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Abstract

Stroke and other cerebrovascular diseases are among the most common causes of death
and disease in the Western world. Over recent years, magnetic resonance imaging (MRI)
has been shown to be a sensitive indicator of tissue damage caused by cerebral ischaemia.
Several techniques have been developed using MRI methods which enable different
aspects of tissue status to be monitored. The aim of the work presented in this thesis was
to develop these techniques and apply them to the study of experimental cerebral

ischaemia in animal models of stroke.

The non-invasive method of perfusion imaging known as FAIR was implemented. The
method was developed to enable accurate quantitation of perfusion with good time
efficiency by incorporation of a global pre-saturation pulse into the sequence. Transit
time effects were minimised by the use of high definition adiabatic RF pulses. Use of the
sequence to follow a perfusion time course in a gerbil model of transient global ischaemia
is demonstrated. New techniques were developed for T,* mapping, using an interleaved
echo planar imaging (EPI) approach, and diffusion-weighted imaging (DWI), using a
version of magnetisation prepared TurboFLASH. The use of both the T,* and DWI
sequences is demonstrated on phantoms and in vivo. Finally, MRI was used in the
investigation of cerebral pathophysiology following middle cerebral artery occlusion in
the rat at 8.5T. Continuous arterial spin labelling was used to monitor levels of perfusion,
and ADC, T, and T, were also measured for a period of several hours after occlusion.
Immediate changes in all parameters were observed, and physiological mechanisms for

these changes and the potential for their diagnostic use are discussed.
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Introduction

1 Introduction

Since the discovery of X-rays over a hundred years ago, there has been a great deal of
interest in developing methods that allow one to look inside the living body non-
invasively. Over recent years, nuclear magnetic resonance (NMR) and magnetic
resonance imaging (MRI) have come to play an increasingly important role in this area,
especially in the study and diagnosis of disease. The extent to which medical imaging,
and in particular MRI, has become an accepted part of twentieth century culture is
demonstrated by its use in clinical evaluations and surgical planning, and also in various
other contexts. For example, a decade after NMR machines were introduced into the
clinic, their images were accepted as evidence in court. MRI pictures provided dramatic
corroboration of the notorious beating of Rodney King by four policemen in Los Angeles
on March 3, 1991. The images produced by magnetised hydrogen protons in King’s
bruised head convinced the jury in a civil trial to award him $3.8 million in compensatory
damages. King’s lawyers were successful in convincing the court that an NMR image was
a scientifically accepted procedure which showed the (otherwise invisible) damage that
had been inflicted that night. Another recently developed application of MRI is its use in
cognitive neuroscience to look inside the human brain and to map the functional
activation corresponding to a given external stimulus. This has become a very active area
of research, and is the best scientific effort yet made to bridge the gap between the

concepts of the brain and the mind.

NMR is based on a fundamental physical phenomenon which exists at the subatomic level
(see figure 1.1). This chapter puts NMR and MRI into a historical context, from the
discovery of the basic phenomenon to its most recent applications. The chapter concludes
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Introduction

by explaining how the work included in this thesis fits into this context, and precisely

what the aims of this project are.

1.1 Historical Background

The concept of nuclear magnetic resonance stems from ideas that were first proposed in
1924 by the Austrian physicist Wolfgang Pauli (Pauli, 1924). His suggestion, based on a
consideration of the electron, was that atomic particles possess the property of angular
momentum associated with their motion, and that this explained the fine structure of their
emission spectra in the presence of a magnetic field. As quantum mechanics developed,
this idea was refined so that it predicted discrete quantum states of magnetic moment. In
order to test this theory, Stern and Gerlach passed a highly collimated beam of silver
atoms in vacuo through a strong gradient of magnetic field, and observed a splitting of the
beam which, while certainly quantum in nature, did not agree precisely with the
theoretical predictions (Gerlach and Stern, 1924). Specifically, they had expected to see
an odd number of different levels (since the orbital angular momentum quantum number
could only take integral values), but the observed result was an even number. The answer
to this problem was provided by Uhlenbeck and Goudsmit in 1925, who realised that a
great simplification of the description of atomic spectra could be obtained if it was
assumed that electrons had an intrinsic angular momentum with a quantum number [ = V2.

Thus, from empirical motivations, the concept of particle spin' was born. In the theory

' Although ‘spin’ is an evocative name, and the idea of a physically spinning charged particle giving rise to
the observed magnetic moment is an attractive one, one should bear in mind that half-integral angular

momentum is an entirely quantum mechanical concept with no classical counterpart.
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later developed by Paul Dirac (in which quantum mechanics is derived taking into
account the effects of special relativity), the existence of particles with half-integral
quantum numbers for angular momentum appeared naturally, and so particle spin was

given a sound theoretical basis.

The first Nobel Prize for research in the field of NMR was awarded to the American
physicist L. I. Rabi in 1944 for his method of measuring the nuclear magnetic moment.
Eight years later NMR research earned the Nobel prize in physics again when Edward
Purcell at Harvard and Felix Bloch at Stanford shared the award for their independent but
almost simultaneous announcements that they had measured the NMR signal in bulk
matter (Purcell et al., 1946; Bloch et al., 1946). Since the magnetic levels of the nucleus
are separated by a fixed energy (the Zeeman energy), it is possible to excite transitions
between levels by applying photons of the appropriate frequency. By sweeping the
frequency and measuring absorption, Purcell and Bloch showed that accurate
measurements of this energy could be made. The next key discovery, which led to the
single most important application of NMR to date, was that nuclei in chemically distinct
sites resonate at slightly different frequencies. This phenomenon of ‘chemical shift’ was
reported by several groups at around the same time (Knight, 1949; Dickinson, 1950;
Proctor and Yu, 1950), and led to proton NMR becoming a virtually indispensable tool in
the organic chemistry laboratory. NMR opened up a new window on a molecular level
which was soon exploited by researchers in physics, chemistry and biology. Biology in
particular benefited, as it became possible to investigate the chemical processes directly
within living tissues. The slow continuous wave absorption methods were soon

superseded by combining radio frequency (RF) pulse techniques with Fourier analysis.
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The use of RF pulses for interrogating the nuclear signal was first demonstrated by Hahn

in 1950 with his discovery of spin echoes (Hahn, 1950).

NMR imaging developments, based largely on the detection of 'H signal from water,
began in the early 1970s. They were preceded by the introduction of the first
commercially produced X-ray head scanner by Hounsfield at EMI in 1972, which
demonstrated the radiological benefit of such imaging systems. Damadian had reported
that certain malignant tumours of rats differed from normal tissues in their NMR
relaxation properties, and suggested that "H NMR might therefore have diagnostic value.
In 1973, Lauterbur at the State University of New York at Stonybrook published the first
NMR image of a heterogeneous object (Lauterbur, 1973), produced in a similar way to
Hounsfield’s scanner using a projection-reconstruction technique. At about the same time,
Mansfield and Grannell were working on NMR ‘diffraction’ studies at Nottingham
University. Both groups had realised that, since the resonant frequency of a nuclear spin
is proportional to the strength of the applied magnetic field, a magnetic field gradient
would give rise to a range of resonant frequencies which reflected the spatial distribution
of the contributing spins. In the following years many NMR imaging techniques were
proposed, but with the help of the increasing power of computers and the development of
the Fast Fourier Transform, Fourier Transform techniques soon became the method of
choice. Image quality has continually improved over the years, partly through engineering
and technological developments, and partly through increasing skills and experience in
the manipulation of field gradients and RF pulse sequences. Reduced scan times and
larger image matrix size have gone hand in hand with the development of the necessary

computing power to process the information.
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Over recent years, in vivo imaging has become one of the principal aims of MRI. The
medical benefits of a non-invasive, diagnostic tool capable of probing the interior of the
body and of revealing such a wealth of information are enormous. However, in vivo
imaging imposes major demands on the hardware and techniques used. One of the most
difficult initial problems to overcome was building a magnet of the necessary strength
with a sufficiently large bore size and homogeneity to obtain an NMR signal. Permanent
magnets were soon replaced by resistive and then superconducting magnets. The latter,
while being more expensive to produce and run because of stringent cryogenic
requirements, produce the most stable fields with strengths from 0.1 up to 25 Tesla
currently in use. The imaging techniques used at present are generally based on two types
of sequence. 2DFT (Two Dimensional Fourier Transform), or more accurately spin-warp
imaging, developed by Edelstein from an initial demonstration by Ernst, is one of the
most prevalent imaging sequences available on commercial scanners. Whilst producing
images of extremely high quality, it requires long scanning times and subject motion can
lead to degradation of the image. The second sequence, proposed in 1977 by Mansfield
(Mansfield, 1977) and called Echo Planar Imaging (EPI), has become increasingly
popular over recent years because it offers the ability to acquire an image in as little as
tens of milliseconds. This technique, however, requires specialised gradient hardware,
which has limited its general availability, and suffers from poorer signal to noise ratio
than the 2DFT method. Issues such as image distortion and ghosting are also more

problematic with EPI.

One of the main advantages of MRI over other imaging modalities is its ability to reveal
more than just nuclear spin density, and as such it has the potential to become a truly

universal medical tool. Images can be weighted according to the magnetic relaxation
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properties of the nuclei (e.g. T;- and T,-weighting), and also according to various
physiological parameters. Diffusion-weighted images have been shown to highlight
regions affected by an ischaemic event (Moseley et al., 1990), and methods are currently
being developed to generate quantitative images of blood flow and perfusion. These
methods include the tracking of an exogenous paramagnetic tracer (usually gadolinium or
dysprosium based contrast agents), or using the blood water itself as an endogenous
tracer. The details of these techniques will be discussed at length in the following
chaptérs. Another approach to image contrast uses the transient local dependence of
relaxation rate on physiological state, and it is one of these methods (T,*-weighted
imaging) which is most widely used in functional MRI to monitor regional brain
activation. It seems likely that over the coming years the widespread implementation and
refinement of techniques presently being developed, and the innovation of new and better
sequences, will mean that NMR and MRI will continue to offer a high quality, radiation-

free, non-invasive opportunity to examine the interior of the living body.

1.2 Thesis Aims

The main aims of the work undertaken for this thesis were:

e to develop non-invasive MRI techniques to measure physical and biological
parameters with a high level of accuracy and good time resolution

e to apply these techniques to the study of experimental ischaemia in animal models of
stroke

Based on these goals, I have developed and modified MR sequences which are sensitive

to cerebral blood flow (perfusion MRI), cerebral blood oxygenation levels (T,* MRI) and

cerebral oedema (diffusion MRI). MRI has already proven to be a highly effective tool in
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the evaluation of both clinical stroke and experimental cerebral ischaemia. Provided the
data acquisition is sufficiently rapid, the application of several different MR methods in
combination can provide valuable multi-parametric information on the dynamic processes
occurring during ischaemia. Therefore, the focus of the work presented here is the
development of fast, quantitative MRI sequences that are sensitive to changing

physiological conditions.
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2 NMR Theory and Imaging Techniques

The aim of this chapter is to present the theory of nuclear magnetic resonance, and to
demonstrate how it can be manipulated to provide useful information. It begins with a
quantum mechanical treatment, which is then taken to its classical limit by assuming a
system which contains a very large number of nuclei acting independently, thus appearing
continuous on the macroscopic level. The basic properties of the NMR signal are then
described by using the concept of the bulk magnetisation vector, and the many uses to
which this signal can be put are detailed. Techniques for producing images based on the
acquisition of the NMR signal are described, and it is shown how these images can be

weighted in various ways, by both NMR-based and/or physiological parameters.

2.1 Principles of Nuclear Magnetic Resonance - Thé

Quantum Approach

2.1.1 Quantum mechanics and the nuclear magnetic moment

Atomic nuclei are characterised by states which are inherently quantum mechanical in
their behaviour. This means that their spin state may be described in terms of a set of
discrete possibilities, determined by the nuclear spin quantum number /. The proton has a
spin quantum number I = 12, and the neutron has I = -4. In a nucleus made up of these
two constituents, the spin angular momenta combine with the rotational motion of the
whole nucleus to give a total I which is either integer or Y2-integer. Nuclei can be

characterised by their net value of I:
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1. Nuclei with an even mass number and an odd charge number have an integral value of
I, e.g. deuterium-2, nitrogen-14

2. Nuclei with an even mass number and an even charge number have zero spin, e.g.
carbon-12, oxygen-16

3. Nuclei with an odd mass number have half integral spin, e.g. hydrogen-1, carbon-13,

phosphorus-31

The magnitude, p, of the nuclear angular momentum is related to the spin number by:

p=hJI(I+1) (2.1)
Angular momentum is a vector and therefore requires specification of both its magnitude
and its direction. Quantum theory demands that the directional component of angular
momentum can only have discrete values with respect to any given direction, and these
directions are defined by the introduction of another quantum number m. The component
p. of angular momentum along the (arbitrarily defined) z-direction is:

p, = mh (2.2)
where m may have any of the 27 + 1 values I, I - 1, ..., -1. For a nucleus with spin %2 (such
as hydrogen-1), m can be +Y2 or -¥2, and therefore p, = +%2#%. The existence of such
angular momentum, in combination with the internal charge distributions associated with
the nucleons, leads to the generation of a magnetic moment, W,, where:

b, =, = Yim @3)
Y is the gyromagnetic ratio, which depends on the exact structure of the nucleus and,
therefore, varies for different nuclei. For the hydrogen-1 nucleus, it has a value of 2.675 X

108 radians/second/Tesla.

10
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2.1.2 Nuclear energy levels in a static magnetic field

Nuclear energy is independent of angular momentum in the absence of an external
magnetic field i.e. the energy levels of nuclei with different angular momenta are
degenerate. If a static magnetic field' By is applied along the z-axis, a nucleus will acquire
energy E as a result of the interaction between the field By and the nuclear moment, given
by:

E=-u-B,=—n,B, (24)
or equivalently (from equation (2.3)):

E = -yimB, (2.5) |
Since m can have any of the values I, I - 1, ..., -1, the nuclear energy levels are split into 2/
+ 1 states by the application of the magnetic field. For a nucleus of spin I = 3, there are
two possible energy states, corresponding to m = +%2 and m = -Y2, and the difference
between these two energy levels is (see figure 2.1):

AE =yhB, (2.6)
The lower energy nuclei have magnetic moment pointing in the direction of the magnetic

field and are said to be the parallel state, whilst the remainder are said to be anti-parallel.

Since the magnitude of the angular momentum, p, and its component in the direction of

the applied magnetic field, p,, are both known (which is possible because the operators
[%and T . commute), the angle between the angular momentum vector and the applied

field is also known. There is, however, no way of determining the components of angular

' A magnetic field can be described in terms of its flux density B, which determines the force exerted on
other magnets. Henceforth, for simplicity, I will refer to By as the magnetic field rather than the magnetic

flux density. The unit of By is the Tesla (T).

11
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§ v

%’) AE = yiB,
HHH= oo

Figure 2.1 Nuclear energy levels in a magnetic field B, for a spin 12
nucleus. Arrows represent nuclear spins at each energy level; transitions
between energy levels are induced by supplying photons with an energy AE

12



NMR Theory and Imaging Techniques

momentum in the x and y directions (7, fy and [, do not commute). Therefore the magnetic
dipole might be oriented anywhere around the surface of one of two cones, depending on

whether the nucleus is in a parallel or anti-parallel state.

2.1.3 Transitions between nuclear energy levels

In order to obtain an NMR signal, it is necessary to induce transitions betWeen the
different energy states. A nucleus can transfer between energy levels when a quantum of
energy exactly equal to the energy difference is supplied or removed from the system.
This energy must be in the form of an oscillating magnetic field in the xy-plane, and the
field should oscillate with a frequency vy that satisfies the fundamental relationship:

AE = hv, 2.7
Using equation (2.6), this means that

Vo, =YB,/2T (2.8)
or equivalently, since o is equal to 2nv,

0, =B, 2.9)
Equation (2.9) is the principal equation of nuclear magnetic resonance describing the
resonance condition for magnetic nuclei, and the resonant frequency at which transitions
occur is called the Larmor frequency. Since 7y differs for each nuclear isotope, different
nuclei resonate at widely different frequencies in a given field By. At conventional values
of By the frequencies occur in a convenient radio frequency band, and the oscillating field

B; is commonly referred to as the radio frequency (RF) field.

13
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2.1.4 The population distribution of the nuclear energy states

The populations of nuclei in each of the energy states are determined by the Boltzmann
distribution. The larger the separation of energies and the lower the thermal energy, the
larger is the proportion of spins in the lower state. At a thermal equilibrium characteristic
of the temperature 7, the relative numbers n* and n” of nuclei in the spin +¥4 and -¥4 states

respectively are given by

% = exp (-AE/kT)
n

= exp (-yiB, /kT)

(2.10)

where k is the Boltzmann constant. For protons in a magnetic field of 5 T the magnitude
of AE is 10°® electron volts (eV), whereas at 20°C the thermal energy kT is about 2.5%102
eV. Therefore the ratio n*/n’ is very close to unity, and the populations differ by less than
one part in 10*, The similarity of the energy states means that net signal emission is only
seen from a very small proportion of the nuclei, and thus the inherent sensitivity of the
technique is quite low. It is worth noting that an increase in the magnetic field Bq
increases the difference between adjacent states (equation (2.6)) and hence their
population difference (equation (2.10)). This considerably enhances the net absorption of
energy. As a result, a high magnetic field is generally desirable to improve the signal to

noise ratio.

14
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2.2 Principles of Nuclear Magnetic Resonance - The

Classical Approach

2.2.1 Nuclear magnetism and the net magnetisation vector

If we consider an atom with a magnetic moment to be analogous to a tiny spinning bar
magnet, we would expect it to precess about a magnetic field with a characteristic
frequency @y which is identical to that derived in the previous section (see equation (2.9))
and is directly proportional to the strength of the interaction between the two magnetic
fields. In an NMR experiment, we study a sample containing a very large number of
magnetic nuclei. The sum of their magnetisation vectors is called the net magnetisation
vector. At equilibrium, there is no preferred orientation in the plane perpendicular to By
(the xy-plane), and so the net component of magnetic moment in the xy-plane is zero.
However, there is a net magnetisation along the z-axis due to the unequal populations in
the two energy states. In order to interrogate this net magnetisation, it is necessary to add
energy to the system so that the state of equilibrium is upset, and a proportion of the
magnetisation is tilted into the xy-plane. The next section explains how this can be

achieved.

2.2.2 Spin excitation: the rotating frame of reference and the oscillating
B1 field

To understand the concepts of spin excitation more easily, it is convenient to deal with
vectors in a frame of reference which is rotating about the z-axis at the Larmor frequency.
In such a rotating frame of reference, slower processes such as spin relaxation will

become the dominant time dependant effects. The equation of motion for the net

15
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magnetisation transforms as:

(d—l\ﬁ) =’YMX(B+9J (2.11)
dt rot Y

where € is the angular velocity at which the frame is rotating. Hence in the rotating
frame, M follows the same equation of motion as in the stationary frame but with an
effective field Beg equal to the bracketed term on the right-hand side of equation (2.11). If
the frame rotates at the frequency Q = -yBy = @y, the Larmor frequency, then Beff =0, and

the precession is stationary in that frame.

The rotating frame is especially useful for expressing the effects of a second field, B, in
the transverse direction, also rotating at the frequency . This field will appear static in
the rotating frame. In the same way that the application of By causes the nuclei to precess
about its direction with angular frequency v By, so the application of B; in the rotating
frame causes the nuclear magnetisation to precess about B; with angular frequency v B;.
This is because the B, is the only apparent field experienced in the rotating frame. If the
field B, is applied for a time t,, the nuclei will rotate through an angle 6 given by the
product of angular frequency with time,

0 =1Bt, (2.12)
The nuclei will rotate through an angle of 90° (corresponding to 6 = n/2 radians) if t, is
such that

1B t, = m/2 (2.13)
A pulse of By field that has this duration is known as a 90° pulse, and its effect is to tilt
the net magnetisation away from the z-axis into the xy-plane of the rotating frame.
Following a 90° pulse, the system returns to equilibrium via processes known as spin

relaxation.

16
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2.2.3 Relaxation

The behaviour of the net magnetisation is best understood by considering two
components separately: the longitudinal component in the direction of By (M,), and the
transverse component in the perpendicular plane (Myy). After a disturbance, M, and My
return to their equilibrium values through spin-lattice (or longitudinal) and spin-spin (or

transverse) relaxation respectively.

Spin-lattice relaxation is characterised by a time constant T; known as the spin-lattice, or
longitudinal, relaxation time. This describes the return of the magnetisation M, to its
equilibrium value M, according to the Bloch equation:

dM, M,-M,
a T,

(2.14)

The processes that are responsible for longitudinal relaxation are fluctuating magnetic
fields that have a component in the xy-plane that oscillates at the resonant frequency.
These fluctuations will induce transitions between the spin states of the nuclei, and if they
are associated with the lattice (lattice is used in this context to mean the molecular
framework in which the nuclei reside), there will be an exchange of energy until the
nuclear spins are in thermal equilibrium with the lattice. The fluctuating magnetic fields
are created by the random tumbling of neighbouring molecules, and the resulting time-

dependant effect of their magnetic dipoles.

Spin-spin relaxation causes the return of M,y to its equilibrium value, and is characterised

by a time constant T, known as the spin-spin, or transverse, relaxation time. Since the

equilibrium value of M,y is zero, the Bloch equation for spin-spin relaxation is

17
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~=— (2.15)

T, relaxation involves interaction between neighbouring spins without exchange of
energy to the lattice. The value of T, is limited by T; and is also determined by the spread
of frequencies at which the spins are resonating. This depends on local By field
inhomogeneities caused by neighbouring spins (not necessarily rotating at the Larmor
frequency), and means that for any biological sample, T, will be considerably shorter than
T;. In addition to these signal decay processes, the presence of bulk magnetic field
inhomogeneities may also act to dephase spins around the precessionary orbit. This
results in dephasing in the xy-plane and is called T,' relaxation. The combined effect of T,

and T,' relaxation is called T,* relaxation, defined by:

+ (2.16)

A 11
nL* T, 1,
T, relaxation is irreversible. However, dephasing caused by T,' can be reversed by using a

180° refocusing pulse to produce a spin echo, as discussed in section 2.2.5.

2.2.4 The Free Induction Decay and Signal Detection

Following a 90,° RF pulse, the coherent rotation of the transverse magnetisation M,y

behaves according to:

A VAN
M, = [Mcos(w,t)] x e /s M, = [Mgsin(w,t)] x e /e (2.17)
where M, and My are the components of magnetisation along the x- and y-axes
respectively, and the exponential term describes the T,* decay of the signal. The voltage

induced in a conducting wire placed near the sample (the receiver) oscillates at a

frequency @y and is called the free induction decay (FID) signal. The receiver is usually a

18
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coil which is designed to be as sensitive as possible to the FID, and can either be the same
coil as that used to generate the By excitation pulse or a separate device used only to

receive signal.

2.2.5 The Hahn spin echo

As shown by equation (2.17), following a 90° pulse the transverse magﬁetisation
generated decays at a rate determined by T»>*. A 180° refocusing RF pulse can partially
reverse this evolution to form a spin echo (see figure 2.2). If a 180° pulse is applied at a
time T after the 90° pulse, the individual components of magnetisation remain in the xy-
plane but their phase is inverted so that those precessing at a faster rate now lag behind
the slower ones. After another time 7 the faster components will have caught up, resulting
in phase coherence and thus producing a signal which is known as the spin echo (Hahn,
1950). The formation of an echo in this way counteracts only the dephasing caused by
static field inhomogeneity, and at the time of the echo the nuclei are still partly dephased
because of the random effects of T, relaxation and molecular Brownian motion. The
extent of this dephasing (or T,-weighting) depends on the value of T which is used. This
parameter is one of many which can be manipulated in MRI to generate different image

contrast (see section 2.4).

2.2.6 The Inversion Recovery sequence

Figure 2.3 shows a sequence which is commonly used to weight the NMR signal
according to the longitudinal relaxation time (T,) of the sample under study. A 180° pulse
is first applied to tip the magnetisation anti-parallel to the z-axis, or to ‘invert’ the

magnetisation. The spins then relax back toward equilibrium at a rate determined by T;.

19



NMR Theory and Imaging Techniques

90° 180°
(@) I
| Spin echo

FID

<+—TE2—p»<4¢—TE2—>»

(b) z
90° Time TE/2 5
............... A e N 4
, > 3
y y
x 2
1
(i) X' (i) (iii) ‘;-Ewo°y
1

o
...........

(V) Time TE/2 (:5‘,)

Figure 2.2 Using a 180° refocusing pulse to create a spin echo (a) RF
pulse sequence and observed signal (b) the process by which the spin
echo is formed
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180° 90°

Tl TD n

TD

Figure 2.3 The inversion recovery sequence. (a) the RF pulse sequence
and observed signal (b) behaviour of the magnetisation. The magnetisation
is initially inverted by a 180° pulse, and undergoes an amount of T,
relaxation determined by the choice of TI. It is then tipped into the xy-
plane using a 90° pulse and the resulting FID is sampled
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As this relaxation is occurring, a 90° pulse is applied to rotate any longitudinal
magnetisation M, into the xy-plane so that it gives a FID signal. The amplitude of the
signal depends on the size of M, at the time of the 90° pulse, and so T; dependence is
introduced by appropriate choice of timing in the sequence. If a series of measurements is
taken at varying inversion times (TI) then an inversion recovery curve may be built up,

and a measurement of T; can be made.

2.2.7 Adiabatic RF pulses

Adiabatic RF pulses are a special type of RF pulse which can be used for spin
manipulation and have the advantage of being relatively insensitive to inhomogeneities in
the applied B, field. For a standard RF pulse, variation of the amplitude of By across the
region of excitation leads to differences in the flip angle experienced by spins in different
areas. This can potentially confuse interpretation of the resulting images. If an adiabatic

pulse is used, small variations in By amplitude do not affect the flip angle produced.

The design of adiabatic pulses is based on the following theorem. Suppose there is a
magnetic field By of fixed magnitude whose magnitude may be varied (no other magnetic
field present). Let the magnetisation M be parallel to By at time t=0. If the direction of By
is changed with an angular velocity m, and if yBg » m, then the theorem states that M will
turn with By, always remaining aligned along By as it rotates. This theorem can be proved
quite simply (e.g. see (Abragam, 1961)). The fact that the magnetisation follows the
direction of the magnetic field when the field changes direction sufficiently slowly is the

reason that these pulses are known as adiabatic.
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By utilising this principle, one can turn to the case of a rotating magnetic field B; of
frequency , perpendicular to a static field By. If one starts far below resonance, the

magnetisation is nearly parallel to the effective field in the rotating frame since

B, =B} +[@/y)-B,] (2.18)
As one approaches resonance, both magnitude and direction of the effective field change,
but if resonance is approached sufficiently slowly, M will remain parallel to Beg in the
rotating frame according to the above theorem. Thus, exactly at resonance, the
magnetisation will lie along By, making a 90° angle with By. If @ is swept through
resonance to a value far above, the magnetisation ends up pointing in the negative z-
direction. This technique of inverting M is very useful experimentally, since it is
insensitive to calibration errors of the B; amplitude, and is known as adiabatic inversion
or adiabatic fast passage. Examples of adiabatic inversion pulses are the hyperbolic secant
and frequency-offset corrected inversion (FOCI) pulses used for spin inversion in Flow-
sensitive Alternating Inversion Recovery (FAIR) perfusion experiments, as described in
chapters 3 and 4, and the principle is used to bring about velocity-induced adiabatic

inversion in continuous arterial spin labelling perfusion techniques (see chapters 3 and 7).

2.3 Image Formation using Nuclear Magnetic Resonance
Techniques

The aim of magnetic resonance imaging (MRI) is to produce representations of objects
containing NMR sensitive nuclei with good spatial accuracy. This is done nowadays
almost exclusively by the use of Fourier analysis techniques, in which spins are spatially

encoded by manipulating their resonant frequency using magnetic field gradients. For a
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standard two dimensional Fourier Transform (2D FT) image pulse sequence (see figure

2.4), the main features for consideration are:

1) the use of a frequency selective pulse (a ‘shaped’ 90° pulse) to excite a single slice
from the three dimensional region

2) the use of phase-encoding gradients, Gy, to provide information along one direction
(the y-direction) within the slice

3) the use of the read gradient, Gy, to provide information along the x-direction within the
slice

I will briefly describe each of these procedures to show how they can, with the aid of a

two-dimensional Fourier transformation, be used to generate a cross-sectional image.

2.3.1 Slice selection

Protons in the slice of interest can be selectively excited by the combination of a
frequency-selective RF pulse and a magnetic field gradient applied perpendicular to the
imaging plane. The bandwidth of the RF pulse and the amplitude of the slice-selection
gradient determine the thickness of the slice. In order to excite the material within the
slice evenly the RF pulse must be of a certain shape. The shape is that of a sinc function
[(sin wt)/ wt] which is the Fourier transform of a square pulse. Also, because the slice is
of finite thickness, the slice selection gradient, as well as enabling the slice to be selected,
causes nuclei through the slice to be dephased. A negative gradient after the RF pulse

compensates for this by rephasing the nuclei.

2.3.2 Frequency encoding

Following a slice selective 90° pulse, nuclei precess about By at the Larmor frequency .
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Ignoring field inhomogeneity effects, all spins resonate at the same frequency. A
magnetic field gradient applied along the x-direction causes neighbouring spins within the
gradient to precess at different frequencies. Frequency encoding involves acquisition of
an echo in the presence of a linear field gradient. Frequency analysis of the echo by

Fourier transformation produces a profile of the sample.

2.3.3 Phase encoding

To obtain a second axis of spatial information, spins are subjected to a third magnetic
field gradient G, perpendicular to both the slice select and frequency encoding gradients.
This causes the nuclei to precess at different rates according to their position along the y-
axis, and if the gradient is applied for a period of time At the nuclei at a point y will have
accumulated a phase shift A equal to
Ad =G, yAt (2.19)

It can be seen that the gradient G, causes the nuclei to acquire a phase shift that is
proportional to their y-co-ordinate. If the size of the gradient is increased in a stepwise
manner, the signal will be modulated with a frequency that is determined by the y-co-
ordinate of the nuclei generating the signal. Fourier analysis of how the signal varies from
one scan to another provides the means of disentangling the frequency modulations and
hence yielding the y-distribution of the nuclei that give rise to the signals. This provides
the second dimension for the image, and the combination of phase and frequency

encoding enables the reconstruction of a two dimensional image.
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2.3.4 The concept of k-space

It is useful at this point to introduce a graphical representation of imaging techniques,
based on the received signal being a Fourier transform, which helps to visualise the
effects of applied gradients. It can be shown that, neglecting relaxation and other
attenuating effects, the received signal from a sample S(t) is related to the spatial density

function, p(r). If the Fourier transform is defined as

p(k)= [ p(r)e™ dr (2.20)
then the received signal S(t) may be written as

§(1)= p(k(2)) (2.21)

where K(t) is a vector in Fourier space, of k-space, which depends upon the field gradient

G(t) according to the expression
k(t)=y J:G(t’)dt’ (2.22)

The temporal variation in G(t) is related to a vector in k-space which represents the signal
at time t. Hence the 2D-FT imaging experiment described above consists of modulating
the gradients to create a trajectory in k-space allowing sufficient samples of S(t) to be
taken to allow the original spin density to be recovered via a two dimensional Fourier
transform. The size of the field of view and the resolution of an image can be
conveniently described in terms of the k-space characteristics of the acquisition. For a

2D-FT image, the field of view (FOV) is determined by:

2r
A _=v-G,-At= 2.23
TS = oy (2.232)
2n
Ak, =y -AG, -t, = 2.23b
y y y y FOVy ( )
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where At is the dwell time between sample points collected in the presence of the read
gradient Gy, ty is the duration of the phase encode gradient and AG, is the gradient
increment between one line of k-space and the next. The image resolution () is:

/(4
),x’y = L (2.24)
xy

where k)" represents the outermost point of k-space acquired in the respective directions.

In the 2D-FT experiment, one line of k-space in the read direction is acquired per
excitation of the spin system, and k-space is stepped through in the orthogonal direction
by incrementally increasing the phase encode gradient for successive acquisitions. This
means that the scan time for a spin warp image tends to be on the order of a few minutes,
and is the reason why this type of image acquisition is rather prone to motion artefacts. In
an effort to reduce the motion sensitivity of MRI, techniques have been proposed which
reduce the length of the imaging period. I will describe the most important of these in the

next two sections.

2.3.5 Fast Low Angle Shot (FLASH) imaging

The Fast Low Angle Shot (FLASH) sequence is an example of a 2D-FT gradient echo
sequence, in which a 180° refocusing pulse is not used and the sampled data comes from
the FID of a single excitation pulse. The read gradients immediately follow the excitation
pulse, thus reducing the echo time of the sequence. The scan time can also be reduced by
making the time between successive excitations much less than the T; of the sample (the

value typically used in spin echo imaging). This leads to loss in the signal to noise ratio
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(SNR) of the resulting image, but for a given repetition time, the SNR can be optimised

by adjusting the flip angle of the excitation pulse according to the Ernst equation:
cosa=exp(-TR/T,) (2.25)

where o is the pulse flip angle and TR is the sequence repetition time. FLASH imaging
therefore offers the possibility of a greatly reduced scan time at the cost of a degradation
of image quality. The minimisation of repetition time is taken to its physical limit in

TurboFLASH imaging, which is discussed further in Chapter 6.

2.3.6 Echo Planar Imaging (EPI)

After the completion of a line in k-space in the 2D-FT sequence there remains a
substantial amount of transverse magnetisation since typical sample times are much less
than T,, although the spins are dephased because of the previous application of the read
gradient. This signal is a potential source of information and by reversing the polarity of
the read gradient, a recalled echo is formed which may then be sampled. An imaging
approach offered by Mansfield in 1977 (Mansfield, 1977) exploited this by repeatedly
reversing the read gradient polarity. Thus if the experiment could be compressed into the
duration of one FID, the entire k-space data set could be obtained from one RF excitation
leading to sub-second imaging times. This approach is known as echo planar imaging
(EPI), and the exact pulse sequence is shown in Figure 2.5a. K-space is stepped through
in the phase encode direction by the application of short gradient blips between the read
gradient reversals, producing the square k-space scanning pattern shown in Figure 2.5b.
The large negative blip on the phase encode axis serves to move the initial sample point
so that the whole of k-space can be scanned in one experiment from bottom to top. An

EPI image takes on the order of 50ms to acquire, depending on the resolution and
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sampling rate, and it is this rapidity of acquisition that is the principle advantage of EPI,
allowing motion (e.g. of the heart) to be effectively frozen. The price for such rapid
acquisition is a lower SNR than that of conventional 2D-FT techniques and an inherent T,
contrast (see next section). In addition, EPI is more technically demanding since, in order
to compress the experiment into one FID, the sampling must be faster with
correspondingly higher gradients which have to be switched more rapidly. Such large
gradient amplitudes bring the problem of time dependent eddy currents induced in the
body of the magnet, which can lead to image distortion. In fact, EPI is paﬁicularly
sensitive to any type of magnetic field inhomogeneity or off-resonance effects, which
cause misregistration and distortion of the images produced. Indeed, this is viewed by
many as the major drawback of the technique. Nevertheless, in most experiments where
high time resolution measurements are the main priority, EPI is now the technique of

choice on systems with the required gradient capabilities.

2.4 Image Weighting in Magnetic Resonance Imaging

A major benefit of MRI is that the images can be tailored to show contrast in various
different ways, each of which represents unique and valuable information. I will now
describe how the image acquisition can be controlled to weight the images according to

the relevant parameters, which I have divided into two categories: NMR and biological.

2.4.1 Image weighting using NMR parameters

Traditionally, NMR sequences and images have been weighted according to parameters

such as:
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e Spin density: using a sequence with a short echo time and a long time between
excitations to allow for full relaxation results in an image which predominantly
represents the density distribution of the NMR sensitive nuclei.

e Ti-weighting: to produce an image in which contrast relates directly to the T; variation
within the sample, two main approaches are used. A pre-inversion pulse can be applied
and the magnetisation sampled at a point during the ensuing recovery (the IR
sequence, see section 2.2.6). However, an IR image takes a relatively long time to
acquire, since full relaxation is required between inversion pulses. The alternative is to
acquire a 2D-FT or EPI image with a short repetition time i.e. a repetition time = T; of
the sample. If a range of T, values is present in the sample, which will be the case if T;
contrast is desired, then a repetition time within the range should be chosen. The extent
to which spins have relaxed between excitations will depend on their Ty, and thus the
amount of signal produced will also be Ti-dependant. Regions of the sample with a
short T; will appear bright since they almost fully relax between excitations;
conversely, regions with long T; will appear dark in the T;-weighted image.

o T)-weighting: as described in section 2.2.5, the use of a 180° pulse to form a spin echo
produces a signal whose amplitude is related to the echo time and the T, of the sample.
If a long echo time is used, signal from regions of the sample with a short T, will have
almost completely decayed, whereas regions with a long T, will still have a significant
amount of signal remaining. Therefore, short T, regions appear dark, long T, regions
appear bright, and T, contrast is generated. This technique can be applied to both EPI
and 2D-FT imaging. Indeed EPI will inevitably have a certain degree of T,-weighting
due to limitations on its minimum echo time. In order to avoid any T; contamination,
these sequences are usually run with long repetition times to allow for full longitudinal

relaxation of all spins between excitations.
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® Magnetisation transfer: macromolecular protons (such as those attached to proteins)
have resonance linewidths which are too broad to detect directly in conventional MRI.
However, if these signals are selectively saturated using irradiation which is several
kHz off-resonance with respect to the free water signal, a perturbation of the steady-
state magnetisation of the free water protons is observed. This is caused by
magnetisation transfer and cross-relaxation between the two coupled spin .systems.
Magnetisation transfer contrast (MTC) can be used to look at the rate of exchange of
magnetisation between the free and bound states, and at the relative populations of the
two states. Magnetisation transfer affects the longitudinal relaxation time constant Tj,
which is shortened in the presence of off-resonance irradiation. This is important when
an off-resonance pulse is used for a different purpose, e.g. spin tagging in perfusion

MRI, and will be discussed further in the relevant chapter.

2.4.2 Image weighting using biological parameters

More recently, techniques have been developed to directly image biological pafameters.

This thesis deals with a number of these methods, including:

e Ty*-weighting: as mentioned above, images can be sensitised to the effect of magnetic
field inhomogeneity by using gradient echo sequences. Local magnetic field
inhomogenities can be induced by the presence of so-called contrast agents, which are
paramagnetic and so generate field gradients in their immediate vicinity. These cause
extra spin dephasing, leading to a dropout in signal. Contrast agents can either be
exogenous such as the gadolinium based Gd-DTPA which is used as a marker for
cerebral blood volume, or endogenous such as deoxyhaemoglobin, which is used to

generate contrast in functional neuroimaging and experimental studies of cerebral
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ischaemia. In fact, more specific information can be obtained by creating maps of T,*
and a rapid method for doing this is introduced in Chapter 5.

Diffusion-weighting: the NMR signal can be specifically sensitised to molecular
diffusion by using an approach first proposed by Stejskal and Tanner in the 1960s.
This technique has been shown to be extremely important in the study and evaluation
of stroke, where the diffusion of cellular water changes with the onset of cytotoxic
oedema. The details of this technique are described fully in Chapter 3, and Chapter 6
introduces a new technique to measure the apparent diffusion coefficient in a time
efficient manner at high field. |
Perfusion-weighting: the use of exogenous contrast agents which act as a blood
marker can be extended to measure blood flow as well as blood volume. If a short
bolus of the contrast agent is injected intravenously, and its first passage through the
brain is tracked by means of transient changes of signal intensity observed in a series
of rapid images obtained at intervals of approximately one second, then flow can be
estimated. Alternatively, blood water itself can be used as an endogenous tracer. The
blood magnetisation can be ‘labelled’ in the arteries by either a saturation or inversion
pulse, and these labelled spins alter the magnetisation of the tissue into which they
flow. There are a number of different versions of these ‘spin tagging’ techniques, and
this thesis deals extensively with both the continuous and pulsed labelling approaches.

The exact details of these sequences are left to the appropriate chapters.
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3 Introduction to Perfusion and Diffusion

3.1 The concept of perfusion

The measurement of tissue perfusion is of critical importance to our understanding and
assessment of many of the major human diseases, since cerebral vascular disorders are
among the most common causes of death and disease in the Western world. Perfusion is
defined as the volume of blood delivered to the capillary beds of a block of tissue in a
given period of time, and its units are therefore ml/100g/minute. It is important to
distinguish between perfusion and bulk flow: perfusion is flow at the capillary level,
where exchange of nutrients between the blood and tissue occurs, whereas bulk flow
corresponds to flow through major vessels such as veins and arteries, where no exchange
takes place (see figure 3.1). Perfusing blood delivers substances such as oxygen and
glucose to the tissue, which are necessary for cellular metabolism, and carries away the
waste products. The survival of the brain is dependent on a continuous and adequate
supply of oxygen and nutrients, and failure of the cerebral circulation results in the death
of nerve cells within 5 minutes. For these reasons, the ability to measure perfusion
accurately and with good spatial precision would offer the chance to assess which regions
of an organ are at risk following a stroke or thrombosis. Various attempts have been made

to develop techniques that achieve this goal.

3.2 Methods of measuring cerebral perfusion

I will deal here with techniques that are designed to specifically measure cerebral

perfusion. The techniques can be split into two main groups: those which are influenced
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by cerebrovascular anatomy (i.e. connections between blood vessels which supply the
brain and the surrounding tissue, or intra-extracranial anastomoses) and those which are

not.

3.2.1 Group I methods

These methods are influenced by cerebrovascular anatomy.

Kety-Schmidt method: The first successful measurements of cerebral blood flow in man
were performed by Kety and Schmidt in the 1940s. The method depends on labelling the
brain with an inert diffusible indicator; in the original method, low concentrations of
nitrous oxide were inhaled by the subject. The rate of uptake (or clearance) of the
indicator by the brain is determined from a time plot of the arterial and cerebral venous
concentrations of the indicator. At the end of the inhalation period, the arterial blood,
cerebral venous blood and the brain tissue are in equilibrium for the nitrous oxide and the
final cerebral venous concentration is assumed to be that of the brain tissue. The main
difficulty of the method is that cerebral venous blood must be sampled from a vein
draining blood from the brain alone and not be contaminated by blood from extracerebral
sources. This is possible by sampling from the internal jugular bulb in man but is

extremely difficult in experimental animals.

DX enon clearance: This is basically an adaptation of the Kety-Schmidt technique. An
inert diffusible tracer, **Xe, is injected into the internal carotid artery or inhaled. The
indicator diffuses very rapidly and equilibrates between the blood and brain tissue. When
the injection is stopped, fresh arterial blood (containing no xenon, as this is almost

completely cleared in one passage through the lungs) will wash out the isotope present in
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the brain tissue. The faster the washout, the faster the flow, and vice versa. The rate of
clearance of the gamma emissions of the isotope are monitored by means of a scintillation
crystal(s) mounted over the intact skull. These are collimated with lead to narrow the
focus of the counting of radioactivity. The scintillation crystal is connected to a rate meter
(to give a continuous record of radioactivity) and a chart recorder. The major problem
with this method is to ensure that only brain tissue is labelled with **Xe. If extracranial
tissues are labelled and are ‘seen’ by the counter, the readings obtained will not represent
flow solely through the brain tissue. This is particularly important when looking at
substances such as serotonin which can have dramatically different effects on brain as

opposed to blood flow through extracerebral tissues.

Arterial flowmeters: The use of flowmeters (usually electromagnetic) on the arteries
supplying the brain is severely limited in the experimental animal by the presence of
intra-extracranial arterial anastomoses. Surgical preparations can help to alleviate these
problems, but it is generally accepted that the use of arterial flowmeters is not a reliable

technique for experimental work involving the brain.

3.2.2 Group II methods

These methods are not influenced by species cerebrovascular anatomy. Most are only
possible in anaesthetised experimental animals, but the more recent techniques such as

SPECT and PET can be applied to the human brain.

Isolated cerebral vessels: The vasoconstricting or vasodilatory effects of various
substances or physiological stimuli can be tested in sections of cerebral artery perfused in

an organ bath. This method can be useful for detecting the presence of various
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neuroreceptors or for the testing of drugs. Unfortunately the effects of a substance on a
cerebral artery in vitro is no guarantee that it will affect cerebral blood flow in the same
way in vivo. The major cerebral blood vessels (such as the middle cerebral artery) which
are usually used in these preparations do not have the same innervation nor necessarily
the same physiological responses as the resistance arterioles within the brain substance.
Isolated vessel preparations can be useful tools for the pharmacologist but unqualified

predictions about cerebral blood flow should not be made from their responses.

Pial vessel responses: Observations of the diameter of the arteries and arterioles running
over the surface of the brain is a useful technique. The surface of the brain is surgically
exposed and the vessel under study viewed through an image splitter and video camera
attached to a microscope. Measurement of a vessel pial diameter does not give a direct
measure of cerebral blood flow. Pial vessels can constrict in response to induced
hypertension and dilate in response to lowering the arterial blood pressure with no change
in blood flow. However, in the presence of a stable blood pressure, pial vessel
constriction or dilation indicates, but does not prove, a decrease or increase in cerebral

blood flow.

8 Krypton clearance: The rate of clearance of *Kr injected into the carotid artery can be
measured by a Geiger-Miiller tube mounted over the exposed brain cortex. As only the
beta emissions are detected, the measurement reflects flow through the superficial 1 mm
of cortex over which the detector is mounted. Flow in ml-100g”-min™ is calculated from

the initial slope of the clearance curve following a prolonged injection.
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Heat clearance: The rate of clearance of heat from a warmed thermocouple can be used
to measure flow. The probe must either be mounted over the exposed cortex or inserted
into the brain tissue. The method gives qualitative results only but can be used to give an

index of rapid changes in flow as continuous measurements are possible.

Hydrogen clearance: The rate of clearance of H, can be measured from multiple platinum
electrodes inserted into the brain tissue. The H; is administered by inhalation for a period
long enough to ensure brain tissue saturation. When the H, is stopped, the rate of
clearance (calculated from a plot of H, concentration against time) is used to calculate
flow. The advantage of this method is that localised and serial measurements are possible.

The main disadvantage is the possibility of tissue damage around the probes.

Transcranial Doppler ultrasonography: Blood flow velocity can be calculated by
measuring the flow-induced Doppler shift of ultrasonic waves when they are reflected by
red blood cells. This technique measures blood flux rather than perfusion per se, and can
also be used to measure red blood cell concentration. However, attenuation of the
ultrasound signal by bone means that its use is limited to experimental animals and

neonates.

Microspheres: Radioactive carbonised microspheres (commonly 15 pum in diameter) are
injected into the left side of the heart. On reaching the brain they are trapped in
capillaries. The number trapped in the capillaries, and therefore the radioactivity present
in the brain, is flow-dependent. Various isotopes with different gamma emission
characteristics (e.g. ]53Gd, 17Co, 141Ce, S1Cr and 113Sn) can be used, and up to four

different injections of microspheres with different labels can be used without significantly
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altering blood flow by plugging of the capillaries. When the animal is finally killed, the
brain is removed and the radioactivity at different energy peaks is counted in a liquid
scintillation analyser. Flow in macroscopically discrete areas can therefore be measured

on four different occasions in the same animal.

Autoradiography: A diffusible indicator (usually [14C]iodoantipyrine) is injected
intravenously. On reaching the brain the indicator is distributed through the brain in a
flow-dependent fashion. The animal is killed, the brain immediately removed, frozen and
cut into thin sections. These are developed on X-ray film. The resulting images are placed
in a densitometer which measures the degree of darkening of the X-ray film. This optical
density is related to the radioactivity of the brain which is in turn dependent on fhe blood
flow. Flow can be calculated in numerous areas of the brain (typically 1 mm? in size)
from serial sections and thus calculated in many different brain nuclei and areas of the
cortex. The chief disadvantage of the method is that, since brain removal is required, flow

can be measured only once in each animal, although in a multiplicity of different areas.

Single Photon Emission Computerised Tomography (SPECT): This technique combines
cerebral scintigraphy and tomography. The gamma camera, invented by Anger in 1961,
consists of a sodium iodide crystal which converts the gamma rays emitted by a patient
(after the intravenous injection of a gamma emitting radionuclide) into photons, which are
then converted to an electrical signal. A commonly used radionuclide is technetium-99m,
a nearly pure gamma emitter, and safe for patient administration. The fact that a two or
three-dimensional object can be reconstructed from the set of all its projections has been
known for many years. Kuhl and Edwards (Kuhl and Edwards, 1963) first used this

principle to obtain a cross-sectional image of the brain by rotating scintillation detectors
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around the head. Essentially the same technique is still used in SPECT, except that a
rotating gamma camera is used instead of a rectilinear scanner. A SPECT scanner is
relatively cheap and easy to set up, but the technique suffers from low spatial resolution

and is only semi-quantitative.

Positron Emission Tomography (PET): A positron is a positively charged particle with
the same mass as an electron. When emitted from a radionuclide (administered
intravenously or as an inhaled gas), it travels at most a few millimetres within the tissue,
losing most of its kinetic energy. It then interacts with an electron, and the resulting
annihilation produces two gamma rays, each with an energy of 511 keV (where 1 eV =
1.6 x 10" Joules), which are emitted simultaneously and travel at almost 180° to each
other. This energy can be detected externally and used to define the location of the
positron emitter by coincidence counting with symmetrically opposite pairs of detectors.
Cerebral blood flow is measured using radio-labelled oxygen (}°0) which is ihhaled as
C"0, and is rapidly transferred to the water pool in the pulmonary capillaries. The
resulting radioactivity is thus due to circulating H,'*O that is constantly generated in the
lungs. After approximately 10 minutes of inhalation, the H,">O concentration reaches an
equilibrium, in which continuous delivery of H215 O to the tissue is balanced by its rate of
washout into the venous circulation and the radioactive decay of the '°O (half life = 2.1
minutes). Blood flow is then proportional to the concentration of the tracer in the tissue.
Advantages of this method are its reasonably good spatial resolution and the ability to
measure cerebral blood volume, oxygen extraction fraction and the cerebral metabolic

rate for oxygen at the same time as blood flow.
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3.3 Mathematics of inert gas clearance methods

3.3.1 Fick principle

The methods described above all derive from the original Fick principle which states that
the quantity of substance Q taken up by an organ in time ¢ is the arteriovenous difference
in the concentration of the substance (C4 — Cv) multiplied by the blood flow (F) through

the organ. This can be written as:
0=F(Cy-Cy) 3.1
or,

F=0/(Cy-Cy) (3.2)

3.3.2 Kety-Schmidt method

Kety and Schmidt applied equation (3.2) to measure cerebral blood flow. The
denominator is modified to the integral of the arteriovenous differences over the time
period in which measurements are made i.e.
s (Cy—Cy)at (3.3)
The numerator of the equation, Q, which is the total amount of indicator taken up by the
brain in a time ¢, could not be detected directly in the original method. However, the
quantity of the substance taken up by the brain is the same as its concentration in the
brain (Cg) multiplied by the weight of the brain (W), i.e.
0=C,-W (3.4)

When the indicator has been inhaled for long enough (i.e. time ¢ = 10 minutes) Athe brain
and blood are in equilibrium and Cp = Cg = Cy; where Cy; is the concentration in the
venous blood at time ¢. (One also has to take into account the ratio of solubilities of the
substance between brain tissue and blood. This is termed the partition coefficient (A). In
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the case of the original Kety-Schmidt method, the A value for nitrous oxide was unity; for
the sake of simplicity it is ignored here). Equation (3.4) can now be rewritten:

Q=Cy-W (3.5)
Substituting equations (3.3) and (3.5) into equation (3.2):

C, W
F=—-— 3.6
L;(CA_CV)dt ( )

The denominator of the equation is a finite number which can be calculated from the area
between the curves of arterial and venous concentrations. Cy; can also be measured as the
final cerebral venous concentration of the indicator at time ¢, but the weight of the brain
(W) is unknown. Therefore equation (3.6) is rewritten as:

= _t__t___ (3.7)
w [ (C,-C,)dt

A value can thus be calculated for the quantity F/W, which is the flow per unit weight of
tissue. By applying the appropriate constants and correction factors, cerebral blood flow
is usually expressed in millilitres of blood per 100 grams of tissue per minute (ml-100g

Lmin™?).

3.4 Measuring perfusion using NMR

Over recent years, methods for measuring perfusion using NMR techniques have been
proposed. These techniques have been made practically feasible by the development of
ultrafast technology, which greatly increases the efficiency of MRI in data collection and
allows images to be acquired on the time scale required for the measurement of rapid
physiological changes. Several different methods have been suggested, most of which are

based on one of two approaches: (i) the use of contrast agents (exogenous and
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endogenous), or (ii) arterial spin labelling. Each approach has its inherent advantages and

disadvantages, as described in the following sections.

3.4.1 Perfusion MR Imaging with Exogenous Contrast Agents

Dynamic susceptibility contrast imaging is well suited to studies of haemodynamic
studies in the CNS. Gadolinium-DTPA (Gd-DTPA) enhanced, T;-weighted contrast is
useful when the blood-brain barrier (BBB) is grossly disrupted. When the BBB is intact,
however, it has little impact on most brain regions since the intravascular space is small
and T, effects occur locally. Unlike T; contrast, magnetic susceptibility (T, or T,*)
contrast results from microscopic variations produced by the heterogeneous distribution
of high magnetic susceptibility contrast agents within a tissue’s magnetic field. The
concept of susceptibility contrast was introduced by Villringer et al. (Villringer et al.,
1988). Early studies (Villringer et al., 1988; Belliveau et al., 1987) reported that the
injection of agents such as GA(DTPA)*~ or Dy(DTPA)*" lead to a significant decrease in
brain signal intensity on spin or gradient echo images. This magnetic susceptibility effect
results from local field gradients induced by intravascular compartmentalisation of the
contrast agent (Villringer et al., 1988; Hardy and Henkelman, 1989). By using long echo
times (80-100 ms), the magnetic susceptibility effect of a bolus of gadolinium contrast
agent (0.1-0.2 mmol/kg) is quite large, producing signal losses upwards of 20% to 30%.
These effects are greater than those observed for the T; enhancement when the blood-
brain barrier is intact, due to the amplification effect of the microscopic field gradients
outside the microvascular space. Within this space, these magnetic susceptibility effects
relax the transverse magnetisation of surrounding tissue protons for a distance roughly
equal to the radius of the blood vessel (Villringer et al., 1988). Magnetic susceptibility

contrast phenomena can be coupled with rapid imaging to resolve the first pass tissue
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transit of intravenously administered contrast materials (Rosen et al., 1991; Rosen et al.,
1990), thereby providing an index with which to measure cerebral blood flow and
volume. To determine quantitative cerebral blood volume (CBV) or blood flow (CBF)
measurements, however, it is necessary to convert regional changes in MR signal
intensity with respect to time into contrast agent tissue concentration-time curves (Rosen
et al., 1990; Belliveau et al., 1990). Empirical studies have shown that the degree of the
signal drop rests on two factors: the concentration of an injected contrast agent within the
blood and the fractional volume of intravascular space within the tissue (cerebral blood
volume). After injection, the contrast agent’s concentration varies with time, while blood
volume may vary region by region. Both contrast agent concentration and blood volume
reflect approximately linear relationships to the change observed in the relaxation rate
AR; = A(1/T5). This can be measured easily by measuring the percent signal change from
baseline and using the relationship AR = 1/Tpost - 1/T2pee (Villringer et al., 198.8; Rosen
et al., 1989). Within some limiting range, therefore, we can measure the contrast agent’s
concentration in tissue as a function of time (the so-called ‘concentration-time’ curve) by
mapping tissue signal loss dynamically over time (Belliveau et al., 1991). Because
cerebral transit times are on the order of seconds (Axel, 1980) ultrafast imaging is needed
to resolve the passage of an intravascular agent through the capillary bed. Echo planar
imaging (EPI) based methods are well suited to the evaluation of the time course and the

regional distribution of injected contrast agents.

Classical nuclear medicine principles have been found to be particularly useful for the
analysis of dynamic NMR time course data sets. Tracer kinetic analysis of contrast
concentration-time data can yield both flow and volume information (Axel, 1980). An

early principle for the analysis of concentration-time data was outlined by Stewart and is
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known as the Central Volume theorem (Stewart, 1894). Derived simply from mass
conservation, the theorem states that tissue blood flow, F, can be determined by the
following ratio:
F=V/MIT (3.8)

where F is in units of ml/min/mlgse, and V is the volume of distribution of the agent
within the tissue (i.e. the tissue blood volume for an intravascular agent, measured in
ml/mlisee). The mean transit time (MTT) is the average time required for any given
particle of contrast agent to pass through the tissue, following an idealised impulse
function. Several reasons exist as to why this apparently simple equation may be difficult
to solve in practice (Weisskoff et al., 1993). First, the agent’s volume of distribution may
be biologically multi-compartmental, with its transfer occurring between different tissue
volumes at different rates. To account for this, details of the agent’s passage through the
tissue must be modelled, for which several basic approaches, depending upon the class of
agents, have been proposed. For reasons discussed by Lassen (Lassen, 1984),
measurement of the tissue concentration-time curve, rather than the venous output
concentration-time curve, can only approximate the true MTT. Moreover, even fdr single-
compartment agents, such as purely intra-vascular markers, measurement of the true
tissue transit time can be difficult. This is because the MTT is derived by the transit of an
1dealised bolus of zero time duration (delta function). The tissue concentration-time curve
response to this bolus is called the tissue residue function. Since a delta function bolus
cannot be achieved practically, the tissue residue function cannot be measured in vivo.
The actual measured tissue concentration-time curve, Tissue(t), is by superposition the
convolution of the arterial input function Ar#(t) and residue function RF(t),

Tissue(t)= Art(t)* RF (t) (3.9)
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In order to measure the residue function RF(t), and its associated MTT, we must
deconvolve the measured tissue concentration-time curve with the observed arterial blood
input function. Art(t) can be measured directly with arterial blood sampling, as is
conventionally done with PET imaging, or can theoretically be accomplished directly
from MR images if sufficient temporal and spatial resolution is present. Tissue(t) can be
determined regionally from imaging experiments. Accurate determination of MTT
depends on the quality of both the Ar#(t) and Tissue(t) data. For freely diffusible markers,
this is simplified by slower transit times through the tissue. Thus, the measurement of
MTT is less dependent on the arterial input curve and temporal resolution of the
measurement. For purely intravascular markers, such as paramagnetic chelates in the
brain, the true transit times are on the order of seconds. Thus a well-characterised bolus is

needed to obtain accurate measurement of MTT.

In addition to measurement of MTT, determination of blood flow requires knowledge of
the volume distribution of the agent. For intravascular agents, this volume distribution is
the tissue blood volume, an important physiological parameter itself, especially during a
cerebrovascular accident. Measurement of absolute blood volume, V, can be made by
integrating the tissue concentration-time curve and normalising to the integrated arterial
(input) data. This has several important consequences. First, because the blood volume
determination is feﬂected in the time integrated tissue and blood concentration data,
measurement of blood volume alone has a somewhat diminished need for very high
temporal resolution measurements. For the measurement of arterial blood data, this can
mean that samples collected over time do not need to be fractionally measured and can
simply be pooled for an average determination. Second, because the arterial input to an

organ is ultimately derived from a common source, relative blood volume can be
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measured with no knowledge of the arterial concentration-time data. For these reasons,
early attempts to quantify microcirculatory parameters from MRI data were focused on
the somewhat simpler measurement of blood volume as the prerequisite to complete

characterisation of tissue perfusion.

3.4.2 Assessment of Tissue Perfusion using an Endogenous
Susceptibility Contrast Agent —- BOLD imaging

As seen above, if the magnetic susceptibility within a region of the brain varies rapidly (in
space and/or time) near or within a given voxel, the spins inside experience a range of
magnetic fields, and thus precess at varying frequencies. While they commence in phase
with each other, after a time this phase coherence is lost. The MR signal arises as a vector
sum of the spin magnetisation within a given voxel. The spread in phase angle thus results
in some degree of cancellation of the net magnetisation, and hence a loss of signal. The
attenuation depends on the spatial and temporal variation of the susceptibility, and the
length of time during which the spins precess before data acquisition. This forms the basis
of dynamic susceptibility contrast imaging (see above). Because deoxygenated
haemoglobin is more paramagnetic than oxygenated blood and normal tissue, it can also
act as an endogenous intravascular paramagnetic contrast agent. Variations in blood
oxygenation can clearly be seen to affect the MR image intensity in gradient echo images
with relatively long echo times, giving rise to the name blood oxygenation level
dependent contrast (BOLD). This phenomenon is now widely used for MR functional
neuroimaging, in which local increases of image intensity have been observed in
association with specific brain activation tasks. However, a basic analysis of the

biophysical and haemodynamic events relating to brain activation leads to the conclusion
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that many factors can affect the MR signal in such studies. The list includes blood
volume, blood flow, arterial and venous haemoglobin saturation, oxygen extraction rate,
blood velocity and haematocrit. This means that the use of BOLD imaging can not
provide a method for quantitatively measuring tissue perfusion, but does provide
important and unique complementary information when used in combinat_ion with

techniques which do measure CBF directly (e.g. spin labelling methods, see next section).

3.4.3 Introduction to Non-invasive Perfusion MR Imaging using Spin

Labelling of Arterial Water

An MR image can be made sensitive to the effect of inflowing blood spins if those spins
are in a different magnetic state to that of the static tissue. The family of techniques
known as arterial spin labelling (ASL) techniques uses this idea by magnetically labelling
blood flowing into the slice(s) of interest. Blood flowing into the imaging slice exchanges
with tissue water, altering the tissue magnetisation. A perfusion-weighted image can be
generated by the subtraction of an image in which inflowing spins have been labelled
from an image in which spin labelling has not been performed. Quantitative perfusion
maps can be calculated if other parameters (such as tissue T, and the efficiency of spin
labelling, see below) are also measured. Since exogenous contrast agents are not required
for these techniques, the perfusion measurement is completely non-invasive. Under the
general heading of arterial spin labelling, two distinct sub-groups exist: continuous ASL
and pulsed ASL. Despite sharing a similar basis, the two approaches have different
advantages and limitations that affect their ability to quantify perfusion. I will now

consider each approach separately.
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3.4.4 Continuous Arterial Spin Labelling techniques

The first arterial spin labelling (ASL) technique, proposed by Detre et al. in 1992 (Detre
et al., 1992), is known as continuous ASL (CASL). In the initial implementation, blood
water spins were repeatedly saturated as they flowed through a slice in the neck by the
use of a train of RF pulses, applied over a period of several seconds. The labelled spins
flow into the brain and, assuming water is a freely diffusible tracer, exchange completely
with brain tissue water, thus reducing the overall tissue magnetisation. A steady state
develops where the regional magnetisation in the brain is directly related to cerebral
blood flow. Modifying the Bloch equation for longitudinal relaxation to include flow

leads to the following equation for flow quantitation:

A M
= 1- b .
f== [ 5 ) (3.10)

lapp

where fis blood flow (perfusion) in ml/100g/min, A is the blood:brain partition coefficient
for water, M,” is the steady state magnetisation per unit mass of brain tissue, M}’ is the
fully relaxed tissue magnetisation per unit mass, and 74y, is the constant which describes

the exponential decay to the steady state magnetisation and is defined by

1 1 f
==+l 3.11
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T
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By measuring Ty, and the ratio of magnetisation with and without arterial spin
saturation, a value for flow can be calculated. The values for cerebral perfusion in the rat
brain reported by Detre et al (Detre et al., 1992) were in reasonable agreement with
previously published values using other techniques. Soon after CASL was proposed,
Williams et al. (Williams et al., 1992) improved the technique by using adiabatic fast
passage to label the arterial water spins. Making use of the adiabatic theorem (see chapter

2), the magnetisation of a spin moving through a magnetic field gradient at velocity v will
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be inverted if a constant B, field is applied perpendicular to the main field and the
following condition is satisfied:
YT, YT, << (/B,)G - v << 1B, (3.12)

As the spins flow along the direction of the magnetic field, their frequency sweeps from
far below resonance to far above (or vice versa, depending on the polarity of the gradient
and the direction of flow). In this way, adiabatic inversion will be induced. If such an RF
pulse is applied for several seconds to a plane in the neck of an animal, all inflowing
arterial water spins will be inverted during this period, and a flow-related steady state will
again be achieved. The advantage of labelling arterial spins by inversion is a two-fold

increase in the difference between the labelled and unlabelled states, and flow is then

given by:
l Mconr _ Minv
f = ; cont : (313)
T;app 2M b
where M,*" represents the magnetisation of tissue per unit mass without arterial spin

inversion (the control image) and M,™ represents the magnetisation with arterial spin
inversion. Greater sensitivity to flow is achieved using an inversion spin label, and blood
flow values measured by Williams ef al. in the rat brain were again consistent with

published values.

Two main problems soon became apparent for the use of continuous spin labelling as a
method to measure tissue perfusion accurately. First, the time taken for spins to travel
between the labelling plane and the imaging slice (henceforth referred to as the transit
time) is non-zero, and therefore T; relaxation will occur during this period. Different
regions of the brain will have different transit times, depending on the distance from the

labelling plane and cerebrovascular anatomy. For accurate quantitation, this effect must
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be taken into account. Second, the application of a long (i.e. several second) off-
resonance RF pulse causes a decrease in the water signal due to magnetisation transfer
effects. Although no direct saturation of observed water magnetisation in the imaging
slice occurs due to the narrow linewidth of the free water peak, saturation of
macromolecular spins does occur, resulting in attenuation of the free water signal via
magnetisation transfer (MT). This reduces the perfusion related signal difference between
the control and spin labelled images. Zhang et al. (Zhang et al., 1992) made an initial
attempt to account for these two effects by incorporating MT effects into the Bloch
equation analysis and measuring the time lag between the initiation of spin labelling and
the first observable decrease in tissue magnetisation. The transit time effect was
accounted for by modifying the degree of inversion, o, by an amount related to T;

relaxation:

_&— (M;:om _M;;nv)
T, M+ Q2o ~1)M™

f= where o' = exp(— A/Tm) (3.14)

T}y is the longitudinal relaxation time of brain tissue, T}, is the longitudinal relaxation
time of arterial blood water and A is the transit time. o can be measured by imaging a
slice in the neck just after the spin labelling has been performed and observing the
difference in signal intensity in the main arteries when the inversion pulse is on and off
(Zhang et al., 1993). The method to account for transit time and MTC effects proposed by
Zhang et al. (Zhang et al., 1992) was rather time consuming (their measurements were
done on a single voxel using volume localised spectroscopy rather than imaging), making
its routine implementation impractical. The transit time problem has also been noticed in
experiments comparing CASL with the radioactive microsphere method of CBF
quantification, where an underestimation of flow was observed with the spin tagging

technique when the flow rates were low (Walsh et al., 1994).
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Magnetisation transfer complicates the extension of the above methods to multi-slice
acquisition, since the control image must experience exactly equivalent MT effects as the
spin labelled image. This means that the control ‘plane’ must be symmetrically opposite
the inversion plane with respect to the imaging slice, which can only be true for a single
imaging slice. The control image is acquired by changing the sign of the frequency offset
of the tagging pulse (assuming symmetric MT effects) or by reversing the gradient
polarity. In fact, it has been suggested (Pekar et al., 1996) that to properly account for MT
effects (and possible eddy current effects caused by the labelling gradient) a four-step
protocol for image acquisition should be used, in which both frequency andv gradient
polarity are alternated, although this still remains a point of debate (see, for example,
(Silva et al., 1997)). Alternatively, a two-coil set-up can be used to avoid the saturation of
macromolecular spins (Zhang et al., 1995). In this set-up, a small surface coil is placed on
the neck of the subject, immediately adjacent to the artery supplying blood to the brain.
The physical range of the B; field produced by the surface coil is such that its effect is
limited to a very localised region. Arterial water spins are inverted using the surface coil,
but no MT effects are observed in the brain since the B; field does not extend that far. A
separate (actively decoupled) coil is used to apply the imaging pulses and receive signal.
Extension of this approach to multi-slice perfusion imaging is straightforward, lsince the
control image does not need to contain any MT information (Silva et al., 1995). However,
specialised hardware is needed for implementation of this method, and flow
quantification is still restricted by the need to account for a large range of arterial transit

times.

54



Introduction to Perfusion and Diffusion

Knowledge of the transit time for each pixel is necessary to produce quantitative
perfusion maps using the techniques so far described. This has been attempted by Ye et
al. (Ye et al., 1997b), where the difference between spin labelled and control imlages was
measured as a function of the tagging period duration using single shot EPI techniques,
but SNR was found to be insufficient to accurately estimate the transit time with high
spatial resolution. An alternative approach has been taken by Alsop and Detre (Alsop and
Detre, 1996) in which a time delay is inserted into the sequence between the end of the
tagging period and the image acquisition. Although this reduces the signal difference
between the control and labelled images and complicates the quantification procedure, it
can be shown (Alsop and Detre, 1996) that if this delay is greater than the arterial transit
times across the image, then the resulting CBF maps will be almost completely
insensitive to transit time variations. This technique has been shown to produce good
quality perfusion images even in patients with cerebrovascular disease (and the
concomitant large range of transit times throughout the brain) (Detre et al., 1998), though
the length of the post-labelling delay, and thus the tolerance to very long transit times, is
limited by T; relaxation and SNR. Nevertheless, this approach appears to be the most
robust and promising method presently available for the elimination of transit time

effects.

Another possible source of systematic error in CASL techniques is the presence of
intravascular signal in the subtraction (control minus labelled) images. Alli the theoretical
models describing the relationship between flow and signal difference (e.g. equations
(3.10) to (3.14)) are based on the assumption that signal comes exclusively from tissue. If
a significant amount of signal emanates from the vasculature, perfusion will be

overestimated. The majority of spin labelling studies have been performed with flow-

55



Introduction to Perfusion and Diffusion

crushing gradients included in the imaging sequence, which are intended to completely
eliminate signal from intravascular spins. Studies have shown that inclusion of a bipolar
gradient pair with a b value (Le Bihan and Turner, 1992) of approximately 5 s/mm?®
reduces the perfusion difference signal in human grey matter by almost 50% compared to
with no crusher (Ye et al., 1997b). The behaviour of the difference signal as a function of
b value can be used to estimate the relative amounts of spin-labelled signal in each
compartment (i.e. intra- or extravascular), and this can be used to get an estimate of the
extraction fraction for water (Silva et al., 1997). This is usually assumed to be equal to
unity (i.e. that water is a freely diffusible tracer), but experiments by the same group
using the arterial spin tagging technique with and without macromolecular saturation
have shown this assumption to be slightly inaccurate at normal flow rates (where E ~ 0.9)
and very inaccurate at high flow (E ~ 0.6 when f = 400ml/100g/min) in the rat brain
(Silva et al., 1997). The transit time insensitive sequence proposed by Alsop and Detre
(Alsop and Detre, 1996) mentioned above allows almost all of the labelled blood to either
exchange with the tissue or ‘wash through’ the vasculature during the post-tagging delay,
and therefore suffers less from the associated errors of arterial signal contributions. It is
important to note that since transit time effects cause an underestimation of CBF and
intravascular signal causes an overestimation, the two effects can tend to cancel out.
However, this will only be true under very specific circumstances, and both systematic
errors need to be addressed. It seems that a combination of delayed acquisition and flow-

crushing gradients is sufficient to account for both effects (Ye et al., 1997a).

Finally, the extension of CASL techniques to multi-slice perfusion imaging with standard
hardware has recently become possible with another method devised by Alsop and Detre

(Alsop and Detre, 1998). Rather than acquiring the control image by chariging the
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inversion RF frequency and/or gradient polarity, the amplitude of the RF labelling pulse
is sinusoidally modulated at a certain frequency @. Fourier transform of an RF waveform
of base frequency @ with sinusoidal amplitude modulation @ results in a pair of inversion
planes at frequencies @ot ¢. The result is that as spins flow through, they are inverted and
then immediately ‘uninverted’, thereby losing any degree of labelling. The MT effects of
the sinusoidally modulated waveform have been shown to be equivalent to that of the
labelling RF pulse (except very close to plane of inversion), thus enabling multi-slice
perfusion imaging. This development, coupled with the fact that CASL techniques have
recently been successfully applied to studies of cerebrovascular disease (see (Detre et al.,
1998), Chapter 7 in this thesis) and functional activation ((Kerskens et al., 1996), (Ye et
al., 1997), (Ye et al., 1998), (Lalith Talagala and Noll, 1998)) means that the future of

these techniques looks extremely promising.

3.4.5 Pulsed Arterial Spin Labelling techniques

As mentioned in the previous section, continuous ASL techniques suffer from two major
problems: magnetisation transfer effects, caused by the application of a long off-
resonance RF pulse prior to image acquisition, and the loss of the spin label by the blood
water as it travels from the labelling plane to the imaging slice. In pulsed arterial spin
labelling (PASL) approaches, the aim is to minimise these sources of error, and thus
facilitate flow quantitation. This is achieved by using a short (typically ~10ms) RF pulse
to label spins, and minimising the distance between the labelling region and the imaging

slice.
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Measurements of changes in perfusion based on observed changes in tissue T; were first
performed by Kwong et al. (Kwong et al., 1992). They demonstrated that if a slice
selective inversion was used to invert spins within the imaging slice only, the T; value
obtained was dependent on flow in the way previously described by Detre et al. in
equation (3.11). The entry of fully relaxed blood spins into the imaging slice increased the
apparent relaxation rate, with the increase being directly proportional to flow. Kwong et
al. used this relationship to calculate absolute changes in CBF associated with functional
activation. However, measurements of resting values of perfusion were not possible using
this method since the intrinsic tissue T; was unknown. In order to identify the component
of signal in the slice-selective inversion recovery (ssIR) image which is due purely to the
inflow of blood spins during the inversion time, a second image is required which has
relaxed with intrinsic tissue T. At approximately the same time, Kwong et al (Kwong et
al., 1995), Kim (Kim, 1995) and Schwarzbauer et al (Schwarzbauer et al., 1996)
proposed the sequence which is now commonly referred to as Flow-sensitive Alternating
Inversion Recovery, or FAIR. In this technique, two inversion recovery images are
acquired. The first follows a slice selective inversion, and thus has a signal intensity
determined by Ti.p, (see equation 3.11); the second follows a global inversion, and so
(assuming blood and tissue relax at the same rate) has no flow enhancement i.e. the image
intensity is determined by intrinsic tissue T,;. Subtraction of the two images leaves a
signal which is directly related to flow, as shown by Kim (Kim, 1995):
AM =2M,-T1 -(f /A)exp(=TI/T,) (3.15)

where AM is the difference signal between the ssIR and non-selective IR (nsIR) images,
M, is the equilibrium tissue magnetisation per unit mass of tissue, 77 is the time between
spin inversion and image acquisition (inversion time), f is perfusion in ml/100g/min, A the

blood:brain partition coefficient for water and T, is the intrinsic longitudinal relaxation
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time for tissue. Equation (3.15) relies on several simplifying assumptions, such as tissue
and blood T; being equal and the efficiency of the inversion pulse being equal to one.
Under certain circumstances these assumptions are not valid, and a more general analysis
(Calamante et al., 1996), (Kwong et al., 1995) predicts a biexponential relationship

between flow and TT:

exp(_ TI/T;app )— Cxp(— TI/T;a )
YT, ~ VT

AM =2a,M, f/l[ (3.16)

app

where oy is the degree of inversion (equal to 0.5 for saturation, 1 for perfect inversion),
T), is the longitudinal relaxation time of blood water protons, and T}, is defined in
equation (3.11). If T;, ~ T; and 0y is unity, equation (3.16) reduces to equation (3.15).
However, for brain tissue such as white matter where the T is approximately 50% of the
blood water value, the error introduced by making the simplifying assumptions is large
(Calamante et al., 1996). Quantitation of blood flow therefore requires a set of ssIR and
nsIR images to be acquired at different inversion times, and the difference to be fitted to

equation (3.16).

An alternative pulsed spin tagging approach which was developed at approximately the
same time as FAIR is known as EPISTAR (echo planar imaging and signal targeting with
alternating radiofrequency) (Edelman et al., 1994). This technique is similar in theory to
the continuous ASL methods. A slab of blood proximal to the imaging slice is labelled
using a single RF pulse, allowed to flow into the imaging slice and then imaged at a time
TI later. A control image is also acquired in which the label is applied distal to the
imaging slab (Edelman et al., 1994) or with no slab selective gradient (a variant known as
PICORE (Wong et al., 1997)). Subtraction of the images results in a ﬂow-dépendent

image which obeys the same time dependence as the FAIR subtraction image i.e.
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equation (3.16), assuming a negligible transit time for the tagged bolus to enter the
imaging slice and fast exchange. An alternative kinetic model has been put forward by
Buxton et al. (Buxton et al., 1995) which takes into account a finite transit time and
limited bolus width. These factors can be incorporated into the standard T; model
described above, leading to similar predictions for the behaviour of AM as a function of

inversion time for the two models.

FAIR and EPISTAR have been used to demonstrate the changes in cerebral blood flow
associated with neuronal activation induced by motor and visual stimulation on human
subjects. Combining FAIR and blood oxygenation level dependent (BOLD) contrast
imaging, Kim and Ugurbil (Kim and Ugurbil, 1997) have attempted to calculate the
changes in cerebral metabolic rate for oxygen based on various assumptions. Recently,
cerebral blood flow values in the rat brain measured using FAIR have been compared
with values obtained using autoradiographic methods and shown good correlation
(Tsekos et al., 1998). The response to hypercapnia and middle cerebral artery (MCA)
occlusion was also investigated. The pCO, index measured agreed well with previous
measurements, and a large reduction in signal from the region corresponding to the MCA

territory was observed, though no flow quantitation was attempted.

Under ideal conditions, quantification of perfusion using PASL methods is reasonably
straightforward. In practice, however, various complications become apparent. These
problems will be discussed in detail in Chapter 4, where the work I have carried out to
address the main difficulties is described. As with the continuous ASL approaches,
accurate quantitation of PASL depends on several parameters, such as transit times,

exchange fraction and macrovascular contamination. At present, both CASL and PASL
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offer huge potential and the benefits and limitations of each are approximately equal. It
will be interesting to see which method gains the upper hand over the next few years, and
whether routine implementation of completely non-invasive MR perfusion imaging will

become a clinical reality.
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3.5 Diffusion in biological systems

Measuring molecular diffusion has brought several useful new approaches ‘to tissue
characterisation and functional studies, from the determination of cell geometry to the
early clinical evaluation of cerebrovascular accidents (or strokes). This interest in
diffusion results from the unique feature of this parameter: diffusion directly reflects
molecular mobility. Molecular mobility also affects T; and T, relaxation times, but
diffusion refers only to tranmslational molecular motion, whereas T; and T, reflect
complex molecular interactions involving rotational motion and exchanges. Moreover, T
and T, are MR parameters affected by MR experimental conditions, such as the magnetic
field strength. By contrast, diffusion is defined entirely outside the MR context and does
not depend on the MR environment. However, MRI is the only irn vivo technique
available today to measure diffusion directly from molecular displacements. Thus
diffusion has not been used previously in the clinical domain and represents a new
parameter. Over recent years, it has been shown to be a parameter which holds a large

amount of useful information.

3.5.1 Molecular Diffusion

Molecular diffusion results from a random, microscopic, translational motion of
molecules known as Brownian motion. Because of thermal agitation, molecules are
constantly moving and colliding with each other. Diffusion was originally described in
non-uniform systems, where a macroscopic flux of differing species of particles could be
observed. Fick’s first law states that this flux density depends linearly on the
concentration gradient of this particle species. The proportionality constant is known as
the diffusion coefficient (D). A typical experiment is to monitor the diffusion of a
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substance between two compartments separated by a semi-permeable membrane. The
diffusion coefficient can be determined, for instance, by measuring the concentration of
the substance at different times, using either chemical or physical methods. The principle

of Fick’s law is currently being applied, for example, in haemodialysis.

3.5.2 Random walk and Einstein’s equation

For a particular molecule, the random molecular walk produces net displacements over
time, which are randomly distributed if we consider large molecular populations. The
probability that a molecule travels a distance r in a time interval ¢ can be calculated. For a
simple liquid, one finds a Gaussian distribution, the mean of which is zero because the
probability to move in one direction is the same as that to move in the opposite direction.
The variance of the distance travelled is proportional to the time interval ¢ according to

the so-called Einstein equation:

<r2> =2Dt (or 6 Dt, for displacements in three dimensions)  (3.17)

The proportionality constant D, the diffusion coefficient, characterises the mobility of
molecules within and relative to the diffusing medium. The D of water at 25°C is about
2.2 x 10® mm?s. This means that, during 100ms, the standard deviation for water
molecular displacements is 20um. In complex systems such as biological ones, the
distribution of molecular displacements may deviate from the Gaussian model because of

the presence of many obstacles.

3.5.3 Boundaries and restriction

Restricted diffusion occurs when molecules are confined in a limited medium by borders.

When the molecules reach these borders they are reflected back into the medium.
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Therefore the diffusion distance is not found to increase indefinitely with the diffusion
time, as seen with free diffusion: rather, this distance ‘saturates’ when all the molecules
have reached the boundaries (see figure 3.2). By comparing this saturation diffusion value
and the free diffusion coefficient, which can be measured using very short diffusion times
so that molecules do not experience any restriction, it is theoretically possible to evaluate
the dimensions of the restrictive boundaries. This is of great interest for tissue
characterisation if the media in question are, for example, cells. In practice, the situation
is complicated by the shape and permeability of the medium, and diffusion measurements

can be used to estimate the permeability of cell membranes.

The dependence of the measured diffusion coefficient on diffusion time means that
equation (3.17) does not hold true, and the definition of the diffusion coefficient needs to
modified. Le Bihan et al. (Le Bihan et al., 1988) introduced the concept of the ‘apparent’
diffusion coefficient (ADC) to recognise the fact that in biological systems there is
always some degree of restriction, and therefore some departure from the Gaussian
model. When presenting diffusion measurements, it is important to state the diffusion

time used to enable comparison with other reported values.

3.6 Effects of diffusion on the spin echo MR signal

3.6.1 Motion, gradient and MR signal

As seen in chapter 2, a linear magnetic field gradient in the z direction G, causes the
effective field B seen by nuclei at location z to be:
B=B,+G,z (3.18)

and the corresponding precession (Larmor) frequency is:
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0=B=98,+YG,z (3.19)
where vy is the gyromagnetic ratio (see chapter 2). The phase accumulated by the

transverse magnetisation of spins at any location r in the presence of any gradient G over

a time interval ¢ will then be
¢ —"—I(:a)dl’:".;(’yBo +’}G-r)dt:¢)0 +'}/j(:(Gr)dt (320)

where ¢p is the phase accumulated by spins at location r = 0. Spins moving in the
presence of a magnetic field gradient (or any field gradient inhomogeneity) have the
phase of their transverse magnetisation shifted compared to that of static spins. This phase
shift results from changes in the magnetic field, and the associated frequency, seen with
spins that translate along the direction of the field gradient. In the situation where many
molecules are moving with different velocities, the sum of the phase shifts results in

destructive interference of the MR signal and an associated loss in signal amplitude.

3.6.2 Spin echo and constant gradient

The effects of molecular diffusion have been studied since the early days of NMR (e.g.
see (Hahn, 1950)). Because the probability distribution of diffusion displacements has a
Gaussian shape, the attenuation of the spin echo has an exponential dependence:

S = S, exp(—bD) (3.21)
D is the diffusion coefficient and b is a factor that depends on the magnetic field
gradients. If a constant gradient G is applied during the echo delay TE of a spin echo
sequence, one has

b=y>G’TE’ /12 (3.22)

and the echo signal is
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S = 8,(N.T, Jexp(~ TE/T, Jexpl- y*G*TE* D /12) (3.23)
where N refers to spin density. Although b depends on the square of G and the cube of

TE, diffusion effects can only be observed with strong gradients and/or quite long

diffusion measurement times, since D is generally small in biological tissue.

3.6.3 Pulsed gradients and Stejskal-Tanner sequence

A significant improvement in diffusion measurements using a single spin echo was
introduced by Stejskal and Tanner (Stejskal and Tanner, 1965). By using very large but
short gradient pulses placed on each side of the 180° pulse of the spin echo sequence,
which are balanced and therefore have no effect on static spins, accurate measurements of
low diffusion can be made. In the Stejskal-Tanner sequence the expression for b becomes:
b=7*G*6*(A-6/3) (3.24)
where 6 is the duration of each gradient pulse and A is the time interval separating their
onset (see figure 3.3). The Stejskal-Tanner sequence offers the following advantage:
when 8<<A, the time during which the diffusion effect forms is exactly known and is
controllable independently of TE. The diffusion measurement time in this sequence isA-
0/3 and can be made variable. This is particularly useful for restricted diffusion studies in

which the diffusion time is a critical parameter.

3.6.4 Diffusion imaging

The computation of diffusion images, i.e. maps where the diffusion coefficient is
displayed for each pixel, is possible by using two or more MRI sequences that are

differently sensitised (‘weighted’) to diffusion but otherwise identical (same T; and T,
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dependence). For a typical 2DFT spin echo imaging sequence that contains multiple but
low-amplitude gradient pulses, the b factor of the imaging gradients remains low
(typically less than 1s/mm?) so that the diffusion effect is completely negligible (for D =
2.2 x 10° mm?s the attenuation is less than 1%). To increase the sensitivity of the
imaging sequence to diffusion, one must incorporate additional gradient pulses in the

sequence (see figure 3.3). These gradients can be applied along any axis.

The use of multiple gradient pulses in an imaging sequence necessitates recalculation of
the expression for b, taking into account the effect of all the gradient pulses. A general

expression is:
2
b=["|k@) dt (3.252)

with k(t)=y[,G(t")dt’ (3.25b)

where G(t") is replaced by —G(t) for pulses occurring after the 180° pulse at TE/2. For
instance, in the case of two images S; and Sy obtained with gradient factors b; and by, the
diffusion coefficient D can be determined in each pixel from the relative signal intensities
So(x,y,z) and S;(X,y,z) by rearranging equation (3.21):

D(x,y,z)= ln[A(x, y, z)]/(b1 -b, ) (3.26a)
with Alx,y,2)=8,(x,,2)/S,(x, y,2) (3.26b)
Diffusion coefficients can also be determined from more than two images obtained with

different known b values by fitting the signal attenuation with equation (3.21).
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Echo
90° 180°

Slice-select

Read

Phase encode

Figure 3.3 2D-FT spin echo diffusion-weighted imaging sequence.
Sensitisation to diffusion is obtained by inserting a pair of Stejskal-Tanner
gradients, shown here along the read axis. By changing the amplitude (G) of
these gradients, one can modulate the degree of diffusion-weighting of the
echo. Diffusion maps are directly obtainable from the resulting set of images.
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3.7 Diffusion MRI and cerebral ischaemia

The introduction of diffusion-weighted (DW) MRI has had a major impact on the study
and diagnosis of a number of cerebral dysfunctions, in particular cerebral ischaemia.
Moseley et al. (Moseley et al., 1990) were the first to demonstrate that ischaemic tissue
resulting from large vessel occlusion in the cat brain could be highlighted by DW imaging
(DWI). The ischaemic tissue appeared relatively hyperintense at the earliest measurement
(45 minutes) following the induction of ischaemia, whilst conventional imaging
techniques (Ty- and T,-weighted) failed to demonstrate any significant tissue damage up
to 2-3 hours after occlusion. The precise mechanisms responsible for the changes seen
with DWI during cerebral ischaemia and related pathologies remain uncertain, but despite
this the capability of DWI to delineate ischaemic tissue in the acute stage has tremendous

potential for monitoring therapy.

3.7.1 Potential mechanism for DWI changes

It is established that the severity of cerebral ischaemia is critically dependent on the
degree of perfusion deficit. As the CBF falls the brain compensates by increasing oxygen
and glucose extraction. With a further reduction in flow these physiological compensatory
mechanisms are insufficient to support neuronal electrical activity, as indicated by a
suppression in neuronal activity, until a critical threshold of CBF is reached beléw which
adeno-triphosphate (ATP) depletion results in a disruption of the actively maintained
cellular ion homeostasis. Large amounts of intracellular potassium cross into the
extracellular space, while sodium and osmotically obliged water move into the cell,
resulting in cell swelling (a stage referred to as cytotoxic oedema). In a model of global
ischaemia produced by occlusion of the common carotid arteries in the gerbil (see chapter
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4), Busza et al. (Busza et al.,, 1992) were able to demonstrate that DW image signal
enhancement only occurred when the cerebral blood flow fell below 15-20 ml/100g/min.
This is similar to the flow threshold for the maintenance of tissue high energy
metabolites. This and various other studies suggest that the DW imaging changes are a
consequence of the redistribution of tissue water and closely associated with energy

failure.

3.7.2 Diffusion-weighted imaging and the therapeutic window

The notion of a therapeutic window arose from studies in which the size of the infarct
which develops in transient ischaemia was compared with measurements made after
permanent occlusion. It was shown that infarct size could be markedly reduced if the
blood flow were restored after brief periods of focal ischaemia. This therapeutic window
can be regarded as the time during which ischaemic tissue may be salvaged with
appropriate physiological or pharmacological intervention. It is known that a reversal of
the impending infarction can only be achieved within a limited period; in the case of focal
ischaemia, for example, irreversible damage occurs within 2-4 hours of stroke onset.
Conventional histopathological techniques for defining the extent of infarction are
restricting not only by their invasive nature but also because long survival times are
required (24-48 hours) for full morphological expression. Diffusion-weighted imaging

provides a non-invasive and immediate alternative.
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4 Non-invasive quantitation of cerebral perfusion
using FAIR MRI

4.1 Introduction

The aims of this project were to use a FAIR based perfusion imaging technique to give
reliable and accurate values of cerebral blood flow in the gerbil brain. The motivation for
this was to be able to use FAIR imaging to monitor the time course of perfusion changes
in animal models of cerebral ischaemia. In order to achieve this I have:
e measured the relationship of the difference between non-selective inversion recovery
(nsIR) and slice-selective inversion recovery (ssIR) images and inversion time (TI).
This has been shown to improve the quantitation of flow compared to using a single TT
time, since it is possible to account for the differences in tissue and blood T; and
transit time effects.
e developed a method to increase the time efficiency of the FAIR technique by adding a
global saturation pulse to the sequence which enables it to be run at a reduced
repetition time without compromising the accuracy of the flow measurement. In
addition, this method potentially offers a way of measuring blood water T, directly in
vivo, thereby completely removing any errors introduced by assuming a literature
value.
e used improved definition adiabatic RF pulses to minimise the transit time delay
between spin inversion and the first exchange of labelled blood water with tissue in the
slice of interest. I have used adiabatic Frequency Offset Corrected Inversion (FOCI)
pulses (Ordidge et al., 1997) to achieve this, both for the inversion tagging pulse and

also as the 180° refocusing pulse in the EPI imaging section of the sequence.

e applied the method to a gerbil model of transient forebrain ischaemia and reperfusion.
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4.2 Demonstrating the basic flow sensitivity of FAIR

A pulse sequence diagram for the FAIR experiment is shown in figure 4.1. To verify the
validity of subtracting a nsIR image from a ssIR image to obtain flow-related information,
experiments were performed on a linear flow phantom. The phantom consisted of a long
plastic tube which was filled with water and connected at one end to a syringe pump. As
with all the experiments described in this chapter, images were acquired on a 2.35T
horizontal bore magnet using a slotted-tube resonator RF transmitter coil. Spin echo echo
planar imaging (SE-EPI) was used to acquire images in a single shot (TE=35ms, TR=20
seconds for full longitudinal relaxation). A section of the flow phantom was placed inside
the RF coil adjacent to a tube containing static water which was used as a reference. The
rate of flow of water through the flow phantom was varied between 0.0 and 3.2 mmnys.
These linear flow rates were calculated by dividing the volumetric flow rates provided by
the syringe pump by the cross sectional area of the flow phantom tube. An inversion time
(TT) of 3 seconds was used, which was approximately equal to the measured T; of static
water. An adiabatic inversion pulse (t-shape FOCI from (Ordidge et al., 1997)) was used
to perform both the slice-selective and global inversions. The image slice thickness was
4mm and the slice-selective inversion slice thickness was chosen to be 10mm to ensure
the imaging slice was completely contained within the inversion slice (see section 4.5 for
further discussion of this point). The results of this experiment are shown in the graph in
figure 4.2, and can be separated into three main sections. The first section ranges from
flow rates of O to approximately 0.5 mm/s, where the subtraction for both the static and
the flow phantom is zero. This insensitivity to slow flow can be explained in terms of the
ratio of slice thicknesses used for the inversion and imaging slices. A gap of
approximately 3mm exists between the edges of the image slice and the inversion slice

(assuming perfect profiles), and therefore if a 3 second inversion time is used one would
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Non-invasive quantitation of cerebral perfusion using FAIR MRI

expect a minimum velocity of 1 mm/s to be required in order for a difference between the
nsIR and ssIR images to be observed. Assuming laminar flow along the tube, for an
average flow rate of 0.5 mm/s the fastest water will be flowing at approximately 1mm/s,
and thus begin to cause a difference between nsIR and ssIR signal intensity, as observed.
The second section of the graph (flow rates 0.5 to 1.5 mm/s) is the linear rise of signal
intensity difference with flow rate which one would expect. Finally, the third section of
the graph (flow rates above 1.5 mm/s) shows that there a limit to the maximum flow rate
that can be measured using this approach, as the signal intensity difference levels off.
This can be explained by the fact that once uninverted water has fully ‘washed out’ all the
inverted water in the ssIR imaging slice, further enhancement of ssIR signal intensity is
not possible and therefore the difference between the ssIR and nsIR images will remain

constant.

Following the validation of flow sensitivity on a linear flow phantom, the FAIR sequence
was tested in vivo on an adult male Mongolian gerbil. The gerbil was anaesthetised with a
mixture of 1.5% halothane and 0.4 1/min of oxygen and allowed to breathe spontaneously.
Images were acquired using the volume transmitter coil and a separate 3cm diameter
surface coil as the receiver, decoupled as described in (Bendall ez al., 1986; Styles, 1988).
The imaging slice thickness was 4mm, the inversion slice thickness was 8mm (t-shape
FOCI inversion pulse from (Ordidge et al., 1997)), the inversion time was 1300ms and
the time between image acquisition and the next inversion was 7500ms to allow full
longitudinal relaxation. SE-EPI was used for image acquisition, and 30 nsIR and ssIR
image pairs were acquired in an interleaved manner and averaged to produce the images
shown in figure 4.3. Figure 4.3a shows the nsIR image and can be used as an anatomical

reference for the image shown in figure 4.3b which shows the ssIR — nsIR subtraction
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Non-invasive quantitation of cerebral perfusion using FAIR MRI

image (N.B. the images in figure 4.3a and 4.3b have been grey scaled differently, since
the difference signal is very much smaller than the base image signal). It is immediately
apparent that the difference image contains signal in areas corresponding to brain tissue
and blood vessels, and that image contrast is visible between different regions of the
brain. On death (figure 4.3c), the difference signal disappears, indicating that the image
shown in figure 4.2b is related directly to cerebral perfusion. However, the maghitude of
the difference signal is also dependent on several other factors, such as tissue spin density
and T,. Quantification of cerebral blood flow requires a more sophisticated approach,

which is described in the next section.

4.3 Perfusion quantitation using the standard FAIR T;
model

Calamante et al. (Calamante et al., 1996) and Kwong et al. (Kwong et al., 1995) have
shown that incorporation of a flow component into the Bloch equations leads to an

expected difference of magnetisation between the nsIR and ssIR images equal to:

Yy _ =t Ty
AM(t)zMss(t)—Mns(t)zzaOMOi(e ‘ ) (41)

A i_ 1
T, T,

where oy is the degree of inversion of the adiabatic inversion pulse (0 = 1 for a perfect

inversion), My is the equilibrium magnetisation per unit mass of tissue, f is perfusibn, A is
the blood:brain partition coefficient which is assumed in this thesis to have a constant
value of 0.9ml/g (Herscovitch and Raichle, 1985), T, is the longitudinal relaxation time

of blood water, and Ti,pp is defined as:
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L 1./
= 4.2)

lapp 7;

where T; is the intrinsic tissue longitudinal relaxation time. Equation (4.1) can be
simplified under the assumptions that T = T}, and t.(f/A) « 1 to give the equation used by

Kim (Kim, 1995)

AM (£)=20,M .t{%}"”‘ (4.3)

Since CBF is on the order of 0.01 ml/g/sec, A is 0.9ml/g, and the inversion time used will
be ~1 sec, the latter assumption is valid. However, there is evidence that the T;’s of blood
and tissue can be sufficiently different to make the former assumption unjustified,
especially in white matter brain tissue. For example, if we assume grey and white matter
to have T, values of 0.9s and 0.5s respectively and the T, of blood to be 1.2s (typical
values at 1.5T), the error in the calculated flow introduced by assuming equal T, values
are 20% and 100% for grey and white matter (Calamante et al., 1996). Therefore, in this
thesis I have based all calculations on the full model defined by equation (4.1), and

obtained data at a range of inversion times to calculate values of flow.

An example of a pair of nsIR and ssIR image data sets is shown in figure 4.4. In order to
be able to fit experimental data to equation (4.1), images were collected over the range of
TI values [200ms, 400ms, 700ms, 1000ms, 1300ms, 2000ms, 4000ms], as shown in the
figure. The maximum difference between ssIR and nsIR images occurs when TI = Tj,
which is approximately 1200-1300ms in grey matter in the gerbil brain at 2.35T
(measured using a nsIR data set). The TI range stated should therefore cover both the rise
and fall of the biexponential curve. Images were acquired with a spin echo single-shot
blipped echo planar imaging (EPI) sequence using trapezoidal read gradients and an

acquisition bandwidth of 200kHz. For these studies, 5 lobe sinc RF pulses with 3kHz
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bandwidth were used to produce slice selective 90° and 180° pulses. The imaging slice
thickness was 2.3mm and a t-shape FOCI pulse was used to give an inversion slice of
6mm width. This inversion to imaging slice ratio was shown to give a good zero
subtraction on dead animals and on static phantoms (see section 4.5). A bipolar crusher
gradient with a b value (Le Bihan and Turner, 1992) of 5 s/mm? was applied to crush
signal from intravascular spins (see section 4.5). To give a reasonable signal to noise ratio
(SNR) for the subtractions 20 acquisitions were averaged, which resulted in a total
imaging time of just over 40 minutes. Fitting of the data was done via a two step process.
First the ssIR data were taken and a 3-parameter fit was performed for My, 0 and T},
using the equation (Calamante et al., 1996):
M, =M, (120, ) 4.4)

The values for these parameters were then used in the biexponential equation (4.1) to fit
for flow. Equation (4.1) also contains another variable: Tj,, the blood water longitudinal
relaxation time. It is therefore necessary to either measure, assume a value for, or fit for
T1a. In this case, a constant value of 1500ms was assumed for T,, based on extrapolation
of data obtained at other field strengths (Schwarzbauer et al., 1996; Tadamura et al.,
1997). However, attempts were made to measure T, directly in vivo and are described

later in this chapter.

The maps of Ty, and CBF that result from applying this fitting procedure to the data
shown in figure 4.4 are displayed in figure 4.5. T1ap, is reasonably constant because the
gerbil brain consists mainly of grey matter with very little white matter, but contrast can
be seen between the brain tissue and the ventricles in the centre of the brain, which have
elevated Tigp, values. The CBF map shows contrast which is dependent on regional

differences in cerebral perfusion. Also shown in figure 4.5 are examples of the
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Non-invasive quantitation of cerebral perfusion using FAIR MRI

biexponential fits from four regions of interest in the gerbil brain. It can be seen that the
data points correspond closely to the fit lines, confirming the validity of the quantification
model. A point to note is that for all the data sets the last point (i.e. the subtraction of the
image pair acquired at TI=4000ms) is below the fit line. A physical reason exists for this
behaviour, and will be examined in section 4.4. Cortical flow is higher than that found in
the striatal areas, and the values correlate well with those measured in the gerbil brain
using other techniques (Kato et al., 1990; van Uitert and Levy, 1978). 1 therefore
conclude that FAIR imaging at multiple TI points offers an accurate method for non-

invasive in vivo determination of cerebral blood flow at normal levels.

4.4 Increasing the time efficiency of FAIR perfusion
measurements

All of the above analysis requires that sufficient time is left between IR experiments to
allow full longitudinal relaxation of the spin system. However, if the intentionAis to use
the sequence to follow a time course of changing perfusion, it would be advantageous to
optimise the sequence to make it as time efficient as possible. A reduced repetition time
version of the FAIR sequence has been used by Kim and Tsekos (Kim and Tsekos,

1997a), and based on a simple analysis leads to the equation:
AM = MO(%). TI.(Ze’"/T' - e“TR/T‘) 4.5)

where TR is defined as the time between successive inversion pulses, i.e. the sum of the
inversion time TI and the inter-experiment delay time T (assuming the image acquisition
to be negligible). As with equation (4.3), this equation is derived making various

simplifying assumptions. These include equality of tissue and blood T;, a perfectly
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efficient inversion, and fully flow-enhanced relaxation during the inter-experiment delay.
This latter assumption requires that all blood water entering the imaging slice following
the acquisition of both the ssIR and nsIR images is in its fully relaxed equilibrium state.
This is not true immediately after the nsIR image acquisition, at which point the blood
water will still be relaxing from the inversion, and also may not be true following the ssIR
image acquisition if the TR is sufficiently short. In fact, without making the simplifying
assumptions described above, it can be shown (see Appendix) that the behaviour of AM is
a complicated function of TR, T,, T}, TI, and f which reaches a steady state value after the

application of a series of interleaved nsIR and ssIR acquisitions given by:

f
2M,0, = X(TR)
AM(TI)= 0?0 A 1( )(1_ e TH Y;a )i:[e_ TI/ Tla _ e_Tl/ T;app )_ (1_2%)e—71 (VTxa“fl/Tmp,.)[ e—T/ Ti,, _ e_T/ I;app )]
Ty T
(4.6)
X(TR) is given by the expression:
N
X(TR)=Y (1-20, ) e ™ (4.7)

=0
and N is the total number of non-selective inversion pulses that have been applied prior to
the acquisition of the nsIR and ssIR pair that are subtracted to give AM. X(TR) is a series
which tends towards a constant value for typical experimental parameters when N > 4,
and so practical implementation of reduced repetition time FAIR would require a set of 4
dummy scans to be acquired before data acquisition could begin. The difference between
the expected behaviour of AM with inversion time for equations (4.5) and (4.6) is shown
in figure 4.6. In this simulation, I have used the following typical values for physical
constants and sequence parameters: flow = 150 ml/100g/min, tissue T = 1.2 s, blood T; =
1.5 s, 0p = 0.94, inter-experiment time T = 1.5 s. Also shown is the difference between the

two curves. It is apparent that the error introduced by making the assumptions of Kim
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and Tsekos is dependent on the inversion time used, but will always result in an
overestimation of the true flow value. It is therefore inappropriate to apply equation (4.5)
to quantify flow when using reduced repetition time FAIR. However, flow quantitation
based on equation (4.6) has two main drawbacks. First, it is necessary to use a set of
dummy scans prior to data acquisition which reduces the time efficiency of the sequence
(though for most time course studies would not present a major limitation for the
technique). Second, the form of equation (4.6) is rather complicated and fitting
experimental data to it in order to obtain a value for CBF would require many ssIR and
nsIR image pairs at different TI points in order to achieve a good degree of accuracy. This
would in turn increase the total acquisition time of the sequence, thus limiting its effective
time efficiency. My aim was therefore to develop a modification of the FAIR sequence
which could be run in such a way as to benefit from an improved signal to noise per unit
time compared to the full relaxation approach and also to ensure that this method was

simply and accurately quantifiable.

4.4.1 Using a global pre-saturation pulse with FAIR

The main problem with merely reducing the repetition time of the standard FAIR
experiment is that, as alluded to above, the tissue magnetisation in the imaging slice will
be different when the non-selective and slice-selective inversion pulses are applied. This
is due to the different apparent T, relaxation during the repetition time delay in the two
experiments. The ns/ssIR image difference will be dependent on the difference in initial
states in addition to flow effects. A way to eliminate this problem is to apply a global
saturation pulse immediately before the inter-experiment delay time that precedes both
experiments. In this way, we ensure that relaxation during the T period is the .same for

both experiments and so any difference in magnetisation which arises in the ssIR and
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nsIR subtraction is purely flow-related. Calculation of the expected difference in
magnetisation when a global pre-saturation pulse is included in the sequence gives (see

Appendix):

4

AM = 2Moao(§)(

e_TI/Tla - e"Tl/napp )

Tiapp T;a

This result is very similar to the long repetition time equation (4.1). The only

X (1- &) (4.8)

modification is the final term which relates to the relaxation of blood following the
saturation. This is more convenient than equation (4.6) for several reasons. First, it is a
relatively simple biexponential which is modulated by the constant blood relaxation term.
Fitting experimental data to this curve should be far silﬁpler than fitting to equation (4.6),
especially if the value of Ty, is known. Also, inspection of equation (4.8) shows that the
variable T appears only in the last term, which describes a monoexponential recovery of
the full AM signal with a time constant equal to T1,. Measurement of the variation of AM
as a function of T should therefore enable calculation of the in vivo blood water
longitudinal relaxation time via a one parameter fit, which can then be used in the
biexponential part of equation (4.8) to fit for flow. Finally, flow can be calculated from
this equation by either measuring the magnetisation difference at a number of TI points
or, if the parameters My, 0 and tissue 7; are known, by solving the equation for flow

using data collected at a single TI point.

The expected variation of AM with inversion time is shown in figure 4.7. For this
simulation, the sequence parameters and physical constants were the same as those
described above to generate the graphs in figure 4.6. Also shown for comparison is the

AM curve for reduced TR FAIR when a global saturation pulse is not included in the
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Non-invasive quantitation of cerebral perfusion using FAIR MRI

sequence (equation (4.6)). It can be seen that the maximum value of AM when a pre-
saturation pulse is used is less than when the sequence is employed in the conventional
way. This therefore represents a loss in SNR for the proposed sequence compared to the
original. However, given the significant simplification of flow quantitation provided by
the inclusion of the pre-saturation pulse, this sequence was considered the better of the

two options and used in subsequent experiments with reduced TR FAIR.

44.2 Optimisation of reduced TR FAIR sequence parameters

The aim of developing a reduced TR FAIR technique was to apply it to a situation where
perfusion is changing rapidly, namely a gerbil model of transient forebrain ischaemia
followed by reperfusion. Rather than measuring the full biexponential flow curve defined
by equation (4.8) at each time point, the idea was to measure the values of 0 and tissue
My and T using a long repetition time acquisition during the pre-occlusion control period
and consider these values to be constant for the duration of the subsequent experiment.
Quantitative perfusion measurements can then be made during the acute phases of the
occlusion-reperfusion experiment by obtaining a ss/nsIR image pair at a single TI value
and solving equation (4.8) for f. In order to obtain the maximum available signai to noise
per unit time for the single TI measurements, optimisation of the sequence parameters TI

and T was performed. This involves maximising the function:

AM(TI,r)x,/N,,_AM(TI,T)>< tow  AM(TI,7T)

! ttotal Tl +7 -\/ ETI +7 i

The VN factor is necessary since it is the SNR of the AM signal which is important, and

4.9

total

this is proportional to the square root of the number of averages (Na). ot represents the

total acquisition time, which is equal to (TI + ) multiplied by the number of averages
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(assuming the echo time is negligible). The final term in equation (4.9) was numerically
maximised by allowing TI and 7 to be free parameters, using the expression for AM(TI, 1)
given by equation (4.8). The Mathematica (Wolfram Inc.) software package was used to
perform this maximisation. Values of 1.3s and 1.5s were assumed for tissue and blood T}
respectively and flow was assumed to be 120 ml/100g/min. The form of equation (4.9) as
a function of TI and 7 is shown in figure 4.8. The maximum point on the 2-D surface
occurs at TI = 1165ms and T = 2740ms, and these therefore represent the optimum values

for the parameters.

443 Measuring T;, and perfusion using reduced TR FAIR

As discussed in section 4.4.1, the use of reduced TR FAIR with a global pre-saturation
pulse should enable the determination of both T}, (by measuring the variation of AM with
T at a given TI and fitting to a monoexponential recovery from AM = 0 to AM = AM(t =
o)) and CBF (using equation (4.8)). Experiments were performed to measure these two
variables in the gerbil brain using a spin echo IR-EPI sequence at 2.35T as described
above. To measure Tj, an inversion time of 1300ms was used and the inter-experiment
time T was varied between 100ms and 4000ms. Cerebral perfusion was measured with
reduced TR FAIR with a saturation pulse using the optimised values of 1165ms and
2740ms for TI and t respectively. The aim for the sequence was to have a time resolution
of 3 minutes, and so with these sequence parameters 23 averages were obtaine(i for both
ssIR and nsIR acquisitions. A train of four adiabatic half-passage hyperbolic secant
pulses, each followed by a crusher gradient to spoil transverse magnetisation, were used
to ensure good global saturation (this was seen to reduce the signal from a phantom by

~99.5%). In order to quantify flow from the pair of images, the values of T}, o and My
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were taken from the fits of a long repetition time acquisition. This means that the flow
measurement from the pair of short repetition time images is not truly self-contained, but
since the acquisition of a range of TI points with the short repetition time sequence was
not feasible within a 3 minute time period due to SNR limitations, this was deemed the
most satisfactory approach. The flow value calculated from the long TR, multi-TI
experiment was used to verify the equivalence of the reduced TR FAIR measurements. A
set of five reduced TR FAIR images was acquired successively to evaluate the

repeatability of the measurements.

The result of the T;, experiment from a region of interest in the gerbil cerebral cortex is
shown in figure 4.9. It can be seen that the data fit reasonably well to a monoexponential
recovery and the value of T;, obtained from the fit is approximately 900ms. This value
was used to quantify flow for the reduced TR, single TI FAIR subtraction images
according to equation (4.8). The results of this quantitation procedure are shown in the
second column in table 4.1; the first column shows the flow value obtained using the long
repetition time approach. Compared to the values obtained using the full biexponential fit,
the reduced TR FAIR images appear to overestimate CBF. Therefore, there exists a
discrepancy between the two versions of the sequence which must be explained before

reduced TR FAIR can be trusted to produce reliable values for cerebral blood flow.

A clue to the source of this discrepancy comes from the T, experiment. When compared
to the values of the T; of blood reported in the literature (e.g. see (Bryant et al., 1990;
Schwarzbauer et al., 1996)), 900ms is very low for T;, at 2.35T. By extrapolation of the
literature values, one would expect a value of approximately 1500ms. Therefore it

appears that the blood is recovering from the global saturation pulse more rapidly than
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Full repetition time,

Flow calculated using

Flow calculated using

multi-TI equation (4.8) equation (4.1)
biexponential fit T =2740ms, T, = 900ms T > inflow time, T1,=1.5s
Measure 1 227.2 166.3
Measure 2 242.3 177.2
Measure 3 181.0 242.3 177.2
Measure 4 244.8 179.0
Measure 5 257.4 188.2
Mean 181.0 242.8 +10.7 177.6 £ 7.8

Table 4-1 Comparison of measured flow values using long TR and reduced TR FAIR
(ROI in cerebral cortex). Mean * SD is given where appropriate.

can be accounted for by relaxation alone, resulting in a shortened apparent T),. The cause
for this enhanced recovery rate could be a factor previously noted by Kim (Kim, 1995;
Kim et al., 1997b) which is related to the size of the RF transmitter coil used to provide
the global saturation or inversion pulses. If the transmitter coil is sufficiently short, the
possibility exists that, for long TR FAIR, water which was outside the coil at the time of
application of the non-selective inversion pulse (and which was therefore not inverted by
the pulse) will reach the imaging slice during the inversion time. Evidently, for longer
inversion times the chance of this situation occurring increases. The analysis presented
thus far has assumed all so-called global pulses to be truly global i.e. to affect all spins
within the system. If spins from outside the RF coil enter the imaging slice during the
latter parts of the TI period, the difference between the nsIR and ssIR images will be less
than predicted by the current model. Evidence for this ‘inflow’ effect has already been

noted in section 4.3, where the AM values for the longest TI value (4000ms) were
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observed to lie consistently below the biexponential fit line. After inflow occurs, the

signal difference due to perfusion decays with T, according to the following equation:

AT _ T —(T1-A)
AM = 2M0ao(ﬂ("— ¢ )Xe A TI > A (4.10)

)1 1
T]app T]a

where A is the inflow time, which is defined as the time taken for a spin to travel from

just outside the active volume of the transmitter coil to the imaging slice. The behaviour
of AM up to the time that inflow occurs is as previously described by equation (4.1).
When reduced TR FAIR with a global pre-saturation pulse is implemented, the situation
becomes more complex. Inflow can now potentially occur during the inter-experiment
delay time 7 and/or the inversion time TI. The possible situations that need to be

considered are:

1) = is sufficiently long for inflow to occur during the repetition time delay and
a) Tl is less than the inflow time
b) TIis greater than the inflow time
2) tis less than the inflow time and
a) Tl is sufficiently less than the inflow time so that (TT+1) < A i.e. all the water that
reaches the imaging slice during the inversion time was saturated by the pre-
saturation pulse and then inverted
b) TIis less than the inflow time but (TI+t) > A i.e. a proportion of the water which
reaches the slice during the inversion time was inverted but not saturatéd by the
pre-saturation pulse

c) TIis greater than the inflow time

Visualisation of the second set of cases is facilitated by thinking in terms of different
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‘zones’ of inflowing blood spins, as illustrated in figure 4.10. Following the pre-saturation
pulse, fresh blood moves into the coil but does not reach the imaging slice (since T < A).
If a non-selective inversion pulse is then applied, three zones of blood water spins will
evolve. The inner zone consists of water which was within the coil when both the
saturation and inversion pulses were applied. The middle zone consists of water which
has flowed in from outside the coil during T and is therefore fully inverted by the non-
selective inversion. The outer zone consists of water which flows in from outside the coil
during the inversion time T1 i.e. fully relaxed blood. The combination of the values of the
sequence parameters T and TI and the inflow time A determines which zones of spins will
arrive at the slice before image acquisition and therefore which of the situations 2) a) — c)
is applicable. Conversion of the resulting AM signal to quantitative flow values is
dependent on the appropriate situation (see Appendix), and therefore in order to properly

quantify flow, knowledge of the inflow time is necessary.

The presence of coil inflow means that the dependence of AM on 7 is no longer the simple
relationship defined by equation (4.8). The relationship now follows a piece-wise pattern,
with different sections of the curve corresponding to the different situations described
above. Although the data shown in figure 4.9 appears to follow a mono-exponential
recovery, the behaviour is in fact more complex, leading to misleading values if the curve
is used to fit for Ty, using equation (4.8). In order to determine reasonable values for T,
and A based on short TR FAIR measurements, two approaches were taken. Another set of
FAIR subtractions with different inter-experiment delays was acquired on the gerbil
brain, but this time more points were taken to enable more accurate definition of the
curve. An inversion time of 1300ms was used, and this was assumed to be less than the

inflow time. A 2-parameter fit for T and A to equations (A4.8) and (A4.5) (see
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Appendix) on data from a ROI drawn in the cerebral cortex was performed, and the
results of this fit are shown in figure 4.11a. The mean values for T and A thereby obtained
were approximately 1500ms and 1700ms respectively, which are intuitively feasible and
consistent with previously published values. However, due to the complexity of the
equations defining the behaviour of AM with 7 and A, the 95% confidence intervals of the
fitted variables are large. In order to verify the reliability of these values, a second
approach for estimation was employed. In this approach, a monoexponential recovery
curve was fitted to the data as before (see figure 4.9). A value for the ‘apparent’ Ty, (T1,*)
was determined from this fit. Next, simulated data sets of AM(T) were generated from
equations (A4.5) to (A4.9), using the measured values for Tapp, f, My and 0y, assuming a
value for T, of 1500ms, and using a range of values for A between 1000ms and 2500ms.
For each value of A, the resulting simulated data set was fitted to a monoexponential
recovery curve and a value for T,* was calculated. The correct value for A was estimated
by comparing the T;,* values obtained from the simulated and experimental data sets.
The A which resulted in the same T;,* for both data sets was assumed to be the correct
value. Figure 4.11b shows the result of the experimental fit and the closest simulated data
fit. The value of A for this closest fit was 1800ms. This is similar to the value obtained by
doing the full piece-wise fit to the experimental data. Therefore, it was decided that
values of A = 1800ms and T, = 1500ms would be used where necessary in the equations

for flow quantification.

Returning to the single T1, reduced TR FAIR measurements described at the beginning of
this section, it can be seen that for the experimental parameters used (TI=1165ms,
1=2740ms), the situation at the time of image acquisition is that described above by 1 a)

and therefore the applicable equation is (A4.5) (see Appendix). When this equation is
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