precess at a rate proportional to the field, with the spin axis rotating at a characteristic frequency.
Purcell showed that electromagnetic energy is absorbed by a material at this resonant frequency,
and Bloch showed that the precessing nuclei induce a detectable oscillating signal in a nearby
detector coil. In both experiments, magnetic properties of the nucleus are manifested in terms of a
frequency of electromagnetic oscillations, which can be measured with very high precision. In the
next few years, NMR became a key tool for investigating atomic and nuclear properties based on
these small effects of nuclear magnetization. In 1952, Purcell and Bloch were awarded the Nobel
Prize in Physics for the development of NMR techniques and the contributions to basic physics
made possible by NMR.

A new tool for chemistry

In Purcell’s Nobel award lecture, quoted at the beginning of the chapter, he eloquently describes the
feelings of a basic scientist who has discovered a previously unappreciated aspect of the world
(Purcell 1953). At this time, NMR was valued as a tool for fundamental physics research, but the
remarkable applications of NMR in other fields were still unimagined. In fact, much of the
subsequent development of the field of NMR can be viewed as turning artifacts in the original
techniques into powerful tools for measuring other properties of matter. The original application of
NMR was to measure magnetic moments of nuclei based on their resonant frequencies. However,
as experimenters moved up the periodic table to heavier atoms, it became clear that additional
corrections were necessary to take into account shielding of the nucleus by atomic electrons.
Electron orbitals create magnetic fields that alter the field felt by the nucleus, and the result is
that the resonant frequency is shifted slightly depending on the chemical form of the nucleus.

In time, this chemical shift artifact in the nuclear magnetic moment measurements became the
basis for applications of NMR in analytical chemistry, and NMR spectroscopy has now become an
enormously powerful tool for chemical analysis. For example, the "H NMR spectrum of a sample of
tissue from the brain is split into numerous lines corresponding to the different chemical forms of
hydrogen. By far the most dominant line is from water, but if this strong signal is suppressed, many
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other lines appear. Although the frequency differences are small, only a few parts per million, they
are nevertheless readily measurable. The relative intensities of the different lines directly reflect the
proportion of the corresponding chemical in the sample. A key development in the methodology
used in these chemistry applications was the introduction by Richard Ernst of Fourier methods for
acquiring and analyzing the signal. Rather than sweeping the magnetic field to excite each spectral
line in turn, all of the nuclei are excited at once and the spectrum is sorted out from the combined
signals using the Fourier transform. This same basic methodology has carried through to current
MRI methods. In 1991, Ernst received the Nobel Prize in Chemistry for his work in applications of
NMR to basic chemistry studies.

A new tool for medicine

Because the resonant frequency of a nucleus is directly proportional to the magnetic field, any
inhomogeneities of the magnet translate into an unwanted broadening of the spectral lines. In 1973,
Paul Lauterbur proposed that NMR techniques could also be used for imaging by deliberately
altering the magnetic field homogeneity in a controlled way. By applying a linear gradient field to a
sample, the NMR signals from different locations are spread out in frequency, analogous to the way
that the signals from different chemical forms of the nucleus are spread in frequency. Measuring the
distribution of frequencies in the presence of a field gradient then provides a direct measure of the
distribution of signals within the sample: an image. Peter Mansfield (1977) showed how rapid
switching of gradients makes possible fast imaging with a technique called echo-planar imaging
(EPI). The first commercial MR imagers were built in the early 1980s, and MRI is now an essential
part of clinical radiology. In 2003, Lauterbur and Mansfield were awarded the Nobel Prize in
Physiology or Medicine for their contributions to the development of MRL

A new tool for mapping brain activity

Even with a perfectly homogeneous magnet, the heterogeneity of the human body itself leads to
local variations in the magnetic field. These field inhomogeneities first appeared in images as
artifacts, either a distortion of the image or a reduction of the local signal because nuclear spins
precessing at different rates become out of phase with each other, reducing the net signal. In the
early 1990s, it was demonstrated that the oxygenation state of hemoglobin has a measurable effect
on the signal measured with MRI (Ogawa et al. 1990), and this soon led to the capability of mapping
brain activity based on blood oxygenation changes accompanying neural activation (Kwong et al.
1992). This technique of fMRI has become a standard tool for functional neuroimaging and is now
widely used for mapping the working human brain.

weighted, and T, weighted (the meaning of these technical terms will be made clear shortly).
The source of the flexibility of MRI lies in the fact that the measured signal depends on
several properties of the tissue, as suggested by these descriptions. This is distinctly different
from other types of radiological imaging. For example, in computed tomography (CT)
the image is a map of one local property of the tissue: the X-ray absorption coeflicient.
Similarly, with nuclear medicine studies, the image is a map of the radioactive tracer
concentration. But with MRI, the image is a map of the local transverse magnetization of
the hydrogen nuclei. This transverse magnetization, in turn, depends on several intrinsic
properties of the tissue. In fact, the transverse magnetization is a transient phenomenon; it
does not exist until we start the MRI process.

The fact that the MR signal depends on a number of tissue properties is the source of its
flexibility, but it is also a source of difficulty in developing a solid grasp of MRI. To
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Fig. 3.1. Magnetic
resonance images of the
same anatomical section
showing a range of tissue
contrasts. In the first image,
cerebrospinal fluid is black,
whereas in the last image it
is bright. Contrast is
manipulated during image
acquisition by adjusting
several parameters, such as
the repetition time TR and
the echo time TE (times
T,-weighted Density-weighted T,-weighted given in milliseconds), which
(TR=600, TE=11) (TR=3000, TE=17) (TR=3800, TE=102) control the sensitivity of the
signal to the local tissue
relaxation times 7; and 7,
and the local proton density.

understand the full range of MRI applications, it is necessary to understand the basic physics
of NMR and how the MR signal can be manipulated experimentally.

The NMR signal
The basic NMR experiment

The phenomenon of NMR is not part of everyday experience, so it is helpful to set the stage
by considering a purely empirical description of the basic experiment. Every time an MR
image is made, it is a variation on this basic experiment. For the moment we are only
concerned with how the MR signal is generated; how that signal is mapped to create an image
is taken up in Chapter 4. The basic experimental setup is illustrated in Fig. 3.2. A sample is
placed in a large magnetic field, and a coil of wire is placed near the sample oriented such that
the axis of the coil is perpendicular to the magnetic field. The coil is used as both a transmitter
and a receiver. During the transmit phase of the experiment, an oscillating current is applied
to the coil for a brief time (a few milliseconds), which produces an oscillating magnetic
field in the sample. The oscillations are in the radiofrequency (RF) range, so the coil is often
referred to as an RF coil, and the brief oscillating magnetic field is referred to as an RF
pulse. For example, for clinical imaging systems with a magnetic field of 1.5 tesla (1.5 T; about
30000 times stronger than the natural magnetic field at the surface of the earth), the
oscillating field has a magnitude of only a few microtesla, and the oscillations are at a
frequency of 64 MHz. During the receive phase of the experiment, the coil is connected to
a detector circuit that senses small oscillating currents in the coil.

The basic experiment consists of applying a brief RF pulse to the sample and then
monitoring the current in the coil to see if there is a signal returned from the sample. If
one were to try this experiment naively, with an arbitrary RF frequency, the result would
usually be that there is no returned signal. However, for a few specific frequencies there
would be a weak, transient oscillating current detected in the coil. This current, oscillating at
the same frequency as the RF pulse, is the NMR signal. The particular frequencies where it
occurs are the resonant frequencies of particular nuclei. At its resonant frequency a nucleus is
able to absorb electromagnetic energy from the RF pulse during the transmit phase and
return a small portion of that energy back to the coil during the receive phase. Only particular
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Transmit Fig. 3.2. The basic NMR experiment. A sample is placed in
Coil a large magnetic field B, and hydrogen nuclei partially
align with the field creating a net magnetization M. In the
Bo transmit part of the experiment, an oscillating current in a
RF pulse

nearby coil creates an oscillating radiofrequency (RF)

magnetic field in the sample, which causes M to tip over
and precess around By. In the receive part of the
experiment, the precessing magnetization creates a
transient oscillating current (the NMR signal) in the coil.

Sample

Receive

Bo .
NMR signal

[T

nuclei, those with an odd number of either neutrons or protons, exhibit NMR. For example,
carbon-12 (*2C) with six protons and six neutrons does not show the NMR effect, whereas
carbon-13 (**C) with seven neutrons does have a resonance. In MRI studies, the nucleus of
interest is almost always hydrogen.

As an analogy to the NMR experiment, imagine that we are sitting in a quiet room and
have a tuning fork with a precise resonant frequency. Our “coil” is a speaker/microphone that
can be used either for broadcasting a pure tone into the room or listening for a weak tone
coming back from the room. For most frequencies broadcast into the room, there will be no
return signal because the tuning fork is unaffected. But when the broadcast frequency
matches the resonant frequency of the tuning fork, the fork will begin to vibrate, absorbing
acoustic energy. Afterward, the microphone will pick up a weak sound coming back from the
vibrating tuning fork.

Precession

The source of the resonance in an NMR experiment is that the protons and neutrons
that make up a nucleus possess an intrinsic angular momentum called spin. The word spin
immediately brings to mind examples of our classical concept of angular momentum:
spinning tops, the spin of a curving baseball, and planets spinning on their axes. However,
the physical concept of nuclear spin is a purely quantum mechanical phenomenon and
is fundamentally different from these classical examples. For a spinning top, the “spin” is not
an intrinsic feature of the top. The top can be spun faster or slower or stopped altogether. But
for a proton, angular momentum is an intrinsic part of being a proton. All protons, neutrons,
and electrons have the same magnitude of angular momentum, and it cannot be increased or
decreased. The only feature that can change is the axis of spin, the direction of the angular
momentum. When protons combine to form a nucleus, they combine in pairs with oppo-
sitely oriented spins, and neutrons behave similarly. The result is that nuclei with an even
number of protons and an even number of neutrons, such as '*C, have no net spin, whereas
nuclei with an odd number, such as '*C, do have a net spin. Hydrogen, with only a single
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4B, Fig. 3.3. Precession of a magnetic dipole in a magnetic
field. The magnetic field B, exerts a torque on a nuclear

magnetic dipole that would tend to make it align with 5.
However, because the nucleus also has angular

v momentum (spin), it instead precesses like a spinning top

at an angle to the gravitational field. The precession

C frequency v, is proportional to the magnetic field and is the
resonant frequency of NMR.

Spin axis

magnetic dipole

proton as its nucleus, has a net spin, and because it is far more abundant in the body than any
other nucleus, it is the primary focus of MRI.

Associated with the spin of the proton is a magnetic dipole moment. That is, the H nucleus
behaves like a tiny magnet, with the north-south axis parallel to the spin axis. Now consider a
proton placed in a magnetic field. Because of its magnetic dipole moment, the magnetic field
exerts a torque on the proton that, in the absence of other effects, would rotate the dipole into
alignment with the field, like a compass needle in the earth’s magnetic field. But because the
proton also possesses angular momentum, this alignment does not happen immediately.
Instead, the spin axis of the proton precesses around the field axis rather than aligning with it
(Fig. 3.3). This is an example of the peculiar nature of angular momentum: if one tries to twist
a spinning object, the change in the spin axis is at right angles to both the original spin axis
and the twisting axis. For example, the wheel of a moving bicycle has an angular momentum
around a horizontal axis perpendicular to the bike. If the bike starts to tip to the left it can be
righted by twisting the handle bars to the left. That is, applying a torque around a vertical axis
(twisting the handle bars) causes the wheel to rotate around a horizontal axis along the length
of the bike.

A more direct analogy is a spinning top whose axis is tilted from the vertical. Gravity
applies a torque that would tend to make the top fall over. But instead the top precesses
around the vertical, maintaining a constant tip angle. In thinking about this process, we must
be clear about the distinction between the direction of the field and the axis of the torque the
field creates. The gravitational field is vertical, but the torque it creates is around a horizontal
axis because it would tend to rotate the top away from vertical, pivoting around the point of
contact with the table.

Thus, when placed in a magnetic field, a proton with its magnetic dipole moment precesses
around the field axis. The frequency of this precession, vy, is the resonant frequency of NMR,
and is often called the Larmor frequency after the nineteenth century physicist who inves-
tigated the classical physics of precession in a magnetic field. The precession frequency is
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Table 3.1. The gyromagnetic ratio for selected nuclei

Nucleus Gyromagnetic ratio (MHz/T)
H 4258
13C 1071
19 40,08
»Na 1127
3p 17.25

directly proportional to the strength of the magnetic field because the torque applied to the
dipole is proportional to the field. The fundamental equation of magnetic resonance is then

Vo = )/B() (31)

where B is the main magnetic field strength and y is a constant called the gyromagnetic ratio.
The factor y is different for each nucleus and is usually expressed in units of megahertz per
tesla (Table 3.1). Equation (3.1) is the fundamental basis of MRI, which uses subtle manip-
ulations of the resonant frequency to map the location of the signal.

Relaxation

The second important process that affects the orientation of the proton’s spin in addition to
precession is relaxation. If we place a proton in a large magnetic field, the precession rate is
very fast: vo=64 MHz in a 1.5 T field. If we could observe the angle of the dipole axis for a few
rotations, we would see no change; it would appear as a pure precession with no apparent
tendency for the dipole to align with the field. But if we observed the precession for millions
of cycles, we would see that the dipole gradually tends to align with the magnetic field. The
time constant for this relaxation process is called T}, and after a time several times longer
than T the dipole is essentially aligned with By,

Relaxation is an example of energy equilibration. A dipole in a magnetic field is at its
lowest energy when it is aligned with the field and at its highest energy when it is aligned
opposite to the field. As the dipole changes orientation from its initial angle to alignment with
the field, this orientational magnetic energy must be converted into other forms of energy,
such as the random thermal motions of the molecules. In other words, the initial orienta-
tional magnetic energy must be dissipated as heat. The time required for this energy
equilibration depends on how tightly coupled the random thermal motions are to the
orientation of the dipole. For H nuclei in water molecules, this coupling is very weak, so
T, is long. A typical value for T; in the human body is approximately 1s, eight orders of
magnitude longer than the precession period in a 1.5 T magnet.

Equilibrium magnetization

Now consider a collection of magnetic dipoles, a sample of water, in a magnetic field. Each H
nucleus is a magnetic dipole; the oxygen nucleus ('°0) contains an even number of protons
and neutrons and so has no net angular momentum nor a net magnetic moment. The spin
axes of the individual H nuclei precess around the field, and over time they tend to align with
the field. However, this alignment is far from complete. Exchanges of energy between the
orientation of the dipole and thermal motions prevent the dipoles from settling into their
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No field In magnetic field Fig. 3.4. Formation of an equilibrium
magnetization (M) as a result of partial
— X ~ B alignment of nuclear magnetic dipoles. In
T — I -~ 0 the absence of a magnetic field, the spins
/ - / - are randomly oriented, and there is no net
/ - magnetization. When placed in a magnetic
— N\ \ - \ \ field By, the spins partly align with the field,
a relaxation process with a time constant 7
N l - N\ / 7 of approximately 1, creating a net local
magnetization.
Mg=0 Mp= T

lowest energy state. In fact, the energy difference between an H nucleus aligned with the field
and one opposed to the field at 1.5 T is only approximately 1% of the random thermal energy
of the water molecule. The result is that at equilibrium the difference between the number of
spins aligned with the field and the number opposed to the field is only approximately 1 part
in 10°. Nevertheless, this creates a weak equilibrium magnetization M, aligned with the field
(Fig. 3.4). The term M, is the net dipole moment per cubic centimeter, and one can think of it
loosely as a weak, but macroscopic, local magnetic field that is the net result of summing up
the magnetic fields of each of the H nuclei. That is, each cubic centimeter of a uniformly
magnetized sample carries a net dipole moment M,. The magnitude of M, is directly
proportional to the local proton density (or spin density).

The radiofrequency pulse
The local value of M, is the net difference between dipoles aligned with the field and opposite
to the field, but it is not directly observable because it is many orders of magnitude weaker
than B,. However, if all the dipoles that contribute to M, could be tipped 90°, they would all
precess around the field at the same rate. Thus, M, would also tip 90° and begin to precess
around the main field. Tipping over the magnetization produces a measurable, transient
signal, and the tipping is accomplished by the RF pulse. During the transmit part of the basic
NMR experiment, the oscillating RF current in the coil creates in the sample an oscillating
magnetic field B; perpendicular to B,. The field B, is in general several orders of magnitude
smaller than B,. Nevertheless, this causes the net magnetic field, the vector sum of B; and By,
to wobble slightly around the B, direction. Initially M, is aligned with By, but when the net
field is tipped slightly away from By, M, begins to precess around the new net field. If the
oscillation frequency of B; is different from the precession frequency v,, not much happens
to M, except a little wobbling around By. But if the RF frequency matches the precession
frequency, a resonance phenomenon occurs. As the net magnetic field wobbles back and
forth, the magnetization precesses around it in synchrony. The effect is that with each
precessional rotation M, tips farther away from B, tracing out a growing spiral (Fig. 3.5).
After a time, the RF field is turned off, and M, then continues to precess around B,. The net
effect of the RF pulse is thus to tip M, away from By, and such pulses are usually described by
the flip angle they produce (e.g., a 90° pulse or a 30° pulse). The flip angle can be increased
either by increasing the amplitude of B; or by leaving B; on for a longer time.

It is remarkable that a magnetic field as weak as B; can produce arbitrarily large flip
angles. From an energetic point of view, tipping the net magnetization away from B,
increases the orientational energy of the dipoles: the nuclei absorb energy from the RF
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Local magnetization Oscillating RF field Fig. 3.5. Tipping over the magnetization
2 Bo with excitation by a radiofrequency (RF)

pulse. The RF pulse is a small oscillating

z field By perpendicular to B, that causes

the net magnetic field to wobble slightly
around the zaxis. As the magnetization
time M precesses around the net field, it traces
out a widening spiral. It is tipped away
from the longitudinal axis, and the final
tip angle (or flip angle) ais controlled by
the strength and duration of the RF pulse.

Fig. 3.6. Free induction decay. After a 90°
radiofrequency pulse tips the longitudinal
magnetization into the transverse plane, a
detector coil measures an oscillating signal,
which decays in amplitude with a time
constant 7, in a perfectly homogeneous
magnetic field. (In an inhomogeneous field,
the signal decays more quickly, with a time
constant 5* < T5.) The plot is not to scale;
typically the signal will oscillate more than a
million times during the interval 7.

NMR signal

T, time

pulse. This transfer of energy is possible even with small B, fields because B, oscillates at the
resonant frequency of the nuclei, the precession frequency. This is much like pushing a child
on a swing. The swing has a natural resonant frequency, and giving very small pushes at that
frequency produces a large amplitude of motion. That is, the swing efficiently absorbs the
energy provided by the pusher when it is applied at the resonant frequency.

The free induction decay signal

A precessing macroscopic magnetization produces a magnetic field that is changing with
time. This will induce a current in a nearby coil, creating a measurable NMR signal that
is proportional to the magnitude of the precessing magnetization. This detected signal is
called a free induction decay (FID) and is illustrated in Fig. 3.6. Free refers to free precession of
the nuclei; induction is the electromagnetic process by which a changing magnetic field
induces a current in the coil, and decay describes the fact that the signal is transient. The
signal decays away because the precessing component of the magnetization itself decays
away. The reason for this is that the individual dipoles that sum to produce the magnetization
are not precessing at precisely the same rate. As a water molecule tumbles from thermal
motions, each H nucleus feels a small, randomly varying magnetic field in addition to B,
primarily from the other H nucleus in the molecule. When the random field adds to By, the
dipole precesses a little faster, and when it subtracts from B, it precesses a little slower. For
each nucleus, the pattern of random fields is different, so as time goes on the dipoles get
progressively more out of phase with one another, and as a result no longer add coherently.
The net precessing magnetization then decays away exponentially, and the time constant for
this decay is called T5.
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Fig. 3.7. Effect of repetition time (TR).
Repeated radiofrequency (RF) pulses
long TR generate repeated free induction decay
(FID) signals, but if TR is short, each repeated
signal will be weaker than the first (top). The
! magnitude of the signal with a 90° RF pulse,
short TR is proportional to the magnitude of the
- ; longitudinal magnetization just prior to the
RF pulse. After a 90° RF pulse, the
longitudinal magnetization recovers toward
equilibrium with a relaxation time 7;
(bottom). If this recovery is incomplete
because TR < T;, the next FID signal is
reduced.

NMR signal

long TR

1—e‘TR’T1

~—/ short TR

Longitudinal magnetization

T, time

For the human brain at a magnetic field strength of 1.5 T, some approximate character-
istic values for T, are 70 ms for white matter, 90 ms for gray matter, and 400 ms for
cerebrospinal fluid (CSF). From this we can begin to see how tissue contrast can be produced
in an MR image. By delaying measurement of the signal for 100 ms or so, the CSF signal will
be much larger than the brain parenchyma signal, and an image of the signal distribution at
that time will show CSF as bright and the rest of the brain as dark. The image on the right in
Fig. 3.1 is an example of such a T,-weighted image.

Now imagine repeating the experiment, after the signal has decayed away, to generate a
new signal. How does this new signal compare with the first? The answer depends on the time
between RF pulses, called the repetition time (TR). When TR is very long (say 20 s), the signal
generated by the second RF pulse is equal in magnitude to that generated by the first RF
pulse. As TR is shortened, the signal generated by the second RF pulse becomes weaker
(Fig. 3.7). To generate a second full-amplitude signal, a recovery time of several times longer
than T is required to allow the spins to relax back to equilibrium. The recovery process is
also exponential, described by the time constant T;. This relaxation time also varies among
tissues: at a magnetic field of 1.5 T, T} is approximately 700 ms for white matter, 900 ms for
gray matter, and 4000 ms for CSF. Here we can see another way to produce contrast between
tissues in an MR image. If the repetition time is short (say, TR = 600 ms), the signal from
white matter will recover more fully than that of CSF, so white matter will appear bright and
CSF dark in an image, as illustrated in the image on the left in Fig. 3.1. This is described as a
T;-weighted image.
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A Equilibrium magnetization B  RF excitation Fig. 3.8. The basic physics of the
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Mo —a field By, an equilibrium
flip angle o magnetization M, forms from the

alignment of nuclear dipoles (B.C).
A radiofrequency (RF) pulse tips
over My (B), creating a longitudinal
component M, and a transverse
component My (C). Then, My
precesses around the direction of
By, generating a detectable NMR
signal. (D) Over time, My decays to
zero with a relaxation time 7, and
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The basic NMR experiment again

We can now return to the basic NMR experiment and describe it in terms of the basic physics
(Fig. 3.8). A sample of water is placed in a magnetic field By. Over an interval of time several
times longer than T}, the magnetic dipole moments of the H nuclei tend to align with B,,
creating a local macroscopic M, aligned with By. An RF pulse is applied that tips M, away
from B, creating a transverse magnetization M. The newly created transverse magnet-
ization precesses around By, generating a detectable signal in the coil (the FID) with an
amplitude proportional to Mr. Over time, the precessing magnetization, and, therefore, the
signal, decreases exponentially, and after a time several times longer than T, the signal is
essentially gone. Meanwhile, the longitudinal magnetization along B, slowly re-forms, so that
after several T, times we are back to where we started, with M, aligned with B,,.

However, if another RF pulse is applied before this recovery is complete, the longitudinal
magnetization will be less than M,. When this partially recovered magnetization is tipped
over, Mt will be smaller, and, therefore, the detected MR signal will also be smaller. Again,
the longitudinal magnetization re-grows from zero, and if another RF pulse is applied after
the same interval TR, another FID will be created. However, if the RF flip angle is 90°, the
amount of recovery during each successive TR period is the same: the longitudinal magnet-
ization is reduced to zero after each 90° pulse and then relaxes for a time TR before the next
RF pulse. So the signal generated after each subsequent RF pulse is the same as that after the
second pulse. This signal, regenerated with each RF pulse, is described as the steady-state
signal.

Nearly all MR imaging applications involve applying a series of RF pulses at a fixed
repetition time, so the steady-state signal typically is measured. In fact, the signals from the
first few pulses are usually discarded to allow the magnetization to reach a steady state. In this
example with 90° pulses, the steady state is reached after one RF pulse, but for other flip
angles several pulses are necessary. Thus, M, determines the maximum signal that can be
generated; however, unless TR is much longer than T}, the measured steady-state signal is less
than this maximum.
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A quantitative description of the MR signal produced by a particular tissue will, therefore,
depend on at least three intrinsic tissue parameters: the proton density, which determines M,
and the relaxation times T; and T,. Note that for each of the brain tissues, T; is on the order
of 10 times larger than T, which is usually the case with biological specimens. This means
that the processes that lead to recovery are much slower than those that lead to signal decay.

We have just described a simple pulse sequence: an RF pulse is applied to the sample, and
after a repetition time TR the same RF pulse is applied again. The signal generated after the
second pulse depends on a pulse sequence parameter (TR) but also on properties of the
sample (e.g., T7). This basic theme runs throughout MRI. A particular pulse sequence will
involve several parameters that can be adjusted in making the image, and these parameters
interact with intrinsic parameters of the tissue to affect the measured signal. This dependence
of the signal on multiple parameters gives MRI its unique flexibility.

At this point, it is helpful to review some of the standard terminology used in NMR.
We are always dealing with a local three-dimensional magnetization vector M. This is
taken to have a longitudinal component parallel to By and a transverse component perpen-
dicular to By. The longitudinal axis is usually designated z, and the transverse plane is then
the x-y plane. The transverse component of M (M,,, or M) is the part that precesses, so the
detected signal is always proportional to the transverse component. The transverse compo-
nent decays away with a time constant T, called the transverse relaxation time. At equili-
brium the longitudinal magnetization has the value M,, and there is no Mr. The time
constant for the longitudinal magnetization to grow to its equilibrium value is T, the
longitudinal relaxation time.

Basic pulse sequences
Pulse sequence parameters and image contrast

In the preceding sections, we considered how an MR signal is generated in a small volume of
tissue. In MRI, the intensity of each pixel in the image is directly proportional to this local
MR signal. That is, every MR image is a picture of the local value for My at the time the image
data were collected. And because My is intrinsically a transient phenomenon, each MR image
is a snapshot of a dynamic process at a particular time. Indeed, before the first excitation
pulse there is no My at all, and the RF pulse sequence itself creates the quantity that is imaged.
The MR signal depends on several intrinsic properties of the tissue (proton density and tissue
relaxation times) and also on particular parameters of the pulse sequence used (e.g., TR). The
power and flexibility of MRI derives from the fact that many pulse sequences are possible,
and by adjusting pulse sequence parameters such as TR, the sensitivity of the MR signal to
different tissue parameters can be adjusted to alter contrast in the image. For example, when
TR is longer than any of the tissue T} values, each local magnetization recovers completely
between RF pulses, so the local magnetization is insensitive to the local T;. But if TR is shorter
than the tissue T; values, recovery is incomplete, and the local magnetization depends
strongly on the local T}, creating a T;-weighted signal.

At first glance, it might appear that the optimal choice of pulse sequence parameters
would be those that maximize the signal. The MR signal is intrinsically weak, and noise in the
images is the essential limitation on spatial resolution. In fact, maximum signal to noise ratio
is not optimal for anatomical imaging as an image at such a ratio would be uniformly gray
and not of much use. Instead, the contrast to noise ratio is what determines whether one
tissue can be distinguished from another in the image. It is often useful for comparing
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Fig. 3.9. Gradient recalled echo (GRE)
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different pulse sequences to evaluate the contrast to noise ratio between standard tissues such
as gray matter, white matter, and CSF. In the following section, we will consider the most
commonly used pulse sequences and how they generate image contrast.

Gradient echo pulse sequence

The simplest pulse sequence is the free induction decay described above: a series of RF
pulses creates a precessing My and a measurable signal. When an FID pulse sequence is used
for imaging, it is called a gradient recalled echo (GRE) pulse sequence, for reasons that will be
explained in Ch. 4. In its basic form, the pulse sequence depends on just two parameters:
TR and the flip angle «. The strength of the signal depends on a combination of these adjustable
parameters and the intrinsic tissue parameters Sy, the proton density, and T;. (If the signal is
measured soon after the RF pulse, there will be little time for the signal to decay away, and so it
will not depend strongly on T,.) The local MR signal is always proportional to the proton
density because the proton density determines M, and thus sets the maximum value for My
that could be produced. If TR is much longer than T, the longitudinal magnetization will fully
recover during TR. Because the signal does not depend on T, but only on the proton density
(M), the contrast with such a pulse sequence is described as density weighted. The fraction of
the longitudinal magnetization that is tipped into the transverse plane is sin «, so a 90° RF pulse
puts all the magnetization into the transverse plane and generates the largest signal. Therefore,
for long TR the signal is density weighted and proportional to sin a.

However, with shorter TR values, the signal depends on TR, T}, and « in a more
interesting way (Fig. 3.9). In fact, the signal and contrast characteristics depend on precisely
how the pulse sequence is constructed, which is discussed in Ch. 6. In anticipation of
the terminology introduced there, the following discussion applies to a spoiled GRE
pulse sequence. With a=90° all the longitudinal magnetization is tipped over on each
pulse, and there is little time for it to recover before the next pulse if TR < T;. As a result,
the steady-state magnetization created after each RF pulse is weak. The degree of recovery
during TR depends strongly on T, so the resulting signal is strongly T; weighted. Note that
the signal is still proportional to My, and so is also density weighted, but the popular
terminology is to describe such a pulse sequence as simply T; weighted. However, the density
weighting is important for determining tissue contrast. For most tissues in the body, a larger
proton density is associated with a longer T, and this produces an essential conflict for
achieving a good contrast to noise ratio between tissues: the density weighting would tend to
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make the tissue with the larger T, brighter, but the T} weighting would tend to make the same
tissue darker because there is less recovery for a longer T;. The two sources of contrast thus
conflict with each other. Nevertheless, T;-weighted imaging is very common because the
variability of T} between tissues is much greater than the variability of proton density, and so
T, weighting usually dominates the contrast.

Alternatively, to produce a proton density-weighted image, the sensitivity to T must be
reduced. As already discussed, this can be done simply by using a long TR so that tissues
with different T} values all recover to their equilibrium values. But a long TR is a disadvant-
age in conventional MRI. To collect sufficient data to reconstruct an image, the pulse
sequence usually must be repeated many times, and so the total imaging time is propor-
tional to TR. With a GRE pulse sequence there is another, somewhat surprising, way to
reduce the T sensitivity while keeping TR short: the flip angle can be reduced (Buxton et al.
1987). At first glance, this would seem to reduce just Mt (and thus the signal) by tipping
only a part of the longitudinal magnetization into the transverse plane. But this also
modifies the steady-state amplitude of the longitudinal magnetization in a way that reduces
the sensitivity to T;. Consider the steady-state signal generated when TR is much smaller
than T;. For a 90° pulse, the recovery during TR is very small, and so the signal is weak (often
described as saturated). If the flip angle is small, however, the longitudinal magnetization is
hardly disturbed by the RF pulse. As a result, there is very little relaxation to do; the longitudinal
magnetization is already near its equilibrium value. The sensitivity of the resulting signal to
differences in T is then greatly reduced. In summary, for short TR, the signal is T} weighted
for large flip angles but only proton density weighted for small flip angles. Figure 3.9
illustrates how the tissue contrast in an image can be manipulated by adjusting the flip angle.

The decay T,*

The simple GRE pulse sequence described above illustrates how pulse sequence parameters
and intrinsic tissue parameters interact to produce the MR signal. But one important tissue
parameter, T,, did not enter into the discussion. The reason T, was left out was that we
assumed that the signal was measured immediately after the RF pulse. However, the GRE
sequence can be modified to insert a delay after the RF pulse before data acquisition begins.
During this delay, Mt and thus the signal, would be expected to decrease exponentially with a
time constant T, through transverse relaxation. If we performed this experiment, we would
indeed find that the signal decreased, but typically by much more than we would expect for a
known T,. This enhanced decay is described in terms of an apparent transverse relaxation
time Ty* (read as “T, star”) that is smaller than T.

The source of this T,* effect is magnetic field inhomogeneity. Because the precession
frequency of the local My is proportional to the local magnetic field, any field inhomogeneity
will lead to a range of precession rates. Over time, the precessing magnetization vectors will
get out of phase with one another so that they no longer add coherently to form the net
magnetization. As a result, the net signal is reduced because of this destructive interference.
At first glance this seems similar to the argument for T, relaxation itself. It was argued above
that the net value of Mt would decrease over time because each spin feels a random
fluctuating magnetic field in addition to B,. Because each spin feels a different pattern of
fluctuating fields, the spins gradually become out of phase with one another (the phase
dispersion increases) and net Mt is reduced. The T,* effect, however, results from constant
field offsets rather than fluctuating fields. Because these field offsets are static, there is a clever
way to correct for these inhomogeneity effects.



Nuclear magnetic resonance

180° 180° 180°

Echo

Signal

Time

Fig. 3.10. Spin echo (SE). In an inhomogeneous field, spins precess at different rates, and the Free induction decay
(FID) signal created after a 90° excitation pulse decays with a time constant 7,* that is less than 7,. A 180°
radiofrequency (RF) pulse refocuses this signal loss owing to static field offsets and creates a transient SE. The SE signal
decays with the true T, of the sample. Repeated 180° pulses generate repeated SEs.

Spin echoes
In 1950, Hahn showed that a remarkable phenomenon occurs when a second RF pulse is
applied following a delay after the first RF pulse. After the first RF pulse, an FID signal is
generated that decays away quickly because of a short T,*. A second RF pulse applied after a
delay TE/2 creates an echo (a spin echo [SE]) of the original FID signal at a time TE, the echo
time. This effect can be quite dramatic. The original FID signal can be reduced to an
undetectable level, but the second pulse will create a strong echo. However, the echo is reduced
in intensity from the original full FID by true T, decay. As soon as the echo forms, it will again
decay quickly through T,* effects, but another RF pulse will create another echo. This can be
carried on indefinitely, but each echo is weaker than the last because of T, decay (Fig. 3.10).
The phenomenon of echo formation from a second RF pulse is very general and occurs for
any flip angle, although for small flip angles the echo is weak. Hahn’s original demonstration
(1950) used 90° flip angles, but in most applications a 180° pulse is used because it creates the
strongest echo. The effect of a 180° pulse is illustrated in Fig. 3.11. After the initial 90° pulse, the
individual magnetization vectors corresponding to different parts of the sample are in-phase
and so add coherently. Owing to field inhomogeneity, however, each precesses at a slightly
different rate. The growing phase dispersion can be visualized by imagining that we ourselves
are precessing at the average rate. That is, we plot how these vectors evolve in time in a rotating
reference frame rotating at the average precession rate. Then a magnetization vector precessing
at precisely the average rate appears stationary, whereas vectors precessing faster rotate in one
direction and vectors precessing more slowly rotate in the other direction.
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A z B Fig. 3.11. Formation of a spin echo.
Spin de-phasing  After tipping the magnetization into
the transverse plane (A), spins in
different fields precess at different
rates (B). Individual magnetization
vectors begin to fan out, reducing
the net signal. The 180° pulse at a
time TE/2 flips the transverse plane

90° pulse

X M y like a pancake (C), and each
C magnetization vector continues to
precess in the same direction (D), so
that they realign to form a spin echo
1 at TE (E). TE, echo time.
D Spin de-phasing E Echo

Over time, the vectors spread into a fan in the transverse plane, and the net signal is
reduced. However, if we now apply a 180° RF pulse, the fan of vectors is rotated through 180°,
so that whatever phase was acquired by a particular vector is converted into a negative phase.
After the 180° pulse, each vector will again precess at the same rate as before. At TE, each spin
will have acquired the same additional phase that it acquired during the interval TE/2
between the 90° and 180° pulses, and the net acquired phase is thus precisely zero. That is,
all vectors come back in-phase and create an echo.

This effect works because the phase accumulated by a particular vector is simply propor-
tional to elapsed time, so that the phase acquired during the first half of the echo time is
identical to that acquired during the second half. Because the 180° pulse reverses the sign of
the phase halfway through, the net phase for each vector is zero at the echo time. Because of
this effect, a 180° RF pulse is often called a refocusing pulse. However, a 180° pulse does not
refocus true T, effects because the additional phase acquired from random fluctuations is
not the same in the first and second halves of the TE. A multi-echo pulse sequence using a
string of 180° pulses thus will create a chain of echoes with the peak of each echo falling on the
true T, exponential decay curve.

Spin echo pulse sequence

The SE pulse sequence is the workhorse of clinical MRI. Field inhomogeneity is difficult to
eliminate, particularly because the head itself is inhomogeneous, and T,* effects lead to signal
loss in areas near air-tissue and bone-tissue interfaces (discussed in more detail later in the
book). The particular advantage of the SE pulse sequence is that it is insensitive to these
inhomogeneities, so the local signal and the tissue contrast reflect only the interaction of the
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180° Fig. 3.12. Inversion recovery (IR). In an IR
pulse sequence, an initial 180° inversion
pulse flips the magnetization from +zto
—z and it then relaxes back toward
equilibrium (M,). After an inversion time
Tl, a 90° excitation pulse tips the current
longitudinal magnetization into the
--------------------- transverse plane to generate a signal. The
Lo signal is strongly 7; weighted, and for a
,* Short T, particular value of Tl exhibits a null point
. where no signal is generated because the
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pulse sequence parameters with the intrinsic tissue parameters. The SE sequence is nearly
always used with a 90°-180° combination of RF pulses, so the flip angles usually are not
adjusted to control image contrast. That leaves TR and TE as the adjustable pulse sequence
parameters, and three tissue parameters affect the signal: M,, T;, and T,. The dependence of
the SE signal on proton density and T is similar to that of the GRE sequence with a 90° pulse.
The dependence on T is simply an exponential decrease of the signal with increasing TE.
When TE is much shorter than T, there is little decay, so the signal is insensitive to T,. For
TE > T,, there is substantial decay and, therefore, very little signal left to measure. When TE
is comparable to T, the signal is strongly sensitive to the local T, and the signal is described
as T, weighted.

In an SE pulse sequence, the signal is measured at the peak of the echo, where the effects
of field inhomogeneities are refocused, and this is the standard implementation for clinical
imaging. In applications such as fMRI, however, which are based on the BOLD effect, the
microscopic field variations induced by changes in blood oxygenation make the MR signal
sensitive to brain activation. Some sensitivity to field variations can be retained by shifting
the time of data collection away from the echo peak. In such an asymmetric spin echo pulse
sequence, the data acquisition occurs at a fixed time 7 after the RF pulse, but the time of the
180° pulse is shifted so that the SE occurs at a time TE different from 7. Then, in addition to
T, decay for a time t, there will also be an additional decay owing to the phase dispersion
resulting from evolution in the inhomogeneous field for a time 7 - TE.

Inversion recovery pUlSE sequence

A third widely used pulse sequence is called inversion recovery (IR), illustrated in Fig. 3.12.
This sequence begins with a 180° pulse, then after a delay (called the inversion time [T1]), a
regular SE or GRE pulse sequence is started. The initial 180° pulse is called an inversion pulse
and can be thought of as a preparation pulse that affects the longitudinal magnetization
before it is tipped over to generate a signal. For the IR sequence, the preparation pulse
enhances the T weighting of the signal. The effect of the initial 180° pulse is to invert the
longitudinal magnetization so that it points along the -z axis instead of +z. Note that this
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does not yet create a signal, because there is no Mr. After the inversion pulse, the longitudinal
magnetization begins to re-grow toward its equilibrium value along +z. After a delay of TI a
90° pulse is applied; this pulse tips whatever longitudinal magnetization exists at that time
into the transverse plane. The resulting signal thus reflects the degree of recovery during the
time TI.

If TT is much longer than T}, the longitudinal magnetization recovers completely, and the
inversion has no effect on the resulting signal. But if TI is comparable to T}, the recovery is
incomplete, and the signal is strongly T; weighted. The T; weighting is more pronounced
than in a typical T;-weighted GRE or SE pulse sequence because the longitudinal magnet-
ization is recovering over a wider dynamic range, from -M, to M, instead of from 0 to M.
This is the essential difference between an IR experiment (following a 180° pulse) and a
saturation recovery experiment (following a 90° pulse). Indeed, because the longitudinal
magnetization in an IR experiment is recovering from a negative value to a positive value,
there is a particular value of TI, called the null point, when the longitudinal magnetization is
zero, and for this TI no signal is generated. A typical set of parameters for T;-weighted IR is
TI approximately equal to T and TR several times longer than T; to allow recovery before
the pulse sequence is repeated, beginning with another inversion pulse.

The SE and IR pulse sequences illustrate two different uses of a 180° RF pulse, as reflected
in the descriptive terms: it is a “refocusing” pulse in the SE sequence and an “inversion” pulse
in the IR sequence. In both cases, it is the same RF pulse. The difference is whether we are
concerned with its effect on My or on longitudinal magnetization. A 180° pulse flips Mt like a
pancake, reversing the phase of the My and producing an echo, but the same flip sends
the longitudinal magnetization from +z to -z. In the SE experiment, the inversion effect of
the 180° pulse is small because the longitudinal magnetization was reduced to zero by the
initial 90° pulse, so it has only recovered a small amount during the time TE/2 between the
90° and 180° pulses. In the IR experiment, there is no My to refocus at the time of the 180°
pulse, and we are interested only in its inversion effect on the longitudinal magnetization.
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Principles of MRI

In Ch. 3 we discussed how the local MR signal is produced as a result of the interaction of the
particular pulse sequence parameters with local tissue properties. The pulse sequence
produces a transient pattern of transverse magnetization across the brain. How do we map
that pattern? It is remarkable that MRI is able to image the distribution of transverse
magnetization in the human brain with a spatial resolution of better than 1 mm, even though
the coils used for generating the radiofrequency (RF) pulses and detecting the signal are
much larger. The heart of MRI can be stated in a beautifully simple way: the phase of the local
signal is manipulated in such a way that the net signal traces out the spatial Fourier transform
of the distribution of transverse magnetization. A full interpretation of what this statement

means is developed in Ch. 9, but the basic concepts involved in making an MR image are
described here.

Radiofrequency coils

In an MRI scanner the RF coil used to detect the MR signal is sensitive to a large volume of
tissue. For example, in brain imaging studies, the subject is placed in a cylindrical coil that
surrounds the head, and typically this coil is used both for the transmit and receive parts of
the experiment. When one of the simple pulse sequences described above is applied, the
entire head will be exposed to the RF pulses, and the resulting signal produced in the coil will
be the sum of the signals from each tissue element in the head. In some studies, the transmit
and receive functions are accomplished with separate coils: a large uniform coil to produce
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the RF pulses and a smaller receive coil placed near the part of the head of interest. A separate
receive coil is referred to as a surface coil. The advantage of using a surface coil is that the
signal to noise ratio (SNR) is improved because the coil is nearer to the source of the signal to
be detected. The cost of this, though, is that the coil is sensitive to only a small volume of
tissue rather than to the whole brain. Use of a surface coil thus achieves some degree of
volume localization because of its limited spatial sensitivity, but this level of localization is
still much coarser than that required for imaging.

In parallel imaging, many smaller RF coils arranged in an array each operate as a separate
receiver. This takes advantage of the high SNR of a surface coil and overcomes the problem of
limited coverage. In addition, different spatial sensitivity of each coil can be exploited to
reduce the time required to collect sufficient data to reconstruct an image. Current MRI
systems have 8- or 16-channel head coils (or more).

Magnetic field gradients and gradient echoes

In MRI, spatial localization of the signal is not dependent on the size of the coils used.
Instead, localization is based on the fundamental relationship of NMR (Eq. [3.1]): the
resonant frequency is directly proportional to the magnetic field at the location of the
nucleus. Magnetic resonance imaging is based on manipulations of the local resonant
frequency through control of the local magnetic field by applying magnetic field gradients.
In an MR scanner, there are three gradient coils in addition to the RF coils and the coils of the
magnet itself. Each gradient coil produces a magnetic field that varies linearly along a
particular axis. For example, a z-gradient coil produces a magnetic field that is zero at the
center of the magnet and becomes more positive moving along the +z direction and more
negative moving along the -z direction. The three gradient coils are designed to produce field
gradients along three orthogonal directions (x, y, and z) so that a field gradient along any
arbitrary direction can be produced by turning them on in appropriate combinations. The
fields produced by the gradient coils add to the main magnetic field By but are much weaker.
Nevertheless, these gradients have a pronounced effect on the MR signal.

A key concept in MRI is the phenomenon of a gradient echo (Fig. 4.1). The idea of a
gradient echo occurs often, and we have already noted that a simple free induction decay
(FID) imaging sequence is referred to as a gradient echo pulse sequence. As we will see, this
terminology is somewhat unfortunate, but it is now standard usage. To understand what a
gradient echo is, consider a simple FID experiment in which a signal is generated, and
suppose that a field gradient in x is then turned on for a few milliseconds (described as a
gradient pulse). How does this affect the signal? Prior to the field gradient there is a strong
coherent signal, as long as T,* is not too short. Each spin precesses at the same rate, so at any
instant of time the angle that each magnetization vector makes in the transverse plane (the
phase angle) is the same. But with the field gradient on, the magnetization vectors of the spins
at different x-positions precess at different rates. As the magnetization vectors get out of
phase with each other, the net signal drops to near zero. The gradient pulse thus acts as a
spoiler pulse, destroying the coherence of the transverse magnetization.

After the gradient is turned off, the spins again precess at the same rate, but the phase
differences induced by the gradient remain locked in. Now suppose that another gradient
pulse with the same amplitude is applied, but this time with opposite sign to the first one. By
opposite sign, we mean that the gradient runs in the opposite direction. If the first gradient
increases the precession rate at positive x-positions, the second decreases it. If this gradient
pulse is left on for the same amount of time as the first, it will precisely unwind the phase
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Fig. 4.1. Effect of a gradient pulse. In a uniform field, spins precess at the same rate and remain in phase (time point 0).
A gradient field produces a linear variation of the precession rate with position (top). At the end of the first gradient
pulse (time point 1), the local phase angle varies linearly across the object (phase dispersion). A gradient pulse of
opposite sign and equal area reverses these phase offsets and creates a gradient echo when the spins are back in
phase (time point 2). freq, frequency.

offsets produced by the first gradient pulse. The result is that the signals arising from different
x-positions come back into phase, creating a gradient echo at the end of the second gradient
pulse. For this reason, the second gradient pulse is called a refocusing pulse. A gradient echo
can occur even when the second pulse has a different amplitude or duration provided that the
area under the two pulses is the same. Or, put another way, a gradient echo occurs whenever
the net area under the gradient waveform is zero.

A gradient echo can also occur in a spin echo (SE) experiment. Suppose in the experiment
above that a 180° RF pulse is inserted after the first gradient pulse. This will change the sign
of each of the phases acquired during the first pulse, so now to unwind them the second
gradient pulse should have the same sign as the first. Again the gradient echo occurs when the
spins are back in phase after the second gradient pulse. The rule for an SE pulse sequence is

7]
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that a gradient echo occurs when the areas under the gradient pulses are equal on the two
sides of the 180° pulse.

The phenomenon of a gradient echo is reminiscent of the process of a SE. The SE
refocuses phase offsets caused by static field inhomogeneities, and the gradient echo refo-
cuses phase offsets produced by a gradient pulse. This was the original motivation for calling
an FID pulse sequence a gradient recalled echo (GRE) imaging sequence (i.e., that an SE pulse
sequence uses an RF echo, and a GRE sequence uses a gradient echo). But this is highly
misleading. All imaging pulse sequences, including SE, use gradient echoes as a basic part of
the imaging process. In fact, the SE is not directly involved in image formation at all; it simply
improves the local signal that is being mapped by refocusing the effects of inhomogeneities.
But this terminology is now ubiquitous: any imaging pulse sequence that lacks a 180°
refocusing pulse is called a gradient echo pulse sequence.

Localization

The central task of MRI is to extract information about the spatial distribution of the MR
signal. This is a three-dimensional problem: the source of each component of the signal must
be isolated to a particular location (x, y, z). Any spatial localization method has resolution
limits, so the imaging process will lead to some degree of uncertainty about the precise
location of the source of the signal. We can express this uncertainty in terms of a volume
resolution element (voxel) with dimensions (Ax, Ay, Az). Each of these numbers characte-
rizes the uncertainty of the localization along a particular spatial axis, and the product
AV =AxAyAz is called the voxel volume. It is often convenient to think of a voxel as a
rectangular block, but it is important to remember that the localization is never that precise.
The quantitative meaning of resolution will be discussed in greater detail in Ch. 9.

In MRYJ, localization is done in three ways corresponding to the three spatial directions:
slice selection, frequency encoding, and phase encoding. The gradient pulses used to
accomplish this encoding are shown in Fig. 4.2. The usual terminology is to describe
the slice selection axis as z, the frequency-encoded axis as x, and the phase-encoded axis
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Fig. 4.2. A basic imaging pulse sequence. During the radiofrequency (RF) excitation pulse, a gradient in zis applied
(slice selection), and during read-out of the signal a gradient in xis applied (frequency encoding). Between these
gradient pulses, a gradient pulse in yis applied, and the amplitude of this pulse is stepped through a different value
each time the pulse sequence is repeated (phase encoding). Typically 128 or 256 phase-encoding steps (repeats of the
pulse sequence) are required to collect sufficient information to reconstruct an image.
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as y. However, the actual orientation of this coordinate system in space is arbitrary. In
particular, this imaging coordinate system does not have any fixed relationship to the
coordinate system used to describe the magnetic field, in which the longitudinal axis along
the direction of B, was called z and the transverse plane was called the x-y plane. The
imaging coordinate system can have any orientation relative to the magnetic field, even
though both the direction of B, and the axis perpendicular to the image plane are usually
referred to as the z-axis. In transverse (or axial) images, the slice selection axis is along the
magnetic field direction in most scanners, but in coronal images the two directions are
perpendicular.

Slice selection

With slice selection, the effect of the RF pulse is limited to a single thin slice, typically
1-10 mm thick (Fig. 4.3). This is accomplished by turning on a gradient field along the slice
selection axis (z, perpendicular to the desired slice) while the RF pulse is applied. While the
gradient field is on, the resonant frequency will vary linearly along the z-axis. The RF pulse is
tailored so that it contains only a narrow range of frequencies, centered on a frequency v,.
Then because of the presence of the gradient field, only a narrow spatial band in the body will
have a resonant frequency within the bandwidth of the RF pulse. On one side of the slice, the
local resonant frequency will be too high, and on the other side too low. When the frequency
of the RF pulse differs from the local resonant frequency, the pulse has little effect on the local
longitudinal magnetization. As a result, the effect of a slice selective RF pulse is to tip over the
magnetization only in a restricted slice.

The location of the slice can be varied by changing the center frequency v, of the
RF pulse, and the spatial thickness of the excited slice depends on the ratio of the
frequency width of the RF pulse to the strength of the field gradient. If the gradient is
increased, the resonant frequency becomes a steeper function of position along the
z-axis, and so the same RF band corresponds to a thinner slice. Similarly, reducing
the bandwidth of the RF pulse with the same gradient strength excites a thinner slice. In
practice, the slice width typically is adjusted by changing the gradient strength, and on
most MR imagers the maximum available gradient strength limits the thinness of
selected slices to 1-2 mm.
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Slice selection limits the effects of the RF excitation pulse so that transverse magnetization is
created only in one slice. However, the net signal still reflects the sum of all the signals
generated across the slice, and the remaining localization in the x-y plane is done with
frequency encoding and phase encoding. These two methods are closely related, and both
have the remarkable effect of encoding information about the spatial location of the signal
into the signal itself. For frequency encoding, a negative field gradient pulse along the x-axis
is turned on after the excitation RF pulse. Following this pulse, a positive x-gradient is
turned on so that a gradient echo occurs halfway through the second gradient pulse. The data
collection window is typically centered on this gradient echo (Fig. 4.2). Because the gradient
is turned on during data collection, the precession frequency of the local magnetization
varies linearly along the x-axis. The net signal is thus transformed from a sum of signals all at
the same frequency to a sum of signals covering a range of frequencies (Fig. 4.4), and the
signals corresponding to each frequency can be readily separated. Any signal measured as a
series of amplitudes over time can be converted to a series of amplitudes corresponding
to different frequencies (v) by calculating the Fourier transform. Thus, the measured signal
S(t) is mathematically transformed to S(v) and because of the field gradient, frequency
corresponds directly with spatial position along the x-axis.

Phase encoding

Slice selection limits the signal generated to one slice, and frequency encoding separates the
signals arising from different positions along the x-axis. But each of these separated signals is
still a sum of all the signals arising from different y-positions at a single x-position. That is,
frequency encoding measures a one-dimensional projection of the image on to the x-axis.
This suggests a way to make a full two-dimensional image that is directly analogous to that in
computed tomography. The pulse sequence is repeated, exciting a new signal pattern across
the slice, but the x-axis is rotated slightly so that a new projection of the two-dimensional image
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is acquired. By continuing to repeat the pulse sequence, each time measuring a different
projection, sufficient information can be gathered to reconstruct the two-dimensional image.
(This typically requires 128 or more different projection angles.) The rotation of the gradient
axis is accomplished by turning on two of the gradient coils at once, varying the relative current
applied to each one. The first demonstration of MR imaging by Lauterbur (1973) used this
projection reconstruction technique. Such techniques are still used in some specialized MRI
applications, but conventional MRI uses phase encoding to collect equivalent information.

Phase encoding is a more subtle technique, but it is closely related to frequency encoding.
During the interval between the RF pulse and the data acquisition, a gradient field along
the y-axis is applied for a short interval (Fig. 4.2). While the y-gradient is on, the transverse
magnetization at different y-positions precesses at different rates, so the phase difference
between the signals at two positions increases linearly with time. After the gradient is turned
off, all spins again precess at the same rate, but with the y-dependent phase differences locked
in. The effect is then that, prior to frequency encoding and data acquisition, each local
precessing magnetization is marked with a phase offset proportional to its y-position. The
frequency-encoding process then produces further phase evolution of the signal from a voxel
with the rate of change of the phase (i.e., the frequency) proportional to the x-position. Data
acquisition completes one phase-encoding step.

The full image acquisition requires collection of many steps, typically 128 or 256. For
each phase-encoding step, the pulse sequence is repeated exactly the same except that the
amplitude of the y-gradient is increased in a regular fashion (typically illustrated as stepped
pulses, as in Fig. 4.2). The effect of the increased gradient amplitude is that the y-dependent
phase acquired by the magnetization at a particular y-position also will increase. Thus, with
each repetition the phase of the magnetization at position y will increase at a rate propor-
tional to y. But these phase increases with each phase-encoding step are precisely analogous
to the phase increases with time during frequency encoding: the rate at which phase increases
with time is the definition of frequency.

We can summarize the imaging process as follows. The local transverse magnetization of
a small volume of tissue is a precessing vector, so at any point in time it can be described
by two numbers: a magnitude, which depends on the local relaxation times and the pulse
sequence parameters described above, and a phase angle, which describes how much the
magnetization has precessed up to that time. The application of field gradient pulses alters
the local phase by speeding up or slowing down the precession in a position-dependent way.
Then in MRI an image of the magnitude of the local transverse magnetization is created by
encoding the location of the signal in the phase of the magnetization. The x-position of a local
signal is encoded in the rate of change of the phase of the signal with time during each data
acquisition window, and the y-position is encoded in the rate of change of the local phase
between one data acquisition window and the next. Although these two processes both
manipulate the phase of the signal, they do not interfere with one another.

k-Space

We Ean picture this imaging process as measuring a data matrix in which the signals measured
for one phase-encoding step constitute one line in the matrix (Fig. 4.5). Stepping through all
the phase-encoding steps fills in the data matrix, and the image is calculated by applying the
two-dimensional Fourier transform to the data. Just as a time series can be represented as a
sum of pure frequencies with different amplitudes, a distribution in space can be represented
in terms of amplitudes of different spatial frequencies (k). The two-dimensional Fourier

]



=]

An overview of fMRI
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One phase-encode step

Fig. 4.5. Basic Fourier imaging. The measured data is the two-dimensional Fourier transform (FT) of the spatial
distribution of transverse magnetization (pictured as a square in B). Each time the pulse sequence in Fig. 4.2 is repeated
one line is measured, and the phase-encoding step moves the sampling to a new line. Applying the FT along both
directions yields the image. The representation of the image in terms of spatial frequencies (A) is described as k-space,
where kis a spatial frequency (inverse wavelength). (See plate section for color version.)

transform of the image relates the image to this k-space representation, and so MRI directly
maps k-space. The spatial resolution of the image depends on the range of k values measured
(i.e., the largest values of k that are sampled). Resolution in x can be improved by using a
stronger read-out gradient or by extending the data collection time. Resolution in y can be
improved by increasing the strength of the maximum phase-encoding gradient. Viewing the
MRI process as a sampling of the k-space representation of the image is a powerful tool for
understanding many aspects of MRI, and this approach is developed in detail in Ch. 9.

Techniques in MRI
Fast imaging

In the conventional imaging scheme just described, the data corresponding to one phase-
encoding step are acquired each time the pulse sequence is repeated. With each repetition,
another excitation pulse is applied, generating a new signal that is then position encoded.
The total imaging time depends on the total number of phase-encoding steps and the repetition
time (TR). For example, for a resolution of 128 pixels across the field of view in the y-direction,
128 phase-encoding steps are required. A T;-weighted SE image, with a TR of 500 ms, would
require approximately 1 min of imaging time. However, a T,-weighted SE image, with a TR of
3000 ms, would require approximately 6 min. One approach to faster imaging is to use a GRE
pulse sequence and simply reduce the TR, using the flip angle to adjust the contrast. For
example, with TR =7 ms, a 128 x 128 image can be collected in less than 1.

Another approach to reducing the imaging time is to collect the data corresponding to
more than one phase-encoding step from each excitation, and there are a number of schemes
for doing this (Fig. 4.6 shows some examples). In echo planar imaging (EPI), the gradients
are oscillated so rapidly that sufficient gradient echoes are created to allow measurement of
all the phase-encoding steps required for an image (Mansfield 1977). In this single-shot
imaging, the full data for a low-resolution image are acquired from the signal generated by
one RF pulse. Echo planar imaging requires strong gradients and puts more demands on
the imaging hardware than does conventional imaging. Single-shot images can also be
collected with pulse sequences that generate a string of SEs, a technique originally called
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FISP EPI HASTE

Fig. 4.6. Examples of techniques for fast MRI. The fast imaging with steady-state precession (FISP) pulse sequence
collects one phase-encoding step after each radiofrequency (RF) excitation, but the repetition time is very short
(7ms), so the total data collection time is approximately 900 ms. The echo planar imaging (EPI) and half Fourier
acquisition single-shot turbo spin echo (HASTE) sequences are examples of single-shot imaging, in which all the
phase-encoding lines following one RF pulse are collected in fewer than 100 ms with a series of gradient
echoes (EPI) or collected in fewer than 300 ms with a series of spin echoes (HASTE). (Images courtesy of

D. Atkinson.)

rapid acquisition with relaxation enhancement (RARE) (Hennig et al. 1986). A more recent
descendent of RARE is HASTE (half Fourier acquisition single-shot turbo spin echo), which
is also a single-shot technique, and fast spin echo (FSE), which uses multiple excitations but a
train of SEs following each one, with each SE phase encoded differently. For example, if an
echo train of eight echoes is used, the imaging time is reduced by a factor of eight from that of
a conventional image. This reduction is not as dramatic as with the single-shot techniques,
but single-shot images are also low resolution. The FSE techniques are widely used in clinical
imaging because they greatly reduce the imaging time for T,-weighted imaging without
sacrificing resolution or SNR.

Although blood oxygenation level dependent (BOLD) activations have been demon-
strated with many different imaging schemes, most fMRI work is done with single-shot
EPI. The image matrix is typically 64 x 64, so the spatial resolution is poorer than with
standard MR images, but the temporal resolution is far better. The entire data collection
window for the image can be as short as 30 ms. Spatial resolution can be improved by using
multishot EPL, in which a few RF pulses are used to collect data for more phase-encoding
steps, but at the expense of more imaging time. One of the key advantages of single-shot
imaging is that the data collection is so short that the images are insensitive to motions that
would create artifacts in standard images, such as pulsatile flow, swallowing, and other
patient motions.

Finally, as noted above, parallel imaging techniques can further reduce the imaging
time (de Zwart et al. 2006; Wiesinger et al. 2006). An array of coils provides some spatial
sensitivity, because each coil is most sensitive to the closest parts of the head. Effectively,
this known spatial sensitivity provides some of the information that sampling k-space
provides, and this makes it possible to reconstruct a full image from a reduced set of
k-space data. By reducing k-space sampling, the acquisition time typically can be reduced
by a factor of two or more.
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Volume imaging

The techniques just described are all examples of two-dimensional planar imaging. Only one
slice is acquired at a time by selectively exciting just that one slice. With these techniques, a
volume can be imaged by simply imaging many slices in succession. For example, with EPI, as
soon as the acquisition is completed on one slice, another slice can be excited and imaged. With
more conventional imaging, requiring many RF pulses, the multiple slices can be interleaved in
an efficient way. A multislice interleaved acquisition takes advantage of the fact that the data
acquisition on one slice requires only a small fraction of TR because the TR is chosen to
produce a desired tissue contrast. For example, with a T;-weighted SE sequence (TR =500 ms;
echo time [TE] =20ms), the pulse sequence has completely played out after approximately
25ms. During the long dead time between repetitions, data for other slices are acquired
sequentially until it is time to return to the original slice after a delay TR and acquire data for
another phase-encoding step. In this interleaved multislice acquisition, there is no time cost for
imaging multiple slices; the scanner is simply acquiring data more efficiently by using the dead
time. For EPI, however, multiple slices are acquired sequentially, so the time required to cover
a volume is directly proportional to the number of slices needed. On most scanners equipped
with EPI, the maximum image acquisition rate is in the range of 15 to 20 images per second.

The methods described so far are all intrinsically two-dimensional methods, but true
three-dimensional imaging also can be done. The slice selective pulse is eliminated so that the
whole volume of tissue within the RF coil is excited, or reduced so that only a thick slab is
excited. Spatial information in the third (z) dimension is then encoded by phase encoding
that axis in addition to the y-axis. This means that data must be collected for every possible
pairing of phase-encoding steps in y and z. That is, for each of the phase-encoding steps in y,
the full range of phase-encoding steps in z must be measured. Compared with a single slice
acquisition, the total imaging time is then increased by a factor equal to the number of phase-
encoding steps in z. This makes for a prohibitively long acquisition time unless the TR is very
short. But with GRE acquisitions, the TR can be shorter than 10 ms, so volume acquisitions
with high spatial resolution are possible in a few minutes.

The advantage of a three-dimensional acquisition is a large improvement in the SNR. The
SNR in an image depends on two factors: the voxel volume, which determines the raw signal
contributing to each voxel, and the number of times the signal from a voxel is measured,
which helps to beat down the noise. For the same TR and TE, the SNR is then proportional to
AVy/n, where AV is the voxel volume (the product of the resolution in each direction:
AxAyAz) and n is the total number of measurements made of the signal from a voxel. For a
standard two-dimensional aquisition, with n, samples collected during frequency encoding
on each of n, phase-encoding steps, n=n,n,. If each phase-encoding step is averaged n,,
times, #n = n,,n.n,. For a multislice interleaved acquisition, the data collected on subsequent
slices does not contribute to the SNR of a voxel in the first slice. In a three-dimensional
acquisition, however, the signal from each voxel contributes to every measurement, so
n = ngynnyn,. With this boost in SNR, it is possible to reduce the voxel volume and acquire
high-resolution images with a voxel volume of < 1 mm® while maintaining reasonable SNR.
The factors that affect image SNR are discussed more fully in Ch. 9.

A commonly used volume-imaging sequence is MP-RAGE (magnetization prepared
rapid gradient echo), which combines a periodic inversion pulse to enhance the T; weighting
in the image with a rapid GRE acquisition to produce images of high spatial resolution with
good contrast between gray matter and white matter (Fig. 4.7).



Magnetic resonance imaging

Fig. 4.7. Images of high spatial resolution collected with a volume-imaging pulse sequence. (A) Sagittal section 1 mm
thick from a volume collected in approximately 8 min. (B) Coronal section 3 mm thick from a volume collected in
approximately 12 min. Note the improved signal to noise ratio in the image on the right with the larger voxel and
longer acquisition time.

Beyond anatomy

In MRI, as described above, contrast in an image results from the interplay of a few
adjustable pulse sequence parameters (e.g., TR and TE) and physical properties of the
local tissue (e.g., proton density, T;, and T,). Because these physical quantities vary
between tissues, the resulting images provide a sensitive map of anatomy. However, MRI
is such a flexible technique that it is possible to make the MR signal sensitive to several
other physiological parameters, and this can carry MRI beyond anatomical imaging. These
techniques open the door to fMRI and the mapping of physiological activity as well as
anatomy. It is interesting to note that the physical effects that underlie these fMRI
techniques first appeared as artifacts in conventional anatomical MRI: sensitivity to motion
and magnetic field inhomogeneities.

Magnetlc resonance anglography

Sensitivity of MRI to bulk motion makes possible direct imaging of blood flowing in large
vessels and the construction of MR angiograms for visualizing the vascular tree (Anderson
et al. 1993; Schellinger et al. 2007). These MR angiography (MRA) techniques are non-
invasive and do not require administration of a contrast agent; the intrinsic motion of the
blood distinguishes it from the surrounding tissue.

Two effects of motion on the MR signal underlie MRA techniques. The time-of-flight
(TOF) effect results from refreshment of blood in the imaging slice by flow. Imagine an
image plane cutting through a blood vessel with fast flow. In the imaging process, the pulse
sequence is repeated at TR. For a static tissue, if TR is shorter than T), the longitudinal
magnetization will not fully recover, so the steady-state magnetization will be reduced or
partly saturated. With a short TR gradient echo pulse sequence with a large flip angle, the
tissue signal is usually substantially reduced by this saturation. If, however, the flow in
the blood vessel is fast enough, the blood in the imaging plane will be replaced by fresh
blood carrying a fully relaxed magnetization during each TR interval. As a result, the
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Fig. 4.8. Time-of-flight MR angiography. In these thin-section (1 mm) volume acquisitions, the signal of flowing
blood is refreshed, but the signal of static tissue is saturated, creating strong contrast between blood and tissue

in the images. Data were collected as six slabs, with a saturation pulse applied above each slab to reduce the
refreshment effect for veins, so the visible vessels are primarily arteries. The sections shown illustrate cuts through
carotid and vertebral arteries in the neck (A), major cerebral arteries near the circle of Willis (B), and smaller

arteries (C). The maximum intensity projection through the full stack of 135 images (D) reveals the arterial vascular tree.

blood signal when this magnetization is tipped over will be much stronger than the signal
of the surrounding tissue, creating strong image contrast. Because of this inflow effect, the
MR image shows bright focal spots where the image plane cuts through blood vessels
(Fig. 4.8).

A common way to view these data, which brings out the structure of the vascular tree, is
to take a stack of such images and view them with a maximum intensity projection (MIP). The
projection image is constructed by viewing the three-dimensional data set along a chosen
axis, and taking the maximum intensity encountered along the ray for each ray through the
data as the intensity in the projection image (Fig. 4.8). Typically a series of projections from
different angles are calculated and viewed as a cine loop.

The second effect of motion on the MR signal is a phase effect, and this is the basis of
the phase contrast MRA techniques. The phase of the local MR signal is altered whenever
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Fig. 4.9. Phase contrast MR angiography. This differs from time-of-flight (TOF) acquisitions by the addition of bipolar
gradient pulses along one of the spatial axes, and both the magnitude image (A) and the phase image (B) now carry
information on flow. The result is that the phase of the local signal (B) is proportional to the velocity along the axis of
the bipolar gradient. The magnitude image (A) shows some TOF contrast enhancement in both the carotid artery (CA)
and the jugular vein (JV), indicating flow refreshment in both vessels, but the phase image (B) also reveals the
magnitude and direction of the flow (note the opposite phase offsets in the artery and vein, indicated by arrows).

a bipolar gradient pulse is applied in the presence of motion. A bipolar pulse consists of a
gradient pulse followed by another of opposite sign and forms the basis of the idea of a
gradient echo (Fig. 4.1). For static spins, the first lobe of the gradient pulse creates a phase
offset that depends on the spins’ position. The second lobe with opposite sign reverses that
phase offset and brings all the spins back in phase. If, however, the spin moves along the
gradient axis during the interval between the two lobes, then the phase acquired during
the second lobe will not be precisely the opposite of the phase acquired during the first
lobe. The signal from moving spins will thus acquire a phase offset. This offset is pro-
portional to the distance moved and so is proportional to the spins’ velocity. This has
two important results. First, this effect provides a way to measure quantitatively the
velocity of flowing blood by measuring the phase of the local signal. Second, any dispersion
of velocities within an imaging voxel will lead to a range of phase angles and attenuation of
the net signal. Consequently, in areas where the flow pattern is reasonably uniform on the
scale of a voxel,the phase effect can be used to map flow velocity, but in areas of complex
flow the signal may be destroyed by phase dispersion. Figure 4.9 shows an example of phase
contrast MRA.

Diffusion-weighted imaging

Sensitivity to motion also can be pushed to the microscopic scale with diffusion-weighted
imaging (DWI), which is sensitive to the intrinsic random thermal motions of water
molecules (Le Bihan 1991). Clinical applications of diffusion imaging have shown that the
local diffusion of water is altered in stroke and that this alteration is detectable before there
are changes in the MR relaxation times (Baird and Warach 1998; Schaefer et al. 2006). In
addition, diffusion is not always isotropic. In white matter, water diffuses more readily along
the fiber tracts, and this effect can be used to map fiber orientations (Jellison et al. 2004;
Moseley et al. 1990).
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Diffusion-weighted imaging methods also are based on the effect of motion on the
phase of the MR signal. Because of their intrinsic thermal energy, water molecules are in
constant random motion and so over time each molecule tends to drift away from its
starting location. As a result of this self-diffusion, a molecule moves only approximately
20 um during a 100 ms interval, but this small displacement is sufficient to have a meas-
urable effect on the MR signal with appropriate pulse sequences. With a sufficiently strong
bipolar gradient pulse, even these small displacements can create significant phase offsets,
and because the motions are random a range of phase offsets is produced. The net signal
from the voxel is attenuated by the phase dispersion, and the degree of attenuation depends
on the magnitude of the diffusional motions. In tissues, the diffusional motion of water is
often restricted by the presence of membranes and large protein molecules; as a result, the
magnitude of the diffusion varies among tissues and sometimes along different directions
within one tissue, such as white matter. Diffusion effects on the MR signal are considered in
more detail in Ch. 8.

Magnetic susceptibility effects

When a body is placed in a magnetic field B, created by the magnet, the local field at a
particular location is not just By. All materials become partly magnetized as magnetic
moments within the body tend to align with the field, and the net field at any location is
then By plus the field generated by the magnetized body itself. Magnetic susceptibility is a
measure of the degree to which a material becomes magnetized when placed in a magnetic
field. Whenever dissimilar materials are in close proximity, there are likely to be magnetic
field distortions because of different magnetic susceptibilities. This is often seen at interfaces
of air, bone, and other tissues, as illustrated in Fig. 4.10. This figure shows the magnitude
and phase of a coronal GRE image of the brain. Because each local spin precesses at a rate
proportional to the local field, an image of the phase of the signal is a map of the field offset.
The phase of a GRE image is thus a useful way to map the distortions of the magnetic field.

Fig. 4.10. Mapping the local magnetic field with gradient echo phase images. The local precession frequency

is proportional to the local magnetic field offset, so the local phase of the signal at the time of data collection is
proportional to the field offset. The abrupt changes from black to white in the phase image (right) are the result of the
cyclic nature of the phase angle and can be interpreted as contour lines of the magnetic field. The field offset
resembles a dipole field centered on the sinus cavity.
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Fig. 4.11. Field distortions around a magnetized cylinder. Cylinders filled with different concentrations of gadolinium
diethylenetriaminepentaacetic acid (Gd-DTPA), a common MR contrast agent, were imaged with a gradient recalled
echo pulse sequence. These phantoms consist of concentric cylinders with the Gd-DTPA in the inner cylinder and
water in the outer cylinder. The top row of magnitude images illustrates the relaxivity effect of gadolinium: in low
concentrations the signal is increased on these 7;-weighted images because 7; is reduced, and with a high
concentration the shortening of 7, becomes important and the signal is reduced. The phase images (bottom) show
the dipole field distortion caused by the magnetic susceptibility effect of gadolinium, creating field gradients around
the cylinder. Similar field distortions occur around magnetized blood vessels containing deoxyhemoglobin.

Because the phase angle is cyclic, the phase image shows abrupt transitions from black to
white as the phase changes from 359° to 0°. These transitions are, therefore, artifacts of the
display but can be thought of as contours of equal field offset. Figure 4.10 shows substantial
field variation caused, in large part, by the susceptibility difference between the sinus cavities
and the brain tissue.

Furthermore, the pattern of field distortion depends strongly on the geometry of the
tissues. A very simple field distortion is illustrated in Fig. 4.11. Each image shows a cross-
section through two concentric cylinders. Both cylinders contain water, but the inner cylinder
was doped with gadolinium-linked diethylenetriaminepentaacetic acid (Gd-DTPA), a com-
monly used MR contrast agent, which has the effect of altering the magnetic susceptibility.
(Gadolinium also alters the relaxation times, but that is not the effect we are after here.)
Gradient echo MRI was used to map the field offsets. The field offset pattern is a dipole field,
and it becomes more pronounced as the susceptibility difference between the inner cylinder
and the surrounding medium is increased by increasing the concentration of Gd-DTPA. The
field distortion around a magnetized cylinder is a useful model for thinking about field
distortions around blood vessels. Susceptibility differences between blood and the surrounding
tissue, either caused by injected contrast agents or by intrinsic changes in blood oxygenation,
are at the heart of most fMRI techniques.

The MR signal is sensitive to magnetic field variations within a voxel produced by
magnetic susceptibility variations. Spins precess at a rate determined by the local magnetic
field, so with a gradient echo sequence the individual signals that make up the net voxel signal
become steadily more and more out of phase, and the signal is strongly attenuated. One
remedy for this T,* effect is to use an SE sequence to refocus the phase dispersion; this will
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restore signal dropouts caused by large-scale field variations such as those produced by the
sinus cavities. But when the spatial scale of the field variations is much smaller, comparable to
the distance a water molecule diffuses during TE, an SE is less effective at refocusing because
of the motions created by diffusion. An SE works only if the phase acquired by a spin during
the first half of the echo is the same as that acquired during the second half, and motion
through spatially varying magnetic fields will change this. The effect is analogous to that of a
bipolar gradient pulse described above, except that now the effect is caused by intrinsic field
variations within the tissue rather than applied gradients.
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Magnetic resonance effects of brain activation

In Ch 2. the basic physiological changes accompanying brain activation were described.
Cerebral blood flow (CBF) increases dramatically, and the metabolic rate of O, consumption
(CMRO,) increases by a smaller amount. As a result, the O, content of the capillary and
venous blood is increased. In addition, the blood volume (CBV) and blood velocity increase.
With this picture of brain activation in mind, what are the possible observable effects these
physiological changes might have on the MR signal that could form the basis for measuring
activation with MRI?

Blood velocity effects

The first potential effect is from increased velocity of the blood. By applying bipolar gradient
pulses, the intrinsic flow sensitivity of the MR signal can be exploited. Individual capillaries
cannot be resolved, so the flow effect is more analogous to diffusion imaging than to MR
angiography. An early conceptual model for functional imaging is to imagine that a capillary
bed consists of randomly oriented cylinders. Then the uniform motion of the blood, but
in random directions, is similar to the random walk of freely diffusing water molecules
(Le Bihan et al. 1988). The effect on the MR signal of this intravoxel incoherent motion
(IVIM) is qualitatively similar to the effect of diffusion: when a bipolar gradient is applied,
the signal is reduced because the spins move during the interval between the two lobes of
the gradient pulse so that refocusing is incomplete. Quantitatively, the IVIM effect is much
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larger than diffusion because the spins are carried farther by capillary flow than by true
random motions.

If the bipolar gradient pulse is sufficiently strong that the signal from moving blood
is completely destroyed, rather than just attenuated, the blood volume can be measured
by subtracting the signals measured with and without diffusion weighting. However, this
approach involves some complications. The total signal is viewed as the sum of the signals
from two pools: the intravascular spins and the extravascular spins. Ideally, we would
manipulate only the intravascular signal by applying the bipolar gradient pulse, so that the
extravascular signal would subtract out leaving just a measure of the intrinsic intravascular
signal. But the extravascular signal is also affected by the gradient pulse because of true
diffusion of the spins in the tissue. The attenuation of the extravascular signal by diffusion is
much less than the attenuation of the blood signal by flow, but the absolute signal change
associated with the two effects is similar because the intravascular signal is such a small
fraction of the total signal. For example, the net signal change resulting from a gradient pulse
that attenuates the tissue signal by 5% by diffusion is comparable to complete attenuation of
a blood signal that makes up 4% of the total signal. This approach, consequently, requires
accurate measurements of small signal changes, and careful corrections for confounding
effects such as diffusion attenuation of the tissue signal.

Intravascular contrast agents

An alternative approach to measuring blood volume is to use intravascular contrast agents,
such as gadolinium-linked diethylenetriaminepentaacetic acid (Gd-DTPA) (Rosen et al. 1989;
Villringer et al. 1988). As described in Ch. 4, gadolinium has a large magnetic moment and
so alters the magnetic susceptibility of the blood. The altered susceptibility in turn creates
field gradients within and around the vessels, leading to attenuation of the MR signal.
Although the agent is confined to the intravascular space, the total MR signal is affected
because the microscopic field gradients penetrate into the extravascular space. As a result, the
signal changes can be quite large (30-50%), much larger than the small changes associated
with the IVIM effect. Following a bolus injection of the agent, the local MR signal in the brain
drops transiently as the agent passes through the vasculature. This effect lasts only a brief
time (10 s or so) and fast dynamic imaging is required to measure it. For the same bolus, the
signal dip will be more pronounced in areas with a larger blood volume.

Deoxyhemoglobin effects

With contrast agents, a susceptibility difference between the intravascular and extravascular
space is induced by the experimenter. There is, however, also a natural physiological
mechanism for producing a susceptibility difference: deoxyhemoglobin is paramagnetic,
but oxyhemoglobin is not. As a result, the magnetic susceptibility of the blood is altered
depending on the blood concentration of deoxyhemoglobin (Ogawa et al. 1990a). At rest,
arterial blood arrives at the brain fully oxygenated, and approximately 40% of the O, is
extracted in passing through the capillary bed. The venous blood, and to a lesser extent the
capillary blood, will, therefore, contains a significant concentration of deoxyhemoglobin.
The susceptibility change resulting from this amount of deoxyhemoglobin is about an order
of magnitude smaller than that caused by a concentrated bolus of gadolinium, so the signal
attenuation is weaker. In the resting brain the gradient recalled echo (GRE) signal attenuation
is estimated to be approximately 8% at a field strength of 1.5 T compared with what the signal
would be if the blood remained fully oxygenated (i.e., no O, metabolism) (Davis et al. 1998).
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This signal attenuation is called the blood oxygenation level dependent (BOLD) effect (Ogawa
et al. 1990b).

However, the existence of a BOLD effect on the MR signal does not necessarily lead to a
way of measuring brain activation. If blood flow and O, metabolism increase in a matched
way (e.g., a 20% increase in both), then the blood oxygenation remains the same and the
signal attenuation caused by the BOLD effect would also remain the same. However, the
nature of brain activation is that CBF increases much more than CMRO, (Chs. 1 and 2),
leading to increased venous blood oxygenation and a reduced concentration of deoxyhemo-
globin. As a result, the degree of attenuation from the BOLD effect is reduced, and the MR
signal increases. In a typical study to map patterns of brain activation based on the BOLD
effect, a series of dynamic images is acquired while the subject alternates between periods of
performing a task and periods of rest. The time series of images is then analyzed to identify
individual pixel time courses that show a significant correlation with the stimulus pattern
(i.e., a signal increase during performance of the task) (Bandettini et al. 1993). These pixels
are then colored to produce a map of the pattern of brain activation and overlayed on a
gray-scale image of the anatomy.

Cerebral blood flow measurement

The MR methods described so far all yield information about the perfusion state of the brain,
but none of them provides a direct measure of the perfusion itself: CBF. One approach to
measurement of CBF is to look more closely at the dynamic signal change curves measured
with contrast agents such as Gd-DTPA (Ostergaard et al. 1996a,b). With such curves the
magnitude of the transient signal change is determined by the blood volume, and these data
yield a robust measurement of CBV, as described above. But the duration of the signal dip
depends on the vascular transit time, which, in turn, depends on CBF. The lower CBF, the
longer the transit time. However, pulling out a quantitative measurement of CBF from such
data is difficult because CBF is not the only factor that affects the width of the signal dip. The
dominant contribution to the width is the width of the bolus itself. The agent is injected into a
vein and so must pass through the heart before being delivered to the brain in arterial blood.
As a result, even if the injected bolus is sharply defined in time, the delivered bolus to the
brain is substantially broadened. To derive a measurement of CBF from contrast agent data,
an estimate of the intrinsic width of the bolus in the arterial blood arriving at the brain tissue
is required, and this usually involves imaging of the blood signal in a large artery (Duhamel
et al. 2006). The calculation of CBF is then more involved mathematically than computing
a map of CBV and is likely more prone to error.

An alternative approach to measuring CBF directly is related to the idea of the time-
of-flight effects that are the basis of the MR angiography techniques described in Ch. 4.
In arterial spin labeling (ASL) techniques, the magnetization of the arterial blood is mani-
pulated before it reaches the slice of interest (Detre et al. 1992). In a typical ASL experiment,
the arterial blood is tagged by inverting the magnetization, and after a delay this tagged blood
arrives at the image plane and an image is acquired. A control measurement is then made
without tagging the arterial blood. If the tag and control images are carefully adjusted so that
the signal from the static spins is the same in both, then the difference signal will be
proportional to the amount of arterial blood delivered, and thus proportional to CBF.

Like other fMRI techniques, the signal change associated with tagging the blood is small.
A rough estimate can be made by considering how much tagged water can enter the brain
during the experiment. The essential limitation on this is the short longitudinal relaxation
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time, which is of the order of 1s. One can think of this as analogous to dealing with a tracer
with a very short half-life. The arterial inversion creates labeled water that can be measured,
but after a few seconds the label has disappeared. The amount of label that can be delivered
into a tissue voxel is then of the order of f T}, where f is the local CBF and T is the longitudinal
relaxation time. For the human brain f is around 0.01 s, and T} is approximately 1, so the
fractional change in the total signal from arterial tagging is only around 1%. Nevertheless,
these small signal changes can be measured reliably, and ASL techniques can produce
quantitative maps of perfusion with high temporal and spatial resolution.

At first glance, the IVIM and ASL methods sound somewhat similar. In both cases, the
MR signal of blood is selectively manipulated so that a difference image isolates the signal
of blood from the net MR signal. Yet the IVIM method yields a measurement of blood
volume, and the ASL method yields a measurement of blood flow, a very different quantity.
The key difference between these methods is which pool of blood is manipulated. With the
IVIM method, all the blood in the voxel is affected, and so the method provides a measure
of how much blood is there. But this tells us nothing about how fast that blood is being
replaced by fresh arterial blood. In contrast, with the ASL methods, only the arterial blood
is manipulated before it arrives in the voxel. This gives a direct measure of how much
blood is delivered during the experiment and is independent of how much blood is within
the voxel.

Functional neuroimaging

These changes in the MR signal induced by changes in blood velocity, volume, flow, and
oxygenation are the basis for all the functional imaging methods to follow. Historically, the
IVIM methods were the first MR methods for examining the perfusion state of tissue,
but they have largely been superseded by the other methods. The first demonstration of
brain activation used two bolus injections of Gd-DTPA, with and without a visual stimulus
(Belliveau et al. 1991). However, because of the requirement for multiple injections, contrast
agent methods are not routinely used for brain activation studies. Such techniques have
become an important clinical tool for evaluating brain pathology associated with altered
blood volume, such as tumors and stroke. (Such studies are often described as “perfusion”
studies, even though blood volume, rather than blood flow, is usually measured.)

The discovery of the BOLD effect significantly broadened the field of functional neuro-
imaging (Bandettini et al. 1992; Frahm et al. 1992; Kwong et al. 1992; Ogawa et al. 1992).
Virtually all the fMRI studies performed to map patterns of brain activation are based on the
BOLD effect. However, the BOLD effect has an important drawback for clinical applications:
all that can be measured is a change in the perfusion state. That is, BOLD studies tell us
nothing about the resting perfusion, only which areas change when the subject performs a
different task. For clinical applications involving chronic changes in CBF, such as stroke, the
important measurement is the resting CBF. For this reason, clinical fMRI studies are likely to
require ASL techniques (Wolf and Detre 2007). The various fMRI techniques are described
in more detail in the following sections and in later chapters.

Contrast agent methods
Alteration of local relaxation times

Most MRI is done completely non-invasively, in the sense that nothing is injected into the
subject. Detailed anatomic images can be created based solely on intrinsic properties of the
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tissues. The use of a contrast agent, however, can further enhance the contrast in an image.
The most commonly used contrast agent in clinical studies is Gd-DTPA. The gadolinium is
the active part of the agent, and the DTPA is a chelating agent that prevents the gadolinium
from being toxic. Gadolinium has several unpaired electrons, and the interaction of the large
magnetic dipole moments of these electrons with the water molecules leads to a decrease in
the local relaxation times. In describing the effects of a contrast agent, it is convenient to talk
of the effect on the relaxation rate constant (R), the inverse of the relaxation time. In brain
tissues, the transverse relaxation rate R, (= 1/T,) is approximately 10 times larger than the
longitudinal relaxation rate R, (= 1/T)). The effect of gadolinium is to add to each of these
rates a change AR that is proportional to the concentration of gadolinium. But because R, is
much larger than R}, for moderate concentrations of gadolinium the effect is a large change
in Ry, but only a minor change in R,. For this reason, gadolinium acts primarily as a T;-agent,
altering the T} of spins that come into contact with it.

The relaxivity effect of gadolinium is exploited in clinical studies to enhance the signal of
particular tissues in T;-weighted images, with the primary application being in brain tumor
imaging. An important criterion for evaluating brain masses is whether they have an intact
blood-brain barrier, and this can be directly assessed with Gd-DTPA. The relaxivity effect
of gadolinium only operates when the water comes into contact with the agent. With an
intact blood-brain barrier, the gadolinium cannot cross into the extravascular space and
so remains confined in the blood. The relaxation time of the blood is reduced, but because
the blood contributes only a few percent of the net signal, there is little enhancement in
a T;-weighted image. In contrast, if the blood-brain barrier is leaky, the gadolinium
enters the tissue and reduces T;. The result is a significant enhancement of the tumor in a
T,-weighted image.

More recently, Gd-DTPA-enhanced angiography has become a useful tool for visualizing
the large blood vessels. After a rapid injection of the agent, dynamic imaging is used to
capture the passage of the agent through the major vessels. Because the T of the blood is
greatly reduced, the blood signal relaxes quickly and so produces a strong signal and high
contrast between the vessels and the surrounding tissues.

Signal fall with contrast agent in the vasculature

The possibility of using Gd-DTPA to assess aspects of microvascular flow in the brain began
with the observation that a bolus of Gd-DTPA creates a transient drop in the MR signal
as it passes through the brain ((Villringer et al. 1988) (Fig. 5.1). This clearly suggested that
dynamic measurement of the kinetics of Gd-DTPA could provide information on the
perfusion state of the tissue. However, the observed effect was rather surprising given the
discussion above because Gd-DTPA is commonly used to enhance the MR signal by reducing
T;. In a normal brain with an intact blood-brain barrier, the gadolinium remains confined
to the vascular space, so there should be no effect on the T} of tissue. This, combined with
the fact that the signal change is in the wrong direction for a T shortening effect, indicates
that the observed signal drop is caused by an effect of gadolinium that differs from its effect
on the longitudinal relaxation.

As described above, gadolinium possesses an additional physical property with magnetic
effects: a large magnetic dipole moment. The large magnetic moment of gadolinium alters
the magnetic susceptibility of the blood, creating a large susceptibility difference between the
vessels and the extravascular space. Field gradients are produced throughout the tissue, and
these field gradients lead to signal loss. Note that this susceptibility effect occurs for precisely
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Fig. 5.1. Dynamic imaging of the passage of contrast agent through the vasculature. Echo planar single-shot images are
collected every second for 40 s following injection of the contrast agent gadolinium-diethylenetriaminepentaacetic acid
(Gd-DTPA). Gadolinium alters the magnetic susceptibility of the blood, creating field gradients around the vessels and a
transient drop in the signal. The magnitude of the signal drop reflects the local blood volume. The third image in the
series (A) shows little contrast between gray matter (GM) and white matter (WM), whereas the image at 20's (B) shows a
deeper signal reduction in gray matter owing to the larger blood volume. The signal variations over time are plotted for a
region of white matter (C) and gray matter (D). (Data courtesy of B. Georgi.)

the same reason that the relaxivity effects of gadolinium are minor: the agent is confined
to the vascular space. If, instead, the gadolinium freely diffused into the extravascular
space, the intra- and extravascular concentrations would be about the same, and there
would be no susceptibility difference and no signal loss. The fact that there is a strong
susceptibility effect has been demonstrated by using a different contrast agent, dysprosium.
Dysprosium also has a large magnetic moment, even larger than gadolinium, but has
essentially no effect on relaxivity. Experiments with dysprosium show an even larger signal
drop for the same dose, as would be expected for a larger change in magnetic susceptibility
(Villringer et al. 1988).

The signal fall as gadolinium passes through the microvasculature is transient but it can
be measured with fast imaging techniques such as echo planar imaging (EPI). In qualitative
terms, we expect that the larger the amount of the agent within the voxel, the larger the signal
dip will be. Because the agent is confined to the blood vessels, the total amount present
is directly proportional to the local CBV. A full quantitative analysis of the kinetic curves of
Gd-DTPA is somewhat more involved and is discussed in Ch. 12, but the basic idea is that
the magnitude of the signal fall reflects local blood volume.
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Brain activation measured with contrast agents

The first measurement of brain activation with MRI used this basic analysis to measure
CBYV in two states (Belliveau et al. 1991). In the resting state, the subject was lying quietly in
the dark. In the active state, the subject viewed a flashing grid of red lights through a goggle
system. In each state, Gd-DTPA was injected, and the kinetic curves were measured in a
slice through the visual cortex along the calcarine fissure. The dynamic curve for each voxel
was analyzed to produce a map of CBV, and image voxels showing a significant change in
CBV were highlighted. The results were that CBV increased on average by 24% in the visual
cortex.

For studies of brain activation, contrast agent techniques are technically demanding.
A separate injection is required for each measurement of CBV. The gadolinium quickly
spreads to other parts of the body, so it is present in the blood in sufficient concentration
to produce the desired susceptibility effect only in its first pass through the vasculature.
Because multiple injections are required, only a few states of activation can be examined
in one subject. Also, the dose and rate of injection must be carefully controlled to ensure
that each injection is identical. The administered dose, and even the rate of injection,
directly affect the shape of the tissue curve, so any difference in the injections could
produce an artifactual difference in the CBV measured in two states. Furthermore, the
gadolinium bolus injection technique cannot measure the dynamics of a changing CBV. In
each measurement, it is assumed that the CBV is constant, and the changing MR signal
then reflects the changing concentration of gadolinium as it passes through this fixed
volume.

These technical problems could be alleviated if the susceptibility agent remained in the
blood for a sufficiently long time that the blood concentration remains constant during a
study. For a fixed CBV, the signal would be offset from the signal without the agent but would
be constant once the agent had equilibrated in the blood. Dynamic changes in the signal then
would reflect changes in CBV. Experimental paradigms like those used for BOLD studies
could be used, and because the signal changes produced by contrast agents can be sub-
stantially larger than BOLD signal changes based on oxygenation changes, these techniques
could be quite sensitive to subtle brain activations. Such agents have been developed for
animal studies and used to measure dynamic CBV changes during activation (Mandeville
et al. 1998). If such agents are approved for human studies, they will provide a powerful tool
for investigating brain activation. For now, though, contrast agent methods for fMRI have
been superceded for activation studies in humans by the methods based on intrinsic blood
oxygenation changes. However, blood volume measurements with Gd-DTPA have become a
standard clinical tool for the evaluation of stroke and other brain lesions.

Arterial spin labeling

Imaging cerebral blood flow

The goal with ASL is to map CBF directly. The contrast agent methods described above are
primarily sensitive to CBV, and it is difficult to extract a CBF measurement from observa-
tions of the kinetics of an intravascular tracer. The BOLD methods are sensitive to changes in
blood oxygenation, which depends on the combined effect of changes in CBF, CBV, and
CMRO,. Even though the BOLD effect correlates strongly with changes in CBF, it does not
provide a direct quantitative measurement of CBF alone.
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In nuclear medicine studies, CBF is measured with a diffusible tracer that readily leaves
the capillary and diffuses throughout the tissue volume. The tracer is delivered to different
brain areas in proportion to the local CBF, and so the amount delivered to a tissue element
directly reflects the perfusion of that element. Over time, the tracer will clear from the tissue
element, and the rate of clearance is also proportional to local CBF. Blood flow can be found
by measuring the tissue concentration over time, monitoring either the delivery or the
clearance of the tracer. In PET studies with H,"O, the tissue concentration of O is imaged
to determine the rate of delivery of the tracer to each image voxel, and in '**Xe studies, the
rate of clearance of the tracer from different brain regions is monitored with external
detectors (see Chapter 2).

In recent years, several MRI techniques have been developed that are similar in principle
to these nuclear medicine techniques (Detre et al. 1992; Edelman et al. 1994; Kim 1995; Wong
et al. 1998). With these ASL techniques, the water of arterial blood is labeled before it is
delivered to the imaging plane, and so these methods are similar in many respects to tracer
studies with H,'?0. Although the basic principles and approach to quantifying CBF carry
over from nuclear medicine techniques to MRI, a crucial difference between ASL methods
and radioactive tracer methods is that in ASL no tracer is injected. Instead, the arterial blood
is tagged magnetically with MR techniques, and the delivery of this tagged water to each
image voxel is measured. Because these techniques are completely non-invasive, the tagging
can be repeated many times for averaging to produce perfusion maps with a high SNR. In
addition, the ability to repeat the measurement every few seconds makes possible dynamic
imaging of blood flow, and for this reason ASL has the potential to produce maps of
perfusion in the human brain with higher spatial and temporal resolution than any other
existing technique.

Principles of arterial spin labeling

Arterial spin labeling is based on a simple idea, but in practice using this idea to create
quantitative perfusion maps requires careful attention to several sources of systematic error.
For this reason, dealing with these technical difficulties is a critical aspect of ASL methods,
and the implementation of these methods involves some subtle, but important, features. To
begin with, though, we will ignore these difficulties to clarify the basic idea behind the
method. The practical problems are discussed in Ch. 13.

Suppose that the goal is to measure the perfusion in each voxel of a transverse slice
through the brain. The ASL experiment involves making two images of this slice, referred
to as the tag and control images. For the tag image, the magnetization of the water in the
arterial blood is inverted before it reaches the slice. For example, a 180° RF pulse applied in
a slice-selective fashion to a thick slab below the imaging slice will invert all the spins,
including those of arterial blood that will eventually be delivered to the slice of interest.
After a delay inversion time (TI; typically 1-1.5s) to allow inverted blood to flow into the
slice, an image of the slice itself is collected, creating the tag image. The control image
is acquired in exactly the same way but with one exception: the arterial magnetization is
not inverted. If this is done carefully, any difference in the signal of a voxel between
the tag and control images should result only from the difference in the signal of arterial
blood delivered during the interval TI. Specifically, in each image the voxel signal is
proportional to the longitudinal magnetization of the voxel at the time of the image. If
no arterial blood is delivered, the signals measured in the tag and control images should
be the same, and so the difference image should be zero. However, if arterial blood is
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delivered to a voxel, it will carry an inverted magnetization in the tag image but a fully
relaxed magnetization in the control image, and so the signals of blood will not cancel in
the subtraction image.

The ASL difference image is then proportional to how much arterial blood has entered
the slice during the interval TI. Extending the argument from above, if the local CBF is
denoted by f (milliliters of blood per milliliter of tissue per second), and the volume of a
voxel is V (mL), then the total rate of arterial flow (mL/s) into the voxel is £V, and the volume
of arterial blood delivered during TI is fV x TI. Or, more simply, the fraction of the voxel
volume that is replaced with incoming arterial blood during the interval TI is fTI. For
example, for a typical CBF in the human brain, f = 0.01 s, and so for a typical delay of TI=15,
the delivered volume of arterial water is only 1% of the volume of the voxel. If CBF increases
by 50%, the amount of arterial water delivered will also increase by 50%, so the ASL difference
signal is directly proportional to CBF.

In practice, to make a quantitatively accurate measurement, several confounding factors
must be taken into account. Probably the most important correction that must be included
accounts for the fact that the blood requires some time to travel from the inversion band to
the imaging voxel (Alsop and Detre 1996; Buxton et al. 1998). This transit delay not only
varies across the brain but also changes in the same brain region with activation. If the transit
delay effect is not taken into account, the ASL image is only a semiquantitative map of
perfusion because the measured signal will reflect the transit delay as well. Another problem
is that some of the tagged arterial blood present in the slice when the image is acquired may
be in large vessels and destined to perfuse a more distal capillary bed, rather than the capillary
bed of the voxel in which it appears. This can lead to an overestimate of local perfusion.

The magnetization of the tagged blood decays in the time between the inversion pulse
and the measurement, reducing the ASL signal. This decay is analogous to radioactive
decay of a tracer, and a correction must be made to account for it. This is complicated,
however, because the decay rate initially is governed by the T of arterial blood, but after
the water molecule has left the capillary and entered the extravascular space, the decay is
governed by the T of tissue. This correction, depends therefore, on the time of exchange
of water from the blood to the tissue. Finally, an absolute calibration of the ASL differ-
ence signal in terms of CBF units requires information about the equilibrium magnet-
ization of blood. All these factors must be taken into account to produce a quantitative
map of CBF, and much of the current research in this area focuses on how to deal with
these problems. When these effects are carefully controlled, ASL can produce accurate
maps of CBF.

There are several versions of ASL techniques, differing in how the tagging is done, the
nature of the control image, whether they are compatible with multislice imaging, and
sensitivity to the various confounding factors that complicate the determination of a quanti-
tative CBF map. These techniques are discussed in detail in Ch. 13. Here, we can illustrate the
potential of ASL imaging of perfusion with a set of images made with a technique called
QUIPSS II (quantitative imaging of perfusion with a single subtraction, version II; Wong
et al. 1998). The images in Fig. 5.2 show five slices with the T;-weighted anatomical images
on the bottom and the ASL perfusion images on the top. The perfusion images were
acquired in a total imaging time of 3 min by alternating between tag and control images
every 2 s and constructing the average difference map. Because the ASL signal change is so
small, averaging is necessary to improve the SNR. The areas of highest perfusion closely
follow the gray matter.
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Fig. 5.2. Arterial spin labeling (ASL) images of cerebral blood flow. The top row shows five contiguous 8 mm sections
through the brain collected with the QUIPSS Il pulse sequence (see text), and the bottom row shows conventional
anatomical images for comparison. Note that cerebral blood flow is highest in gray matter, as would be expected.
Averaging for the ASL images required 3 min of data acquisition. (Data courtesy of E. Wong.)

Imaging using BOLD-fMRI

Blood susceptibility depends on deoxyhemoglobin content

In studies using contrast agents, the susceptibility of the blood is manipulated by the
experimenter. But nature has also provided an intrinsic physiological agent that alters
blood susceptibility: deoxyhemoglobin. Fully oxygenated blood has about the same suscept-
ibility as other brain tissues, but deoxyhemoglobin is paramagnetic and changes the suscep-
tibility of the blood. As capillary and venous blood become more deoxygenated, field
distortions around the vessels are increased, and the local signal decreases. In a complemen-
tary fashion, if blood oxygenation increases, the local MR signal also increases. This BOLD
contrast is the basis of most of the fMRI studies of brain activation performed today.

The phenomenon of changes in blood oxygenation producing a measurable effect on
MR images was first observed by Ogawa and co-workers (1990a). In this pioneering study,
they imaged the brain of a mouse breathing different levels of O,, using a 7 T system with strong
gradients to produce a voxel resolution of 65 pm in plane and a slice thickness of 700 um. They
found that when the mouse breathed 100% O,, the brain image was rather uniform and
featureless. But when the animal breathed only 20% O,, there was a dramatic change. Many
dark lines appeared, outlining the major structures in the brain. The dark lines corresponded to
the locations of blood vessels, and when the oxygenation of the blood was increased back to
100%, the lines reversibly disappeared. These investigators also noted that the signal loss around
the vessels was greater with increased echo time, and that the width of some of the lines grew
larger as the echo time was increased, suggesting that the presence of the deoxygenated blood in
the vessels affected the transverse relaxation outside as well as within the vessels. The observed
signal loss was interpreted to be a result of the change in the magnetic susceptibility of the blood
vessel compared with its surroundings owing to an increase in deoxyhemoglobin.

The fact that deoxyhemoglobin is paramagnetic, and that this creates magnetic field
gradients inside and around the red blood cells, was well known (Thulborn et al. 1982), but
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this was the first demonstration that this phenomenon could produce a measurable effect
in an MR image following a physiological manipulation. Subsequent studies in a cat model at
4T using EPI further demonstrated that changes in brain oxygenation following respiratory
challenges could be followed with GRE imaging (Turner et al. 1991).

These animal studies in which blood oxygenation was manipulated by the experimenter
suggested that natural physiological processes that alter the oxygenation of blood also
might be detectable with MRI. Kwong and co-workers (1992) reported a demonstration of
mapping activation in the human brain using GRE MR imaging during visual stimulation
and a simple motor task. In these experiments a 1 min stimulus period alternated with a 1 min
rest period, and EPI images were collected throughout several periods of stimulus and rest.
The GRE signal in the visual cortex increased by approximately 3-4% during the photic
stimulation, and a similar increase was observed in the hand motor area during a hand-
squeezing task. This report, and several others published shortly afterward (Bandettini et al.
1993; Frahm et al. 1992; Ogawa et al. 1992), marked the beginning of functional human brain
mapping based on the BOLD effect.

At first glance, the observation of a signal increase during activation seems somewhat
surprising because it implies that the blood is more oxygenated in areas of focal brain activation.
Ogawa and colleagues in their earlier paper (1990a) had speculated that the deoxyhemoglobin
effect could be used to monitor regional O, usage, suggesting that more active regions would
appear darker because of increased deoxyhemoglobin resulting from higher O, consumption.
However, this plausible prediction turned out to be wrong because of the nature of the physio-
logical changes that occur during brain activation. As discussed in Chs. 1 and 2, earlier PET
studies by Fox and co-workers (Fox and Raichle 1986; Fox et al. 1988) had found a pronounced
mismatch between the increases in blood flow and O, metabolism during brain activation: CBF
increases much more than CMRO,. As a result, the delivery of O, to the capillary bed is
substantially increased, but less is removed from the blood, so the blood is more oxygenated.

Our picture of the BOLD effect is then as follows. In the normal awake human brain,
approximately 40% of the O, delivered to the capillary bed in arterial blood is extracted and
metabolized. There is consequently a substantial amount of deoxyhemoglobin in the venous
vessels, and so the MR signal is attenuated from what it would be if there were no deoxy-
hemoglobin. When the brain is activated, the local flow increases substantially, but O,
metabolism increases only by a small amount. As a result, the O, extraction is reduced, and
the venous blood is more oxygenated. The fall in deoxyhemoglobin concentration leads to a
signal increase. At 1.5 T, the increase is typically small (a few percent or less). Nevertheless, with
careful statistical analysis such small changes can be reliably detected. At higher fields, such as
7'T, the signal changes can be several times larger because the field distortions from magnetic
susceptibility effects are proportional to the main magnetic field, so that the same amount of
deoxyhemoglobin causes a larger signal reduction.

Mapping brain activation

Since the discovery that brain activation creates small changes in the local MR signal through
the BOLD effect, a number of imaging approaches have been used to measure it. The
prototype brain mapping experiment consists of alternating periods of a stimulus task and
a control task (Bandettini ef al. 1993). For example, in one of the most often repeated experi-
ments, a subject rapidly taps the fingers of one hand against the thumb for a short period (e.g.,
305s) and then rests for the same period. This cycle is repeated several times. Throughout these
stimulus—control cycles dynamic EPIs are collected covering all or part of the brain. For a

111



12

An overview of fMRI

A Anatomical image Dynamic EPI Fig. 5.3. Signal changes in a BOLD,

study. (A) High-resolution anatomical
image (256 x 256 matrix) cutting
through the central sulci and the hand
motor and sensory areas. (B) One
image from a series of 128 low-
resolution dynamic images (64 x 64
matrix) collected every 2 s with EPI. The
signal time courses from echo planar
imaging (EPI) for a 3 x 3 block of pixels
are shown below. During the data
acquisition, the subject performed

eight cycles of a bilateral finger tapping
task, with one cycle consisting of 16 s of
tapping followed by 16 s of rest. Several
pixels show clear patterns of signal
variation that correlate with the task.
(See plate section for color version,)
(Data courtesy of L. Frank.)

typical implementation, the images are acquired rapidly in a single-shot mode, requiring 100 ms
or less for each image acquisition, and the spatial resolution is low compared with conventional
MR images (e.g, 3mmx3mmx5mm). In this multislice dynamic imaging, images of
each of the chosen slices are acquired in rapid succession, and after a repetition time (TR)
this set of images is acquired again. The image acquisition is repeated at regular intervals of
TR throughout the experiment, while the subject alternates between stimulus and control tasks.

This set of images can be thought of as a four-dimensional data set: three spatial dimen-
sions plus time. For example, Fig. 5.3 shows a single slice through the motor area from such
a study in which eight cycles of 16s of finger tapping were alternated with 16s of rest.
With TR =2s, 128 images were collected covering the eight cycles. The figure shows a high-
resolution anatomical image and one image from the dynamic EPI series. The signal time
courses for a block of 3 x 3 pixels of the dynamic images are also shown.

These data are analyzed to identify areas of activation by examining the signal time
course for each individual pixel with the goal of identifying pixels in which the signal shows
a significant change between the stimulus and control periods. In Fig. 5.3, the eight-cycle
pattern is clearly evident in a few pixels, but often changes that are not apparent to the eye
are nevertheless statistically significant. Because the signal changes from the BOLD effect
are small (only a small percentage change at 1.5 T), this statistical analysis is a critical aspect
of interpreting BOLD data. It is described in more detail in Ch. 15. The end result of the
statistical analysis is a decision for each voxel of whether or not there was a significantly
detectable activation, based on whether a calculated statistic, such as the f-statistic or the
correlation coefficient, passed a chosen threshold.

An important factor to include in the statistical analysis of BOLD data is that the
metabolic activity producing the change in blood oxygenation and the BOLD effect lag
behind the stimulus itself. That is, one must assume some model for the hemodynamic
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Stimulus

Model
hemodynamic
response

Pixel
time
course

Time (min)

B % signal change C Correlation coefficient (r) D r>0.35

Fig. 5.4. Correlation analysis of dynamic echo planar imaging data to identify pixels showing evidence of activity.
(A) The hemodynamic response is modeled as a trapezoid, with 6 s ramps and a delay of 2 s from the beginning of
the stimulus. (B,C) By correlating the model function with a pixel time course, the signal change (B) and the correlation
coefficient r (C) can be calculated. (D) The pixels passing a threshold of r > 0.35 are highlighted on the anatomical
image. For this final display, the 64 x 64 calculated image of rwas interpolated up to 256 x 256 to match the
high-resolution image (See plate section for color version.)

response to stimulation, and a typical assumed form is a smoothed and delayed trapezoid.
Figure 5.4 illustrates a correlation analysis of the dynamic BOLD data in Fig. 5.3. The
hemodynamic response (i.e., the BOLD signal change) is modeled as a trapezoid with 6s
ramps and a delay of 2s after the start of the stimulus, and the correlation of this model
function with the measured pixel time course is calculated for each pixel. Those pixels that
show a correlation coefficient greater than a chosen threshold value are designated as
activated pixels and are then displayed in color overlayed on a gray scale image of the
underlying anatomy. The gray scale image could be one of the EPI images from the dynamic
time series or a higher-resolution structural image acquired separately, such as a volume
acquisition. Only the pixels that pass the chosen statistical threshold are colored, and for
these pixels the color used typically reflects either the value of the statistic (e.g., the
correlation coefficient) or a measure of the degree of signal change (e.g., percentage signal
change) (Bandettini et al. 1993).

This basic paradigm is widely used, but there are many variations. Single-shot EPI is the
most commonly used image acquisition technique because it has desirable features of rapid
data acquisition and a high SNR. But multishot EPI and conventional two- and three-
dimensional GRE imaging are also used. Both GRE and SE images exhibit BOLD effects,
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although the GRE signal is more sensitive because the signal changes produced by activation
are larger. However, at higher magnetic fields, the SE signal changes are larger, and because
they are more likely to reflect microvascular changes, they may give a more precise spatial
map of the areas of activation (Yacoub et al. 2003). In addition, ASE is sometimes used
because the ASE signal is intermediate between the GRE and SE signals in terms of both
overall sensitivity and sensitivity to the microvasculature. The basic block design of stimulus
trials is often used, but single-trial (Dale and Buckner 1997) and continuously varying

(Sereno et al. 1995) stimulus paradigms also have been developed.

References

Alsop DC, Detre JA (1996) Reduced transit-
time sensitivity in non-invasive magnetic
resonance imaging of human cerebral
blood flow. J Cereb Blood Flow Metab 16:
1236-1249

Bandettini PA, Wong EC, Hinks RS, Tikofsky
RS, Hyde JS (1992) Time course EPI of
human brain function during task activation.
Magn Reson Med 25: 390-397

Bandettini PA, Jesmanowicz A, Wong EC, Hyde
JS (1993) Processing strategies for time-
course data sets in functional MRI of the
human brain. Magn Reson Med 30: 161-173

Belliveau JW, Kennedy DN, McKinstry RC, et al.
(1991) Functional mapping of the human
visual cortex by magnetic resonance imaging.
Science 254: 716-719

Buxton RB, Frank LR, Wong EC, et al. (1998)

A general kinetic model for quantitative
perfusion imaging with arterial spin labeling.
Magn Reson Med 40: 383-396

Dale AM, Buckner RL (1997) Selective averaging
of rapidly presented individual trials using
fMRI. Hum Brain Mapping 5: 329-340

Davis TL, Kwong KK, Weisskoff RM, Rosen BR
(1998) Calibrated functional MRI: mapping
the dynamics of oxidative metabolism. Proc
Natl Acad Sci USA 95: 1834-1839

Detre JA, Leigh JS, Wllliams DS, Koretsky AP
(1992) Perfusion imaging. Magn Reson Med
23: 37-45

Duhamel G, Schlaug G, Alsop DC (2006)
Measurement of arterial input functions for
dynamic susceptibility contrast magnetic
resonance imaging using echoplanar images:
comparison of physical simulations with
in vivo results. Magn Reson Med 55: 514-523

Edelman RR, Siewert B, Darby DG, et al. (1994)
Qualitative mapping of cerebral blood flow
and functional localization with echo-planar
MR imaging and signal targeting with
alternating radiofrequency (STAR)

sequences: applications to MR angiography.
Radiology 192: 513-520

Fox PT, Raichle ME (1986) Focal physiological
uncoupling of cerebral blood flow and
oxidative metabolism during somatosensory
stimulation in human subjects. Proc Natl
Acad Sci USA 83: 1140-1144

Fox PT, Raichle ME, Mintun MA, Dence C
(1988) Nonoxidative glucose consumption
during focal physiologic neural activity.
Science 241: 462-464

Frahm ], Bruhn H, Merboldt K-D, Hanicke W,
Math D (1992) Dynamic MR imaging of
human brain oxygenation during rest and
photic stimulation. ] Magn Reson Imaging 2:
501-505

Kim S-G (1995) Quantification of regional
cerebral blood flow change by flow-sensitive
alternating inversion recovery (FAIR)
technique: application to functional
mapping. Magn Reson Med 34: 293-301

Kwong KK, Belliveau JW, Chesler DA, et al.
(1992) Dynamic magnetic resonance imaging
of human brain activity during primary
sensory stimulation. Proc Natl Acad Sci USA
89: 5675-5679.

Le Bihan D, Breton E, Lallemand D, et al. (1988)
Separation of diffusion and perfusion in
intravoxel incoherent motion MR imaging.
Radiology 168: 497-505

Mandeville JB, Marota JJA, Kosofsky BE, et al.
(1998) Dynamic functional imaging of
relative cerebral blood volume during rat
forepaw stimulation. Magn Reson Med 39:
615-624

Ogawa S, Lee TM, Nayak AS, Glynn P (1990a)
Oxygenation-sensitive contrast in magnetic
resonance image of rodent brain at
high magnetic fields. Magn Reson Med 14:
68-78

Ogawa S, Lee TM, Kay AR, Tank DW (1990b)
Brain magnetic resonance imaging with



Imaging functional activity

contrast dependent on blood oxygenation.
Proc Natl Acad Sci USA 87: 9868-9872

Ogawa S, Tank DW, Menon R, et al. (1992)
Intrinsic signal changes accompanying
sensory stimulation: functional brain
mapping with magnetic resonance imaging.
Proc Natl Acad Sci USA. 89: 5951-5955

Qstergaard L, Sorensen AG, Kwong KK, et al.
(1996a) High resolution measurement of
cerebral blood flow using intravascular
tracer bolus passages. Part II: experimental
comparison and preliminary results. Magn
Reson Med 36: 726-736

Ostergaard L, Weisskoff RM, Chesler DA,
Gyldensted C, Rosen BR (1996b) High
resolution measurement of cerebral blood
flow using intravascular tracer bolus
passages. Part I: mathematical approach
and statistical analysis. Magn Reson Med 36:
715-725

Rosen BR, Belliveau JW, Chien D (1989)
Perfusion imaging by nuclear magnetic
resonance. Magn Reson Quart 5: 263-281

Sereno MI, Dale AM, Reppas JB, et al. (1995)
Borders of multiple visual areas in humans
revealed by functional magnetic resonance
imaging. Science 268: 889-893

Thulborn KR, Waterton JC, Matthews PM,
Radda GK (1982) Oxygenation dependence
of the transverse relaxation time of water
protons in whole blood at high field. Biochim
Biophys Acta 714: 265-270

Turner R, LeBihan D, Moonen CTW, Despres D,
Frank J (1991) Echo-planar time course MRI
of cat brain oxygenation changes. Magn
Reson Med 27: 159-166

Villringer A, Rosen BR, Belliveau JW, ef al.
(1988) Dynamic imaging with lanthanide
chelates in normal brain: contrast due to
magnetic susceptibility effects. Magn Reson
Med 6: 164-174.

Wolf RL, Detre JA (2007) Clinical neuroimaging
using arterial spin-labeled perfusion magnetic
resonance imaging. Neurotherapeutics 4:
346-359

Wong EC, Buxton RB, Frank LR (1998)
Quantitative imaging of perfusion using a
single subtraction (QUIPSS and QUIPSS II).
Magn Reson Med 39: 702-708

Yacoub E, Duong TQ, van de Moortele PF,
et al. (2003) Spin-echo fMRI in humans
using high spatial resolutions and high
magnetic fields. Magn Reson Med 49:
655-664

115






Principles of magnetic resonance
imaging

Part IIA The nature of the magnetic resonance signal
6 Basic physics of magnetism and NMR
7 Relaxation and contrast in MRI
8 Diffusion and the MR signal
Part ITB Magnetic resonance imaging
9 Mapping the MR signal
10 Techniques in MRI
11 Noise and artifacts in MR images






) | The nature of the magnetic
resonance signal







Basic physics of magnetism
® and NMR

Introduction page 121
Electromagnetic fields 122
The field concept 122
Magnetic fields 123
Induction and NMR signal detection 125
Gradient and radiofrequency coils 128
Dynamics of nuclear magnetization 130
Interaction of a magnetic dipole with a magnetic field 130
Precession 131
Relaxation 131
Radiofrequency excitation 134
Frequency selective radiofrequency pulses: slice selection 136
Adiabatic radiofrequency pulses 139
Magnetic properties of matter 140
Paramagnetism, diamagnetism, and ferromagnetism 140
Magnetic susceptibility 142
Field distortions in the head 144
Introduction

In Ch. 3 the basic features of the NMR experiment were introduced, and in this chapter
the basic physics underlying NMR is presented in more detail. We begin with a review of
the basic physics of magnetic fields, including how coils are used to detect the NMR signal
and how gradient fields are produced for imaging. The dynamics of a magnetic dipole in a
magnetic field, which is the central physics underlying NMR, is considered next in terms of
the two important physical processes of precession and relaxation. Precession and relaxation
have quite different characteristics; precession is a rotation of the magnetization without
changing its magnitude, whereas relaxation creates and destroys magnetization. The inter-
play of these two processes leads to a rich variety of dynamic behavior of the magnetization.
In the final section of the chapter, the magnetic properties of matter are considered in terms
of how the partial alignment of dipoles with the magnetic field creates additional fields in the
body. These field variations caused by magnetic susceptibility differences between tissues
lead to unwanted distortions in MR images, but such effects are also the basis for most of the
fMRI techniques.

In trying to understand how NMR works, it is helpful to have an easily visualized model
for the process. The physical picture presented here is a classical physics view, and yet the
physics of a proton in a magnetic field is correctly described only by quantum mechanics. The
source of the NMR phenomenon is that the proton possesses spin, and spin is intrinsically
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a quantum mechanical property. Despite the familiar sounding name, spin is fundamentally
different from the angular momentum of more familiar terrestrial scale objects. For example,
a spinning baseball possesses angular momentum, and yet we can easily imagine changing
that angular momentum by spinning it faster or stopping it altogether. In other words, the
spin is not an intrinsic part of the baseball. But for a proton, the spin is an intrinsic part of
being a proton. It never speeds up and never slows down, and the only aspect of the spin that
can be changed is the orientation of the spin axis. Neutrons also possess spin, and protons
and neutrons combine to form a nucleus such that their spins mutually cancel (opposite spin
axes), so that the nucleus has no net spin unless there are an odd number of protons or
neutrons. As a result, the nuclei of "H (one proton) and '>C (six protons and seven neutrons)
have a net spin, but '*C does not.

Furthermore, the quantum view is still stranger, with only certain states allowed, and even
the definition of a state is rather different from the classical view. At first glance, the quantum
view seems to simplify the picture of the NMR phenomenon. The centerpiece of the quantum
view is that any measurement of one component of the spin of a proton will yield only one of
two possible values of the spin orientation: spin up or spin down. It seems as if this two-state
system ought to be easier to think about than magnetic moment vectors that can point in any
direction. However, this sort of partial introduction of quantum ideas into the description of
NMR often leads to confusion. After all, if the spin can only be up or down in a magnetic
field, how do we ever get transverse magnetization, precession, and the NMR signal? In short,
the quantum view is correct, but it is difficult to think about the wide range of phenomena
involved in NMR from a purely quantum viewpoint. Fortunately, however, the classical view,
although totally incorrect in its description of the behavior of a single proton, nevertheless
gives the correct physics for the average behavior of many protons, and accurately describes
most of the physics encountered in MRI. For this reason, we will develop a physical picture
of NMR based on a classical view, and the only feature from quantum mechanics that
is essential is the existence of spin itself. For the interested reader, the Appendix contains a
sketch of the quantum mechanical view of NMR.

Electromagnetic fields
The field concept

Nearly every aspect of the world around us is the result of the interactions of charged
particles. Electrons in an atom are bound to the nucleus by the electric force between the
charges, and light, and other forms of electromagnetic radiation, can be understood as the
cooperative interplay among changing electric and magnetic fields. The phenomenon of
NMR is, of course, deeply connected to magnetic field interactions, in particular the behavior
of a magnetic dipole in a magnetic field. In addition, a recurring theme in MRI is the
geometrical shape of the magnetic field, which underlies the design of coils for MRI, distortions
in fast MRI, and the microscopic field variations that are the basis for the blood oxygenation
level dependent (BOLD) signal changes measured during brain activation. To begin with, we
consider the nature of magnetic fields. (Excellent introductions to electromagnetic fields are
given by Purcell (1965) and Feynman et al. (1965).)

The concept of a field is a useful way of visualizing physical interactions, and the simplest
example is a gravitational field. In comparison with the complex interactions of charged
particles, the gravitational interaction of two massive bodies is relatively simple. The two
bodies attract each other with a force that is proportional to the product of their masses and
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inversely proportional to the square of the distance between them. We describe this inter-
action in terms of a field by saying that the second body interacts with the gravitational field
created by the first body. The field extends through all of space, and the strength of the field at
any point is proportional to the mass of the body and falls off with distance from the body
with an inverse square law.

The gravitational field is a vector field in which each point in space has a vector arrow
attached that describes the local strength and direction of the field. For visualizing a field, the
most direct way is to imagine such arrows at every point in space, but this is difficult to draw.
Instead, the usual way to show fields is to draw continuous field lines. A field line is an
imagined line running through space such that the direction of the local field at any point
on the line is tangent to the line. Each point in space has a field line running through it, but
the field pattern can be graphically depicted by showing only selected field lines. Field lines
naturally show the local field direction, but the magnitude of the local field is shown in a more
subtle way. The stronger the field, the more closely spaced the field lines. Therefore, for the
gravitational field around a spherical body, the field is drawn as radial lines pointed inward,
with the spread of the field lines indicating the weakening of the field with increasing distance.

The electric field is in some ways analogous to the gravitational field, with electric charge
playing the role of mass. The electric force between two charged bodies is proportional to the
product of their charges and falls off with the square of the distance between them. However,
there are two important differences between the electric field and the gravitational field:
(1) the electric force between two like charges is repulsive, rather than attractive; and (2) charges
can be either positive or negative, and the force between opposite charges is attractive. Because
mass is always positive, gravity is always attractive and tends to pull matter into large massive
bodies such as stars and planets. Because charges can be positive or negative, the electric force
tends to group matter into smaller stable structures with no net charge, such as atoms and
molecules.

The electric field can be represented graphically in the same way as the gravitational field,
with the local vector arrows indicating the direction of the force on a positively charged
particle (a negatively charged particle would feel a force in the opposite direction). For
example, Fig. 6.1A shows the electric field around a positive charge, a monopole field. The
field lines are radial and point outward, indicating that the force on another positive charge
is repulsive. If the central charge were negative, the field lines would point inward like a
gravitational field. However, because there are both positive and negative charges, there are
electric field configurations that have no counterpart in a gravitational field. For example,
Fig. 6.1B shows the field around two nearby charges with equal magnitude but opposite
sign, a pattern known as an electric dipole field. There is no corresponding dipole gravita-
tional field.

Magnetic fields

The existence of both positive and negative charges introduces some complexities into the
interaction of charged particles, but the electric field is only a part of the picture. In addition
to the electric interactions, there are additional forces generated by the motions of the
charges. When a charged particle moves through a region where a magnetic field is present,
the particle will feel a force in addition to that of any electric field that may be present. For
example, consider two parallel wires carrying currents in the same direction. The positive
and negative charges in each wire are balanced, so there is no electric force between the two
wires. Yet experiments show that with parallel currents there is an attractive force between
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A Electric monopole B Electric dipole Fig. 6.1. Basic electric and
i magnetic field patterns.

» 4 The simplest electric fields
are the monopole field
produced by a single
charge (A) and the dipole
field produced by two
opposite and slightly
displaced charges (B).
There are no magnetic
monopoles, and the
simplest source of a
magnetic field is a straight
wire carrying a current (C).
If the wire is bent into a
small loop of current, the
field is a magnetic dipole
field (D). The electric and
magnetic dipole fields

are identical far from

the source but are quite
different near the source.

/ 1\

C  Magnetic field around a current D Magnetic dipole

Current

the two wires. If the current in one wire is reversed, the force becomes repulsive, and if the
current in one wire is reduced to zero, the force disappears. This additional force is a result of
the interaction of the moving charges in one wire interacting with the magnetic field created
by the current in the other wire.

The force on a wire carrying a current in a magnetic field is the basis for a loudspeaker
system, making possible the conversion of electrical signals into mechanical vibrations. It is
also the source of the loud acoustic noise in an MR scanner. Imaging depends on applying
pulsed gradient fields to the sample, which means that strong current pulses are applied to the
gradient coils. These wires carry substantial current and are in a large magnetic field, so there
are large forces produced, creating a sharp tapping sound when the gradients are pulsed. The
sound can be quite loud, particularly when strong gradients are used, and subjects to be
scanned must wear ear protection.

Magnetic fields are produced whenever there is a flow of electric charge creating a
current. Figure 6.1C shows the magnetic field around a long straight wire. The field lines
for this simple current are concentric circles in the plane perpendicular to the wire and
centered on the wire. The direction of the field lines depends on the direction of the current,
following a right-hand rule: with your right thumb pointing along the direction of the
current, your fingers curl in the direction of the magnetic field. The magnetic field strength
diminishes as the distance from the wire increases.

If a wire carrying a current is bent into a small circular loop, the magnetic field is distorted,
as shown in Fig. 6.1D. Near the wire, the concentric field lines are similar to the straight
wire. That is, if one is close enough to the current loop so that the curvature is not apparent,
the magnetic field is similar to that of a straight wire. However, far from the source this
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Fig. 6.2. The dipole field
of a spinning charged
sphere. A charged sphere
rotating around the zaxis
produces a magnetic
dipole field outside. The
field lines themselves are
shown (B,) but usually just
the zcomponent of the
field is of interest. Contours
of equal B, are shown on
the right.

Magnetic field lines Contours of B,

magnetic field pattern is identical to the electric dipole field, and, correspondingly, this
pattern is called a magnetic dipole field. In general, the term dipole field refers to the pattern
far from the source, and so two fields can be quite different near the source but still be
described as dipole fields. For the electric dipole field, all the field lines end on one or the
other of the two charges that make up the dipole. In contrast, the magnetic dipole field is
composed of continuous loops that pass through the ring of current. This is a general and
important difference in the geometry of electric and magnetic fields: magnetic field lines
always form closed loops.

A small ring of current is the prototype of a magnetic dipole, but another classical
example of a magnetic dipole is a spinning, charged sphere (Fig. 6.2). This is the basic picture
of an atomic nucleus (e.g., the proton, the nucleus of hydrogen) often used for visualizing
NMR. For simplicity, assume that the charge is uniformly distributed over the surface of the
sphere. This rotating sphere can be viewed as a stack of current loops, with the largest loop
area and highest current at the equator of the sphere. When these loops are summed, the net
magnetic dipole moment of the sphere turns out to be identical to that of a single current
loop at the center of the sphere. Figure 6.2 illustrates the magnetic dipole field by plotting
both the field lines and a contour map of just the z-component of the magnetic field (B,). (For
most NMR applications, the z-component of additional fields are important because this is
what adds to the main magnetic field [By] to create field variations.)

Induction and NMR signal detection

Our picture of electromagnetic fields so far is that charges create electric fields, and charges
in motion (currents) create magnetic fields. In the first half of the nineteenth century, Faraday
unraveled an additional feature: changing magnetic fields create electric fields. This phenom-
enon, called electromagnetic induction, is at the heart of many examples of electrical techno-
logy. For example, induction makes possible the generation of electricity from a mechanical
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signal Fig. 6.3. Induction signals in coils near a precessing
magnetic dipole. For a dipole rotating in the x—y plane,

coil coils along the x- and y-axis show oscillating signals
with a relative phase shift of 90° as the magnetic flux
of the dipole sweeps across the coils. For the coil along
the zaxis, the flux is constant, and so no current is
induced.
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energy source, such as hydroelectric power, and the conversion of acoustic signals into
electrical signals in a microphone.

In NMR, induction is the process that generates a measurable signal in a detector
coil. Imagine a small dipole moment, a spinning charged sphere, rotating around an axis
perpendicular to its spin axis. The spinning sphere creates a dipole magnetic field in its
vicinity, and as the magnet rotates the dipole field sweeps around as well. As a result, at any
fixed point in space near the magnetic dipole, the magnetic field changes cyclically with time.
If we now place a loop of wire, a detector coil, near the spinning dipole, the changing
magnetic field will create a current in the wire through the process of induction (Fig. 6.3).

The strength of the induced current in the coil depends on both the proximity and the
orientation of the coil with respect to the magnetic dipole. The quantitative relation is that
the induced current is proportional to the rate of change of the flux of the magnetic field
through the coil. For example, consider a circular coil and imagine the surface enclosed by
the wire. The net flux of the magnetic field is calculated by adding up the perpendicular
components of the magnetic field lines at each point on this surface. Or, more qualitatively,
the flux is proportional to the number of field lines enclosed by the coil.

The somewhat abstract concept of magnetic flux suggests a flow of something through
the coil, but the thing “flowing” is the magnetic field. The source of the terminology is a close
analogy between magnetic fields and velocity fields in a fluid. Velocity is also a vector, and the
velocity field within a fluid can be plotted as a field with the same conventions that we use
for the magnetic field. Velocity field lines in an incompressible fluid also form closed loops,
like magnetic field lines. Placing our coil in the fluid, the calculated flux is simply the volume
flow rate through the coil. When the coil is perpendicular to the local flow direction, the flux
is high; if the coil is placed so that the flow passes over it rather than through it, the flux
is zero.

Figure 6.3 illustrates a spinning magnetic dipole inducing currents in several nearby coils.
Note that when the coil is oriented such that the axis of the coil is the same as the axis of
rotation of the dipole, the flux is constant so there is no induced current. For other
orientations though, a cyclic signal is generated in the coil with the same frequency as the
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frequency of rotation of the dipole. The maximum signal is produced when the axis of the
coil is perpendicular to the axis of rotation of the dipole, because this orientation creates the
largest change in flux as the dipole field sweeps past the coil. When the coil is moved farther
from the source, the flux is diminished, and so the change in flux also is diminished, and the
signal created in the coil is weaker.

The two coils oriented 90° from each other, but with the axis of each coil perpendicular
to the rotation axis, show the same strength of induced current, but the signals are shifted
in time. This time shift of the signal is described as a phase shift, and in this case it is a phase
shift of 90°. For any periodic signal with a period T, a shift in time can be described as an
angular phase shift in analogy with circular motion. A phase shift of one full period T
corresponds to one complete cycle, while a phase shift of 360°, and a time shift of T/4
corresponds to a phase shift of 90°. Sometimes phase shifts are expressed in radians rather
than degrees, where 360° =2 radians.

The concept of phase recurs often in MRI. In particular, the concept of phase dispersion
and a resulting loss in signal is important in virtually all MRI techniques. Imagine a coil
detecting the signal from several rotating dipoles. If the dipoles are all rotating in phase with
one another, so that at any instant they are all pointing in the same direction, then the signals
induced by each in the coil add coherently and create a strong net signal. However, if there is
phase dispersion, so that at any instant the dipoles are not aligned, then there is destructive
interference when the signals from each dipole are added together in the coil, and the net
signal is reduced.

The configuration of two coils perpendicular to each other is an example of a quadrature
detector. Each coil is sensitive to the component of the magnetization perpendicular to the
coil because that is the component that creates a changing flux through the coil. Because of
their orientation, the signal measured in the second coil is phase-shifted 90° from the signal
in the first coil. By electronically delaying the second signal for one quarter of a cycle, the two
signals are brought back in phase and can be averaged to improve the signal to noise ratio
(SNR) before being sent to the amplifier. Noise comes about primarily from fluctuating
stray currents in the sample, which create random currents in the detector coil. Because the
two coils of a quadrature detector are oriented perpendicular to each other, the fluctuating
fields that cause noise in one coil have no effect on the other coil. If the fluctuating fields
along these two directions are statistically independent, the noise signals measured in the
two coils will also be independent. Then when the signals from the two coils are combined,
the incoherent averaging of the noise improves the SNR by 1/2 compared with a single-coil
measurement.

In a phased array coil arrangement, two or more coils send signals to separate amplifiers,
with the result that the detected signals are analyzed individually. Phased array coils are useful
for imaging as a way of improving the SNR beyond what can be achieved by quadrature
detection alone (Grant et al. 1998). The noise picked up by a coil is proportional to its sensitive
volume, which is linked to the size of the coil. Therefore, a small coil has a higher SNR, but
the drawback of a small coil is that only a small region can be imaged. With a phased array
system, several small coils can be used to achieve the coverage of a large coil but with the
SNR of a small coil. Each coil is sensitive to a different location and so provides a high SNR
for the signal from that location. Note that this requires separate amplifier channels for
each coil. If the signals from the different coils were combined before being sent to a single
amplifier, the noise from each coil would contaminate the signals from the other coils,
destroying the SNR advantage.
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Gradient and radiofrequency coils
Any configuration of wires carrying a current creates a magnetic field in the vicinity of the
wires. We will refer to any such arrangement as a coil, even if it is not a simple loop or helical
configuration. In MRI, coils are used for generating the main magnetic field for generating
gradient fields used for imaging, for generating the oscillating radiofrequency (RF) field
used to tip over the local magnetization, and for detecting the NMR signal. A surface coil for
detecting the signal may be as simple as a single loop of wire, but the designs of more
complex RF and gradient coils are much more sophisticated. Nevertheless, we can appreciate
how different field patterns can be created by considering two prototype coil configurations
produced by combining two circular coils carrying a current. The field of each coil separately
was shown in Fig. 6.1, and the net fields for two coil arrangements are illustrated in Fig. 6.4.
Each set consists of two circular coils oriented on a common axis, with the currents parallel
in the first set (Fig. 6.4A) and opposite in the second set (Fig. 6.4B).

The first arrangement, called a Maxwell pair, produces a rather uniform field between the
two coils, with the field diverging and weakening at the two ends. If many such coils are
stacked together, the result is a solenoid with a very uniform field inside. This is the basic coil

A Parallel current rings B Opposite current rings Fig. 6.4. Two simple coll

(uniform field) (linear gradient field) configurations suggest how

I the geometry of magnetic

fields can be manipulated.
(A) Two circular coils with
parallel currents, called a
Maxwell pair, create a roughly
uniform field between them,
a prototype for the solenoid
current arrangement that
generates a uniform main
magnetic field A. (B) Two
circular coils with opposite
currents, called a Helmholtz
pair, generate a linear gradient
field in the region between
them, a prototype for the
gradient coils used for
imaging. The top row shows
the field lines, the middle row
shows contour plots of the
zcomponent of the magnetic
field (B,), and the bottom row
shows plots of B, versus z
along the axis of the coils.
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design used for creating B, in an MRI system, and in a commercial scanner the field variation
over a central region of approximately 20 cm is less than a few tenths of a part per million. The
field strength depends on the total current flowing through the coil, and large, uniform
magnetic fields can be created when superconducting (zero resistance) coils are used.

The arrangement of two coils with currents running in opposite directions is known as
a Helmholtz pair. The effect of this arrangement is that the fields created by the two loops
tend to cancel in the region halfway between them. Moving off-center along the coil axis,
the field increases in one direction and decreases in the other direction. This type of field is
called a gradient field, and gradient fields are a critical part of MRI. In an MR imager, the
gradient coils produce additional fields, which add to By. The direction of By is usually
defined as the z-axis, and the goal with a gradient coil is to produce an additional field along
z such that B, varies linearly along one axis. In practice, the designs for linear imaging
gradients are more sophisticated than this simple Helmholtz pair to improve the linearity
and homogeneity of the field. That is, for an ideal linear gradient coil the field component
B, varies linearly moving along the coil axis but is uniform moving perpendicular to the
coil axis.

In imaging applications, we are interested in just the z-component of the field offset
because that is the only component that will make a significant change in the net field
amplitude and so affect the resonant frequency. A weak field component, of the order of a few
parts per million, perpendicular to B, will produce a change in the total field magnitude of the
order of 107", a negligible amount. But an offset in B, itself of a few parts per million will
directly alter the total field strength, and thus the resonant frequency, by a few parts per
million. Offsets of this magnitude are comparable to the field offsets between one voxel and
its neighbor during frequency encoding in MRI. The important effect of gradient fields for
imaging is that they modify the z-component, producing a gradient of B,.

The preceding discussion suggests how different coil configurations can be used to
generate different patterns of magnetic field. However, when a coil is used for signal detection,
the physics at first glance seems to be rather different. As described in the previous section of
this chapter, the current induced in a coil by a local precessing magnetization is proportional
to the changing magnetic flux through the coil. Fortunately, it turns out that there is a simple
relation between the magnetic field produced by a coil when a current is run through it and
the current induced in the coil by an external changing magnetic field. For any coil used as a
detector, an associated sensitivity pattern describes the strength of the signal produced in
the coil by sources at different locations in space. One could calculate the sensitivity map
by placing rotating dipoles at many positions relative to the coil and using the changing
magnetic flux rule to determine the induced current. However, this sensitivity pattern also
can be calculated from a useful rule called the principle of reciprocity: the sensitivity of any
coil to a rotating magnetic dipole at any point in space is directly proportional to the
magnetic field that would be produced at that point in space by running a current through
the coil. Specifically, imagine a precessing magnetic dipole M sitting near a coil, and consider
the magnetic field vector b that would be produced at the location of the dipole by running a
unit current through the coil. The signal produced in the coil by the dipole depends directly
on the vector b: the signal is proportional to the product of the magnitude of b and the
component of M that lies along b (i.e., the scalar product of b and M). For example, if the
arrangement of the coil is such that b is perpendicular to M (such as a circular coil with
its axis along z), no signal is generated. For any orientation, the magnitude of b is small far
from the coil, so the sensitivity of the coil is weak. Therefore, an RF coil can be thought of
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as having two roles: a producer of magnetic fields and a detector of changing magnetic fields.
The geometrical pattern associated with each is the same.

Dynamics of nuclear magnetization
Interaction of a magnetic dipole with a magnetic field

In the previous discussion, we focused on the magnetic field created by a magnetic dipole. In
NMR, the fundamental interaction is between the magnetic dipole moment of the atomic
nucleus and the local external magnetic field, which is characterized by two basic effects. The
first is that the field exerts a torque on the dipole that tends to twist it into alignment with the
field, and the second is that in a non-uniform field there is a force on the dipole pulling it
toward the region of stronger field. These effects are most easily understood by considering
an electric dipole in an electric field. A magnetic dipole in a magnetic field behaves in the
same way as the electric dipole, but the physical arguments that demonstrate this are more
subtle (details are given in the Appendix).

An electric dipole can be thought of as two opposite charges attached to a rod of fixed
length, with the direction of the dipole vector running from the negative to the positive
charge. When the dipole is placed at an angle to a uniform electric field (Fig. 6.5), there is a
moment arm between the points where the two forces are applied, and the result is a torque
on the dipole. One end is pulled up, the other is pushed down, and the dipole pivots around
the center. The only stable configuration for the dipole is when it is aligned with the field.
When the dipole is placed in a non-uniform electric field, again the field will produce a torque
that will align the dipole with the field. However, because the field is not uniform, the forces
on the positive and negative charges do not balance even when the dipole is aligned with the
field; the force down on the lower charge is stronger than the force up on the positive charge
in Fig. 6.5. The result is that there is a net force downward on the dipole, pulling the dipole
toward the region of stronger field. If the dipole is aligned opposite to the field, the force also
is opposite, pushing the dipole toward the region of weaker field. However, such an align-
ment would be unstable for an electric dipole: the torque would twist it 180°, and it would be
pulled toward the region with a stronger field.

Both of these effects can be described in an equivalent way in terms of the energy of a
dipole in a field. The dipole has the lowest energy when it is aligned with the field, and the
energy progressively increases as the dipole is tipped away from the field. The highest energy
configuration is when the dipole is aligned opposite to the field. Similarly, the energy of the

1 Fig. 6.5. Dipole interactions with a field. The
t | 3 nature of the forces is most easily illustrated by
an electric dipole placed in an electric field £
E + An electric dipole consists of two opposite
electric charges separated by a short distance, and an
dipole external field exerts a torque acting to align
_ the dipole with the field and a force drawing
_ the aligned dipole into regions of stronger
] | field. (Forces are shown as thin arrows.)
Uniform field: Non-uniform field:
torque aligning force pulling dipole
dipole with field toward stronger field
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dipole is lower when it is in a stronger field, so it is drawn toward regions with a larger field.
Both alignment with the field and moving toward stronger fields are then examples of the
system seeking a lower energy state.

Precession

A magnetic dipole placed in a magnetic field experiences the same two effects: a torque
tending to align the dipole with the field and a force drawing it toward regions of stronger
field. However, for a nuclear magnetic dipole the intrinsic angular momentum of the nucleus
changes the dynamics in a critical way. Viewing a magnetic dipole as a rotating charged
sphere brings out the close connection between the magnetic moment and the angular
momentum. Both the angular momentum and the magnetic dipole moment are propor-
tional to the rate of spin of the sphere. Faster rotation increases the angular momentum as
well as the current produced by the charges on the surface, and so also increases the magnetic
moment. Because of this intimate link between angular momentum and the magnetic dipole
moment, the ratio of the two is a constant called the gyromagnetic ratio (y). Each nucleus that
exhibits NMR has a unique value of y.

The presence of angular momentum makes the dynamics of a magnetic dipole in a
magnetic field distinctly different from the dynamics of an electric dipole in an electric field.
As already described, the effect of the field is to exert on the dipole a torque that would tend
to twist it into alignment. Physically, torque is the rate of change of angular momentum,
analogous to Newton’s first law that force is the rate of change of momentum. Precession
comes about because the torque axis is perpendicular to the existing angular momentum
around the spin axis. The change in angular momentum then is along the direction of the
torque and so is always perpendicular to the existing angular momentum. In other words, the
change in angular momentum produced by the torque is a change in the direction of spin, not
the magnitude. Thus, the angular momentum (and the spin axis) precesses around the field.
(A more mathematical derivation of precession is given in the Appendix.)

This is an example of the peculiar nature of angular momentum and is exactly analogous
to the behavior of a spinning top or bicycle wheel. A spinning top tipped at an angle to the
vertical would be in a lower energy state if it simply fell over; instead, the rotation axis
precesses around a vertical line. For a nucleus in a magnetic field, the frequency of precession,
called the Larmor frequency (wo), is yBo; the stronger the field, the stronger the torque on
the dipole and the faster the precession. We will use the convention that when frequency
is represented by w, it is expressed as angular frequency (radians per second), and when it
is represented by v, it is expressed as cycles per second (Hz), with the relation w =2m v. The
equation for the Larmor frequency holds regardless of whether we are using angular frequency
or cycles per second, with a suitable adjustment in the magnitude of y. The precession
frequency wq = yBy is the resonant frequency of NMR.

Relaxation

The foregoing considerations apply to a single nucleus in a magnetic field. From the precession
arguments alone, one might conclude that a proton would never align with the main field,
despite the fact that the energy is lower. However, in a real sample, B, is not the only source
of magnetic field. The magnetic moments of other nuclei produce additional, fluctuating
magnetic fields. For example, in a water molecule, an H nucleus feels the field produced by the
other H nuclei in the molecule. Because the molecules are rapidly tumbling in their thermal
motions, the total field felt by a particular nucleus fluctuates around the mean field B,. These
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fluctuations alter both the magnitude of the total magnetic field and the direction felt by that
nucleus. As a result, the proton’s precession is more irregular, and the axis of precession
fluctuates. Over time, the protons gradually tend to align more with By, through the process
called relaxation. Note, though, that relaxation is a much slower process than precession:
relaxation times on the order of 1s are approximately 10° times longer than the precession
period with a typical MRI magnet.

Because the energy associated with the orientation of the magnetic dipole moment of an
H nucleus in a magnetic field is small compared with the thermal energy of a water molecule,
the average degree of alignment with the field is small, corresponding to a difference of only
approximately 1 part in 10° between those nuclei aligned with the field and those opposite.
However, this is sufficient to produce a slight net equilibrium magnetization (M) of the
water. The creation of M, can be understood as a relaxation toward thermal equilibrium.
When a sample is first placed in a magnetic field, the magnetic dipoles are randomly oriented
so that the net magnetization is zero. This means that the dipoles possess a higher energy
based on their orientation than they would if they were partly aligned with the field. (The
lowest possible energy would correspond to complete alignment.) As the system relaxes, this
excess energy is dissipated as heat; the dipoles align more with the field, and the longitudinal
magnetization M grows toward its equilibrium value M,.

In a pure water sample, the main source of a fluctuating magnetic field that produces
relaxation is the field produced by the other H nucleus in the same water molecule. But the
presence of other molecules in the liquid (e.g., protein) can alter the relaxation rate by
changing either the magnitude or the frequency of the fluctuating fields. A large molecule will
tumble more slowly than a water molecule and, as a result, a water molecule that transiently
binds to the large molecule will experience more slowly fluctuating fields. The magnitude of
the fluctuating fields can be increased significantly in the presence of paramagnetic com-
pounds. Paramagnetic compounds have unpaired electrons, and electrons have magnetic
moments more than a thousand times larger than a proton. This is the basis for the use
of paramagnetic contrast agents, such as gadolinium-labeled diethylenetriaminepentaacetic
acid (Gd-DTPA), as a way of reducing the local relaxation time. The physical sources of the
relaxation times are discussed more fully in Ch. 7.

The time constant for relaxation along the magnetic field, creating the net magnetization
Moy, is T and varies from approximately 0.2 to 4.0 s in the body. The fact that T} varies by an
order of magnitude between different tissues is important because this is the source of most
of the contrast differences between tissues in MR images. The T; variations result from
differences in the local environment (e.g., chemical composition or biological structures). In
general, the higher the water content of a tissue, the longer the T;. The strong dependence of
the relaxation time on the local environment is exactly analogous to everyday experiences of
relaxation phenomena. A cup of hot coffee sitting in a cool room is not in thermal equili-
brium. Over time, the coffee will cool to room temperature (thermal equilibrium), but the
time constant for this relaxation depends strongly on the local environment. If the coftee is in
a thin-walled open cup, it may cool in a few minutes, whereas if it is in a covered, insulated
vessel, it may take hours to cool. Regardless of how long it takes to get there, the final
equilibrium state (cold coffee) is the same. Similarly with NMR relaxation, the value of M,
depends on the density of dipoles and the magnetic field, but the value of T; required to reach
this equilibrium depends on the environment of the spins.

The relaxation time T is called the longitudinal relaxation time because it describes the
relaxation of the component of the magnetization that lies along the direction of B,y. Two
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other relaxation times, T, and T,*, describe the decay of the transverse component of the
magnetization. At equilibrium, the magnetization is aligned with By, so there is no transverse
component. Application of a 90° RF pulse tips the magnetization into the transverse plane,
where it precesses and generates a signal in a detector coil by induction. In a homogeneous
field, the transverse component, and therefore also the NMR signal, decays away with a time
constant T, and this process often is abbreviated as transverse relaxation. In the human body
at field strengths typical of MR imagers, T is approximately 8-10 times larger than 7.

In practice, one finds experimentally that the NMR signal often decays more quickly than
would be expected for the T, of the sample. This is qualitatively described by saying that the
decay time is T,*, with T,* less than T,. The reason for this is simply inhomogeneity of the
magnetic field. If two regions of the sample feel different magnetic fields, the precession rates
will differ, the local transverse magnetization vectors will quickly get out of phase with each
other, and the net magnetization will decrease through phase dispersion. However, this
signal decay results from constant field offsets within the sample and not the fluctuating fields
that produce T, decay. Because of this, the additional decay caused by inhomogeneity is
reversible with a spin echo, introduced in Ch. 3 and discussed in more detail in Ch. 7.

The combined processes of precession and relaxation are mathematically described by
the Bloch equations, a set of differential equations for the three components of the magnet-
ization (Box 6.1). These are the basic dynamic equations of NMR and are used frequently
to describe the behavior of the magnetization.

Box 6.1. The Bloch equations

Early in the development of NMR, Bloch proposed a set of differential equations to model the
dynamics of the magnetization produced by nuclear magnetic dipoles in a magnetic field. The
equations include precession, as derived above, and also exponential relaxation with relaxation
times T, and T,. The representation of relaxation is essentially empirical, designed to reproduce the
experimentally observed exponential dynamics. The Bloch equations are still the basic equations
used to understand the magnitude of the NMR signal. The equations are written separately for the
three components of the magnetization, M,, M, and M. in a magnetic field By along the z-axis:

M, o M,
a T e
dM,

M,
—L = M, = ==
dr [ T,

M, M, — M,

dr T

Precession is incorporated into the equations in the way that the rates of change of the two
transverse components, M, and M,, depend on the current values because precession rotates M,
partly into M,, and vice versa. Relaxation is described by a steady decrease of the transverse
component by the transverse relaxation rate, 1/T5, and relaxation with a rate 1/T; of the M,
component toward the equilibrium magnetization M. If we start with an arbitrary magnetization
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vector, with a transverse component M,,,(0) and a longitudinal component M_(0), the magnitudes
of these components at later times given by the solution of the Bloch equations are:

My, = M,(0) e /T
M, = My — [My — M,(0)] /T

In addition to these magnitude changes, the full solution also includes precession of the transverse
component with frequency yB,.

The transverse component decays exponentially with time constant T,. The relaxation of
the longitudinal component can be described as an exponential decay with time constant T; of
the difference between the starting value M,(0) and the equilibrium value M. In fact, we could
describe both decay processes as an exponential decay of the difference between the initial state and
the equilibrium state, and the equilibrium state is M, along M, and a transverse component of zero.

The preceding equations describe relaxation and free precession when the only magnetic field
acting on the magnetization is B,. To describe what happens during the RF pulse, we must also
include the effects of an oscillating field B;. This is most easily represented in a frame of reference
rotating at the frequency of B; oscillations, w. This transformation essentially takes out the basic
precession and simplifies the equations. In this rotating frame, B; appears to be constant, and we
can take it to lie along the x-axis. Also, the apparent precession rate of M caused by By in this
rotating frame is reduced to w,.; = wo — w, and so it appears as if the magnetic field in the z-direction
has been reduced to B, = B, - w;/y. The effective magnetic field (B.g) in the rotating frame then has
two components, B; along the x-axis and B, along the z-axis, and the dynamics of M is then
precession around B.g plus relaxation. If we represent the amplitude of B, as an equivalent
precession frequency w; =y B, (the rate at which M would precess around B, ), the Bloch equations
in the rotating frame take the form:

dM, M,
ar et
M, M,
X —Wrot M, —72+a)1 M,

dM, M, — M, M
=
dr i) L%y

This form of the equations clearly shows how the dynamics of the magnetization depends on four
distinct rate constants: the off-resonance frequency of B;, w,o; the amplitude of B; expressed as
a precession frequency, w;; and the two relaxation rates, 1/T5, and 1/T;. Different proportions
of these parameters produce a wide range of dynamics. Furthermore, in a tailored RF pulse, the
amplitude of B, is a function of time, and in an adiabatic pulse the off-resonance frequency is also a
function of time.

Radiofrequency excitation

Nuclear magnetic resonance is a transient phenomenon. The fact that the magnetic dipole
moments of protons tend to align with the field, producing a net magnetization M,, does not
lead to any measurable signal (a constant magnetic field produces no currents). However, if
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M, is tipped away from the direction of By, it will precess; all the nuclear dipoles will precess
together if they are tipped over, so M, also will precess at the same frequency. The transverse
component of M, then produces a changing magnetic field and will generate a transient
NMR signal in a nearby detector coil by induction.

The tipping of the magnetization is accomplished by the RF pulse, an oscillating magnetic
field B, perpendicular to B, and oscillating at the proton precession frequency. It is simplest
to picture B; as a small magnetic field with constant amplitude in the transverse plane that
rotates at a rate matched to the proton precession rate. Such a field is described as a circularly
polarized oscillating field. When B, is turned on, the net field, the vector sum of By and B, is
tipped slightly away from the z-axis and rotates over time. Because M, along the z-axis is no
longer aligned with the net magnetic field, it begins to precess around the net field even as
that field itself rotates. In other words, the basic physical process involved with the RF pulse is
still just precession of M, around a magnetic field, but it is now more difficult to picture
because the magnetic field itself is also rotating as the magnetization tries to precess around
it. To understand the complexity of this process, a useful conceptual tool is the rotating frame
of reference.

To introduce the rotating frame, forget B; for the moment and picture a magnetization
vector M tipped away from the z-axis (Fig. 6.6). We know that in the laboratory frame of
reference, the magnetization will simply precess around the field B, lying along the z-axis. We
will ignore relaxation effects for now as well and assume that we are watching the magnet-
ization for a short enough time that relaxation effects are negligible. Because the time scale
for precession is so much shorter than that for relaxation, we could observe the precession for
thousands of cycles with no detectable effects from relaxation. Now imagine that we observe
this precession from a frame of reference that is itself rotating at the Larmor frequency
(wo =7 By). In this frame, we are carried around at the same rate as the precession, as though
we were riding on a turntable, and so in the rotating frame the magnetization appears
to be stationary. Because there appears to be no precession in the rotating frame, it appears
as if there is no magnetic field (i.e., as if By is zero). Now suppose that we are in a rotating
frame rotating with an arbitrary angular frequency w. In this new rotating frame, the
magnetization precesses around the z-axis, but with an effective angular frequency wq - w.

Laboratory frame Rotating frame Fig. 6.6. The rotating frame of reference. In
the laboratory frame of reference, the
magnetization (M) precesses around the
magnetic field (B with a frequency w. In a
frame of reference rotating at the same rate,
the magnetization appears to be stationary,
50 in this frame there appears to be no
magnetic field. A radiofrequency (RF) field

B, rotating at the resonant frequency appears
stationary in the rotating frame, and RF
excitation is then a simple precession of

M around B, in the rotating frame. In the
laboratory frame, this motion is a slowly
widening spiral.

ABo
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In other words, the magnetization behaves in this rotating frame exactly as it would in a
stationary frame if the magnetic field were reduced from B, to By — w/y. This is the power
of the rotating frame as a conceptual tool: the physics of precession is the same in a rotating
frame as in a stationary frame, but the apparent magnetic field in the rotating frame is
changed.

We can now return to the RF pulse and look at B; in the frame rotating with angular
velocity w, the oscillation frequency of B;. To begin with, we will assume that B, is oscillating
on-resonance with the protons (w = wy), and we will return to consider off-resonance effects
later. In the rotating frame, B, is constant, and we will call its direction the x-axis of the
rotating frame. When B, is on-resonance, the apparent field along the z-axis is zero in the
rotating frame. This means that from this perspective there is only the field B, along x, so M,
begins to precess around the x-axis in the rotating frame. The RF field B, is much weaker than
By, so the rate of precession around B, is correspondingly slower. But if we wait long enough
(perhaps a few milliseconds for the RF pulses used in imaging), the magnetization will rotate
around B, tipping away from the z-axis and toward the y-axis of the rotating frame. If B, is
left on long enough to tip M, fully on to the y-axis, the RF pulse is called a 90° pulse. If left
on longer, or if the amplitude of B, is increased, the flip angle can be increased to 180° or
even 360°, which would leave M, where it started along the z-axis. Thus, the complex picture
of precession around a time-varying magnetic field in the laboratory frame is reduced to a
simple precession around B, in the rotating frame. To picture the full dynamics of the
magnetization as it would appear in the laboratory frame, this slow precession around B,
must be added to a rapid precession of the rotating frame itself around the z-axis. The
net result in the laboratory frame is a tight spiral that slowly increases the angle between M,
and B, (Fig. 6.6).

After B, is turned off, M, continues to precess around B, and generates a signal in the
detector coil. The signal is called a free induction decay (FID), where free relates to free
precession, induction is the physical process described above in which a varying magnetic
field (the precessing magnetization) produces a current in a coil, and decay indicates that the
signal eventually dies out. Over time, M, will relax until it is again aligned with B,. Because
the action of an RF pulse is to tip M, away from By, such pulses usually are described by the
flip angle (or tip angle) they produce (e.g., a 90° RF pulse or a 180° RF pulse). The flip angle is
adjusted by changing either the duration or the amplitude of B;.

From the thermodynamic point of view, the process of tipping M, can be interpreted as
the system of magnetic dipoles absorbing energy from the RF field because the alignment of
M, is changing and then dissipating this energy over time as heat as the system relaxes back to
equilibrium. For this reason, the RF pulse is often described as an excitation pulse because it
raises the system to an excited (higher energy) state.

Frequency selective radiofrequency pulses: slice selection

In the previous description of the RF pulse, we assumed that B; was oscillating at precisely
the resonant frequency of the protons, w,. What happens if the RF pulse is off-resonance?
This is an important question for imaging applications because the process of slice selection,
which limits the effects of the excitation pulse to just a thin slice through the body, is based on
the idea that an RF pulse far off-resonance should have a negligible effect on the magnet-
ization. Slice selection is accomplished by turning on a magnetic field gradient during the
RF pulse so that the resonant frequency of spins above the desired slice will be higher, and
that of spins below the slice will be lower, than the frequency of the RF pulse. The RF pulse
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Fig. 6.7. Off-resonance excitation.
The effect of an off-resonance
radiofrequency (RF) pulse (B;) can be
understood as precession around the
effective field in the rotating frame.
Because the rotation of the frame
differs from the precession frequency
of the magnetization (M), the
precession of M in the rotating frame

By M is equivalent to precession in a
magnetic field B.. The vector sum of
Aw=0 B, and B, is the effective field B.¢. When

By is on-resonance (top left), the
effect is a simple 90° flip of M, but as

M Beft . the off-resonance frequency Aw is
increased, the RF pulse is less effective
in tipping over M.

By B,

Aw=2+B4 Aw=3+B;

will then be on-resonance for the spins at the center of the slice, and only these will be
tipped over. However, for spins slightly removed from the central slice plane, the RF pulse
will only be a little off-resonance, so we would expect that these spins will be partly flipped,
but not as much as those at the center. The slice profile, the response of spins through the
thickness of the slice, will then depend on the degree of tipping produced by a slightly
oftf-resonance RF pulse. The most desirable slice profile is a perfect rectangle because this
means that the slice has a well-defined slice thickness and a sharp edge. In practice, this
cannot be achieved, but with carefully tailored RF pulses the slice profile approaches a
rectangle.

We can understand the physics of off-resonance excitation by returning to the frame
of reference rotating at the oscillation frequency w of B;, and we will now relax our earlier
assumption that w is equal to wg (Fig. 6.7). If w and wy are different, then in the rotating
frame the magnetization behaves as though there were an apparent field along the z-axis
of B,=By-w/y. In other words, in the absence of B;, the magnetization would precess in
the rotating frame around the z-axis with an angular frequency w, — w. When B is turned on
along the x-axis in the rotating frame, the effective field B.gis the vector sum of B, and B, and
so is a vector lying somewhere in the x-z plane. If B, is nearly on-resonance, then w, - w is
small and B, is small, so B.g points only slightly away from the x-axis. But if the frequency of
B, is far off-resonance, B g points nearly along the z-axis. The effective field is constant in the
rotating frame, so the motion of M, is simply a precession around B.g with angular frequency
yB.g for the duration of the B; pulse.

Qualitatively, then, we can see why a far off-resonance pulse does little tipping of the
magnetization because, with B.g nearly aligned with the z-axis, the precession around B.g
leaves M, very near to its original orientation along the z-axis (Fig. 6.7). More quantitatively,
this picture can be used to calculate the effects of off-resonance excitation, and thus the slice
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Slice selection
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Fig. 6.8. Slice selection with frequency-selective radiofrequency (RF) pulses. Slice selection in MRI uses RF pulses with
a narrow bandwidth in combination with a magnetic field gradient to tip over spins within a narrow range of
positions. For 