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Abstract

Measurements of cerebral perfusion are increasingly made using magnetic resonance
techniques. The two main MR approaches to perfusion measurement are bolus tracking
and arterial spin labelling (ASL), and aspects of both are investigated in the research
described in this thesis.

Bolus tracking within the adult patient population is becoming common, but its use in
young children has so far been relatively limited. Data collected in normal children less
than 30 months old are used to assess the reliability and age dependence of perfusion
measurements in early childhood.

Deconvolution is generally regarded to be the most robust approach to the analysis of
bolus tracking data. However, current deconvolution techniques are inappropriate in
cases of severe cerebrovascular disease, and an alternative is the use of ‘summary
parameters’ as indicators of tissue perfusion status. These parameters have many
theoretical drawbacks, and the reliability of their use is investigated using numerical
simulations.

ASL techniques are advantageous in that they require no exogenous contrast agents,
thus facilitating repeated measurements, and perfusion can potentially be quantified in
absolute units. However, the size of the perfusion-related signal means that ASL
sequence implementation is not straightforward. The implementation of the FAIR ASL
technique at our institution is described, including a discussion of the problems
encountered.

Current ASL techniques suffer from many inherent problems, including low signal-to-
noise ratio and sensitivity to arterial transit times. A new sequence, designed to
ameliorate some of these issues, is proposed and implemented. The novel sequence is
investigated in vivo, and through numerical simulation. Comparison with a standard
ASL technique showed that the novel sequence does lead to improved signal-to-noise
ratio and reduced transit times. However, significant problems with the sequence remain
to be resolved, and potential solutions to these are described and discussed.
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1.1 INTRODUCTION

Magnetic resonance imaging (MRI) techniques are routinely used to provide high quality
structural images of the brain in the investigation of many neurological disorders.
Increasingly, new research in the field of magnetic resonance is focused on the
development of new techniques that allow the assessment of brain function through the
measurement of a number of physiological or metabolic parameters. The work presented in
this thesis is focused on the measurement of one of these functional parameters, namely

cerebral perfusion.

Perfusion is the term used to describe blood flow at the capillary level, defined as the
volume of blood passing through a given tissue mass per unit time; common units are m!/
blood/100g tissue/min. Perfusion is therefore distinct from the blood flow within large
vessels that is commonly imaged in angiographic experiments, or measured using Doppler
techniques. It is at the capillary level of the vascular network that exchange of oxygen,

glucose and waste products between tissue and blood occurs. Effective exchange is aided
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by the capillary properties; the vessels are at their narrowest, the vessel wall is semi-
permeable, and the blood velocity is at its minimum. Since cerebral perfusion is a measure
of the blood flow at the crucial exchange level, it can give an indication of the health or
functionality of local brain tissue. A reduction in perfusion levels indicates that local tissue
is haemodynamically compromised, and can cause functional impairment, or ultimately
infarction of the tissue, depending on its severity. The detection of perfusion abnormalities
in cases of pathology can potentially aid patient management in the clinical setting;
perfusion information may, for example, help to localise pathology, establish patient status,
predict disease progression, select the most appropriate patients for a specific treatment, or
evaluate treatment efficacy. The measurement of perfusion using MRI techniques within
patients in the acute phase of stroke is becoming routine in many institutions and, often in
combination with diffusion imaging, has been found to be useful in the identification of
compromised tissue (i.e. tissue at risk of infarction) (Sorensen et al.,, 1996). This
information can then be used to select patients most suitable for interventional therapy. The
application of perfusion imaging in a wide range of other pathologies has been reported,
with most studies focusing on patient populations with cerebrovascular disease,

degenerative disorders or epilepsy (for a review, see Calamante et al., 1999).

MR measurements of increased as well as decreased perfusion levels can provide useful
information. For example, increases in neuronal activity are accompanied by focally
elevated perfusion levels, whose detection can be used to map brain structure to function in
functional MRI (fMRI) studies. fMRI has found widespread application within the field of
neuroscience, playing a major role in the mapping of brain function and the investigation of
cerebral networks. Currently, the contrast mechanism most often used to detect activation
in the majority of fMRI experiments is the change in blood oxygenation that accompanies
the local perfusion change, called blood oxygenation level dependent (BOLD) contrast
(Ogawa et al., 1990, Bandettini et al., 1992). More recently, the application of MR
perfusion techniques to fMRI studies has allowed the direct monitoring of changes in
perfusion during activation. Further discussion of these contrast mechanisms can be found

in Chapter 3.
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1.2 PERFUSION MEASUREMENT

A number of techniques have been developed during the past four decades to obtain
measurements of cerebral perfusion. The most common approaches are described below,
beginning with non-MR perfusion techniques. MR approaches are briefly introduced in

section 1.2.2, and discussed fully in Chapter 3.

1.2.1 Non-MR techniques

The most common non-MR techniques used to measure perfusion are stable xenon (or
xenon-enhanced) computed tomography (CT), positron emission tomography (PET), single
photon emission CT (SPECT) and CT perfusion imaging. All of these techniques, with the
exception of CT perfusion, involve the administration of a freely diffusible, exogenous
tracer, and the measurement of the subsequent regional accumulation, which is influenced
by regional blood flow. In the case of CT perfusion, a nondiffusible agent that remains
within the vasculature is utilised. Each of these techniques is briefly outlined below; the

reader is referred to the relevant references for further details.

1.2.1.1 Stable xenon CT

Xenon is a small, biologically inert molecule that is soluble in both lipid and water, and is
freely diffusible. It is an ideal tracer for the measurement of cerebral perfusion since it
dissolves in blood after inhalation and freely crosses the blood-brain barrier. Xenon causes
attenuation of x-rays, and can therefore be used in its stable form as a contrast agent for a
sensitive x-ray based technology such as computed tomography (CT) (Kelcz et al., 1978).
Thus, inhalation of stable xenon during CT scanning can be used to measure perfusion
(Yonas et al., 1984). The technique is relatively simple to perform; the CT scanner
measures the x-ray attenuation coefficient of each voxel during the inhalation period.
Subtraction of the baseline values allows calculation of a build-up curve of tracer
accumulation over time. The measurement of the xenon concentration during expiration

allows voxel-wise calculation of CBF.
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The perfusion values obtained with this technique have been shown to be highly correlated
with alternative techniques, and the reliability of the measurements is good. Further
advantages are that image resolution is fairly good, CT technology is widely available, and
xenon is a safe tracer (producing only a mild sedative affect on patients). However, the
technique is very motion sensitive, and requires x-ray use. For a review of the technique’s

applications and methodological issues, see Latchaw et al. (2003).

1.2.1.2 Single photon emission CT

The development of radioligands that are taken up rapidly by cerebral tissue during first-
pass circulation has enabled the measurement of the distribution of CBF close to the time of
injection. One of the most commonly used radioligands is *™Tc-HMPAO, which consists
of the radioisotope technetium-99m bound to hexa-methyl-propyleneamineoxime
(HMPAO), a lipophilic delivery compound that passes through the blood-brain barrier and
is rapidly fixed by cerebral tissues. Thus, the uptake of the intravenously injected tracer is
proportional to the CBF at the moment of passage. Imaging can be performed at anytime
within the few hours following the injection. One advantage of this procedure is that tracer
can be injected during an event or seizure (e.g. epileptic seizure) and imaging performed
once the patient has recovered, such that the resulting map reflects perfusion status during

the event.

The tracer concentration is measured using gamma detectors to detect the photons emitted
by the radioisotope. Usually, to avoid the need for arterial sampling, a semiquantitative
approach is taken, by comparing counts in a given ROI with those in a control region (e.g. a
comparable ROI in the opposite hemisphere); this processing is quick, and very simple to
perform. Good correlation with alternative techniques has been shown, and the technique is
widely available. However, SPECT is a relatively low-resolution technique, in comparison
to the higher spatial resolution inherent in CT and MR imaging. SPECT cannot be used to

produce anatomical images, and so correlation with a CT or MR scan is required.

The radioactive form of xenon (mXe) has also long been used to study cerebral perfusion,

using clearance techniques that relate the change in radiotracer activity over time to blood



CHAPTER 1: INTRODUCTION 15

flow (Lassen and Ingvar, 1972). A number of centres have used SPECT to measure
perfusion following 133X e inhalation. However, the low energy of the emitted photons and

rapid clearance from the brain makes imaging difficult, and spatial resolution poor.

1.2.1.3 Positron emission tomography

PET techniques involve the administration of positron-emitting radionuclides. These
positrons produce gamma rays on annihilation, which can be detected using gamma
detectors. The measurement of both CBF and metabolic rate are possible with PET; for the
former, the most commonly used tracer is 15O, which can either be injected as 1350-1abelled
water (H,'°0), or inhaled as an '°O-labelled gas (e.g. C"%0,) and converted to H,'°O in the
lungs. "°O has a half-life of only 2 minutes and so its use requires an on-site cyclotron. CBF
quantification requires measurement of arterial tracer concentration with an arterial
catheter. Metabolic studies commonly use the isotope 18-fluoro-2-deoxyglucose (FDG),
which has a half-life of 110 minutes. FDG PET measurements are made approximately 30-
40 minutes after the injection of the tracer, to allow time for its entry into the brain. The
scan reflects the local cerebral metabolic rate for glucose (LCMRglc) during the 30-40

minute uptake period.

'O PET is currently regarded as the ‘gold standard’ technique for quantitative perfusion
imaging in humans. However, it has many inherent disadvantages, most importantly the
requirement for an on-site cyclotron, which means that PET centres are scarce and therefore
the availability of this technique is very limited. Further disadvantages include the need for

an arterial catheter, and the use of radiotracers.

1.2.1.4 CT perfusion

This technique differs from those outlined above in that it involves the use of a non-
diffusible, iodinated tracer, which is administered intravenously and remains within the
vascular system provided the blood-brain barrier is intact. Recent improvements in CT
technology (Hamberg et al., 1996) allow sufficiently fast image acquisition such that the

dynamic passage of the tracer through the vascular system can be monitored. In order to
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obtain perfusion values, it is also necessary to monitor the signal within an artery, and
combine these with the cerebral time-course data using deconvolution techniques.
Quantitative measurements have been shown to provide information of use in the clinical

context (Wintermark et al., 2002).

Current CT systems allow perfusion measurement over only a limited brain volume using
this technique, typically obtaining data from only two slices during the passage of the tracer
through the vasculature. However, CT perfusion imaging has the potential to become an
important clinical tool since data collection is fast, absolute perfusion values can potentially
be calculated, and CT scanners are widely available. For a full discussion of the potential

applications and methodological issues of CT perfusion imaging, see Latchaw et al. (2003).

1.2.2 MR techniques

MR is a particularly suitable modality for the measurement of cerebral perfusion; MR
scanners are widely available, and the perfusion map can be acquired as part of a standard
MR investigation, easing patient management and facilitating registration with other
images (e.g. anatomical images). Furthermore, unlike the above-mentioned alternative
techniques, the MR approaches do not require the administration of radiotracers, or the use
of x-rays, both of which have biologically detrimental effects. The high spatial resolution

possible with MRI facilitates effective image interpretation.

There are currently two main MR techniques used in the measurement of cerebral
perfusion; bolus tracking MRI (also known as dynamic susceptibility contrast (DSC) MRI)
and arterial spin labelling (ASL). Bolus tracking techniques measure perfusion by
monitoring the passage of an exogenous, intravascular tracer through the vascular system,
in a similar manner to the CT perfusion techniques described above. It is becoming a well-
established technique and is now in routine clinical use in many centres. ASL uses
magnetically labelled water protons as an endogenous, diffusible tracer, and is therefore a
truly non-invasive technique. Currently, ASL is primarily a research tool, and is the focus
of much developmental work. The methodologies of these two techniques are explained in

detail in Chapter 3, where alternative MR perfusion techniques are also outlined.
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1.3 PHD PROJECT

This work focuses on the measurement of perfusion using MRI techniques. Aspects of both
bolus tracking and ASL are explored, with the aim of investigating the reliability of
obtaining accurate perfusion quantification and the practical issues relating to technique
implementation and the acquisition of robust perfusion measurements. The following

section outlines the content of each chapter.

1.3.1 Thesis outline

Chapters 2 and 3 contain background information necessary for an understanding of
perfusion-weighted imaging. Chapter 2 describes some concepts fundamental to MRI,
namely relaxation mechanisms, imaging techniques, and radiofrequency pulses. Chapter 3
details the various MRI approaches to perfusion measurement, with particular emphasis on

the bolus tracking and ASL methodologies.

It is widely accepted that reliable perfusion measurements can be obtained using bolus
tracking MRI, by analysing the data using the ‘deconvolution’ approach (@stergaard et al.,
1996a). However, in cases of severe cerebrovascular disease, the deconvolution method is
not appropriate, and an alternative data analysis approach is to use ‘summary parameters’
as indicators of tissue perfusion status. However, these parameters have many theoretical
drawbacks, including dependence on the shape of the bolus of contrast agent entering the
tissue. In Chapter 4, simulations are presented that investigate the reliability of summary

parameter values.

Although many studies have been reported in which perfusion is calculated using the
deconvolution of bolus tracking MRI data, most of these are restricted to the adult
population, such that very few paediatric studies have been described. The analysis of bolus
tracking data in the paediatric population is potentially confounded by the small volumes of
tracer injected, which can make adequate characterisation of the tracer time-course
difficult. Furthermore, an age dependence in perfusion or perfusion-related parameters
measured in young children has been reported by studies using alternative modalities
(Chiron et al., 1992, Chugani et al., 1987), and a possible age dependence of bolus tracking

perfusion parameters must therefore be considered when studying data from young
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children. Whether such perfusion changes with age are significant with respect to other
sources of variance has not yet been ascertained. Bolus tracking data from healthy young
children are, however, extremely difficult to acquire for ethical reasons, making the
investigation of perfusion measurement in children difficult. The large paediatric
population at our institution has enabled the identification of 13 normal infants of less than
30 months of age, in whom bolus tracking data have been collected. The analysis of these
data is presented in Chapter 5. The precision with which perfusion measurements in
children can be made is discussed, including the possibility of the characterisation of the

changes in MR perfusion parameters that occur during normal development.

Current MR bolus tracking methods have many drawbacks that include the following: the
quantification of perfusion in absolute units is unreliable, the administration of the contrast
agent is problematic in patients with allergies or difficult vascular access, and repeat
measurements are limited due to maximum dosage restrictions. Thus, the implementation
of an alternative perfusion technique may be of use in any institution. The ASL approach to
perfusion measurement has many advantages, including its use of an endogenous tracer, its
unlimited repeatability and its potential to quantify perfusion in absolute units. However,
ASL sequences are not straightforward to implement since measurements are very sensitive
to system instabilities. Flow-sensitive alternating inversion recovery (FAIR) (Kwong et al.,
1995, Kim 1995) is one of the most popular ASL techniques, and Chapter 6 describes its
implementation at our institution, including a discussion of the problems highlighted by the

implementation process.

The quantification of perfusion using ASL techniques is not straightforward due to the
many inherent problems associated with these approaches, including low signal-to-noise
ratio in the perfusion-weighted images, and sensitivity to arterial transit times. In Chapter 7,
a new sequence named ‘saturation-recovery with alternating perfusion preparation’
(SWAPP) that is designed to overcome some of these issues is proposed and implemented.
The SWAPP sequence is investigated in vivo, where results are compared to those obtained

using a standard FAIR sequence, and through numerical simulation.

Finally, Chapter 8 contains a general discussion of the implications of the work presented

for perfusion imaging.
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2.1 INTRODUCTION

A full and detailed description of the concepts underlying MR imaging is beyond the scope

of this chapter. Instead, it is designed to give an outline of the most important
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mechanisms/issues necessary for an understanding of perfusion-weighted imaging. The

reader is referred to the referenced texts for further information.

MRI has the ability to produce high resolution images, whose contrast can be manipulated
to reflect a variety of different mechanisms. For instance, an image may be obtained where
contrast results from the effects of perfusion, diffusion, spin-lattice relaxation time, spin-
spin relaxation time, proton density, etc. In practice, the contrast observed in any MR image
is the result of the interplay between many effects; it is important that the origins of image
contrast are understood to allow effective interpretation of the images acquired. A source of
image contrast that requires consideration in any MRI experiment, including perfusion
imaging, is spin relaxation. In particular, perfusion imaging using the MR technique of
bolus tracking relies upon spin-spin relaxation for image contrast, whereas the alternative
perfusion technique of arterial spin labelling (ASL) makes use of spin-lattice relaxation.
Both relaxation mechanisms are described in the following section. The ASL technique
requires the measurement of the spin-lattice relaxation time, T;, to enable perfusion

quantification, and approaches to T measurement are discussed in section 2.3.

In the clinical context, the speed of image acquisition is very important. For some new
imaging modalities (e.g. perfusion and diffusion imaging), fast image acquisition is vital.
Advances in hardware and sequence design over the last 20 years have made possible the
acquisition of images on particularly short timescales (of the order of <100ms). Many MR
applications, including perfusion imaging, now rely on these fast imaging techniques. In
section 2.4, conventional approaches to image formation as well as fast imaging methods

are described.

Radiofrequency (RF) pulses are an integral component in any MR sequence, being
responsible for the perturbation of magnetisation into the transverse plane, where it can be
sampled. RF pulses are of particular importance in ASL sequences, where their appropriate
application produces the desired perfusion contrast. The design of RF pulses is discussed in

section 2.5.
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2.2 MR RELAXATION THEORY

Nuclear spins placed within a uniform magnetic field, By, precess around the direction of

the field with a frequency known as the Larmor frequency, o, where

®, = 1B, [2.1]

and v is the gyromagnetic ratio of the nucleus in question. Following the perturbation of the
spins by application of an appropriate RF pulse, processes take place whereby the spin
population is restored to a state of equilibrium. Two relaxation processes are involved:

spin-lattice relaxation and spin-spin relaxation.

2.2.1 Spin-lattice relaxation

Spin-lattice relaxation involves the exchange of energy between the spin system and the
lattice (the local environment), thus restoring the longitudinal magnetisation (i.e. that in the
direction of the B, field) to its equilibrium value. The timescale for this process is

characterised by the so-called spin-lattice (or longitudinal) relaxation time, T;.

2.2.2 Spin-spin relaxation

Spin-spin relaxation, as the name implies, involves the exchange of energy between nuclear
spins (with no loss of energy from the spin system), and is the means by which the
macroscopic transverse magnetisation (i.e. the total magnetisation of the spin population in
the plane perpendicular to the By direction) decays. This process is characterised by the

spin-spin (or transverse) relaxation time, T.
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2.2.3 The Bloch equations

The evolution of the macroscopic magnetisation of a spin system can be described by a
single vector equation, the Bloch equation (Bloch 1946), which includes both relaxation

terms:

M, + jM -
aM _arwpy- Mt IM) KM, - M)
dt T, L

[2.2]

where M =(M,,M y,Mz)Tis the total magnetisation of the nuclear spins, M, is the

equilibrium longitudinal value of M (i.e. in the k direction), B is the magnetic field
experienced, and i,j,k are unit vectors along the x,y,z axes. In the absence of an applied RF
field or gradient, B=_k B,, where By is the static magnetic field, and the Bloch equation is

simplified. The components can then be written:

am M
L =yM B, ——* 23
dt }/ y=o ]-,2 [ ]
M, _ _arp - [2.4]
dt ==yM b, 7; .
aM, _M,-M, 25]
dt T,

It can be seen that both relaxation terms describe exponential recovery of either the
longitudinal (T, term) or transverse magnetisation (T, terms) towards its equilibrium value

(M) and zero respectively).

2.2.4 Correlation time and spectral density

The transfer of energy within the spin system and between the spin and the lattice systems

is mediated by fluctuations in the local magnetic field (AB(#)) experienced by the spin.
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These perturbations have a range of frequencies and arise due to movement of the spin

relative to other magnetic sources in its local environment.

Following perturbation from its equilibrium state, the rate of change of the magnetisation of

an individual spin () is given by:

dﬂ ABz'/uy' _ABy'ﬂz'
_t_':}’EXAé:}/ ABx’/'lz' _ABz’aux' [2'6]
AB u.—AB.u,

where (x',y’,z') is the rotating frame, which rotates about the z-direction (the B, direction)

at the Larmor frequency (w,), and y is the gyromagnetic ratio. It can be seen from Eq. [2.6]

that changes in the g, component of Hs i.e. the T processes, are affected by AB, and
AB, only. However, T, processes, associated with changes in y,. and u,, are affected by
field fluctuations in all three directions. In the laboratory frame, the field fluctuations AB,,
and AB, appear as frequencies close to the Larmor frequency, w,, whereas the AB,

components represent fluctuations close to zero frequency. Thus, T, processes have an
important additional contribution in comparison to T; processes; both relaxation processes
are mediated by fluctuations in frequencies close to ®, (the ‘dynamic contribution’),
whereas T, processes are also mediated by those close to ©=0 (the ‘static contribution’). It
is this low frequency contribution that often causes T, to be appreciably shorter than T;. It
should also be noted that since ®, is dependent on the main field, all T, processes are field

dependent. T is also field dependent, but less so due to its static contribution.

In order to understand the particular T; and T, properties of different substances, it is useful
to introduce the concepts of correlation times and spectral densities. The correlation time,
1., is defined as the average time it takes for a molecule to rotate through one radian, and is
therefore a measure of the rotational tumbling time for a particular molecule. Since the field
fluctuations that cause relaxation arise due to molecular movements, 1. is a measure of the
time constant for these field fluctuations. In a nonviscous liquid, correlation times are

typically on the order of 10™'s. Solids and viscous liquids have longer correlation times,
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since the molecules present are less mobile. The spectral density, J(®), defines the
distribution of frequency components present in the field fluctuations. J(®) is related to 7.
via (Farrar and Becker, 1971):

rc

J(@)=—"—
(@) 1+a)22'c2

[2.7]
The correlation time, and therefore spectral density, of a substance influences its relaxation
properties. A schematic diagram, showing the spectral densities for solids, nonviscous and
viscous liquids is shown in Fig. 2.1. It can be seen that the viscous liquid has a large
component of molecular motion at the resonant frequency, wo. However, for solids and
nonviscous liquids (where 1. is comparably shorter or longer, respectively), this
contribution is smaller, leading to longer T; values. The other important frequency
contribution is that at ®~0, which can be seen to increase as the viscosity of the liquid

increases (due to the lower correlation times of these substances), shortening the T, value.

J(®)

Viscous liquid

Non-viscous

/ liquid

Fig. 2.1. Schematic plot showing the spectral densities, J(®), as a function of
frequency for a solid (solid line), viscous liquid (dashed line), and non-viscous
liquid (dotted line). In this example, the resonant frequency, o, is such that the
viscous liquid contains the highest fraction of protons with correlation time that

matches the resonant frequency w, (within shaded area).
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The relaxation times T and T, can be expressed as functions of J(w) and 1. (Bloembergen

etal., 1948):

TL= K[J(w,)+4J(2w,)] [2.8]
1

and

Tiz - §[3rc +5J(w,) + 27 2w,)] [2.9]

where K is a constant. The term in Eq. [2.9] independent of w( represents the static
contribution to the transverse relaxation time. The terms in 2®, cannot be explained using
the classical model, but require a quantum mechanical description; they are present to take
into account relaxation occurring in the presence of field fluctuations at twice the Larmor

frequency, due to the exchange of two energy quanta simultaneously.

The dependence of T; and T, on 1. can be seen in Fig. 2.2. It should be noted that the value
of o is dependent on the field strength used, and that 1. is dependent upon temperature,
such that any changes in these factors will change the observed relaxation properties of the

system.

The concepts regarding relaxation, as given in the present section, were first described by
Bloembergen, Purcell and Pound (1948) and are commonly referred to as BPP theory. This
theory is only valid for 1.<T>, i.e. for spins in the liquid state, where only dipole-dipole
interactions need to be considered. However, the situation is much more complex when
considering water in brain tissue, since multiple compartments of differing substances are

present.
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motion of the water molecule means that the magnetic field experienced by each proton is
time dependent; these field fluctuations constitute an important source of relaxation for
both T; and T,. The presence of unpaired electrons (a paramagnetic material) can have very
dramatic effects on relaxation times, since dipolar interactions with electrons are much

larger than those with nuclei due to the large magnetic moment of an electron.

There are a number of other sources of local time dependent magnetic fields, which are
therefore also potential sources of relaxation. These other mechanisms are electric
quadrupole interactions, chemical shift anisotropy, spin-rotation interactions and scalar-
coupling interactions. For further details regarding all of the relaxation mechanisms, see

Farrar and Becker (1971), and Harris (1983).

2.3 MEASURING T,

There are two general classes of MR perfusion techniques, both of which are described in
subsequent chapters. One of these techniques, arterial spin labelling (ASL), relies on the
magnetic ‘labelling’ of water protons. Since this ‘label’ decays by T, relaxation, the
measurement of T; plays a key role in ASL perfusion quantification. There are various
methods by which T; can be measured, and those most relevant in an imaging context are

outlined below.

2.3.1 Inversion recovery methods

In this approach, a 180° RF pulse is used to invert the longitudinal magnetisation, such that
it is aligned anti-parallel to the direction of the main field (see section 2.5 for a discussion
of RF pulses). This inversion is followed by a variable time delay (the inversion time, TT),
during which recovery takes place with a time constant equal to T;. The application of a
90° pulse then allows measurement of the recovered signal. If TI is varied over a suitable

range, T; can be found by fitting the recovery curve to the equation:
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o

M, (t)=M,(1-2ce ™) [2.10]

where a, the inversion efficiency, depends upon the longitudinal magnetisation

immediately following the RF pulse, M;(0), and is given by:

oo Mo =M, (0)

2.11
o [2.11]

For perfect inversion, M, (0) =—-M,, and a=1. Commonly, data are fitted for parameters

T, My and a simultaneously. It should be noted that Eq. [2.10] is simply the integrated
form of Eq. [2.5].

Although this method is straightforward and reliable, it is also time-consuming, requiring
lengthy intervals (>4T;) between each image acquisition to allow the magnetisation to

return to its equilibrium value between RF pulses.

2.3.2 Progressive saturation methods

A faster alternative to the 180°-TI-90° inversion recovery approach is that of progressive
saturation. In this method, 90° pulses are repeated at regular intervals, ¢, which are short
compared with T;. This 90°-£-90°-z-90°---- sequence establishes an equilibrium condition
after a few pulses. As ¢ is reduced, the time available for recovery reduces, and the spin
system is ‘progressively saturated’. As in the inversion recovery approach, repeating the
sequence for differing values of ¢ permits fitting of the measured signal to obtain a measure
of T;. This sequence has the advantage that it offers a saving in time when T; is long;
however, the inversion recovery sequence is generally regarded as affording a more

accurate T1 measurement.
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2.3.3 Fast T, mapping

An alternative method, providing an even faster T; measurement, was developed by Look
and Locker (1970) for use in MR spectroscopy, and later applied and optimised for MR
imaging (see, for example, Kay and Henkelman, 1991, and Freeman et al., 1998). The
Look-Locker method employs a single inversion pulse, which is followed by multiple low
flip-angle excitation pulses. An image can be acquired following each excitation pulse
using a fast imaging technique such as echo planar imaging (EPI, see section 2.4.4.2). The
repetitive perturbation by the RF pulses during recovery drives the magnetisation to a
steady state, and an effective longitudinal relaxation time that is shorter than T; is observed.
This relaxation time depends on the flip angle used, and the time between the equally
spaced RF readout pulses. The fact that the measured T; value depends on the flip angle
used is a disadvantage of this approach, since this angle can vary across a slice due to
inhomogeneities in the applied RF. Correct estimation of the flip angle may require
mapping of the RF field. However, if these issues can be dealt with, the Look-Locker
technique has the important advantage of being very fast; if used in combination with

single-shot EPI acquisition, a high resolution T} map can be acquired in a few seconds.

2.3.4 Effect of blood flow on T; measurements

It should be noted that any in vivo T) measurements are contaminated by the presence of
blood flow, making the true tissue T; difficult to measure. Blood flows into the imaging
slice and exchanges with tissue water during the period between the inversion and
excitation pulses. The measured (or effective) T; therefore depends upon the magnetisation
state of the inflowing blood with respect to the imaging slice. Even if a global inversion
pulse is used in an inversion recovery experiment, the fact that blood and tissue have
different T; values results in a measured T, that differs from the true value. These changes
in T; are very small and are usually neglected in T; measurements. However, in the ASL
perfusion technique, it is these small changes in T; that are exploited to provide the desired

perfusion contrast (see Chapter 3).
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2.4 IMAGE ACQUISITION

As mentioned, nuclear spins placed within a uniform magnetic field, By, precess around the
direction of the field with a characteristic resonant frequency, the Larmor frequency, ®,, as
given by Eq. [2.1]. Thus, an entire sample within a uniform field gives rise to a signal with
frequency .. If a small linear field gradient is now superimposed upon By, a linear
relationship results between the resonant frequency of an individual nuclear spin and its
spatial position. Since a spin’s resonant frequency is determined by its position, and the
amplitude of that frequency is determined by the number of spins at that position, a Fourier
transform of the detected signal will result in a projection of the object along the gradient
direction. This concept, of the spatial encoding of nuclear spins by the application of

magnetic field gradients, is the basis for MR imaging.

2.4.1 Slice selection

In the presence of a field gradient, for example G,=dB,/dz, the effective field, By

experienced by nuclei positioned at any location z is

B, =B,+G,z [2.12]

The resonant frequency of these nuclei is therefore given by

w4 =7(By +G.2) [2.13]

i.e. the resonant frequency of each nucleus is determined by its position along the z-axis. In
order to produce a 2D image, it is desirable to excite only a slice of spins, leaving the two
remaining spatial directions to be resolved. This slice selective excitation can be achieved
by the application of a frequency-selective RF pulse, which excites only those spins within
a specified frequency range (called the frequency bandwidth of the pulse, Aw). The
thickness of the excited slice is therefore determined by the magnitude of the field gradient
applied, and the RF pulse bandwidth. The slice thickness, Az, is given by
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Az =2 [2.14]

The design of RF pulses for effective slice selective excitation, as well as other

applications, is discussed in section 2.5.
In order to describe how data are collected to allow spatial resolution of the remaining two

dimensions, it is helpful to first introduce the concept of k-space.

2.4.2 The concept of k-space

The signal, S(¢), within a sample of volume V¥, can be expressed as:

S = [p()e™*=0d’r [2.15]

where p(r) is the density of nuclear spins as a function of position, and #r,?) represents
their phase. The phase of the signal increases at a rate given by its angular velocity, o(z,?),

such that:

P(r,1) = ]w(r,t’ﬁt’ [2.16]

As before (see Eq. [2.13]), the angular frequency can be expressed as
a(r,t) =y (B, +G(1) 1) [2.17]

Since it is relative phases between spins that are of interest, the By term can be ignored, and

the relative phase is given by

#(z,1) =[7 ’J.Q(t')dt']£=k(t)'t (2.18]
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such that a k-space vector, k(¢), can be defined as
k(1) =7 [G@ar [2.19]
0

Combining Eqs [2.15] and [2.18] gives

S(k) = [p()e™d’r [2.20]

This is the Fourier transform equation, stating that S(k) is the Fourier transform of the spin

density distribution p(7).

As previously described, the application of an RF pulse in the presence of a gradient can
result in the excitation of a slice of the volume of interest. This reduces the volume integral

above to its 2 dimensional equivalent:

S(k)=d [p(r)e™<d’r [2.21]

where d is slice thickness selected, 4 is the area sampled, and » can now be thought of as a
2 dimensional vector in the image plane. Therefore, the application of gradients can be seen
as a change of position within k-space, such that any signal detection can be described by a
discrete location in k-space. The acquisition of data covering an appropriate area within &-
space can then be Fourier transformed into an image. Application of these concepts allows
a sequence to be described in terms of its mechanism of k-space coverage, and several
imaging sequences are described in this way in sections 2.4.3 and 2.4.4. First, however,

some properties of k-space are outlined.

During an imaging experiment, the MR signal will be sampled at discrete time points. The
Nyquist criterion states that in order to characterise the frequency of a signal accurately, it
must be sampled at least twice per cycle, i.e. the highest frequency that can be resolved is

half the sampling rate (Bracewell 2000). It follows that, as the k-space sampling rate
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increases, it is possible to resolve higher frequencies. This results in an increase in the
frequency width across the resulting image, and therefore an increase in the spatial extent

of the image, or field of view (FOV):

Fov =% [2.22]
Ak

where 1/Ak is the k-space sampling rate. The resolution of the image is determined by the

maximum displacement along the k-axis, such that

Ax =" [2.23]

where Ax is the image resolution (or pixel size), and kmax is the maximum k-space value

sampled.

Data acquired in the centre of 4-space contain information about the low spatial frequency
components contained within the sample spin density distribution, and therefore give the
image its gross contrast. An image formed from a k-space sample where the outermost
regions of k-space have been discarded thus contains very little fine detail or edge
information; it is equivalent to acquiring a very low resolution image (see Eq.[2.23]). The
outer regions of k-space supply information about the high spatial frequency components,
i.e. the fine detail and edge information. Therefore, if the central region of the k-space
sample is discarded, the resulting image contains primarily edge information. These points

are illustrated in Fig. 2.3.
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trajectory’). The simultaneous application of the excitation pulse (labelled ‘90°’ in the
figure) and a gradient in the Ggjice direction results in the excitation of only a slice of spins,
as described in section 2.4.1. Following the 90° pulse, the Ggjice gradient is reversed (the
‘slice refocusing gradient’). The reason for this is that the presence of the z-gradient during
the pulse causes a variation of phase across the thickness of the slice, and if this were not
compensated for, a loss of signal would result. The slice-refocusing gradient achieves this
compensation, ensuring that the signals across the thickness of the slice are in phase with
each other. The gradients applied within the slice, termed the readout (Greag) and phase-
encoding (Gpg) gradients, shift the position in k-space to a desired location. Figure 2.4(b)
illustrates this; the evolution of the readout and phase-encoding gradients corresponds to
movement in the &, and £, directions in k-space, respectively. The dashed arrows represent
the effect of the combination of the PE gradient and the readout dephase gradient; the solid
lines show the effect of the readout gradient, and it is during this gradient that sampling
occurs. One line of k-space is sampled in the period following each excitation pulse, such
that multiple excitation pulses are required to achieve full k-space coverage. The sequence
shown is repeated, until the total number of gradient steps has been acquired (Npg), before

Fourier transformation.

The signal intensity in the image resulting from Fourier transformation of the 4-space data

depends upon the relaxation properties of the sample. The peak amplitude of the detected

TEIT; | where TE is the time between the 90° pulse and the echo

echo is proportional to e~
peak amplitude (see Fig. 2.4(a)), and the time constant, T,", is shorter than T,. The signal
decays more quickly than might be expected because, as well as the relaxation mechanisms
previously described, magnetic field inhomogeneities also contribute to the dephasing of
the transverse signal. Although gradient echo formation compensates for the dephasing
caused by the magnetic field gradient pulses, it does not refocus the effects of magnetic

field inhomogeneities.
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Fig. 2.4. (a) Basic gradient-echo (GE) pulse sequence. The components are
explained in the text. Gglice, Gread, and Gpg represent the gradients applied in the
slice-select, readout (frequency-encoding) and phase-encoding directions
respectively. TE: echo time, Npg: number of phase-encoding steps. (b) k-space
trajectory; k. corresponds to the read direction of k-space, and k, to the phase-
encoding direction. One line of k-space is acquired following each excitation
pulse.

An alternative to the GE sequence is a spin echo (SE) sequence; a basic SE sequence and
the resulting k-space trajectory are shown in Fig. 2.5. An SE sequence incorporates a 180°
pulse (or refocusing pulse), which reverses the position in k-space as shown in Fig. 2.5(b).
Data acquisition occurs during the application of the readout gradient, as for the GE
sequence. Since the 180° pulse inverts the phase of the transverse magnetisation, it reverses
any dephasing that progresses identically before and after the 180° pulse: thus, dephasing
due to magnetic field inhomogeneities is refocused, in contrast to the GE sequence. The

spin echo amplitude is therefore dependent upon T, rather than T,*, and the measured

-TEIT,

signal is thus proportional to e , where TE is again the time between the 90° pulse and

the echo centre.
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Fig. 2.5. (a) Basic spin-echo (SE) pulse sequence. The components are explained
in the text. Ggiice, Gread, and Gpg represent the gradients applied in the slice-select,
readout and phase-encoding directions respectively. TE: echo time, Npg: number
of phase-encoding steps. (b) k-space trajectory; k; corresponds to the read direction
of k-space, and £, to the phase-encoding direction. The application of the 180°
pulse reverses the position in k-space, as indicated by the curved dashed line. The
dashed lines are shown for only one of the Npg steps. As for the GE sequence, one
line of k-space is acquired following each excitation pulse.

Again, multiple repetitions of the sequence shown in Fig. 2.5(a) are required for full image
acquisition. The conventional GE and SE approaches described are therefore fairly time-
consuming; a typical SE image takes on the order of 2 minutes to acquire. Many
applications require much faster image acquisition times, including perfusion imaging, and

fast imaging methods are discussed in the following section.

2.4.4 Fast imaging methods

Many MRI sequences aimed at speeding up image acquisition time have been proposed.
Two of the most widely used sequences of this type are fast low-angle shot imaging
(FLASH) (Haase et al., 1986) and echo planar imaging (EPI) (Mansfield, 1977); both of
these sequences are used in later chapters and are described in the following sections. Other

fast imaging approaches include turbo (or fast) spin echo (Hennig et al., 1986), gradient and

A
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spin echo (GRASE) (Oshio and Feinberg, 1991), and reduced k-space techniques (e.g. half
Fourier) (Stark and Bradley, 1992); these approaches are not described here in the interests

of brevity.

244.1 FLASH imaging

Image acquisition using the standard GE pulse sequence shown in Fig. 2.4 is time-
consuming because sufficient time for recovery of the longitudinal magnetisation must be
allowed between the acquisition of each line in k-space. Image acquisition can be speeded
up by reducing this time, i.e. by reducing the interval between successive excitation pulses,
defined as the repetition time (TR). The excitation flip angle producing maximal signal-to-
noise ratio (SNR) per unit time depends upon the ratio of TR/T;; the optimum angle is

given by the Ernst angle, ag (Emst 1966), where

—-TRT
cosap=e [2.24]

This reduction of TR is the premise for FLASH sequences (Haase et al., 1986), where a
succession of low angle RF pulses is applied, each followed by the acquisition of a gradient
echo, corresponding to a line in k-space. This approach allows image acquisition on
timescales of tens of seconds. However, since a low flip angle is used, the images suffer
from lower SNR than more conventional sequences. In practice, the echo time is typically

minimised to maximise SNR.

2.4.4.2 Echo-planar imaging

EPI (Mansfield, 1977) allows the acquisition of a complete image following a single
excitation pulse, in as little as a few tens of milliseconds. The Gpg and Gieaq gradients are
switched rapidly during sampling of either a spin or gradient echo, such that the entire -
space is covered following a single excitation pulse. Figure 2.6 shows a schematic GE EPI
pulse sequence with ‘blipped’ phase-encoding gradient (see below), and the associated -

space trajectory. In this case, an ‘effective’ echo time (TEcg) is defined as the time to the
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maximum echo amplitude (typically at the centre of the echo train), and coincides with the

acquisition of the central line of k-space.

(a)

TEest
90° Echo train

RF \J A4
Gslice ,_
G AAANAAANAA

L]
Gread I—
(b) k, ,

&> & & &7

Fig. 2.6. (a) Schematic GE EPI sequence diagram. Ggiice, Gread, and Gpg represent
the gradients applied in the slice-select, readout and phase-encoding directions
respectively. TEs: effective echo time. (b) Corresponding trajectory through k-
space; the entire k-space is scanned following a single excitation pulse.

The EPI pulse sequence depicted in Fig. 2.6 has a blipped phase encoding gradient; as
before, these gradients are responsible for movement along the £, direction in A-space, and,

in combination with the readout gradients, produce a matrix of sampled points that lie on a
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Cartesian grid in k-space. It should be noted that, in practice, the gradients do not switch
instantaneously from ‘off” to ‘on’, but have finite rise times (gradient ramps). Since signal
sampling occurs during these ramps, it is necessary to sample the echo non-linearly in time
in order that the matrix of points lies on a Cartesian grid, which then enables direct use of
the Fourier transform (no interpolation is required). There are two commonly used
alternative EPI gradient designs to that shown. Firstly, a constant (rather than blipped)
phase-encoding gradient can be used, which produces a zigzag k-space trajectory
(Mansfield, 1977). Alternatively, k-space can be sampled using a spiral trajectory by
applying oscillating gradients in the readout and phase-encoding directions (Ahn et al.,
1986). Neither of these approaches produces a matrix of sampled points that is collinear
with the Cartesian grid, and image reconstruction is therefore more complex, requiring

interpolation of the data before the Fourier transform can be applied.

In order to scan the whole of k-space following a single excitation pulse, considerable
demands are imposed on machine performance. Gradients with exceptionally fast rise times
and high maximum gradient strengths are required, and EPI has only recently become
widely available, due to advances in hardware design. EPI is now used extensively in the
field of MRI; its main advantage is the timescale of image acquisition, allowing dramatic
reduction in scan times. A further advantage of EPI is that the resulting image represents a
‘snapshot’ in time; the millisecond timescales mean that patient motion (including cardiac
and respiratory motion) is effectively frozen during image acquisition. However, EPI is
more prone to image artefacts than conventional MRI, primarily for two reasons. Firstly,
the readout period is very long, which results in a low bandwidth per pixel in the phase-
encoding direction. Image distortions in the phase-encoding direction are therefore
common, primarily caused by field inhomogeneities and chemical shift (e.g. shifting of the
fat signal with respect to the water signal). Furthermore, there will be considerable T,*
signal decay during the long readout period, which results in image blurring along the
phase-encoding direction. Secondly, since alternate lines of k-space are acquired by
traversing k-space in opposite directions along the frequency encoding axis, they are
reversed with respect to time. This makes EPI prone to an artefact known as Nyquist
ghosting, due to inconsistencies in the signal between alternate k-space lines. This
introduces an extra frequency component at exactly half the sampling frequency, such that

a ghost of the image is formed that is shifted with respect to the original image by half the
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field of view along the phase-encoding axis. Full details regarding EPI artefacts, as well as

EPI techniques in general, can be found in Schmitt et al. (1998).

2.5 RF PULSES

The application of short pulses of a radiofrequency (RF) magnetic field, in addition to the
static By field, is the means by which the equilibrium magnetisation state is perturbed, or by
which a SE is formed. The use of such RF pulses for slice selection is fundamental to MR
applications, and pulse design for improved slice selection remains the subject of much
research. Slices with good profiles are particularly important in ASL perfusion imaging, as

will be discussed further in Chapters 3, 6 and 7.

The behaviour of an ensemble of spins under RF irradiation can be understood by
consideration of the Bloch equations, which were presented in section 2.2.3 (see Eq. [2.2]).
In the general case, the magnetic field B can be expressed as a sum of contributions from
the static field (By), the applied gradients (G(¢)), and the applied RF field (B,(¢)), such that

B(r,t) = k(B, +G(2) 1) + B,(?) [2.25]

describes the magnetic field at position r and time ¢.

The solution must now be considered in the case of a non-zero applied RF field, Bi(?),
where B(f) describes an envelope that modulates the magnitude of a magnetic field rotating
at frequency o.r. The effect of the field can be understood by considering the circularly
polarised component of the B;(f) field that is rotating in the same sense as the spin

precession, namely:

B,(2) =iB, (1) cos(w,t + 0(1)) - jB, (1) sin(w, + 6(2)) [2.26]
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where B)(f) and 6(¢) are the amplitude and the phase of the applied RF pulse, respectively,
and it is assumed that B;(¢) is independent of position. The components of the Bloch

equation (Eq. [2.2]) can then be written:

P~ 1M, (8, + 60 1)+ M_B O sin(a, -+ 0] - 22 [227]
2
M M
dty = _;/[Mx (B, + G(t)-r)— M B, (t) cos(m,t + H(t))]— _TL [2.28]
2
dZ 2 = —y[M,B,(t)sin(@, ¢ + 6(2)) + M, B,(t) cos(e,t + 6(t)) | + —%;l [2.29]

and their solution gives the equations of motion of the spin ensemble.

There are many types of RF pulse, and the appropriate one for any particular application
will depend upon the desired result. Various pulse types are discussed below, beginning

with so-called hard pulses, which are the simplest.

2.5.1 Hard pulses

The term ‘hard pulse’ typically refers to a rectangular Bi(¢) pulse profile, usually with a
high amplitude and short pulse duration. The effect of a hard pulse is to cause the
magnetisation to simultaneously precess about the longitudinal field By at wo, and about the
B field at frequency ®;, where ®;=yB;. This mechanism becomes easier to visualise when
referred to a set of axes, (x'y’,z') rotating with the frequency of the applied field, o, about
By. In this rotating frame of reference, the direction and magnitude of the B; field is
stationary during the pulse. In the simplest case, where w.s is equal to the resonant
frequency, ®o, the magnetisation, M, simply precesses about B; at a rate ®; during the
pulse, such that it will have rotated by 7, radians at the end of a pulse of duration 7,. This
result is a simplified solution of the Bloch equation, where relaxation effects during the

pulse are neglected, and all spins are assumed to be on resonance. The value of 7, can be set
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such that the magnetisation is turned through a specified angle; for example 90°, such that
the magnetisation is rotated into the transverse plane, or 180°, such that at the end of the
pulse, M is aligned with the -z’ direction. Following the pulse, equilibrium within the spin

population is restored by relaxation, as described in section 2.2.

A hard pulse with a rectangular profile effectively contains a range of frequencies centred
on o, where the time and frequency domains are related by the Fourier transform. Thus a
rectangular pulse can be represented in the frequency domain by a sinc profile; see Fig. 2.7.
The spread of frequencies present in the pulse makes hard pulses unsuitable for the
selective excitation of a well-defined slice, and they are therefore normally used as non-
selective pulses, affecting the spins within the entire sample. In order that the response
across the sample volume is fairly uniform, the pulses are typically designed to have a very
short length such that the frequency range of the sample under study lies within the central
portion of the frequency response. However, if the pulse length is shortened, the B;
amplitude must be increased to achieve the same the flip angle. The maximum B,

amplitude is limited by hardware capabilities and power deposition restrictions.

(@ (b)

Fig. 2.7. A pulse of frequency o, and length 7, depicted in (a) the time domain
(showing only the ‘on’ or ‘off’ status of the RF), and (b) the frequency domain.
The two profiles are related via the Fourier transform.
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2.5.2 Soft pulses

Soft pulses, in contrast to the hard pulses described above, are pulses with modulated B,
profiles. A primary aim of RF pulse design is the production of a rectangular shaped
frequency response, such that in the presence of a magnetic field gradient, the frequency
selection translates into the excitation of a well-defined slice. The importance of effective
slice-selection using RF pulses was outlined in section 2.4, and soft (or ‘shaped’) RF pulses

are used extensively in MR imaging and spectroscopy for frequency selective excitation.

The design of the B)(f) modulation functions for soft pulses is aimed at producing optimal
frequency selection: ideally, a pulse that produces a perfectly rectangular frequency
response is required. However, the Bloch equations cannot generally be solved analytically
for amplitude-modulated pulses, and the determination of the evolution of the
magnetisation is therefore not straightforward. Typically, the RF pulse is divided into a
number of small time steps, over which B;(¢) and ¢(¢) are assumed constant, and the Bloch
equation solved for each pulse segment (i.e. the pulse is viewed as a series of hard pulses).
Further approximations can be applied to simplify this computation. For example, the small
flip angle approximation, where it is assumed that the longitudinal magnetisation is not
significantly changed during the pulse. In this approximation, it can be shown that the slice
profile and the RF pulse profile are related via the Fourier transform, for the case of a
constant gradient (Pauly et al., 1989). This approximation continues to work reasonably
well for flip angles of the order of 90°, such that the Fourier transform of the pulse gives a
reasonable approximation to the resulting slice profile. Since the Fourier transform of a sinc
pulse is a rectangular pulse (see Fig. 2.7), sinc shaped RF pulses are commonly used for
excitation (see below); some general properties of RF pulses are also described during the

discussion of sinc pulses.

2.5.2.1 Sinc pulses

The sinc is perhaps the most widely used pulse shape in MRI. The function Bj(f) is

commonly defined as
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<t< [2.30]

Boit)=A si 2mmt T
1(t)=A sinc T ) _E

T
2

where m is the number of zero crossings on each side of the pulse centre. The deviation of
the slice profile from a perfect rectangle is not only due to the approximation of a small flip
angle, but also results from the fact that in practice, the sinc pulse must be truncated in
time. In particular, this truncation of the pulse produces ripples in the slice profile; see Fig.
2.8(a), where the RF pulse and slice profile for a sinc pulse are plotted. Filtering the pulse,
using for example a Hanning filter, can help to improve the slice profile by reducing the
ripples, therefore minimising excitation of areas outside the slice; see Fig. 2.8(b). This
filtering, however, produces a slice with wider transition bands (i.e. a less ‘square’ slice

profile).

The slice profile obtained is affected by the properties of the specific RF pulse and gradient
applied. In the general case:

e Lengthening the pulse duration sharpens the slice profile, and increases the
frequency of any ripples within and outside the pulse. However, a long pulse will
also prolong the minimum TE and increase the relaxation that occurs during the
pulse.

e The pulse bandwidth (the frequency range over which the pulse affects the
magnetisation) is defined by the pulse shape; in the case of a sinc pulse, the
bandwidth is 27/¢, where ¢ is the time from the pulse centre to the first zero crossing.

e The thickness of the excited slice, d, depends upon the pulse bandwidth and the

magnitude of the applied gradient, Ggie. In the case of a constant Ggjce,

_ bandwidth

d (see Eq. [2.14]).

slice

The design of sinc pulses involves tradeoffs between various parameters in an attempt to
obtain the slice profile desired for a particular experiment. It should be remembered that the
performance of the pulse in practice will be compromised to some degree by any

inhomogeneity in the applied B, field, as well as by nuclear relaxation during the pulse.
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Many alternatives to sinc-shaped pulses have been proposed in the fields of MR
spectroscopy and imaging, in attempts to improve slice profiles. Two specialised soft

pulses, which are employed in later chapters, are considered in the following section.
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Fig. 2.8. (a) Bi(¢) profile (left) and corresponding slice profile (right) for an
unfiltered 90° sinc pulse. (b) B;(¢) profile and slice profile for a Hanning-filtered

90° sinc pulse. Note that ripples are very evident in the unfiltered slice profile, but
much reduced in the filtered profile.
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2.5.3 Specialised RF pulses
2.5.3.1 Adiabatic pulses

Sinc pulses, and other conventional pulses, are typically applied at a constant frequency,
orf, at the centre of the spectral region of interest. The pulse amplitude, and sometimes
phase, is then modulated. In an alternative approach, the pulse frequency can be varied with
time during the pulse, to form so-called adiabatic pulses (Garwood and DelaBarre, 2001).
The main advantage of these pulses is their insensitivity to B; field inhomogeneities that
result from non-ideal transmitter coil characteristics. For non-adiabatic pulses, B; field
inhomogeneities cause variation in the flip angle throughout the volume of the transmitter
coil; the resultant slice profile degradation can significantly affect image quality. Adiabatic
inversion pulses are not only able to produce slice profiles with uniform inversion over the
slice width, but also produce sharp slice profiles. For these reasons, they are regularly used
in many MR applications, including arterial spin labelling (see Chapters 3 and 6), where

uniform magnetisation inversion over a well-defined bandwidth is required.

One of the most popular forms of adiabatic pulse is the adiabatic full passage (AFP) pulse,
which effects inversion of the magnetisation. AFP pulses are modulated in both amplitude
and frequency; the pulse frequency, m.(f), sweeps from far above to far below resonance,
whilst the applied B; amplitude starts and ends at a very small value, and increases at the
centre of the pulse. The mechanism of the pulse can be understood by consideration of the
components of the magnetic fields and the magnetisation in a frame rotating at frequency
or(?). This frame is conventionally called the frequency modulated (FM) frame, labelled
(x'y'z') as before. In the FM frame, the direction of the RF field vector, B;(t), remains fixed
during an adiabatic passage. When w20, an apparent magnetic field of amplitude Aw/y is
present in the z' direction, where Aw=wo-ws. A net effective magnetic field, By can be
defined in the rotating frame as the vector sum of B,(¢) and the longitudinal field Aw/y, as
illustrated in Fig 2.9.
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inverted regardless of the actual B; amplitude, since changing the B; amplitude does not
alter the start and end positions of Bey Thus these pulses are insensitive to B field
inhomogeneities, since the B; amplitude can be increased such that the inversion is uniform
over the desired area. Furthermore, the slices have sharply defined edges; this can be
understood by considering the behaviour of off-resonance spins. In the presence of an
applied gradient in the slice select direction, Aw will include an additional, spatially
variable term determined by the size of the gradient at any particular point. When the
magnitude of this additional term is larger than |mo-w(f)| for all ¢, Bey is not inverted, and
returns to its original position at the end of the pulse. Thus, at the end of the pulse, spins are
either aligned with the +z’ or —z' direction, giving sharp slice edges. It should be noted that
a good slice profile is only achieved if the inversion occurs in a short time compared to the

spin relaxation rates, such that significant relaxation during the process is avoided.

Figure 2.10 shows the amplitude and frequency modulation for an example adiabatic
inversion pulse. Also shown are schematic representations of the vectors Aw/y, By, and By
at various time points during the pulse, showing that the B,y vector sweeps from parallel to

antiparallel with the main field during the course of the pulse.

It is possible to create adiabatic pulses using many different amplitude and frequency
modulation functions. Perhaps the most common are those that define the hyperbolic secant
(HS) pulse (Silver et al., 1984, 1985):

B, (t)=A sech(ft) [2.32]

Aaxt)=-p tanh(Bt) [2.33]

where the parameters i, B and 4 define the pulse characteristics, and must be chosen such
that the pulse satisfies the adiabatic condition. It should be noted that this frequency
modulation of the pulse can be converted into phase modulation, which is the more
common approach in practical HS pulse implementation. An example of an HS pulse and

corresponding slice profile is shown in Fig. 2.11.
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(by using a constant frequency offset), for the FOCI pulse, this frequency offset must be
varied as a function of time and incorporated into the expression for Aw(?), requiring
reprogramming of the pulse for each offset (Ordidge et al., 1996). Furthermore, the FOCI
pulse has a higher total RF power deposition than a comparable HS pulse. However, FOCI
pulses have been successfully implemented in ASL perfusion imaging sequences (Yongbi

et al., 1998, 1999), where the use of pulses with sharp inversion profiles is required.
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Fig. 2.11. (a) Bi(#) and (b) Aw(¢) profiles for an example HS adiabatic inversion
pulse and (c) corresponding slice profile.

The inversion process described relies upon the sweeping of the effective magnetic field,
about which the macroscopic magnetisation precesses, provided that the adiabatic condition
is fulfilled. An alternative approach, which can be used to invert flowing spins, is to apply a
static field, and use the motion of spins to effect the field sweep. This is the concept behind
flow-driven adiabatic inversion (Dixon et al., 1986). In this approach, the inversion is
realised by continuously applying a low-power RF field, Bj, in the presence of a magnetic
field gradient, G, aligned with the flow direction. The RF field is on resonance through a
plane perpendicular with the flow direction, and as the flowing protons approach and pass

through this plane, their frequency sweeps from far below to far above resonance, causing
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inversion of the effective field and the spin magnetisation. As above, there is an analogous
adiabatic condition, which must be satisfied in order that inversion of the magnetisation is

achieved (Dixon et al., 1986):

TLI’TLZ << %:) << yB, [2.34]
where the protons have velocity v. The left-hand inequality states that the inversion must
occur rapidly with respect to T; and T, such that significant relaxation does not occur
during the pulse. The right-hand inequality, however, states that the blood flow should be
sufficiently slow to allow the magnetisation to follow the effective field as it sweeps (as in

Eq. [2.31]). If this condition is not satisfied, a rotation of less than 180° results (Maccotta et
al., 1997).

Flow-driven adiabatic inversion is commonly used in continuous arterial spin labelling, to
achieve the continuous inversion of fast moving blood as its passes through a plane in the

neck; see Chapter 3.

2.5.3.2 Shinnar-Le Roux pulses

Shinnar-Le Roux (SLR) pulses are amplitude modulated pulses designed for optimal slice
selection, in common with the sinc pulses presented previously. These pulses were
proposed independently by Shinnar and colleagues (1989) and Le Roux (1988), and are
designed using methods that were originally developed for the design of digital filters. The
SLR approach is computationally efficient, and has an added advantage, in that it allows the
design of amplitude-modulated pulses that produce slice profiles with specified
characteristics. In other words, the SLR method allows the specification of the slice profile
required, and this information is used in the calculation of the pulse. There is therefore no
uncertainty as to whether an optimal solution has been obtained, within the construct used
(the hard pulse approximation). This is in contrast to alternative amplitude modulated
pulses, where the pulse parameters are specified and the Bloch equations then used to

calculate the resulting slice profile. These alternative approaches are generally more
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computer intensive, and leave uncertainty as to whether an optimal design has been

achieved.

An overview of the SLR algorithm used for RF pulse design can be found in a detailed text
by Pauly et al. (1991), and the reader is referred to this text for a full description of the
method. In short, the SLR approach uses the hard pulse approximation; the pulse is divided
into segments, each of which is assumed to occur instantaneously, followed by a brief
interval of free precession. The RF pulse can be mapped into a pair of complex
polynomials; this mapping is referred to as the ‘forward SLR transform’. The resulting
polynomials can be regarded as finite impulse response filters, and the slice profile
produced can be related to the polynomials using well known digital filter design
algorithms. The significance of this representation is that it is invertible; it is possible to
specify the desired slice profile, then calculate the two complex polynomials (using digital
filter design algorithms), then calculate the required RF pulse from these, using the ‘inverse

SLR transform’.

The SLR algorithm has been shown to produce excitation, saturation and inversion pulses
with highly improved slice profiles compared to conventional sinc pulses (Pauly et al.,
1991). An implementation of the SLR algorithm can be found in the program ‘Matpulse’,
designed by Matson (1994) to run in Matlab (The Mathworks inc., Natick, MA). Matpulse
allows the specification of a range of parameters for the RF pulse as well as the slice profile
required, and calculates the corresponding optimal amplitude modulated pulse using the
SLR algorithm. An example of an SLR pulse and the resulting slice profile slice profile are
shown in Fig. 2.12; note the significant improvement in the slice profile in comparison to

the sinc pulse (Fig. 2.8).
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Fig. 2.12. (a) B)(¢) profile for an example 90° SLR pulse and (b) corresponding
slice profile. The profile is considerably improved in comparison to the sinc pulse
shown in Fig. 2.8.
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Perfusion measurement using MRI
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3.1 INTRODUCTION

Many MR techniques have been proposed to allow the measurement of cerebral perfusion,
or perfusion-based parameters. These can be divided into two categories: those methods
requiring the administration of an exogenous agent to act as a tracer, and those that exploit

purely endogenous tracers to provide perfusion contrast. In current MR practice, most
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cerebral perfusion measurements are performed using one of two methodologies. Bolus
tracking MRI (also known as dynamic susceptibility contrast MRI) uses an exogenous
tracer, and is the most commonly used technique for MR perfusion measurement, being in
clinical use in many institutions. Arterial spin labelling (ASL) uses magnetically labelled
blood as an endogenous tracer. This approach shows considerable promise for perfusion
measurement, but several major drawbacks mean that its clinical use is currently limited in

comparison to bolus tracking methods.

In this chapter, the bolus tracking and ASL methodologies are described, and these
approaches are further investigated in the following chapters. Alternative MR techniques
for cerebral perfusion measurement, using both exogenous and endogenous agents, are also

briefly covered for completeness.

3.2 PERFUSION MEASUREMENT USING EXOGENOUS AGENTS

3.2.1 Clearance techniques

Many diffusible nuclides have non-zero magnetic moments, and these have been exploited
in early MR approaches to measure perfusion. For example, D, "0, and '°F nuclei have all
been used in MR perfusion studies; since their natural abundance is low, the amount of
signal detected can be directly related to the amount of tracer in the tissue. Blood flow
quantification is then generally based on the clearance approach, initially proposed by Kety
and Schmidt (1945). Many animal studies have been reported, involving the intravenous
administration of 2H20 or H2]7O, or inhalation of 19F—containing compounds; see Barbier et

al. (2001b) and references therein for further details.

These techniques are difficult and costly to perform in practice. Of the many MR methods
proposed that use diffusible tracers to map perfusion, ASL has become the most popular

since water is an endogenous and abundant tracer (see section 3.3.3).
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3.2.2 Steady-state techniques

Certain contrast agents, e.g. ultrasmall superparamagnetic iron oxide (USPIO) particles, are
confined to the intravascular space (i.e. they are nondiffusible), and are only slowly
eliminated from the vascular pool (Enochs et al., 1999). Measured changes in the relaxation
rate of the tissue are directly related to the blood volume containing the contrast agent
(Barbier et al., 2001b). It is therefore possible to use these steady-state techniques to
estimate dynamic changes in CBV by measuring changes in tissue relaxation rates (see, for
example, Lin et al., 1999). These methods provide no direct perfusion measurement, and
the measurement of CBV alone can provide only a limited amount of information regarding

tissue perfusion status.

3.2.3 Bolus tracking techniques

MR bolus tracking methods are based upon the monitoring of the effects induced by the
passage of a bolus of nondiffusible contrast agent through the cerebral vascular system.
The dynamic information collected can provide information about cerebral blood flow
(CBF), cerebral blood volume (CBV), and mean transit time (MTT), using tracer kinetic
models (Zierler 1962, Zierler 1965, Axel 1980). This technique is the most widely used MR

technique for perfusion measurement, and is discussed in detail in this section.

The most commonly used contrast agents in bolus tracking studies are paramagnetic
gadolinium chelates. These agents do not cross the intact blood-brain barrier (BBB) but
remain in the intravascular compartment, where they have two effects: they shorten Tj,
causing signal enhancement on T;-weighted images, and shorten T,, causing signal
decrease on T,-weighted images (Rosen et al., 1990). The T, effects take place at very short
range (Farrar and Becker, 1971), i.e. they are confined to the vascular space, which is a tiny
proportion of the total brain volume (~4% in grey matter). However, the T, effects extend
over a longer distance due to the induction of local field gradients via the magnetic
susceptibility effect (Villringer et al., 1988), and therefore extend outside the capillaries
into the extravascular space. Thus, the T effect is smaller than the T, effect in the case of

an intact BBB, and the contrast agent can therefore easily be observed using T,/T>*-
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weighted imaging (depending on whether spin-echo or gradient-echo image acquisition is
employed). However, if the BBB is disrupted (in some brain lesions, for example), the
contrast agent can move into the extravascular space, and the T; effects become more

important.

In practice, a bolus of contrast agent (eg. Gadolinium DTPA (Gd-DTPA)) is injected
intravenously, and the time-course of the transient MR signal drop caused by the resulting
shortening of the T»/T,* relaxation time is monitored. The use of rapid imaging techniques
is essential to capture and adequately characterise the fast passage of the contrast agent over

several slices, and echo planar imaging (EPI) is typically employed (see Chapter 2).

3.23.1 Theory

The measured drop in signal intensity caused by the passage of a bolus of contrast agent
through a region of interest (ROI) can be converted to a concentration-time curve of
contrast agent, Crot). Current models (Villringer et al., 1988, Fisel et al., 1991) assume
that Crof(f) is proportional to the change in T, relaxation rate, AR, (or AR,* in a gradient
echo sequence), i.e.

1 Sonr (2
Cror(8) = Koy - ARy (8) = —Kpgy Eln(_le‘%(_)) [3.1]
0

where Sgof(?) is the signal intensity measured in the ROI at time ¢, Sp is the baseline signal
intensity before contrast administration, and TE is the echo time of the MR pulse sequence.
The proportionality constant kzo; depends on the tissue, contrast agent, field strength, and
pulse sequence parameters. This relationship between Croi(f) and ARy(#) in normally
perfused tissue was established empirically (Villringer et al., 1988, Rosen et al., 1990,
Hedehus et al., 1997) and using Monte Carlo simulations (Fisel et al., 1991, Weisskoff et
al.,, 1994, Boxerman et al.,, 1995, Kennan et al., 1994). Although its validity has been
questioned in recent research (Kiselev 2001), it nevertheless remains the most well-

accepted model.
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Croi(f) can be expressed in terms of two functions (Axel 1995, Ostergaard et al., 1996a):

e The residue function, R(7), describes the fraction of contrast agent remaining in the

ROI at time ¢ following the injection of an instantaneous (ideal) bolus at =0:
t
RG)=1- jh(r)dr (3.2]
0

where the transport function, A(f), is the probability density function of transit times
through the vascular bed within the ROI, following the injection of an instantaneous
bolus at time =0. A(¢) reflects the flow and vascular structure of the particular ROL.
By definition, R(0)=1, i.e. all of the tracer is present in the ROI at time =0.

e The arterial input function (AIF), C4;(?), is the concentration of tracer entering

the ROI at time ¢.

Using principles of indicator dilution theory, Crof(f) can be expressed as a convolution in

terms of these functions (Dstergaard et al., 1996a, Calamante et al., 1999):

Cror(t) =L~ CBF - (C o (0@ R(1)) = L~ CBF [C e R(~2)dT  [33]
0

H H

where CBF is cerebral blood flow (or perfusion), p is the density of brain tissue (included
to provide the correct flow units), and ky accounts for the difference in haematocrit
between capillaries (H.,,) and large vessels (H,s), since only the plasma volume is

accessible to the tracer:

1-H
ey = ——— 3.4
=T [3.4]

cap

Another important physiologic parameter obtainable from bolus tracking data is CBV,
which is proportional to the normalised total amount of tracer passing through the ROI
(Calamante et al., 1999):

Cro (1)dt
CBV=k—H'[ zor (2) 3.5]

P [Cupr(t)dt
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Normalisation to the AIF area is necessary to account for differences in injected volumes.

Again, this approach applies only in the presence of an intact BBB.

The MTT is the average time taken by tracer particles to travel from the arterial input to the
venous drainage of the vascular bed, after the injection of an ideal bolus. It can be defined

in terms of the transport function:
th(t)dt
r-d
jh(t)dt

[3.6]

It should be noted that this definition of MTT is distinct from the first moment of the tissue
concentration time curve (Weisskoff et al., 1993), which is often used to approximate MTT.
MTT can also be calculated if CBF and CBV are known, via the central volume principle
(Stewart 1894, Meier and Zierler, 1954):

_CBV

MIT = ——
CBF

[3.7]

Figure 3.1 illustrates the bolus tracking approach; EPI images, acquired in a patient with an
infarct in the left basal ganglia, show the transient signal drop caused by the passage of the
contrast agent through the cerebral vasculature. Also shown is a plot of the signal intensity
time-course for an ROI within the right basal ganglia. The curve shows three distinct time
periods, the first of which is the baseline, i.e. the period before the tracer reaches the brain.
Next is the first pass of the bolus through the tissue, following its transit from the
intravenous injection site to the brain via the heart and lungs. Finally, the recirculation (or
‘second pass’) of the bolus is seen as a later, smaller signal drop and results from tracer
reaching the brain following a second passage through the heart. The CBF, CBV and MTT
maps created using the signal time-course data (as described in section 3.2.3.2) show good
contrast between the grey and white matter, with MTT the most uniform of the three maps.

The infarct in the left basal ganglia region is visible in all three maps.
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3.2.3.2 Methodology and quantification issues

The quantification of bolus tracking data requires consideration of several issues, as

described below.

1. Quantification using deconvolution
The measurement of the functions Crof?) and C4;(¢) allows the deconvolution of Eq. [3.3],
to give the product ((p/k,)-CBF -R(t)). Since R(0)=1, CBF can theoretically be found

using the initial value of this function, if values of p and ky are known. Many methods can
be used to perform the deconvolution procedure, but since R(f) is an unknown function
dependent on local vascular structure, none is straightforward. Ostergaard et al.
(Ostergaard et al., 1996a, Dstergaard et al., 1996b) have compared the performance of some
of the deconvolution methods proposed, and concluded that the most accurate in the
quantification of bolus tracking data is that of singular value decomposition (SVD). This
method is independent of the underlying vascular structure (R(¢)) and blood volume (CBV),
and is currently the most popular approach to CBF quantification using bolus tracking data.

The deconvolution method is described schematically in Fig. 3.2.

The deconvolution approach to bolus tracking data produces direct information on cerebral
perfusion, but requires time-consuming post-processing of the data. Furthermore, its
practical application has several drawbacks. Firstly, the definition of the AIF is required for
deconvolution. This must be performed on a subject-by-subject basis since differences in
injection procedure and physiological conditions can lead to AIFs whose profiles differ
between subjects (see Chapter 4). In practice, the AIF is usually measured by manually
selecting pixels within a major cerebral feeding vessel, such as the middle cerebral artery
(MCA) or carotid artery (Porkka et al., 1991, Rosen et al., 1991, Perman et al., 1992), to
minimise partial volume effects with adjacent tissue regions. The arterial AR,(¢) measured
is related to the tracer concentration using Eq. [3.1], and the same proportionality constant
between these two parameters is typically assumed in both the tissue and arterial cases,
although there is some concern regarding the validity of this assumption (Kiselev 2001).
Since user input is required for selection of appropriate pixels to define the AIF, an element

of subjectivity is introduced into the analysis. Automated protocols for selection of AIF
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and recent, preliminary work by Alsop et al. (2002), where the measurement of a ‘local’
AIF allows deconvolution on a regional basis, may improve current approaches. However,
increased partial volume effects can be expected in these cases, since narrow vessels are

used for AIF definition. The use of the MCA remains the most popular approach.

Following intravenous injection, the bolus of contrast agent travels to the heart before
continuing to the brain. However, contrast agent also reaches the brain following a second
passage through the heart, and is seen as a second, smaller concentration peak (the
recirculation; see Fig. 3.1). The kinetic model assumes that the effects of recirculation of
the bolus are negligible. However, in practice, this is not the case, and these effects must be
dealt with in one of two ways. One option is to fit the AIF and tissue first pass data to an
assumed bolus shape function, typically a gamma-variate function (Starmer and Clark,
1970), thus removing the recirculation contribution to the concentration curves before
performing the deconvolution. Alternatively, the curves can be truncated before the

recirculation effects are seen, and these truncated curves used in the analysis.

2. Absolute perfusion quantification

Many studies employing the deconvolution approach attempt to quantify perfusion in
absolute units of ml/100g/min. This is done either by assumption of the values of the
constants in Eqs [3.1] and [3.3], or by reference to another technique by which absolute
perfusion values can be obtained. In the former, more common approach, kg is typically
assigned a value of ~0.7 (Hgr0.45, Hcqy~0.25), and brain density assigned a value of
1.04g/ml (Rempp et al., 1994). A number of studies (see, for example, Schreiber et al.,
1998, Rempp et al., 1994, Smith et al., 2000) have shown that perfusion values in the
expected range can be produced by assumption of these values. However, errors may arise
through expected variations in &y or p within and across subjects. These variations, which
may occur with age or pathology, have not yet been characterised, and it is generally
considered that bolus tracking techniques do not provide reliable absolute perfusion vaules
(Calamante et al., 2002, Latchaw et al., 2003, Carroll et al., 2002, Kiselev 2001, Sorensen
2001). The use of an alternative technique (e.g. positron emission tomography (PET)) to
provide reference perfusion values to allow cross-calibration of MR measures has also been
reported (see, for example, @stergaard et al., 1998a, Ostergaard et al., 1998b, Mukherjee et

al., 2003). However, the use of a single conversion factor for scaling perfusion values
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obtained with two different methodologies is unlikely to be valid across all tissue types and
pathologies (Lin et al., 2001, Mukherjee et al., 2003). Furthermore, this approach assumes

that the technique used as a reference provides accurate perfusion values.

An alternative approach to absolute quantification is the use of relative parameter values. In
this approach, the CBF for a particular ROI is calculated by reference to another brain
region, e.g. a region of normal appearing tissue on the contralateral side. This approach
avoids the need to assume actual values for 4y and p (though they are still assumed to be
constant) and is therefore generally regarded as less error prone than absolute

quantification.

3. Use of summary parameters

An alternative approach to the analysis of bolus tracking data is the calculation of
‘summary parameters’ directly from the profile of the Croff) curve (or in some cases
directly from the signal intensity curve, Sroi(f)). These parameters, such as time to peak and
maximum peak concentration, are relatively quick to calculate, with little user input
required. Typically, summary parameters are used to provide a qualitative indicator of
cerebral perfusion status; maps are interpreted visually and areas of, for instance, prolonged
time to peak may be assigned as haemodynamically impaired tissue. Several of the

commonly used summary parameters are illustrated in Fig. 3.3.

Many groups use the summary parameter approach for all bolus tracking data analysis
because of its speed and simplicity, in contrast to the lengthy processing involved in
deconvolution methods. However, this method introduces two potential problems. First,
none of these parameters has a direct relationship to perfusion (Weisskoff et al., 1993), and
they are therefore difficult to interpret physiologically. For instance, a prolonged time to
peak in a particular tissue region cannot be assumed to reflect reduced perfusion. Second,
they do not take into account variability in Cy(f) and R(f) when comparing different
subjects or regions. As can be seen from Eq. [3.3], the profile of the concentration-time
curve depends not only upon CBF, but also upon the functions Cy;f) and R(¢). Variations
in both of these functions can be expected; differences in injection conditions and patient
physiology will produce AIFs that differ between individuals, and R(f) can also vary

between patients as well as regionally within the brain, particularly in the presence of
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The deconvolution approach is therefore considered the more robust method for bolus
tracking data analysis. However, since current deconvolution techniques do not account for
delay and dispersion of the bolus between the measurement site and the ROI, deconvolution
is not an appropriate method for bolus tracking data analysis in some cases. In general, the
presence of cerebrovascular disease introduces delays to some extent, and therefore CBF
errors. However, the severity of the delay depends upon the particular pathology. In cases
of severe cerebrovascular disease, e.g. moyamoya syndrome (characterised by terminal
internal carotid artery (ICA) occlusion and the formation of basal collateral vessels),
extended delays between the MCA and capillary bed result, making the deconvolution
approach particularly unsuitable in these patients (Calamante et al., 2000a). Summary
parameter maps can be helpful in cases where the deconvolution approach is not
appropriate, or not possible, and have been shown to be effective in the identification of

abnormal regions (Calamante et al., 2001).

3.2.3.3 Practical considerations

Bolus tracking studies require the use of rapid imaging techniques to properly resolve the
first pass of the contrast agent. A time resolution of <2s is necessary (van Osch et al,,
2003b), and in order to acquire multiple slices within this time frame following a single
injection of contrast agent, EPI is the obvious choice of image acquisition scheme. The type
of EPI sequence is also important, since spin-echo (SE) and gradient-echo (GE) sequences
will produce CBF maps weighted towards different vessel sizes. Monte Carlo simulations
have shown that the susceptibility contrast in T,*-weighted GE images arises from both
large and small vessels, whereas in T,-weighted SE images, it is dominated by small,
capillary-sized vessels (Weisskoff et al., 1994, Boxerman et al., 1995, Kennan et al., 1994).
Since the detection of microvascular perfusion is desired, the use of SE techniques is
advantageous; large vessel signal can dominate GE perfusion maps and obscure image
contrast. Two recent in vivo studies in humans (Speck et al., 2000) and pigs (Simonsen et
al., 2000), in which GE and SE sequences are directly compared, confirm that SE methods

result in images weighted more towards capillary perfusion.
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The volume of contrast agent administered is commonly based on the weight of the subject
and the type of sequence used (SE or GE). The injection is often performed using a power
injector, to enable a fast, uniform bolus injection. This minimises the width of the bolus,
which aids the deconvolution procedure by increasing the signal-to-noise ratio (SNR) and
enabling easy differentiation between the first and second pass of the bolus. The signal
during bolus passage must not, however, drop to noise levels, since good characterisation of
the signal at all time points is required. This consideration is particularly relevant for the
AITF curve, where the largest signal drops are seen. It should be noted that adjustment of the
volume, concentration and injection rate of the contrast agent affects the perfusion maps
obtained (Heiland et al., 2001); the optimal injection protocol is not yet clear and will differ
depending on the sequence used and the population studied (for example, adult vs
paediatric). However, a typical bolus tracking protocol may have conditions: TE 70-100ms
for SE EPI, or 30-60ms for GE EPI, TR 1.25-2.0s, 0.1-0.2mmol/kg bodyweight dose Gd-
DTPA, injection speed 3-6ml/s.

Bolus tracking measurements are not straightforward to repeat due to maximum contrast
agent dosage limits, and the influence of one study on subsequent results due to tracer
accumulation (Levin et al., 1995). The administration of a small contrast agent predose
before a bolus tracking study can help to make serial measurements comparable (Levin et
al., 1995, Sorensen and Reimer 2000). However, the number of sequential studies possible

is ultimately restricted by maximum dosage limitations.

The previous section highlighted the importance of implementing a robust approach to the
analysis of bolus tracking data. Semi-automated post-processing packages based on the
deconvolution approach are currently being developed and released by major systems
manufacturers. It is hoped that these tools will allow the calculation of robust and

reproducible maps of haemodynamic parameters in a clinically acceptable length of time.

3.2.3.4 Curent applications

Perfusion measurement using bolus tracking methods is common in the investigation of

cerebrovascular disease. Its widest application is within the stroke population, providing
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functional information that is not available using conventional MRI techniques. Data
acquired in the acute phase, when affected areas are not yet visible on T,-weighted images,
can be useful in early diagnosis and therapy selection (for an overview, see Ozsunar and
Sorensen, 2000 or Baird and Warach, 1998). The combination of diffusion and perfusion
imaging has been shown to define a ‘penumbral’ ischaemic tissue region, where the
mismatch between the abnormal areas defined by each imaging modality can indicate tissue
at risk of infarction (Calamante et al., 1999). Defining the most helpful markers of tissue
status using these images is the subject of much current research (see, for example, Wu et
al., 2001, Yamada et al., 2002, Thijs et al., 2001). Applications to other pathological
conditions are also common, including tumours, dementia, migraine, epilepsy and many

more (see Sorensen and Reimer, 2000 and Calamante et al., 1999 for further details).

In summary, bolus tracking is a widely used method for the assessment of perfusion status;
the acquisition of data is fast (Iess than 1 minute), uses standard MR sequences (typically
EPI), and the contrast passage produces a significant, and therefore robust, signal decrease
(~30% in grey matter). Both the deconvolution and summary parameter data analysis
approaches outlined above are in common use. The deconvolution method is generally
regarded as the more robust method, but the time-consuming data processing and user input
required mean that summary parameters are a popular alternative. Both approaches have
significant limitations (Calamante et al., 2002, Petrella and Provenzale, 2000), and it is
essential that these are well investigated and documented in order that data can be used in

the most appropriate way for a particular application.

Section 3.3.3.5 contains a comparison of bolus tracking and ASL methods, and the analysis

of bolus tracking data is discussed further in Chapters 4 and 5.

3.3 PERFUSION MEASUREMENT USING ENDOGENOUS AGENTS

Several approaches to perfusion measurement do not require the administration of an
exogenous agent, and instead exploit endogenous tracers or tissue properties to provide

perfusion contrast in MRI. The most promising of these is ASL, which has the potential to
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measure absolute CBF, and is described in section 3.3.3. Firstly, two other techniques,
which derive their contrast from parameters closely related to perfusion, are briefly

mentioned.

3.3.1 Intravoxel incoherent motion

The structure of the microvasculature of the brain is such that a typical imaging voxel will
contain several thousand randomly oriented capillaries. Thus, the flow of blood through
capillaries on the voxel scale can be viewed as incoherent, pseudo-random motion. One of
the first perfusion weighted MR imaging techniques, proposed by Le Bihan et al. (1986),
uses diffusion gradients to sensitise image contrast to this random motion, and hence allows
estimation of blood flow. This technique, named intravoxel incoherent motion (IVIM),
suffers from dynamic range problems (due to low CBV compared to tissue volume) and
uncertainty of a correct vascular model, and so has found limited use (King et al., 1992,

Pekar et al., 1992).

3.3.2 BOLD imaging

Blood-oxygenation level dependent (BOLD) MRI is based on the magnetic properties of
blood, which are dependent on the oxygenation state of haemoglobin (Thulborn et al.,
1982, Ogawa et al, 1990, Bandettini et al., 1992). Because deoxyhaemoglobin is
paramagnetic (in contrast to oxyhaemoglobin), it can act as an intravascular contrast agent,
causing signal loss in T, and T,*-weighted images, cf. the Gadolinium-based compounds
used in bolus tracking methods. Blood oxygenation levels are closely related to perfusion,
since increases in perfusion typically lead to a decrease in the oxygen extraction fraction
(Ogawa et al., 1998) and therefore an increase in the degree of oxygenation of venous
blood. Similarly, a decrease in perfusion typically leads to a decrease in the .degree of

oxygenation of venous blood.

The BOLD phenomenon is widely used in functional MRI (fMRI), where BOLD contrast is
achieved by repeatedly acquiring T,*-weighted images and observing the differences

within tissue between two states (activation and rest). Local increases in signal intensity
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have been observed in association with specific brain activation tasks. However, the BOLD
signal is influenced not only by changes in CBF, but also by many other physiological
variables, including CBV, oxygen extraction rate, haematocrit, blood viscosity and field
inhomogeneities. This makes direct interpretation of BOLD images very difficult. For a full

review of the BOLD technique, see Ogawa et al. (1998).

3.3.3 Arterial spin labelling

This approach uses water protons as an endogenous, freely diffusible tracer. An image is
acquired in which the blood entering the imaging slice is magnetically ‘labelled’ (or
‘tagged’) with respect to the tissue in that slice, using saturation or inversion
radiofrequency (RF) pulses. The inflowing blood water exchanges with tissue water,
causing a change in local tissue magnetisation that is directly related to perfusion. The
subtraction of a ‘control’ image, in which inflowing blood is not labelled, produces a
perfusion-weighted image (Detre et al., 1992). Quantitative perfusion maps can then be

calculated if other parameters (e.g. tissue T;) are also measured.

There are two distinct types of ASL: continuous (CASL) (Detre et al., 1992, Williams et al.,
1992) and pulsed (PASL) (Edelman et al., 1994), which are discussed in the following

sections.

3.3.3.1 Continuous arterial spin labelling

The CASL technique was first proposed by Detre et al. (1992). In this approach, the
magnetisation of the arterial blood flowing through a major vessel supplying the brain is
continuously labelled using RF pulses. This labelled blood travels into the brain and
exchanges with tissue water at the capillary bed, resulting in a steady-state of altered
magnetisation within perfused tissue in the imaging slice. The subtraction of a control
image, in which the blood is not labelled, leaves a perfusion-weighted image. In order to
achieve the continuous labelling of the blood, Detre et al. (1992) first suggested using trains
of saturation pulses. Shortly after, Williams et al. (1992) proposed to replace such trains of

saturation pulses by a flow-driven adiabatic inversion scheme (see Chapter 2), previously
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used by Dixon et al. (1986) for angiography. Flow-driven adiabatic inversion has become
the labelling method of choice in CASL experiments since the use of continuous inversion

provides twice as much perfusion contrast as continuous saturation.

3.3.3.1.1 Theory

Quantification of perfusion using ASL is based upon the solution of the Bloch equation for

longitudinal magnetisation, modified to take account of flowing spins (Detre et al., 1992):

dM(t) M,—-M(@2)
d T

+ M, @) - M, () [3.8]

where M(¢) is the longitudinal magnetisation of brain tissue, M; is the equilibrium tissue
magnetisation, M,(¢) is the longitudinal magnetisation of arterial blood, M,(¢) is the
longitudinal magnetisation of venous blood, T; is the longitudinal relaxation time of brain
tissue water, and f/ is flow (perfusion). If full exchange between blood and tissue water is
assumed, M,(¢) can be replaced by M(£)/\, where A is the blood-brain partition coefficient of

water. The Bloch equation can then be written:

dM(@) _ Mo, -M@) - ML) —-]:M(t) [3.9]

dt T, A

Using appropriate initial conditions, the magnetisation within the label and control images
can be modelled. In the case of CASL, the steady-state solution of Eq. [3.9] for the label
and control states leads to (Zhang et al., 1995):

AM = M Mlabel = 2aaMO %TIapp [310]

control

where Mizper and Moniro are the steady-state tissue magnetisations with and without arterial

spin inversion respectively, o, is the degree of arterial inversion (o,=0.5 for perfect

! Note that for consistency with the literature, cerebral blood flow, or perfusion, is represented by the symbol
CBF in the bolus tracking description, but by fin ASL.
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saturation, a,=1 for perfect inversion), and T1,p, is the apparent relaxation time describing

the exponential decay to the steady-state, given by:

LI [3.11]

Thus, knowledge of parameters A, dla, Tiapp, Mo, and the measurement of the difference
between the tissue magnetisation in the control and label states, allows, in theory,

quantification of perfusion in absolute units (ml/100g/min).

33.3.1.2 Quantification issues

There are many issues to be considered when attempting to quantify perfusion using any
ASL sequence. Many of the problems are common to both CASL and PASL approaches,
and a full discussion of all of the issues is included in the section on PASL quantification
(section 3.3.3.2.2). Only problems specific to CASL, or with a different solution for CASL,

are discussed below.

1. Transit times

One of the major problems affecting CASL measurements is the loss of spin label that
occurs due to T relaxation during the transit time between the labelling and imaging
planes. The labelling plane is typically situated in the neck, where the blood flow is fast
enough to satisfy the adiabatic condition (see section 2.5.3), and significant transit times
result, causing a reduction in the observed perfusion signal. This effect can be taken into
account by modifying o, to reflect the degree of arterial inversion in the imaging slice, o',

such that (Zhang et al., 1992):

-
" T
aa - aan

[3.12]
where a,, is the degree of inversion in the labelling plane (and therefore depends upon the
efficiency of the labelling technique employed), Ti, is the relaxation time for arterial blood,

and J is the transit time between labelling and imaging planes. When quantifying perfusion
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using this approach, it is important to remember that § is spatially variable due to the
heterogeneity of vascular structure and blood flow within the brain. This variability
introduces errors into perfusion quantification if not accounted for. Various approaches for
dealing with this problem have been proposed (Calamante et al., 1999), and the most
commonly used solution is that described by Alsop and Detre (1996), in which a time delay
is inserted between the end of the labelling period and image acquisition. If the delay is
longer than the longest transit time present, the resulting perfusion maps are insensitive to
variations in transit times. This delay also helps to minimise the problems associated with
intravascular signal (discussed further in section 3.3.3.2.2), since most of the signal in large

vessels will have washed out of the imaging slice before image acquisition.

2. Magnetisation transfer

The long inversion pulses (lasting several seconds) used to label the blood complicate
CASL measurements due to magnetisation transfer (MT) effects. During the labelling
process, spins in the imaging slice experience an off-resonance pulse that selectively
saturates the broad resonance peak of macromolecule-bound protons. Magnetisation
transfer between the bound and free proton pools (Wolff and Balaban, 1989) results in a
decrease in the observed signal. Although not straightforward, a number of approaches
have been proposed to allow acquisition of a control image that has the same MT effects as
the labelled image, such that they cancel on image subtraction. One approach is simply to
place the inversion plane in the control image above the head, symmetrically opposite the
labelling plane with respect to the imaging slice (Williams et al., 1992). However, this is
only effective for single slice imaging, since the MT effects will only cancel at one slice
location. Instead, the control image can be acquired using an amplitude-modulated RF
pulse (Alsop and Detre, 1998) at the labelling plane, which returns the blood water to its
original relaxed state, but produces the same MT effects as the standard labelling pulse for
all slice locations. An alternative solution to the MT problem is to use a two-coil approach,
in which a separate coil is used for labelling, thus removing the MT effects (Zhang et al.,
1995). This approach proves effective and is compatible with multislice imaging, but

requires the use of specialised hardware.
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3. Specific absorption rates

A further problem with CASL sequences arises because the application of a continuous RF
labelling pulse for the required duration is often restricted due to limits on the allowable
specific absorption rate (SAR) of the sequence, as well as hardware considerations. In
practice, an RF pulse train is instead applied (Roberts et al., 1994). These restrictions lead
to non-ideal labelling conditions (Utting et al., 2003) that must be taken into account when
modelling the signal obtained. This is a particular problem in studies involving children,

whose low weight means that SAR limitations are particularly restrictive.

3.3.3.2 Pulsed arterial spin labelling

In contrast to CASL, the PASL approach involves the application of a relatively short RF
pulse, which results in the labelling of a large blood volume adjacent to the imaging slice.
This volume of labelled blood then flows into the imaging slice, and the time-course effects
of this ‘bolus’ can be imaged. Again, a control image is acquired, in which the blood is not
labelled. As for CASL, the static tissue in the imaging slice is in the same magnetisation
state for both images, such that a subtraction of label and control images produces a
perfusion-weighted image due to the differing blood magnetisation in each case. Although
having an intrinsically lower perfusion signal (see later), this approach ameliorates some of
the problems associated with CASL; PASL involves shorter transit delays, and is less
susceptible to MT effects and SAR limitations since the applied inversion pulse is relatively

short.

PASL was first introduced by Edelman et al. (1994) in the form of echo-planar imaging and
signal targeting with alternating radio frequency (EPISTAR). A simple EPISTAR scheme
is illustrated in Fig. 3.4; the label image is prepared by inversion of a wide slab, adjacent to
the imaging slice. Labelled blood spins in this slab flow into the imaging slice and an image
is acquired after time TI. For the control image, the inversion pulse is applied equidistant
above the image slice. The EPISTAR approach has the drawback that only the blood
inferior to the imaging slice is labelled during acquisition of the label image. Furthermore,
during acquisition of the control image, the blood superior to the slice is labelled, producing

errors in the control image if this labelled blood enters the imaging slice. PICORE
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inversion pulses to suppress background signal has also proved effective in a number of
ASL approaches (see, for example, Alsop and Detre 1999, Ye et al., 2000a, Duyn et al.,
2001, Blamire and Styles, 2000); these are discussed further in later sections.

Most ASL techniques use global or slice-selective inversion pulses to effect the labelling of
arterial blood. These pulses must produce uniformly inverted slabs/slices with sharp
profiles in order that inverted regions and the imaging slice can be effectively
superimposed or juxtaposed (Figs 3.3 and 3.4). Furthermore, good slice profiles result in a
well-defined ‘bolus’ of labelled blood, allowing accurate modelling and therefore aiding
perfusion quantification. For this reason, adiabatic inversion pulses (Garwood and
DelaBarre, 2001) (named adiabatic full passage (AFP) pulses) are typically used in PASL
sequences since they are insensitive to B; field inhomogeneities and can produce good slice

profiles. AFP pulses are described in Chapter 2.

3.3.3.2.1 Theory

As for CASL measurements, the PASL perfusion related signal difference between label
and control images can be modelled using the modified Bloch equation (Eq. [3.9]).
Assuming that blood and tissue have the same T, value, the magnetisation difference
between the label and control images in a FAIR experiment is given by (Kwong et al.,

1995, Kim 1995):

-17
AM=M,,,-M,_,, = 2aaM0TI§e h [3.13]

control

where TI is the time between application of the labelling inversion pulse and image

acquisition (inversion time). Comparison with Eq. [3.10] shows that this theoretical PASL

signal difference is less than that of CASL by a factor of (77/ Tl)e_% . However, Wong et
al. (1998b) have shown that the SNR efficiency (SNR per unit time) is similar for the two
methods. Although originally derived in the case of FAIR, this equation (and subsequent
AM equations) are also applicable to EPISTAR since the two approaches are essentially
equivalent; in both cases, a pair of images is acquired, in one of which the inflowing blood

is fully relaxed, and in the other, inverted. The fact that the static tissue is in a different
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state for the two sequences is inconsequential since this signal is removed on image

subtraction.

The validity of Eq. [3.13] relies on many simplifying assumptions, and a more complete
solution was proposed by Calamante et al. (1996), where differences between blood and
tissue T values are accounted for. Equations for the longitudinal magnetisation in the label
and control images (Mizpe(T]) and M oniroi(TI) respectively) can be obtained by solution of
the modified Bloch equation (Eq. [3.9]) under appropriate initial conditions. For example,
when acquiring the FAIR label image, the imaging slice is initially inverted and the
incoming blood is fully relaxed. Assuming that the blood label decays with the relaxation
rate of blood (T;,) before reaching the capillary exchange site, and with the relaxation rate
of the local tissue afterwards (i.e. assuming complete extraction of the water from the

intravascular space immediately after arrival in the voxel), M, is given by:

T

M o (TT) = My (1~ 2 ") [3.14]

where the apparent relaxation time, Tiapp, is given by Eq. [3.11]. In the case of the control
image, both the imaging slice and the incoming blood are inverted at time TI=0, and

solution of the Bloch equation under these conditions gives:

1 TI
_m Ty _ ‘5)
Mconlrol(Tl)zMO[l—zae e —Za—gg—e—l—el_] [3'15]
()
Tla Tlapp
leading to:
o TI
1 (e Tapp —e—F")
AM(TT) = Mgy (TD) = Mg (TD) = 2M 00— [3.16]
(T— 7 )

la lapp

i.e. a bi-exponential relationship between the predicted perfusion-related signal difference

(AM), and TI.
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This analysis can be extended to take account of transit times and coil inflow effects. The
transit time, 9, is the time taken for the leading edge of the labelled blood to reach the
exchange site within the imaging slice, following the inversion pulse. The signal in the
difference image will be zero until labelled blood reaches the exchange site, i.e. until TI>8.
Since the coil used for application of the global inversion pulses applied during acquisition
of the control image is finite in extent, at a certain time (the coil inflow time, A), fresh (non-
inverted) spins from outside the coil will reach the exchange site within the imaging slice.
For TI times greater than A, the signal in the difference image decays with a single
exponential since fully relaxed blood is entering the imaging slice in both the label and

control cases. Eq. [3.16] is modified as follows (Pell et al., 1999):

0 TS [3.17(a)]
_(11-96) _(T1-6)
- i Tapp T,
2M ie ro (e ] _el ) ;8<TI<A  [3.17(b)]
‘2
(—=7)
AM (TT) =< T, Tlapp
5 _(a-6)  (a-8) (1T
- Trapp Ty _Ui-a)
2M0aaie n (€ T —el )e Tiapp ; TI>A [3.17(c)]
(=)
\ ]';a I;app

Further discussion of the effects of & and A on the predicted perfusion signal can be found

in section 3.3.3.2.2.

Accurate quantification of perfusion therefore requires acquisition of image pairs at a range
of TI values, and fitting of the difference signal to Eq. [3.17]. However, this is very time-
consuming because many averages are required at each TI to achieve sufficient SNR (see
below). Common practice in FAIR perfusion measurements is to collect and average many
AM images at one TI time (typically 40-60 images are collected, with TI~1.2s). The
measurement of T,y (commonly using a fast Ti-mapping sequence; see section 2.3.3) and

M, allows calculation of perfusion using Eq. [3.16], with assumed values for a,, A, Ti,.
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This approach does not take the effects of transit times or inflow times into account (i.e. it
is assumed that 8 is negligible and that TI<A). The assumption that TI<A is generally valid
for usual choices of TI (A is typically in the range 1.5-2.5s), however the assumption that
6~0 can lead to significant errors in calculated perfusion values (Buxton et al., 1998).

Transit times and their effects are discussed further in the following section, as well as in

Chapters 6 and 7.

An alternative general kinetic model for perfusion quantification was introduced by Buxton
et al. (1998), which is closer to the model used in the bolus tracking approach. This model
reduces to the equations presented above with the appropriate assumptions, and can be used

to assess the errors introduced if these assumptions are not valid.

33322 Quantification issues

Although a potentially powerful technique with many inherent advantages over existing
MR as well as non-MR perfusion methods, the ASL method has many possible sources of
error. When using ASL data to quantify perfusion, the many assumptions and limitations of
the technique must be considered. Some CASL issues were discussed in section 3.3.3.1.2,
and a fuller discussion can be found below. For further details, see Buxton et al. (1998) and
recent reviews (Calamante et al., 1999, Petrella and Provenzale, 2000, Barbier et al.,

2001b).

1. Signal-to-noise ratio

The SNR of ASL subtraction images is inherently poor since the measured perfusion-
related signal intensity difference between label and control states is so small (~1% of M,
for grey matter at 1.5T). ASL techniques are therefore very sensitive to system instabilities,
and their implementation is not straightforward in practice (see Chapter 6). Many images
must be acquired and averaged (typically 40-60) in order to achieve adequate SNR in the
difference images, leading to long scan times and sensitivity to patient motion. The issues
of low SNR are further confounded in the presence of long transit times, where label decay
during transit reduces the perfusion-related signal detected; see ‘Transit times and coil

inflow times’ below for further details.
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A further consideration for SNR is the field strength used. High-field ASL is appealing
because not only is SNR improved, but T, is lengthened, and thus label decay during the
transit time is reduced, leading to improved perfusion contrast (see Fig. 3.6). However,
several disadvantages must also be considered; the lengthened relaxation times require
longer time delays before full relaxation is achieved between image acquisitions, thus
extending the scan times. Furthermore, as the field strength increases, so do the
susceptibility effects, which lead to signal loss and distortion in brain regions with high
static field inhomogeneity. Physiological noise levels may also increase with field strength
(Krueger et al., 2001), such that metabolic fluctuations, tissue motion and pulsation reduce
the sensitivity of ASL images (Wang et al., 2002). The SAR of a pulse sequence will also
increase. Despite these drawbacks, it is generally accepted that moving to a higher field is

beneficial for ASL measurements.

2. Intravascular signal

Ideally, a perfusion image is sensitive to the effects of blood flow at the exchange level, and
not to blood within vessels, which is being carried through the imaging slice to an exchange
site in a more distal tissue region. Signal from blood in large vessels can be destroyed by
the application of bipolar gradients (Ye et al., 1997), which dephase spins moving in the
direction of the gradient, but refocus (apart from diffusion effects) the static tissue signal.
Inclusion of bipolar gradients in the imaging sequence has been shown to reduce the
perfusion signal and cause a lengthening of the observed transit time (Wong et al., 1998b),
indicating the effective removal of intravascular signal. However, it is not straightforward
to crush all of this unwanted signal; further discussion of intravascular signal

contamination can be found in Chapter 6, section 6.2.5.

3. Subtraction errors

Subtraction errors, i.e. non-perfusion related differences between the label and control
images, are caused primarily by MT effects in the case of CASL, and interactions between
slice profiles in the case of PASL. These errors can easily obscure the small perfusion
signal, and conditions must therefore be optimised to minimise them. As mentioned in
section 3.3.3.1.2, the approach commonly taken in CASL experiments is to apply
appropriate pulses during acquisition of the control image, so as to mimic the MT effects

produced during label image acquisition. In the case of PASL, selective inversion pulse
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4. Transit times and coil inflow times

The finite arterial transit times (8) between the labelled region and the imaging slice result
in a loss of perfusion sensitivity in both CASL and PASL imaging; T, relaxation of the
blood spins during their transit to the imaging slice causes a reduction in the measured
difference signal (see Fig 3.6), and therefore an underestimation of perfusion values if not
accounted for. Transit times vary between subjects and brain regions, and can be expected
to be particularly extended in the presence of low flow and/or circuitous routes of
circulation. Accounting for transit time effects in CASL studies was discussed in section
3.3.3.1.2. In PASL, various approaches to the transit time problem have been explored. One
popular approach, proposed by Wong et al. (1998a), is a sequence modification in which
saturation pulses are applied to control the time duration of the labelled bolus. The two
variants of this approach are named QUIPSS (quantitative imaging of perfusion using a
single subtraction) and QUIPSS II, and both modifications produce images with
significantly reduced transit time sensitivity, although the sequence parameters required can
become impractical in the presence of particularly lengthy transit times. Further discussion

of QUIPSS, and alternative approaches to transit time effects, is contained in section 7.2.

Measured PASL difference signals are also affected by the inflow of fully relaxed spins
from outside the coil, which have not experienced the inversion pulses. The timing of this
effect is determined by the width of the labelled bolus of blood (which in turn is often
determined by the size of the head coil used). When collecting data at long TI times, this
effect must be accounted for since the predicted AM values at TI>A are significantly altered

(see Fig. 3.6).

5. Exchange model

Detre et al. (1992) originally modelled the brain as a single compartment for ASL perfusion
quantification, i.e. complete extraction of labelled water from blood into tissue was
assumed. Although this approach remains the most popular model, it is clear that this
assumption is unlikely to hold in high flow states, where incomplete exchange may lead to
underestimation of perfusion values (Silva et al., 1997a, Silva et al., 1997b, St. Lawrence et
al., 2000). However, it can be seen that this effect can be somewhat offset by the capillary
contribution to the observed ASL signal; it can be expected that the capillary contribution

to the MR signal is significant in ASL experiments, since slow moving capillary blood will
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not be affected by the typical crusher gradient strength used. If this blood is destined to
perfuse the tissue in the same voxel, it can be argued that its contribution to the measured
signal is desirable (Buxton et al., 1998). Numerical simulations performed by St. Lawrence
et al. (2000) showed that, in humans, the capillary contribution counterbalances the effect
of restricted water exchange between blood and tissue, and can lead to an accurate
measured perfusion value if no labelled blood leaves the voxel through the venous system.
In practice, it is not easy to assess the relative contribution of blood and tissue signal. Two
compartment models have been proposed which account for the permeability to water of
the BBB by modelling both the intravascular and extravascular compartments (Zhou et al.,
2001, Ewing et al., 2001, Parkes and Tofts, 2002). However, these approaches introduce
more unknown parameters into an already complex model, and are therefore not
straightforward to accommodate. Furthermore, it can be expected that the permeability
varies between normal and pathological tissue (Schwarzbauer et al., 1997). The analyses

presented in this work will use the single compartment model.

6. Blood-brain partition coefficient

It is common practice to assume a uniform value of the blood-brain partition coefficient of
water, A, when quantifying perfusion (commonly A=0.9ml/g is used). However, A has been
shown to vary significantly in different tissue types and between subjects (Roberts et al.,
1996), and is likely to be altered in some pathological states, e.g. in the presence of
oedema. Since the ratio f/A is typically obtained in ASL studies, any errors in A will lead

directly to errors in the calculated perfusion value.

7. Longitudinal relaxation time of blood

A value for the longitudinal relaxation time of blood (T;,), is typically required for
perfusion quantification. However, an in vivo measurement of this parameter is not
straightforward, and an assumed value, based on previous studies or published literature
values, is typically used. This can be a potential source of error in perfusion quantification
since it has been shown that T;, can be affected by haematocrit levels and oxygen

saturation (Silvennoinen et al., 2003).
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8. Labelling efficiency
The size of the perfusion-weighted signal (AM) depends on the labelling (or inversion)
efficiency of the ASL sequence. The labelling efficiency of arterial blood (a,) is defined by
(Zhang et al., 1992):
M, -M, (0
o = Oa a( )

a 1
2M,, B3-18]

where M,(¢) is the longitudinal magnetisation of arterial blood, and Mp, is its equilibrium
value. The labelling efficiency obtained in practice is very different for PASL and CASL
sequences. Values close to the ideal (complete inversion; o,=1) can be obtained using
adiabatic RF pulses in PASL (Wong et al., 1998b). On the other hand, the labelling
efficiency achieved in CASL studies is much lower, since flow-driven adiabatic inversion
is affected by many factors, such as blood relaxation rates, blood velocity, and flow
pulsatility (Utting et al., 2003). In clinical situations, SAR limitations mean that the
continuous off-resonance RF required for labelling is typically replaced by a train of short
RF pulses, which has a further detrimental effect on CASL labelling efficiencies. Accurate
determination of the labelling efficiency is required in both CASL and PASL studies to
allow perfusion quantification. However, it is not straightforward to obtain an accurate
measurement of the efficiency (Calamante et al., 1999), particularly in the CASL case, and

errors can therefore be introduced.

9. Partial volume effects

Significant partial volume effects are present in ASL images due to the large voxel sizes
used in the interests of SNR. While the effect of partial volume between grey and white
matter is to reduce the difference between the two (underestimation of grey matter
perfusion and overestimation of white matter perfusion), there can be also partial volume
with CSF (introducing an underestimation of perfusion) and with arterial contributions
(introducing an overestimation of perfusion) (Kwong et al., 1995). All of these effects will
compete with each other, and although the voxel can be considered as a weighted average
of the individual components, the effect on the calculated perfusion value is not
straightforward due to the complex relationship between perfusion, T;, and the measured

difference signal (AM(T])).
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10. TR effects

The minimum TR appropriate for use in PASL sequences is limited by the fact that the
region in which the arterial blood is labelled must be refreshed with relaxed blood, by
inflow and/or T relaxation between each image acquisition. If TR is shortened such that
this condition is not achieved, the effects of spin histories on the blood and imaging slice
magnetisation must be taken into account, and quantification becomes problematic (Pell et
al., 1999). TR effects are not a problem in CASL studies, since CASL is a steady-state

technique.

11. Multiple slice imaging

Multiple slices can be imaged using both PASL and CASL techniques. However, the
perfusion contrast is not consistent for each slice, since not only is the transit time
lengthened for the more distal slices, but the TI is also different for each slice. Label decay
during transit means that transit times can easily become prohibitively long for the most
distal slices, restricting the total number of slices, and limiting them to being close together.
Thus, brain coverage using multislice ASL techniques is typically low. However, 3D
perfusion imaging using FAIR (Ye et al., 2000a) and CASL (Alsop and Detre, 1999) has
been reported. In both cases, suppression of the background signal was used to reduce noise

resulting from magnetic field fluctuations occurring between acquisitions.

12. Measurable parameters

One major drawback of ASL when compared to bolus tracking methods is that current ASL
techniques yield no measurement of CBV or MTT. CBV or MTT measurements are often
crucial since during the process of autoregulation, CBF alone is an inadequate measure of
haemodynamic compromise. In these cases, an indication of tissue status can be obtained
by measurement of cerebrovascular reserve capacity, by measuring the increase in CBF
associated with CO, inhalation or acetazolamide (ACZ) administration, but these
approaches are not straightforward in practice and are not suitable for routine clinical use.
Thomas et al. (2001), however, have recently introduced a modification on the FAIR
technique, named double-echo FAIR (DEFAIR), which proposes to allow simultaneous
measurement of CBF and CBV. The technique suffers from a relatively low sensitivity to
haemodynamic changes, and requires a long acquisition time, although the model can,

theoretically, be extiended to allow measurement of the oxygen extraction fraction.
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3.3.3.3 Alternative ASL approaches

Although a large number of ASL schemes have been proposed, most CASL methods are
based on the standard approach described in section 3.3.3.1, and PASL approaches tend to
be modifications of either the FAIR or EPISTAR approaches. However, several distinct

ASL schemes have emerged over recent years and are briefly outlined below.

3.3.3.3.1 Alternative labelling schemes

Several innovative schemes for blood labelling in ASL have recently been proposed. Wong
et al. (2002) have developed an idea originally proposed by Norris and Schwarzbauer
(1999) to label blood based on its velocity rather than spatial location. This promising
technique, named velocity-selective ASL (VS-ASL), aims to reduce sensitivity to transit

times, and is discussed further in section 7.2.2.

Davies and Jezzard (2003a) have introduced a technique that uses 2D spatially selective RF
pulses to label individual feeding vessels within the cranium. Thus, information regarding
the territories of individual blood vessels can be obtained. There are, however, significant
technical difficulties with achieving effective labelling of a single vessel, and these are the

subject of continued development (Davies and Jezzard, 2003b).

Another ASL approach, called dynamic ASL (DASL), has been proposed by Barbier et al.
(1999). In DASL, the tissue response to a time varying degree of arterial labelling is
measured, allowing simultaneous measurement of perfusion, transit time and T, on a pixel-
by-pixel basis. This technique also has the potential to measure the arterial blood volume.
The DASL approach is considerably more complex than the PASL or CASL methods, in
terms of the labelling scheme and data processing required, and so has not found
widespread use, despite the fact that it addresses the transit time problem inherent to most

ASL approaches.

33332 Single-shot ASL

A technique has been proposed by Blamire and Styles (2000), which enables acquisition of

a perfusion-weighted map directly, avoiding the need to acquire control and label images.
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This not only reduces the total acquisition time, but also avoids the errors often introduced
as a consequence of the subtraction. The approach is named spin-echo entrapped perfusion
image (SEEPAGE), and consists of in-slice saturation followed by a train of non-selective
inversion pulses to maintain this nulling of the static tissue signal in the slice of interest.
Unsaturated, inflowing spins experience only the inversion pulses and form the only
contribution to the image acquired, thus directly producing a perfusion image. Despite its
inherent advantages, this approach is not yet widely used, presumably because a detailed
model for CBF quantification using SEEPAGE has not yet been reported. However, work

in this area is currently underway (Cochlin et al., 2003).

3.3.3.4 Current ASL applications

ASL has many inherent advantages over alternative approaches, which make it a potentially
very powerful clinical tool. The fact that it is truly non-invasive, with no requirement for
administration of an exogenous contrast agent, is a clear advantage over bolus tracking
methods, since the practical problems often encountered with cannulation are avoided, e.g.
difficulties in patients with poor vascular access such as those with sickle cell disease.
Furthermore, the use of an endogenous tracer renders ASL perfusion measurements
unrestrictedly repeatable and therefore suitable for serial perfusion measurements.
However, the poor SNR associated with ASL techniques, combined with extended transit
times, result in particularly poor perfusion sensitivity in pathological low-flow states and in
white matter, where these approaches have not yet shown sufficient SNR for validation.
Therefore, although ASL techniques are in theory able to calculate CBF in absolute units,
clinical applications have been limited compared to bolus tracking methods. Several
promising clinical studies have, however, been reported, including the application of ASL
techniques in stroke (Chalela et al., 2000) and epilepsy (Wolf et al., 2001) patients. A
review of the clinical applications of CASL has been published by Detre and Alsop (1999).

ASL techniques have been extensively applied in animal studies, particularly in the
investigation of cerebrovascular disease. Animal models are particularly suitable for ASL
studies since scans can be performed over long timescales, allowing longitudinal studies of
pathological states. A full summary of ASL techniques in animal studies can be found in an

MR perfusion imaging review by Calamante et al. (1999).
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Since ASL is a suitable method for the acquisition of serial perfusion measurements, it is
perhaps most widely used in fMRI studies, following Kwong’s original work (1992). As
mentioned briefly in section 3.3.2, the basic strategy of fMRI experiments is to acquire data
during two altemating brain states: one state usually comprises a resting condition (‘rest’
signal), and the second state occurs during performance of a specific sensory or cognitive
task (‘activated’ signal). The difference between the activated and rest signals is used to
locate brain areas activated during performance of a specific task, and thus map brain
structure to function. fMRI commonly uses BOLD imaging (see section 3.3.2) to provide
contrast between the two states, with increased signal intensity being associated with
activated areas. This signal increase results because local neuronal activation causes an
increase in regional CBF without a correspondingly large increase in oxygen consumption
(Ogawa et al., 1998). This causes a decrease in deoxyhaemoglobin concentration within
local vessels, and therefore an increase in MR signal on T>*-weighted images. Most of the
fMRI studies performed today are based on BOLD contrast, because of its high contrast-to-
noise ratio (CNR) and simplicity of sequence implementation. However, fMRI studies can
alternatively monitor changes in perfusion during activation, by making serial ASL
measurements during the rest/task periods. The signal changes in perfusion images on
activation have been suggested to be better localised to the site of neuronal activity than
those seen using the BOLD effect (Kim 1995), which is weighted towards veins distal to
the site of activation (Turner 2002). ASL has the further advantage of providing a
quantitative measurement of a specific physiological parameter (perfusion), whereas the
BOLD signal is influenced by many physiological variables, as mentioned in section 3.3.2.
BOLD also suffers from signal drift over the long scan times, which are not problematic in

ASL measurements since label and control states are alternated and images are subtracted.

There are, however, problems associated with the use of ASL in fMRI. For example, the
time resolution of ASL measurements is poorer than BOLD); acquisition of one perfusion
map involves the acquisition of two images (taking typically 4-8s per perfusion image),
thus reducing the time resolution and making distinction of the acquisition time point
difficult. ASL therefore affords a lower intrinsic SNR per unit time than BOLD. Some
recent developments, however, have improved the temporal resolution to be comparable
with BOLD fMRI (Wong et al., 2000, Duyn et al., 2001, Silva and Kim, 1999). A further

concern with ASL fMRI is the potential contamination of the activation signal with effects
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related to BOLD contrast. Areas prone to contamination by BOLD contrast are those areas
in which the BOLD signal change is observed, i.e. the tissue surrounding the capillaries,
and the area within and around large veins. To some extent, the influence of BOLD
changes on ASL images can be suppressed by the appropriate choice of imaging
parameters. The inclusion of bipolar crusher gradients reduces large vessel signal, and a

short TE leads to the overall reduction of the BOLD effect.

It is possible to collect both BOLD and perfusion data simultaneously in an fMRI study,
and these approaches have the potential to shed light on the physiological mechanisms
underlying functional haemodynamic changes. By modelling the signals obtained, relative
changes in cerebral metabolic rate of oxygen can be estimated (Kim and Ugurbil, 1997).
The BOLD image series is obtained by appropriate combination of the label and control
ASL images, but since only one BOLD-weighted image is obtained for each ASL image
pair acquired, the time resolution will be much poorer than a standard BOLD study.
Furthermore, the choice of TE involves a compromise since optimal perfusion weighting is
obtained with short TE, which would not be optimal for BOLD contrast, where ideally,
TE~T,*. A full discussion of the use of ASL in fMRI studies can be found in recent
reviews by Silva et al. (2003), Detre and Wang (2002) and Hennig et al. (2003).

In summary, there is much research currently being carried out in the field of ASL,
showing rapid improvements and much promise for this perfusion method. The use of ASL
in fMRI studies is now well established, and complements current fMRI approaches.
Developments over the coming years will show whether ASL can compete with alternative

perfusion techniques and become a viable tool for use in routine clinical practice.

3.3.3.5 Comparison with bolus tracking methods

Bolus tracking and ASL are the most widely used MR perfusion methodologies. Many
factors require consideration when deciding upon the most suitable approach for any
particular application. Table 3.1 contains a summary of the main issues related to the use of

each of the two main methods.
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Table 3.1. Comparison of bolus tracking and ASL methods for perfusion imaging,.

Bolus tracking (with deconvolution)

Arterial spin labelling

Tracer

Intravenous injection of contrast agent:
potential problems with vascular access.

Water protons used as endogenous
tracer, therefore truly non-invasive.

Nature of the tracer

Intravascular (nondiffusible) in the

presence of an intact BBB.

Freely diffusible.

Magnitude of signal
change detected

Tens of percent.

~1%, therefore many averages required
for robust measurement.

Measurement time

Scan time very fast (~1 min), but
difficult to repeat due to dosage
limitations and effects of contrast
retention.

Longer scan time (~5 min), but
repeatable, so suitable for use in serial
studies e.g. vascular reserve capacity
studies.

Physiological parameters
measured

CBF, CBV, MTT. Potentially oxygen
delivery (@stergaard et al., 1999).

CBF. Potentially CBV (Thomas et al.,
2001) and oxygen consumption (Kim
and Ugurbil, 1997).

Potential problems
regarding absolute
quantification

The assumption of linearity between
AR, and C(t) may introduce errors
(Kiselev 2001, van Osch et al., 2003a).
Values for brain density and haematocrit
levels are required, but are not well
characterised in pathology. Delay and
dispersion of the bolus after AIF
measurement lead to errors (Calamante
et al., 2000a).

Very high or low flows difficult to
measure. Measurements are transit time
(8) dependent; characterisation of  on a
pixel-by-pixel basis is problematic and
very time-consuming due to low SNR.

Implementation issues

Easy to implement in the clinical
environment. Uses commonly available
MR sequences.

Implementation difficult since stable
conditions are essential to detect the
small signal changes.

Susceptibility to patient
motion

High risk of gross motion at time of
injection. Data not useable if significant
through-plane motion present.

Risk of motion due to long scan times.
Through-plane motion problematic.

Brain coverage

Number of slices limited by the
temporal resolution required to properly
define the bolus passage (10-20 slices
possible).

Multislice possible but complicated by
transit time and MT effects. Adjacent
slices must be close together. Typically
5-10 slices max.

Validation / comparison
with alternative
techniques

Comparisons with PET (Ostergaard et
al., 1998a and 1998b, Lin et al., 2001,
Carroll et al., 2002, Mukherjee et al.,
2003, Mihara et al.,, 2003), SPECT
(Hagen et al.,, 1999, Wirestam et al,,
2000a), ASL (Li et al., 2000).

Comparisons with PET (Liu et al., 2001,
Ye et al., 2000b), SPECT (Arbab et al.,
2002), bolus tracking (Li et al., 2000).

Main Applications

Wide application in the investigation of
cerebral ischaemia.

fMRI. Few clinical studies in pathology.
Main use is in animal studies of cerebral
ischaemia.
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Simulations to assess the reliability of bolus tracking summary
parameters as measures of haemodynamic status
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4.1 INTRODUCTION

Bolus tracking (or dynamic susceptibility contrast) MRI is increasingly used for the
measurement of cerebral perfusion (Calamante et al., 1999), and over recent years has
moved from being a research tool into general clinical practice in many institutions. The
technique is described in detail in Chapter 3, and is only briefly recapped here. Bolus
tracking methods require the injection of a bolus of a paramagnetic intravascular contrast
agent and the rapid measurement of the MR signal loss caused by the passage of the bolus
through the tissue. This signal loss can be converted to a concentration-time curve of

contrast agent within a tissue region of interest (ROI), Crof(t). Using principles of indicator
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dilution theory, Croff) can be expressed as a convolution (Qstergaard et al., 1996a,

Calamante et al., 1999):

cRo,a)=k£CBF-<cA,F<r)®R(z)> 1]

H

where C4(?) is the arterial input function (AIF), describing the concentration of tracer
entering the ROI at time ¢, and R(?) is the residue function, i.e. the fraction of contrast agent
remaining in the ROI at time ¢, following the injection of an ideal bolus at /=0. CBF is
cerebral blood flow (perfusion), p is the density of brain tissue and ky accounts for the

difference in haematocrit between capillaries and large vessels.

The optimal approach to the analysis and quantification of these data is to deconvolve
Croi(?) using Eq. [4.1] (Ostergaard et al., 1996a), which produces direct information about
the physiological parameters cerebral blood flow (CBF), cerebral blood volume (CBV) and
mean transit time (MTT). Deconvolution is generally regarded as the most robust approach
to bolus tracking data analysis, and has been shown to produce clinically useful information
in many cases. However, the results obtained can be misleading in some circumstances
(Sorensen 2001, Calamante et al., 2002). For example, this approach requires accurate
measurement of the AIF (see Eq. [4.1]). However, this function is commonly defined by
manual selection of appropriate pixels within a feeding artery, e.g. the middle cerebral
artery (MCA), so as to minimise partial volume effects with adjacent tissue. Thus, delay
and dispersion of the bolus between the measurement site and the ROI are not accounted
for, such that the measured AIF may not reflect the true input to a particular tissue ROL
Calamante et al. (2000a) have shown, using numerical simulations, that this can result in
significant errors in the calculated CBF. Therefore, the deconvolution method is not
appropriate for use in patients with vascular abnormalities that result in large delays
between the MCA and capillary bed. Although the presence of cerebrovascular disease
generally introduces delays to some extent, the severity of the delay depends upon the
particular pathology. In some pathologies, for example moyamoya syndrome (characterised
by terminal internal carotid artery (ICA) occlusion and the formation of basal collateral
vessels), the delays between the AIF measurement site and the tissue are particularly
lengthy, making the deconvolution method unsuitable due to the size of the CBF errors

introduced (Calamante et al., 2001).
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In cases in which deconvolution is not appropriate, an alternative approach to the analysis
of bolus tracking data is the calculation of maps of so-called ‘summary parameters’. These
are calculated directly from the profile of either the signal intensity timecourse (Szoy (2)), or,
more commonly, the Croff) curve. Maps of parameters such as time to peak (77P),
maximum peak concentration (MPC), or full width at half maximum (FWHM) can be
produced. In contrast to the deconvolution approach, the calculation of summary parameter
maps is fast and fairly straightforward, and does not necessarily require measurement of the
AIJF. This method is in common use (see for example: Maeda et al., 1999, Nighoghossian et
al., 1996, Neumann-Haefelin et al., 1999, Kluytmans et al., 1998, Emst et al., 1999, Kim et
al., 2000, Nasel et al., 2000, Schlaug et al., 1999, Mihara et al., 2003, Speck et al., 2000),
and is the sole bolus tracking data analysis technique used in many institutions. Most
manufacturers currently supply software for the on-line calculation of summary parameter
maps, with software for performing the deconvolution approach only recently becoming
available. However, summary parameters can only provide indirect measures of perfusion,
and inference of the haemodynamic status of the tissue from these maps is not easy. Despite
this, some summary parameters are frequently quoted as approximations to specific
physiological variables. For example, the first moment of the concentration time curve (see
section 4.2.4), is often quoted as MTT, although an early report by Weisskoff et al.
(Weisskoff et al., 1993) shows that this is not the case.

Figure 4.1 shows bolus tracking data collected in a patient with a mature infarction in the
left occipital region. CBF, CBV and MTT maps created by deconvolution reveal a more
extensive perfusion abnormality than the T,-weighted image. The maps of selected
summary parameters (MPC, TTP and area (i.e. the integrated area under the Cro/f(¢) curve))
are also shown. These maps enable identification of a similar region of abnormality as the
maps of the physiological parameters; however, no inference of the behaviour of the
physiological parameters is possible. Note that the CBV and area maps are identical since
both are calculated directly from the tissue concentration curve, as the area beneath the

curve.
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The summary perameter approach has further complications. As can be seen from Eq. [4.1],
the concentration-time curve measured within the tissue depends not only upon the CBF
within that area, but also upon the particular Cy;(f) and R(f) functions associated with the
region. Variations in injection conditions and patient physiology will produce AIFs which
differ between individuals, and R(f) may also vary between patients as well as regionally
within the brain, particularly in the presence of pathologic haemodynamics. In contrast to
the deconvolution method, the calculation of summary parameters takes no account of
variations in these two functions. Thus, the reliability of these summary parameters as
indicators of haemodynamic status is not clear. The appropriate use of summary parameters
in the analysis of perfusion data requires assessment of the variability of these measures
under conditions of varying Cy;(f) and R(?), such that their limitations are understood and

summary parameter maps can be appropriately interpreted.

In the present work, simulations were performed to investigate the variability of a number
of summary parameters measured in the Cro/(f) curve over a realistic range of AIFs. The
value of using summary parameters to set thresholds for the evaluation of patient status, or
as approximations to physiological parameters, was investigated. A common method of
attempting to ‘normalise’ results before making comparisons between subjects/studies is
the referencing of summary parameters (formation of ratios and differences) to the same
parameter measured either in the AIF or a region of normal tissue (e.g. contralateral side or
cerebellum). The effects of such a correction method were also investigated using the
simulated data. In addition, since the actual form of R(f) in the brain is not clear,
simulations were performed using two models of the residue function in order to assess the

effects on summary parameter variability of the particular form of R(¢) used.

4.2 SIMULATION OF BOLUS TRACKING DATA

Crof(t) data were simulated to allow the measurement of summary parameters. Equation
[4.1] was used to generate the Croft) data, requiring simulation of C4;(f) and R(¢). The

simulated data were noiseless in order to investigate the intrinsic limitations of the
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summary parameter method. For simplicity, kz was set to unity, and p to 1ml/g in Eq. [4.1]

for the remainder of this study.

4.2.1 Arterial input function

The AIF is commonly modelled as a gamma-variate function (Starmer and Clark, 1970):
_ r _—(t-ty)b
Cur()=Ky(t—1t) e [4.2]

where parameters » and b define the shape of the rise and decay of the curve, #; is the bolus
arrival time, and K is a scaling factor determined by the quantity of contrast agent injected.
The value of K, for each simulated curve was chosen so as to normalise the volume of
contrast agent injected to a constant value, i.e. each Cy(f) curve was scaled to a fixed area.

In this case, the area was scaled to unity, such that (Benner et al., 1997):

1 r+l
ICAzp(t)dt :Ko(z) I'(r+1)=1 [4.3]

where the gamma function is defined as I'(r +1) = Ix’e"‘dx, for any >-1. The value of ¢,
0

was set to zero in this study since delays in the bolus arrival time are not being considered,
i.e. it is assumed that the simulated AIF is an accurate description of the input to the ROL
Recirculation effects are also excluded from this model. Thus the effects of the AIF shape
on summary parameter values were isolated, such that the intrinsic limitations of the

method could be assessed.

Pairs of » and b values covering the range of AIFs typically obtained in vivo were
generated. An appropriate range for these two parameters was determined using AIF data
obtained from 36 children (aged 0.5 to 17.5yrs; median 11.5yrs) scanned at Great Ormond
Street Hospital for Children. Patient data were acquired on a 1.5T Siemens (Erlangen,

Germany) Magnetom Vision system using a spin echo echo-planar imaging sequence
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(TE/TR=0.1/1.5s, matrix size 128x128, FOV 250mm?, Smm slice thickness), with a 0.1-
0.15mmol/kg bedy weight dose of Gd-DTPA contrast agent administered intravenously
(rate 3-7ml/s) using an MR compatible power injector (Medrad Inc, Pittsburgh, PA). For
each patient, pixels within the MCA were manually selected (on the contralateral side if
abnormalities were present in the MCA region), and Eq. [4.2] was fitted to the average
concentration-time curve for these pixels. The value of # was then set to zero, and K
calculated as described above to produce the AIF in each case. Rather than characterising

each AIF by its » and b (which have no direct physical meaning), the AIFs were

characterised by their TTP (TTP,,, = é) and MPC (MPC ,;; = K, (%J = b+ 5 (1) ).
r e

This allows a simpler interpretation of the AIF range. The resulting distribution of patient
TTP 4 and MPCyjr is shown in Fig. 4.2. The two AIF parameters cover broad ranges but
are clearly correlated, indicating that the values of the parameters in Eq. [4.2] cannot vary

freely. As expected, since the tracer volumes were normalised, a shorter T7TP pr is

associated with a higher MPC .

The AIF distribution was characterised by its mean and 95% confidence interval. If the
measured parameter values are x and y (where in this case, x=T7TP 4 and y=MPCjr), the

confidence interval boundary is given by the equation:

(B=B)" (Cov(B) (B P) = Zioss [4.4]
where:
. B = ()EJ , 1.€. a vector containing the mean x and y values,
y
. CowB)= ( Var(x)  Cov(x, y)] ’
Cov(x,y) Var(y)

. 13.05,2 is the y? distribution with probability 0.05 and 2 degrees of freedom, using a

large sample approximation.
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x
Solving equation [4.4] for S = ( ] gives the equation of the confidence interval boundary.
y

In the case presented, this equation was solved using Mathematica (Wolfram Research Inc,

Champaign, Illinois), and the resulting confidence interval ellipsoid is shown in Fig. 4.2.

TTP aF (S)

0 0.05 0.1 0.15 0.2 0.25 03 0.35
MPCar (@.u.)

Fig. 4.2. TTPyFr vs. MPCyr data from a sample of 36 children. The solid line
indicates the 95% confidence interval for this distribution. Details regarding

injection procedure are given in the text.

The mean values of 77TP 47 and MPC 4 were 3.80s and 0.19 respectively (corresponding to
r=3.44 and b=0.9ls'1). The 95% confidence interval ellipsoid shows 77P 4 ranging from
1.5 to 6.1s and MPCjr from 0.08 to 0.30 (arbitrary units). This ellipsoid was considered to
represent a realistic range of AIF profiles that can be observed in vivo, and AlFs were
simulated to cover this range. To this end, the ellipsoid was evenly sampled by drawing a
grid aligned with the ellipsoid axes, and using the resulting grid points (i.e. pairs of T7P 4

and MPCr values, n=23) to generate a set of simulated AIFs from their corresponding r























































































































































































































































































































































































































































































































































































