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Abstract

Magnetic resonance imaging (MRI) is a non-invasive medical imaging tech-
nique that is sensitive to the level of oxygen in the blood. Calibrated MRI is
capable of producing maps of absolute oxygen metabolism by using gas chal-
lenges to independently manipulate blood flow and blood oxygen content. In
this thesis, several aspects of the signal model are investigated. It is confirmed
that the commonly used Davis model is reassuringly insensitive to field strength,
provided sufficient signal-to-noise (SNR) can be obtained. The effect in vary-
ing the experimental parameter of echo time is explored, and the results are
shown to match the theory more closely when intravascular signal contribution
is reduced by crusher gradients.

A direct comparison was performed between resting oxidative metabolism as
measured by calibrated MRI and the gold standard method of positron emission
tomography (PET). Good correlation was observed for resting blood flow, but no
correlation was found for oxygen extraction fraction (OEF) or absolute cerebral
metabolic rate of oxygen consumption (CMRO;). A follow-up study was per-
formed to further investigate some methodological aspects of the calibrated MRI
procedure, including the application of background tissue suppression, different
gas delivery methods, the effects of using measured respiratory timecourses as
part of image analysis, and the impact of physiological noise correction.

The limiting factor in the quality of data obtained for calibrated MRI is
the SNR of the arterial spin labelling (ASL) method, which is used to quantify
blood flow to the brain. The alternative method of intravoxel incoherent motion
(IVIM) was investigated, which is hypothesised to be sensitive to cerebral blood
volume and perfusion without the signal limitations of ASL. However IVIM was
shown to be primarily sensitive to the presence of cerebrospinal fluid within the
brain, and thus is not a suitable alternative to ASL when quantification is of
interest.
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Introduction

1.1 Motivation

Magnetic resonance imaging (MRI) is capable of acquiring high resolution, non-
invasive images of the brain, providing both structural and functional infor-
mation. This includes providing exceptional soft tissue contrast in anatomical
images, localising areas of neural activation and visualising the connectivity
between different structures within the brain. Whilst such qualitative images
are doubtless invaluable to clinical diagnosis and treatment planning, the clin-
ical application of functional MRI has remained very limited. This is due in
large part to the complexity of the blood oxygen level dependent (BOLD) sig-
nal, which is at least as sensitive to local blood volume as it is to oxygenation.
When the normal flow-metabolism coupling is affected by a pathology, it is pos-
sible to observe no change or even decreases in BOLD signal, despite normal
underlying increases in oxygen consumption, making the resulting ‘activation
maps’ rather difficult to interpret.

Until recently, positron emission tomography (PET) was the only method

capable of providing quantitative information on the delivery and consumption
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of nutrients and oxygen to the human brain. Because all PET scans require
the injection of radioactive tracers, they may only be performed when the per-
ceived benefits outweigh the known risks; thus the method is not ideal for the
investigation of healthy human brain function, nor is it suitable for routine use
with paediatric patients. Unlike PET, MRI has no associated ionising radiation
risks, is faster and cheaper to perform clinically, and is more widely available at
hospital sites across the world.

The development of a reliable, non-invasive method of quantifying physio-
logical parameters including cerebral blood flow (CBF), cerebral blood volume
(CBV), oxygen extraction fraction (OEF) and cerebral rate of oxygen consump-
tion (CMRO,) using MRI would find wide clinical application for the moni-
toring of neurovascular disease. This could aid clinical diagnoses, treatment
planning, longitudinal monitoring of patients and drug development, as well as
basic research into how neurological diseases present and progress. In addition
it would become feasible for the first time to investigate mismatches in CBF,
OEF and CMRO; as potential biomarkers for a wide range of diseases, includ-
ing neurodegenerative conditions (such as multiple sclerosis, Alzheimer’s and
Parkinson’s diseases), oncology and psychiatric disorders (for example depres-
sion and schizophrenia).

Recent work carried out in Oxford [1], Montreal [2] and Cardiff [3] has cul-
minated in the development of an MR imaging protocol capable of producing
voxelwise maps of CBF, OEF and CMRO,. Initial results have been encourag-
ing, and compare well with previous data acquired by other modalities such as
PET. However a direct comparison between the two has yet to be attempted,
and a series of assumptions are made during the analysis of imaging data which

may vary significantly within a patient population.
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1.2 Thesis outline

First, a brief overview of MR image and contrast generation is given in Chapter
2. This is followed by a review of a range of imaging methods capable of mea-
suring aspects of cerebral metabolism, including PET, MRI and near-infrared
spectroscopy (NIRS). In Chapter 4 a calibrated BOLD MRI experiment is per-
formed at 1.5, 3 and 7T to explore how sensitive the Davis model is to field
strength. Chapter 5 investigates the impact of echo time on the calibration
parameter M, with and without the application of intravascular signal crushing
gradients. In Chapter 6 calibrated MRI is performed alongside triple oxygen
PET in a head-to-head comparison. Chapter 7 consists of a closer examination
of several aspects of the calibrated MRI methodology, encompassing both experi-
mental setup and analysis procedure. Chapter 8 explores the alternative method
of intravoxel incoherent motion (IVIM) for generating perfusion-sensitive con-
trast. Finally, a summary and some suggestions for future work are given in

Chapter 9.



CHAPTER 1. INTRODUCTION




Theory

In this chapter a brief overview is given of the physics underlying the field of
magnetic resonance imaging (MRI), including the source of signals, the process
of image formation and the principles of contrast generation. It is not intended
to be an exhaustive introduction to MRI, and will focus primarily on the imaging
methods used later in this thesis. More detailed discussions on the subject may

be found elsewhere, for example in references [4-7].

2.1 MR Physics

MRI is unique amongst medical imaging methods in its flexibility. It is possible
to vary the contrast between tissue types depending on the part of the body
or the pathology that is of interest. Because it does not rely on the use of a
tracer, one can take many repeated images and acquire a timecourse. This can
be useful for monitoring continuous processes like the beating of a heart, or for
measuring responses to external stimuli applied during the course of a scan, as
in the case of functional brain imaging. Unlike many medical imaging methods,
no damaging ionising radiation is involved, so there is no limit to the number

of scans a person should be subjected to over the course of a lifetime. This
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section introduces the physical principles that underlie magnetic resonance, and

outlines the steps involved in producing useful three-dimensional images.

2.1.1 Nuclear Magnetic Resonance

Any nucleus with an odd number of nucleons (protons plus neutrons) will have a
non-zero value of spin. ‘Spin’ is a quantum phenomenon which may be thought
of conceptually as the atomic nucleus spinning about its own axis very quickly,
giving it a unit of angular momentum. This spin induces a magnetic moment
which will interact with any externally applied magnetic fields. In the presence
of a uniform static magnetic field, By, the nuclear magnetic moment will tend to
align with the direction of this field. By doing so it will be either parallel or anti-
parallel to By; both states exist and are relatively stable, but the parallel state
has a lower energy associated with it, so an atom is more likely to favour this
state. Across a large sample of atoms there will always be slightly more nuclei
in the parallel than the anti-parallel state, which gives rise to a macroscopic
magnetisation vector M.

Because a spin has both a magnetic moment and angular momentum, it will

precess about an external field with an angular frequency given by

wo = vBy (2.1)

where wy is called the resonant or Larmor frequency. < is the gyromagnetic
ratio, which is a constant for any given type of nucleus, but varies between
elements. This is how the abundance of different nuclei may be identified in
nuclear magnetic resonance (NMR) spectroscopy experiments.

In the context of imaging, hydrogen nuclei (protons) are by far the most

abundant NMR-active species in the human body. Thus the rest of this chapter —
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indeed, the majority of MRI in general — is concerned only with the manipulation
of signals generated from the excitation and subsequent relaxation of hydrogen

nuclei.

2.1.2 Excitation

A magnetisation vector may be tipped away from its equilibrium position (which
is parallel to By) by briefly applying a second magnetic field B that rotates at
the Larmor frequency. As the magnetisation returns to its lowest energy state,
it emits photons at this same Larmor frequency. Thus the same hardware may
be used to transmit and receive these electromagnetic waves. As the Larmor fre-
quency of hydrogen atoms is in the radio frequency range, the applied magnetic
fields are known as ‘RF pulses’ and the hardware as an ‘RF coil’.

The longer an RF pulse is played out for, the further the magnetisation is
tipped away from the By direction (which by convention also defines the positive
z-axis). It is often useful to describe this motion from the reference frame of
a rotating spin (the ‘rotating frame’), in which precession does not need to be
explicitly modelled and rotating B; fields appear constant. In this frame, the

angle Af by which a spin’s magnetisation is rotated away from 4z is given by

A0 = ~yByT (2.2)

where 7 is the duration of B; and the value of ~ for protons is 42.6 MHz T~
RF pulses are commonly described in terms of the angle Af that they pro-

duce; for example a 90° ‘excitation’ pulse tips M into the transverse z-y plane,

and a 180° ‘inversion’ pulse will result in M pointing along the —z instead of

+z direction, as shown in figure 2.1.
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Figure 2.1: At equilibrium, the magnetisation vector My points along +z (a). After
a 90° pulse M lies in the transverse plane (b), and after a 180° pulse it is inverted
(c). The trajectories are shown in the rotating frame of reference. By convention, the
z-axis is chosen to coincide with the external By field, which is also the direction of
the equilibrium magnetisation Mj.

2.1.3 Relaxation

After a spin has been excited by an RF pulse, its magnetisation is no longer
aligned with By. However, over time, the magnetisation vector will realign
with the external field in a process known as relaxation. The rate at which
longitudinal magnetisation M, is recovered after a 90° excitation is described
by

M, = My(1 — e ¥/T), (2.3)

Similarly, the transverse magnetisation component M,, decays back to zero
according to

M,, = Moe /™. (2.4)

Ty and T, are characteristic time constants that describe the longitudinal and
transverse magnetisation relaxation, respectively.

In addition to the relaxation processes described above, which are irreversible
thermal processes, external effects can have an additional impact on the rate of
transverse relaxation. Any small field inhomogeneities will cause protons to
precess at slightly different rates; observed from the rotating reference frame,

this looks like a gradual dephasing of a collection of spins (figure 2.2). To
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Figure 2.2: Over time spins with subtly different resonant frequencies will change
from being in phase (a) to out of phase (b). The resultant M, vector has a smaller
amplitude than any of the individual components, leading to T decay.

distinguish this effect, the apparent transverse relaxation rate as measured with
a simple gradient echo sequence is denoted 7T7. This will always be smaller than
T,, as dephasing increases the rate at which signal is ‘lost’ over time. Unlike
intrinsic 75 decay, the contribution from dephasing may be recovered by applying

an extra 180° pulse, so pure T, may be measured using a spin echo sequence.

2.1.4 Gradient Echo and Spin Echo Sequences

Following an excitation pulse, both transverse and longitudinal relaxation will
occur simultaneously; however, by varying the timing and number of RF pulses,
the contrast in the resulting images can be carefully manipulated.

The two most basic pulse sequences are gradient echo (GRE) and spin echo
(SE). A gradient echo sequence consists of an initial excitation pulse, typically
but not always a 90° pulse, which is followed by a signal readout. Note that
during a readout, the signal measured always depends on the transverse mag-
netisation magnitude only (which in turn depends on the longitudinal magneti-
sation prior to the excitation pulse). Thus by varying the echo time (TE, time
between excitation and readout) and the repetition time (TR, time between
successive excitations) the relative contributions of 77 and T2(*) relaxation may
be controlled. This is shown in figure 2.3. To maximise 77 contrast both TE and

TR are kept short; conversely to enhance T2(*) contrast long TE and TR values
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Figure 2.3: Gradient echo pulse sequence (top) and timecourses of the longitudinal
magnetisation M, (middle) and transverse magnetisation My, (bottom). The blue
line represents spins with a longer 77 than those shown in black. Because a 90° pulse
is being used, the maximum longitudinal steady state magnetisation M is the same
as the maximum transverse steady state magnetisation. The red dashed lines indicate
when the signal readouts occur, and the image contrast is determined by the difference
in transverse magnetisation between spin species (blue and black) at this time.

are used. A gradient echo sequence is sensitive only to the apparent transverse
relaxation time, 7%

In a spin echo sequence, a 180° pulse is added between the excitation pulse
and the readout. This acts to bring the dephased transverse magnetisation
components back into phase, known as refocussing. By doing so the dephasing
effects of an inhomogeneous field are ‘cancelled out’, and the underlying 75
contrast may be recovered. The 180° refocussing pulse is played out at time
TE/2 in order to maximise the signal at the readout time TE, as shown in

figure 2.4.
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Figure 2.4: Spin echo pulse sequence (top) and transverse magnetisation timecourse
(red line, bottom). The magnetisation decays with time constant 75 until a 180°
pulse refocusses it at the echo time (TE). The intrinsic T signal loss is inevitable and
cannot be recovered.

2.1.5 Image Formation

The key innovation in moving from NMR spectroscopy to MR imaging was
the application of additional magnetic field gradients to spatially encode signal
information. This concept was first demonstrated by Paul Lauterbur and Peter
Mansfield, for which they shared the Nobel Prize in Physiology or Medicine in
2003.

Magnetic field gradients change the magnitude (but not the direction) of
the static field as a function of space. This causes the resonant frequency of
spins to vary across the sample (see equation 2.1), providing information on the
location as well as the state of the spins. In order to create a 3-dimensional
image, spatial information has to be encoded in all 3 directions. This is done by
applying gradients along different directions at specific times during the pulse

sequemnce.
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2.1.5.1 Slice Selection

The first step in most sequences is to excite spins away from their equilibrium
magnetisation, as described in section 2.1.2. By applying a z-gradient during
this excitation, the Larmor frequency varies with z, but the RF pulse is applied
over a much smaller range of frequencies. Only those spins whose resonant
frequencies match the applied RF pulse become excited. In this way, only a
thin slice is excited (the thickness of which is determined by the bandwidth of
the RF pulse and the strength of the applied gradient), reducing the imaging

problem to 2 dimensions.

2.1.5.2 Frequency and Phase Encoding

In order to get information on the x-y positions of the spins, gradients are again
used to alter the temporal characteristics of the signals. In frequency enco-
ding, an z-gradient is applied continuously during data acquisition so that the
Larmor frequency of the spins is directly dependent on their z-position within
the scanner (figure 2.5(a)). In phase encoding, a y-gradient is briefly played
out in order to alter the relative phases of spins according to their y-position,

and then turned off again so that their frequencies remain unaffected (figure

GRADIENT G,
signal signal ¥

® 0 =

—_—Y

Figure 2.5: Schematic showing how frequency encoding (a) and phase encoding (b)
are applied. In frequency encoding, an z-gradient is applied throughout. In phase
encoding, a short y-gradient is applied immediately before image acquisition.

© IOP Publishing. Reproduced with permission. All rights reserved. [8]



2.1. MR Puvsics 13

2.5(b)). As the phase and frequency of a signal are independent properties, it is
straightforward to combine these two forms of encoding, such that both x and

y co-ordinates may be recovered from a single 2D signal readout.

2.1.5.3 k-Space

While the above discussion on frequency and phase encoding makes sense for
point sources, imaging becomes a little more complex when dealing with large
(real) objects. Mathematically, the intensity I of a slice of thickness Az depends

on the proton density p according to

+Az/2
Haw) = [ L, P (2.5)

and the signal measured during an MRI experiment can be written

S(t) = //Shcel(g:,y)e—wj dz dy. (2.6)

Here ¢ is the total accumulated phase of the proton spins

o= ’y/ot (GI(T)x + Gy(T)y) dr (2.7)

where G, and G, are the magnitudes of the gradient fields applied along x and

y respectively. By defining the new variables

v [ v/
ky=— [ Ggy(r)dr and k, = —/ Gy(r)dr
0

2m Jo 2m



14 CHAPTER 2. THEORY

it becomes clear that the signal is simply the Fourier transform of the intensity

we are interested in,

S(ky, ky) = //1 I(z,y)e” ez thoy) qg dy, (2.8)

SO

S(ky, k,) = FT[I(x,y)] and I(z,y) =FT'[S(ks.,k,)].

The aim of any readout method is to sample k-space as efficiently as possible.
Echo-planar imaging (EPI) is one common approach, and is shown in figure
2.6. Its speed makes it particularly well-suited to functional MRI where high
temporal resolution is a priority; however it can suffer from significant artefacts

as a result.

2.2 MR Contrast

For an image to be of any use at all, it must contain some form of contrast. The
simplest MR contrast mechanism is to make use of the inherent differences in
T, and T, properties of different types of tissue to produce Ti- or Thr-weighted
images, respectively (see section 2.1.4). The remainder of this chapter deals

with alternative mechanisms for introducing contrast into MR images, with a

k,
/\QOO
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| [ I ctc. k
Gy — —
| | | etc. f

y [ 4
c 1 N

2 -

Figure 2.6: Schematic diagram of an EPI readout. On the left is the pulse sequence,
on the right the corresponding trajectory through k-space.
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particular focus on functional contrasts: methods which are sensitive to the
haemodynamic changes that accompany neuronal activation. The existence of
such functional contrast mechanisms, alongside the flexibility to choose suitable
tissue contrasts, is what sets MRI apart from other imaging modalities such
as computed tomography (CT), single photon emission computed tomography

(SPECT) or positron emission tomography (PET).

2.2.1 BOLD Contrast

The Blood Oxygen Level Dependent (BOLD) signal is probably the most well
known functional contrast in MR imaging. First discovered by Ogawa et al. in
1990 it provides a contrast sensitive to the oxygenation of blood, capable of
indirectly imaging local neural activity [9].

The physical origin of the BOLD contrast is the difference in properties
between diamagnetic oxyhaemoglobin (oxy-Hb) and paramagnetic deoxyhaemo-
globin (dHb). Higher concentrations of dHb lead to an increased dephasing of
nearby magnetic moments, shortening 7. This leads to a reduction in the ob-
served MR signal during a simple 75 -weighted GRE sequence. Conversely, high
blood oxygenation leads to low concentrations of dHb, long 775 and increased
MR signal.

Functional MRI (fMRI) studies make use of the BOLD contrast to localise
sites of neuronal activation [10,11]. When a region of the brain is ‘activated’,
typically in response to an external stimulus, neurons fire at increased rates
and require more oxygen and glucose to fulfil their increased energy need. (For
more details on neuronal metabolism see section 3.1.) To meet this higher
demand, arterioles dilate to increase local cerebral blood flow (CBF) and blood
volume (CBV) in order to supply fresh, oxygenated blood at a faster rate. In

the healthy brain the vasculature actually overcompensates for the increased
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Figure 2.7: The sequence of physiological processes that take place during neuronal
activation. Concomitant changes in CBV, CBF and CMRO,, lead to the typical BOLD
haemodynamic response function, which includes the well-known post-stimulus under-
shoot and the still somewhat controversial initial dip.

© Elsevier. Reproduced with permission. All rights reserved. [12]

demand, resulting in a higher oxy-Hb to dHb ratio in active regions which in
turn leads to longer 73 and higher BOLD signal.

Thus it is the mismatch between oxygen supply (via CBF and CBV) and
demand (the cerebral metabolic rate of oxygen consumption, CMRO3) which
leads to an observable BOLD signal. The BOLD signal modulation that is
observed after presentation of a short or instantaneous stimulus is known as the

haemodynamic response function and is shown in figure 2.7.

2.2.2 Arterial Spin Labelling

Arterial Spin Labelling (ASL) allows for the direct imaging of the flow of blood
through the brain without the need for an exogenous tracer. The basic principle
is to use magnetic fields and RF pulses to selectively label spins in a slab of
the brain; the blood flowing out of this slab into unlabelled brain matter can
then be tracked for as long as the label persists. Subtraction of a labelled image
from a control, where blood has not been tagged, yields an image of those spins
that have moved from the labelling site to the imaging region. This makes ASL

sensitive to both cerebral blood flow (CBF) and perfusion. Strictly speaking,
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perfusion specifically refers to the delivery of fresh blood to the capillary bed,
from where oxygen and nutrients can pass into the surrounding cells. In practice
the terms CBF and perfusion are used interchangeably, and both are quoted in
units of ml blood/100 g brain tissue/minute. Note that both of these measures
are defined as rates rather than fluxes, meaning that they are independent of
voxel volume.

Many different labelling schemes have been implemented to acquire ASL im-
ages, some of which are shown in figure 2.8. They fall into two main categories:
pulsed ASL, in which well-defined volumes of blood are targeted, and continuous
ASL, in which all the blood flowing into the brain through the vertebral and
carotid arteries is tagged continuously. These methods are discussed below in
some detail, but all sequences follow the same basic design: there is a tagging
period, followed by an inflow delay time and then the readout. Alternate acqui-
sitions (TRs) apply the control condition during the tagging period. The inflow
delay time allows for tagged spins to travel down the vascular tree; short delay
times result in angiography images of primarily arterial blood, and longer times
are more sensitive to capillary flow and tissue perfusion. This delay time may
also be used to apply any background suppression or selective saturation pulses.

The actual ASL signal is the tag-control difference, which is only 0.5-1.5%
of the total MR signal [13], giving it an inherently reduced SNR compared to
most other imaging methods. Despite these SNR issues, using ASL to measure
blood flow has significant advantages over the use of intravenous tracers with
PET, SPECT, CT or MRI. ASL is both noninvasive and able to make multiple
repeated local measurements over the course of a single scan, whilst significantly
increasing subject comfort.

The ASL label decays with a time constant equal to T of arterial blood,

which is on the order of 1 second, making it possible to take a new image every
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Figure 2.8: Schematic diagram of the most common ASL methods: continuous
tagging, STAR, PICORE and FAIR. Arrows represent proton spins, where blue spins
are aligned with the external field By and red spins have been inverted to be anti-
aligned. The magnetisation of static tissue is not shown. The top row shows the state
of spins at the end of the labelling period; for continuous tagging this can last 24 s,
for the pulsed techniques only on the order of 50 ms. The bottom row shows where
the tagged spins may be located at the time of image acquisition, typically 1-2 s after
the end of the labelling period.

few seconds. While the relatively short-lived magnetic label leads to several
significant benefits of ASL over other techniques for measuring CBF, it also
puts an intrinsic limitation on the time period during which the blood can be
traced. This can make it difficult to image slow CBF, for example in patients
with significant collateral flow following a stroke or in certain cerebrovascular
diseases. Nonetheless, the technique is starting to make the transition from

research into clinical settings [14].

2.2.2.1 Continuous ASL

In Continuous ASL (CASL), all blood flowing through a particular slice (typi-
cally in the neck) is inverted during the tagged condition. As the blood travels
into the imaging slice it will reduce the signal compared to the non-tagged situa-
tion; subtraction of the tag and control images will yield a qualitative map of the
perfusion of the imaged slice. Conceptually this is a very simple method, how-

ever in practice most scanners are not capable of creating the long, continuous
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RF excitation required.

2.2.2.2 Pulsed ASL

Whilst continuous arterial tagging creates a bolus of inverted blood that is well
defined in time, pulsed techniques produce a bolus with good spatial definition.
Pulsed ASL (PASL) also has the advantage that it is much easier to implement
on standard clinical scanners as no additional hardware is required. It also
has a lower rate of power deposition due to the less frequent application of RF
pulses which is useful on ultra-high field scanners, where sequence protocols are

SAR-limited for safety reasons.

STAR

Signal Targeting with Alternating Radio frequency (STAR) applies an inversion
to a slab proximal to the imaging region [15]. If quantitative images are required,
it is necessary to carefully control for the effects of magnetisation transfer by also
applying an inversion slab to the control image. This may be done by locating
the control inversion slab above rather than below the imaging slice, at an equal
distance as to the tagging inversion slab, such that the two are symmetric about
the imaging plane. Alternatively, it is possible to apply two 180° pulses in the

same location as the 180° tagging pulse, each at half of the labelling power.

PICORE

Proximal Inversion with a Control for Off-Resonance Effects (PICORE) is a
variant of STAR which allows for quantitative perfusion imaging using only a
single slab-selective inversion pulse [16]. The method for acquiring tagged images
is identical to STAR, but an off-resonance inversion pulse is played out during

the control condition. This has the same frequency offset to the imaging slice as
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the tag but it is applied without an accompanying slab selective gradient. This
method has the advantage of not tagging venous blood during control image

acquisition.

FAIR

In a Flow-sensitive Alternating Inversion Recovery (FAIR) sequence the tag
image is acquired by applying a non-selective inversion pulse to the entire field
of view of the RF coil [17]. A second control image is obtained in which slice-
selective gradients are added such that only a slab of slightly larger dimensions
than the imaging volume is inverted. Only signal from those spins that flow
into the imaging volume during the delay time remain after subtraction of the
two images. This signal difference is proportional to CBF, although precise
quantification would require knowledge of blood transit times and T} of blood
as well as sequence timing parameters.

If the imaging volume does not extend to the top of the head, this technique
will be sensitive to venous as well as arterial blood. However, an advantage of
FAIR over other pulsed imaging techniques is that it is less sensitive to static
signal artefacts due to By inhomogeneity (which typically worsens towards the
edges of the RF coil), making it better suited to ultra-high field perfusion ex-

periments at 7T or above [18].

Quantification with QUIPSS

All three commonly employed methods of pulsed ASL are capable of producing
qualitative maps of CBF. In theory they can also produce quantitative informa-
tion on flow increases upon activation, but this relies on the assumption that
tagged blood flows immediately into the imaging slice, and neglects the fact

that the tagged bolus flowing into the imaging slice will have a spatially varying
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amount of 7T} decay, which may be altered during a state of activation. Two
methods proposed by Wong et al. called Quantitative Imaging of Perfusion us-
ing a Single Subtraction (QUIPSS) I and II allow for the direct acquisition of
quantitative information by the application of additional saturation pulses dur-
ing the tagging procedure [19]. The methods can be used in conjunction with
STAR, PICORE or FAIR tagging.

The full equation for the magnetisation difference between tag and control
images acquired using any quantitative method of pulsed ASL (in which a good

control image has been acquired) is [20]

0 0<t<adt
AM(t) = ¢ 2My f(t — 6t)ae HTieg(t) 6t <t <71+ Ot (2.9)
2 Moy f () e /Mg (t) T+t <t

where AM (t) is the signal difference between tag and control images, My, is
the equilibrium magnetisation of arterial blood, f the blood flow, ¢ the imaging
time (measured from the start of tagging), dt the time required for tagged blood
to arrive in the imaging slice, 7 the tag duration, a the tagging efficiency and
Ty, the longitudinal relaxation time of arterial blood. ¢(t) is a correction term
which accounts for both the reduction in signal due to outflow of tagged spins
from the imaging slice and the difference in 77 of spins between arterial blood
and tissue. See Figure 2.9 for a schematic of how the signal difference AM
changes over time within a single voxel.

It is the appearance of (t—4dt) and T in equation 2.9 that makes quantification
of CBF difficult, as values of both 6t and 7 vary not only between subjects and
with different tagging geometries, but also across a single slice according to the
exact distribution of blood vessels and flow velocities within the brain. QUIPSS

I and IT both remove the dependence of AM on §t and 7 by applying saturation
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Figure 2.9: The ASL signal, AM, over time in an image slice. The tag is applied
at time ¢ = 0 and reaches the imaging slice at time dt. 7 is the duration of the tag.
Qualitatively the shape of this graph looks very similar for both pulsed and continuous
ASL schemes.

pulses to the imaging slice (QUIPSS I) or the tagging volume (QUIPSS II) at
time TT;, before imaging at time TI;. Only QUIPSS II can be extended for use
with multi-slice imaging, which is why it has found much greater application
than its sister method.

By applying a saturation pulse the tag becomes well defined in time. Pro-
vided that conditions (i) 6t < TI; < 7 and (ii) Tl + 0t < Tl < 7+ 6t
are satisfied, the tagging bolus will have a well-defined time-width of TI; and
will have completely entered the imaging slice by imaging time TI;. Then the

difference between tag and control signals will be

AM (TIy) = 2My, fTT e~ T2/ Tieg(TT,) (2.10)

which is independent of the unknown parameters 6t and 7. Thus relative changes
in CBF between baseline and activated states can be immediately quantified

without the assumption of equal delay times between the two states.
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2.2.2.3 Pseudo-Continuous ASL

Pseudo-Continuous ASL (PCASL) combines the advantages of pulsed and con-
tinuous ASL by applying a string of many short pulses, each around 1 ms in
duration [21]. From the reference frame of a proton spin these pulses appear
continuous, as the relaxation rate of blood is much slower than the frequency of
the applied pulses, resulting in a very similar trajectory of magnetisation bet-
ween CASL and PCASL schemes [22]. The most significant benefits of using
the PCASL method are that it can be easily implemented on standard clinical
scanners, SNR is increased compared to PASL techniques and the stronger gra-
dients played out during RF pulses greatly reduce magnetisation transfer effects
compared to CASL. A disadvantage of PCASL is that any resonance offsets will
affect the tagging efficiency (in CASL they cause a slight spatial shift of the

tagging plane, which is not significant for the majority of planes).

2.2.2.4 Velocity-Selective ASL

Velocity-Selective ASL (VSASL) tags blood which is flowing at or above a chosen
cutoff velocity (V.) and acquires signal from blood flowing below V., imaging
only that blood which has decelerated through V. during the image preparation
time [23]. Control images are acquired without applying the initial V' > V,
tag, but again only blood with V' < V, is imaged. Total VSASL signal is
proportional to CBF, and as only arterial blood decelerates significantly through
the increasingly branched vasculature tree, the method is sensitive primarily to
arterial blood.

A major advantage of VSASL over conventional ASL is that the signal is
generated and imaged in the same location. This makes it suitable for imaging

pathologically slow or collateral CBF, as it is not necessary to wait for labelled
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spins to travel into the labelling plane. It can also easily provide whole-brain
coverage with consistent sensitivity to perfusion signal. However, the sequences
used will inevitably introduce a certain amount of diffusion weighting, which can
lead to artefacts, and the cutoff velocity V. must be carefully chosen to truly
measure perfusion [23]. Because only a subset of blood spins are tagged, the

SNR is even further reduced compared to other ASL techniques.

2.2.2.5 Background Suppression

The addition of saturation and/or inversion pulses to suppress background tissue
signal has been implemented in all flavours of ASL [24]. The idea is to reduce
the signal magnitude from the tissue whilst maintaining the contrast in blood
signal between tag and control conditions. In this way the blood signal in
the subtracted images should remain the same, but the noise introduced by
background signal fluctuations will be reduced, increasing the SNR.

The most common implementation of background suppression is to play
out an initial saturation pulse to the imaging volume, followed by one or more
inversion pulses, carefully timed such that tissue signal will be zero at the time of
imaging. This allows for the suppression of tissue with one 7 value per inversion
pulse, although the tissue signal will only be nulled at a single timepoint; thus,
background suppression is most effective for single-shot readouts. The initial
saturation of the imaging volume helps to reduce sensitivity to any differences
in magnetisation between tag and control conditions.

One caveat with background suppression is that the signal in the unsub-
tracted timecourse will be more heavily blood-weighted, so that any extracted
BOLD contrast will have higher intravascular contributions than is normally

the case. In applications where only CBF is of interest, background suppression

pulses should always be added to ASL sequences [14]. Even for dual ASL/BOLD
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experiments, the modest reduction in BOLD signal from background suppres-

sion is outweighed by the significant increase in ASL SNR [25].

2.2.3 Simultaneous ASL and BOLD Acquisition

It is often desirable to be able to measure both blood flow (via ASL) and BOLD
signal at the same time. Examples of past applications include investigations
into aspects of neurovascular coupling [26,27] and providing inputs into BOLD
signal models such as the Davis model (see section 3.3).

Because ASL is a subtraction technique and BOLD is not, it is relatively
straightforward to obtain both contrasts from a single set of data by subtract-
ing or averaging consecutive images, respectively. Typically an intermediate
echo time of 2025 ms is chosen for these experiments at 3T [1,26,28], as a
compromise between optimal ASL echo time (as short as possible) and optimal

BOLD echo time (35 ms at 37T).

2.2.3.1 Dual Echo

In order to improve the contrast-to-noise ratio (CNR) of both ASL and BOLD
data, it is possible to acquire images at two different echo times in quick suc-
cession within a single TR. The most common approach is to create two echoes
after every excitation, as shown in figure 2.10. This ‘dual echo’ method has
been widely used in calibrated MRI experiments in recent years [2,3]. Although
dual echo ASL data benefit from shorter echo times, higher slices will have even
longer effective post-label delay times, as the total readout time for each slice is

increased compared to the single echo case.
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Figure 2.10: Schematic of a dual echo sequence. The ASL tagging period is followed
by a delay time, then each slice-selective excitation is followed by two 2D readouts.
The first readout, with echo time TEL, is primarily sensitive to ASL; the second, with
TE2, is more sensitive to BOLD.

2.2.3.2 Double Excitation

In the ‘double excitation’ readout, ASL data is acquired first from all slices, then
each slice is re-excited for a second readout. A sequence diagram for one TR is
shown in figure 2.11. The two echo times can be set completely independently.
This method has several advantages compared to the dual echo readout. The
ASL data has a higher CNR and is more consistent across the brain, as the
slices are acquired at more similar effective post-label delay times. Because all
BOLD data is acquired at the very end of the TR, it will contain less ASL
tag/control signal contamination. One disadvantage is that the total readout
time is increased as the time between excitation and BOLD readout is no longer
being used to acquire ASL data, leading to longer scan times or smaller brain
coverage. There is also a reduction in BOLD CNR due to the double excitation
of each slice, although this can be mitigated by reducing the excitation flip angle
from 90° to 60°. It has been shown, both through simulation and experiment,
that the double excitation approach significantly increases ASL CNR compared

to a dual echo sequence, with only a minimal effect on BOLD CNR [29].
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Figure 2.11: Schematic of a double excitation sequence. The ASL tagging period
is followed by a delay time, and all slices are read out with a short echo time TE1.
Then, each slice is excited for a second time, and BOLD-sensitive images are formed
at a later echo time TE2. Flip angles less than 90° are commonly used to preserve
signal for the the second excitation.

2.2.4 Diffusion Weighted Imaging

Thermal energy leads to vibrational motion in all particles. When many particles
are packed closely together, this motion will result in collisions between them
and a ‘random walk’ over time. Diffusion is the macroscopic mixing of particles
arising from this motion which was first accurately quantified by Einstein [30],
although it had previously been described empirically by many others.

It is the fine structure within the brain that makes diffusion imaging so
powerful. When molecules are enclosed by a boundary, such as a cell wall, their
motion is restricted. This affects the apparent diffusion coefficient (ADC, or D
in equations) defined as D = A2 /2t where ), is the average distance travelled
along the (arbitrarily chosen) z-direction by a molecule in time ¢t. When particles
are restricted to a certain volume, this puts an upper limit on the value of A,
that can be observed, reducing the ADC as compared to the case of ‘free’ or
unrestricted diffusion.

Figure 2.12 shows how a simple spin echo sequence can be modified to in-
troduce diffusion weighting. The first additional gradient encodes the position
of the spins by altering their phase as a function of position in one dimension.
The second gradient reverses this encoding, such that a stationary spin will have

acquired no overall phase by the end of the second diffusion gradient. However
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Figure 2.12: Diffusion sensitive pulse sequence. The dark grey gradients added
to the basic spin echo sequence encode and decode the position of spins within the
sample. G is the amplitude of the gradients, ¢ their duration and A the time between
gradient onsets. TE is the echo time.

any spins that have moved during the acquisition will have acquired a non-
zero phase, which will act to decrease the overall signal observed at time TE.
The magnitude of this signal reduction depends on the ADC and the so-called
‘b-value’ according to S = Sye P,

The b-value is defined as b = v2G26%(A — §/3), where v is the gyromagnetic
ratio, G is the amplitude of the diffusion gradients, § is the duration of each
diffusion gradient and A is the time between the onsets of the first and the second
diffusion gradients. Importantly, b oc G, so changing the b-value independently
of other parameters (such as Ty or Ty weighting) is simple. Then the ADC can

be calculated by D = —1In(S/Sy)/b.

2.2.4.1 Intravoxel Incoherent Motion

A diffusion weighted sequence such as that shown in Figure 2.12 is in theory
sensitive to any motion within a given voxel, and not exclusively to diffusion,
an observation first made by Le Bihan et al. [31]. Intravoxel Incoherent Motion
(IVIM) falls into two categories: motion due to diffusion and motion due to
perfusion. The latter is only present in living tissue and can be considered as

incoherent motion due to the microcirculation of blood in the capillary network.
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There are approximately 5700 capillaries in each cubic millimetre of the cortex
[32], a large enough number that statistical methods may be applied and any
directionality of the vessels assumed to average out across a voxel.

An IVIM experiment consists of applying a diffusion weighted sequence with
a range of b-values, including very low values less than ~100 s/mm?. The MR

signal will be attenuated by both diffusion and perfusion according to

S=5{(1—f)e P+ foe "} (2.11)

where the first term describes the regular ADC (D) and the second term quanti-
fies the perfusion contribution by fitting the blood volume fraction (f,) and the
pseudo-diffusion coefficient (D*). The product of f, and D* is closely related to

classical perfusion, albeit in different units [33].
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Metabolic Imaging

The ability to non-invasively image structures inside the human body using x-
rays, CT or structural MRI has undoubtedly been one of the greatest advances in
medicine of the 20th century. Pathologies that cause structural changes such as
bone fractures, cancers and kidney stones to name but a few, are now routinely
diagnosed and monitored without the need for risky exploratory surgery.

However, there are also a number of diseases that are more difficult to identify
using these traditional imaging techniques. Some cancer tumours including
metastases may be small in size but metabolically highly active. These tumours
are often very aggressive, diverting blood supplies to fulfil their own needs and
expanding rapidly into surrounding tissue, yet they can be difficult to spot
on structural medical scans. By creating contrasts that are sensitive to the
metabolic rate of glucose or oxygen consumption, certain pathologies become
much easier to identify. These methods are also being used to study normal
tissue function throughout the body, but especially within the brain which has
always been one of the most difficult organs to access and investigate.

This chapter is a review of the methods currently capable of imaging cerebral
metabolism. First a brief introduction into the underlying physiology is given,

then a range of metabolic imaging techniques are described.
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3.1 Physiology

Brain tissue consists primarily of neurons — cells which can receive and transmit
information in the form of electrical impulses — and an array of supporting (glial)
cells including astrocytes and oligodendrocytes. Neurons connect to one another
via dendrites, and transmit information along axons (see figure 3.1).

Neurons use active ion pumps in order to maintain both electrical and con-
centration gradients between the cell and its surroundings. During neuronal
activation a large number of Na™ ion channels open up leading to a sudden in-
flux in sodium ions into the neuron. This is immediately followed by an ‘action
potential’, a wave of depolarisation that propagates along the axon towards a
synapse where neurotransmitter chemicals will be released. These in turn dif-
fuse across the gap and bind to receptors on the membrane of another neuron,
where they may trigger another action potential, thus further spreading the
signal across the brain.

Neuronal signalling itself (the action potential) occurs along concentration
gradients and thus does not require any external energy sources. However, en-
ergy in the form of adenosine triphosphate (ATP) is required to restore the
non-equilibrium concentration gradients between the cells and their surround-
ings. Because the brain does not have a local energy store, ATP must be created
in situ to match the energy demand of the neural cells. Briefly, ATP may be

generated via either aerobic or anaerobic glycolysis:

1 glucose — 2 ATP (anaerobic)

1 glucose + 6 O, — 36 ATP (aerobic)
where aerobic glycolysis makes use of the Krebs cycle and the electron transport
chain in order to produce an additional 34 ATP molecules compared to the anaer-

obic process [6]. Clearly, aerobic glycolysis is more efficient in the production
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Figure 3.1: Interacting neurons. Neurons typically consist of a cell body (containing
cytoplasm, a nucleus and various organelles), one or more axons (capable of trans-
mitting electrical signals between brain regions) and a large number of dendrites.
The inset shows a synapse, the junction between two neurons where information is
transmitted in the form of chemical diffusion rather than electrical impulses. [34]
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of ATP from glucose; however it is also about 100 times slower than anaerobic
glycolysis and, of course, requires the necessary supply of oxygen molecules.

By far the majority — an estimated 74% [35] — of metabolic activity in the
brain relates directly to the energy demands of neurons following the transmis-
sion of electrical signals, with the remainder supporting the surrounding glial
cells and maintaining the required levels of proteins and neurotransmitters. Thus
the consumption of both glucose and of oxygen are closely associated with the
production of ATP and with the rate of signalling between neurons in the brain.

The only source of glucose and oxygen in the brain is the blood supply, hence
local blood flow is tightly coupled to metabolic demand. Glucose moves from
capillaries into nearby cells via simple diffusion. In the healthy brain, about
10% of glucose is extracted from arterial blood in order to maintain normal
function [6].

Oxygen enters the bloodstream via the tiny capillaries lining the lungs, where
it binds to haemoglobin molecules, forming oxyhaemoglobin. Haemoglobin has
a very high oxygen carrying capacity, about 70 times that of blood plasma.
Once the haemoglobin is saturated, further oxygen molecules are dissolved in
the plasma, which can immediately diffuse out of thin-walled capillaries into
surrounding tissue. As the concentration of dissolved oxygen diminishes and
it is replaced with COy (a waste product of aerobic glycolysis), haemoglobin
molecules gradually release the oxygen bound to them and in their place may
bind CO5 molecules for transportation. This is known as the Bohr effect, and
ensures the efficient transportation and release of oxygen throughout the body.
Typical oxygen extraction fractions (OEFS) in the brain are on the order of 40%

at rest [36].
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3.2 PET

Positron emission tomography (PET) is a form of medical imaging that relies on
the use of radioactive tracers. Usually a radioactive isotope is incorporated into
a biologically active molecule which is injected into the subject; over time the
isotope decays, emitting a slow stream of positrons. Whenever a positron meets
an electron they annihilate, producing two gamma rays which may be detected
by sensors in the PET scanner.

The intensity and location of the signals depends on the spatial distribution
of the active molecule to which the radionuclide has been bound. For example,
some compounds are chosen because they are known to remain in the blood
stream for a long time; others can be metabolised by tissue, or will bind to the
sites of specific pathologies. Ultimately the resolution of the resulting images
is limited by several factors including the quality and geometry of the sensing
components of the scanner, and the distance travelled by the positrons before
annihilation. The latter is a more fundamental limit, and is typically on the
order of 1 mm, although it varies with the type of tracer used. Finally, depending
on the half-life of the isotope, it may be necessary to inject the tracer an hour
or more prior to imaging, in order to allow sufficient time for the tracer to

accumulate at the sites of interest.

3.2.1 FDG

The most commonly used PET tracer is fluorodeoxyglucose (FDG), which ac-
counts for upwards of 90% of all PET scans carried out around the world today.
It is an analog of glucose, where a hydroxyl group (O-H) has been replaced with
radioactive fluorine-18. After injection into the bloodstream, FDG is taken up by

cells in the same way as naturally occurring glucose, where it remains until after
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it has decayed. Therefore, regional FDG uptake in healthy tissue is indicative
of the relative glucose consumption and thus of ATP production. In addition,
it has been repeatedly demonstrated that malignant tumours have higher rates
of anaerobic metabolism than expected, resulting in a higher localised rate of
glucose consumption for a given rate of ATP production than in surrounding
healthy tissue [37]. For this reason FDG PET is particularly sensitive to both
the staging of existing tumours and the identification of metastases throughout
the body.

In addition to the favourable metabolic pathways open to FDG, there are
also several practical advantages over alternative radiotracers. Fluorine-18 has
a half-life of 110 minutes, significantly longer than other beta-emitting isotopes
such as carbon-11 (20 minutes), nitrogen-13 (10 minutes) and oxygen-15 (2
minutes) [38]. Its long half-life allows FDG to be produced off-site and delivered
to hospital sites on a regular basis, without the requirement for a cyclotron being

nearby.

3.2.2 Triple Oxygen

It is also possible to use radioactive oxygen-15 to measure the metabolic rate
of oxygen consumption in the brain. However, because oxygen may exist in
several forms around the body (primarily as Oy or H,O), and oxygen dissolved in
blood plasma is only partially extracted during circulation around the brain, the
creation of quantitative maps of oxygen metabolism is somewhat more complex
than measuring the analogous rate of glucose metabolism using FDG.

A typical PET OEF scan consists of three separate acquisitions [39,40]. First,
oxygen-15 is inhaled continuously for approximately 20 minutes. After a steady
state between oxygen delivery, cerebral consumption and radioactive decay has

been reached, 10 minutes of data are collected for analysis. During the metabolic
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process, oxygen is converted into water within tissue, so total radioactive decay
becomes a function of dissolved oxygen-15 concentration (C9?) and oxygen-15
labelled water concentration (C#2¢). Mathematically, one may write

PET = (CBV — OEF - CBV,) / co:

art

(t)dt + CBF - /CHrﬁo(t) x e M dt

a

+ CBF - OEF - /002

art

(t) * e ™ dt (3.1)

where PET is the total decay-corrected activity over the course of the acquisi-
tion in counts per 100 g tissue; CBV is the total blood volume; and CBV, is
the deoxygenated (venous) blood volume, estimated as 0.835 - CBV [40]. The
subscript art refers to the arterial concentrations, * denotes a convolution and
k is defined as CBF /A, where \ is the brain:blood partition coefficient in ml
water/100 g tissue.

From equation 3.1 it is possible to calculate OEF, provided all the other
terms in the equation are known. The total PET activity is recorded by the
scanner and the arterial concentrations may be measured from blood samples
taken from an arterial line during the course of the experiment. This leaves CBF
and CBV to be determined, both of which may be expected to vary spatially
across the brain.

In order to measure CBF, a second 20-minute PET scan is performed using
oxygen-15 labelled water as a tracer, injected into the vein of the subject. CBF

may be calculated by solving the following equation:
PET = CBF - /C’art(t) e M dt (3.2)

where PET is the local tissue activity recorded by the PET scanner and C,,; is

the measured concentration of the tracer in arterial blood during the acquisition.
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Similarly, CBV may be quantified by carrying out a third scan, this time
with oxygen-15 labelled carbon monoxide as the tracer. This scan is typically
shorter, with 1 minute of inhalation followed by a 5-minute acquisition. As
carbon monoxide binds directly to haemoglobin and does not exchange oxygen

molecules with the tissue, CBV may be calculated directly from
PET =CBV - D- /Cart(t) dt (3.3)

without any convolution or dependence on CBF. Here D is the density of brain

tissue in g/ml, the value of which may be assumed from the literature. Finally,

once CBF, CBV and OEF are known, CMROs can be easily calculated as
CMRO, = OEF - CBF - C,0, (3.4)

where C,0O is the total oxygen content of arterial blood, a further quantity
which may be measured from the blood samples taken during the scan.

This method is capable of providing a wide range of physiological and meta-
bolic information with a relatively small number of assumptions. However, be-
cause oxygen-15 has a half life of only 123 s [38], the existence of an on-site
medical cyclotron is a prerequisite to the procedure. Very few centres have both
the facilities and the staff expertise to carry out these scans.

An additional disadvantage is that each examination requires three separate
scans with a significant total radiation dose, limiting the number of repeat scans
that may be carried out. Whilst this tends not to be a problem for clinical
populations, it does place a limit on what can be investigated in a research
environment, including the potential for long-term investigations into metabolic

changes during healthy ageing versus conditions such as dementia.
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3.3 MRI

As discussed in section 2.2.1, the BOLD response is strongly dependent on
physiological parameters such as CBF, CBV and CMRO,, and thus contains
information which is of great clinical interest. However, the brain’s fine con-
trol over haemodynamic responses may be impaired in certain diseased states,
disrupting the balance of physiological responses and sometimes even leading
to decreased BOLD signals upon activation [41]. It is currently not possible
to reliably differentiate between underlying causes for abnormal BOLD signals
- for example, an unusually low signal change in response to a stimulus could
be due to decreased neuronal activation, impaired vascular reactivity, a lack
of fresh oxygenated blood at the site of activation, or a lowered rate of oxida-
tive metabolism, each of which may point to a different specific pathology with
distinct recommended treatment plans.

One promising method for the quantification of physiological parameters is
that of gas-calibrated BOLD imaging, which uses increased concentrations of
carbon dioxide (COy) [42] or of oxygen [43] to induce changes in CBF, CBV,
OEF and BOLD signal without an accompanying change in CMRO, [44, 45].
This allows for the calculation of a calibration parameter specific to the subject
and scanning session which can then be used to infer relative changes in CMRO,
during a functional task. Recently the hyperoxic and hypercapnic regimes have
been combined within a single session to allow for the calculation of baseline
values for oxygen consumption and OEF, as well as baseline CBF, CBV and ar-
terial arrival time [1,2]. This method is capable of measuring voxelwise absolute
physiological parameters, information which until recently was only obtainable

using PET scans.
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3.3.1 The Davis Model

The BOLD signal changes with the transverse relaxation rate, R;, according to

—_— = — 1~ -TE-AR; .
BOLD, e R; (3.5)

for small changes in relaxivity. Rj is defined as 1/7Ty and is related to blood

volume and the concentration of dHb in venous blood, [dHb],, by
R; = A-CBV - [dHb)? (3.6)

where A is a proportionality constant (dependent on field strength and sample
properties) [46]. [ is a fitting parameter that is approximately 1 for large vessels
and 2 for capillaries.

Substituting equation 3.6 into equation 3.5 gives
ABOLD CBV \ / [dHb], \”
———— =Mq1- (dHb], (3.7)
BOLD, CBV, [dHb]

where M has been defined as A-TE-CBV,-[dHb]?, and represents the maximum

increase in BOLD signal that could theoretically be achieved if all dHb were
removed from the vasculature. Subscripts of 0 refer to a baseline, normocapnic
state.

From Fick’s principle of conservation it can be shown that when the arterial
concentration of dHb is negligible, the steady state venous dHb concentration

is given by
1CM
(dHb], = 1CMRO,

" 4 CBF (3.8)

where the factor of 4 indicates that each molecule of haemoglobin can carry

4 molecules of Oy [47]. It has also been shown that there is a tight coupling
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between blood flow and volume changes, allowing us to rewrite CBV in terms

of the more easily measured CBF":
CBV CBF \“
= _ 3.9
(cov,) = (o) (39)

The Grubb coefficient a was originally measured as 0.38 [48]. This value was

obtained from the total blood pool in anaesthetised monkeys and can at best
be expected to hold for healthy adults, limiting the applicability of this method
within the general population. As the BOLD signal is limited largely to venous
blood with significant dHb content, this value is likely an over-estimate when
used within the calibrated BOLD framework. More recent work by Chen and
Pike using MR methods have quantified « as 0.23 during neuronal activation [49]
and 0.18 during CO, modulation [50], both of which are significantly lower than
the classical value.

Substituting equations 3.8 and 3.9 into equation 3.7 yields the final expres-

sion of the Davis model [42]
ABOLD M P CBF \*7”
ABOLD _  Jy _ (_(CMRO; ¢ . (3.10)
BOLD, CMROs|o/) \ CBF,

By first exposing the subject to a stimulus which induces a change in blood flow

without a concomitant change in oxygen metabolism, such as mild hypercapnia,
it is possible to ‘calibrate’ an experiment by calculating a value of M which will
be specific to the subject and the particular scanning session. This M value can
then be used with subsequent time courses for the BOLD and ASL signals in

order to quantify the relative change in CMRO, induced by a cognitive task.
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3.3.2 The Hyperoxia Model

Chiarelli et al. developed an alternative calibrated BOLD methodology which
uses hyperoxia instead of hypercapnia to calculate M [43]. Advantages of using
oxygen are that it is more easily tolerated, especially within the patient popula-
tion, and is more widely available in a clinical setting. Whereas a hypercapnic
stimulus increases venous oxygenation by inducing an increase in CBF, hyper-
oxia acts directly to increase arterial and venous oxygen saturation, which in
turn decrease [dHb],.

Because hyperoxia can have a mild vasoconstrictive effect (primarily through
hyperventilation driving down the P,CO,), it is necessary to adapt equation 3.7

to include contributions to the total venous dHb concentration [dHb]%e

arising
directly from the increased arterial oxygen saturation [dHb]" and from any

changes in blood flow A[dHb]/!v:

ho low p
ABOLD _ . | (CBV) <[de]v AldHb}] ) (3.11)

BOLD, CBV, ) \ [dHb],, | [dHD]

00

Equation 3.9 is still valid, as is equation 3.8 when [dHb], is replaced with
[dHb],0 + A[dHb]/¥ (describing only the change in venous dHb induced by

variations in blood flow). This leads to

B
ABOLD CBF \“ ( [dHb]"  CBF,
sorp, ~ )'T <CBFO) ([de],UO TBF ) (- (312)

the full equation describing change in BOLD signal to a hyperoxic stimulus.
The ratio [deL}jo /|dHb] , may be calculated from measurements of end-tidal

oxygen monitoring during the experiment (see figure 3.2 for details).
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FETO2
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Figure 3.2: The sequence of steps by which an end-tidal measurement of the oxy-
gen fraction (FgrO32) may be used to calculate the arterial partial pressure of oxygen
(P,O2), arterial oxygen saturation (S,Oz2), arterial oxygen content (C,0O2), venous
oxygen content (C,02) and finally the venous deoxygenated haemoglobin concentra-
tion ([dHb],). Atmospheric pressure (Puyn) may be measured or assumed and the
arterial-alveolar pressure gradient (Pa_,) may be estimated from the age of the sub-
ject [51]. Other constants represent the oxygen carrying capacity of haemoglobin
(¢ = 1.34 ml Oz/gny), the solubility coefficient of oxygen in blood (¢ = 0.0031
ml Oz/dlpeoa/mmHg) and the blood haemoglobin concentration ([Hb], which may
be measured from a blood sample). The partial pressure of oxygen in venous blood
plasma (P,0O2) is assumed to be negligible, even during hypercapnia, as all oxygen is
bound within red blood cells. The step marked with a % is derived from the assump-
tion of constant CMROgy during normoxic and hyperoxic states (see equation 3.14),
and requires the additional assumption of a typical value for baseline oxygen extrac-
tion fraction (OEFy). Chiarelli et al. [43] assumed an OEF( of 0.3 for healthy young
adults, and neglected the small change in flow induced by hyperoxia, simplifying this
expression to C,02 = C,02 — 0.3 - C,02p.
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3.3.3 Dual-Gas Calibration

To summarise: we now have two expressions (see equations 3.10 and 3.12), valid
under hypercapnic and hyperoxic regimes respectively, which describe the BOLD
signal change as a function of CBF, CMRO,, [dHb], and the maximal BOLD
signal change M. In order to estimate M using hyperoxia it is necessary to
assume a value for resting OEF; conversely, if M were known a priori, it would
be possible to use equation 3.12 to determine OEF. By making use of the fact
that the calibration parameter M appearing in equations 3.10 and 3.12 should
be identical, one can apply both hypercapnic and hyperoxic stimuli in a single

scan session in order to calculate a value of OEF on a voxelwise basis.

The Oxford Model

The simplest means of combining the two basic models is to first carry out
a hypercapnia experiment (where CMRO; is assumed to remain constant) to
determine M, and then expose the subject to hyperoxia in order to calculate
the [dHb], ratio (hyperoxic/normoxic) from which a value for the OEF can be
calculated [1].

Referring to figure 3.2 and substituting the equation % into the expressions

for S,05 and [dHb]" we obtain the following expression for OEF:

_ | olHb] [ [dHb],” C,0,  [dHb]Y dHb))
OEF, = {Ca02|0 <[de]U0 - 1> + G000 [de]UO} (1 — m)

(3.13)

where no flow change to hyperoxia has been assumed, [dHb)" /[dHb],o can be
calculated from equation 3.12 and C,05 at normoxia and hyperoxia can be

determined directly from measurements of the oxygen content of expired gases.
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It is then possible to calculate the resting CMRO, via
CMRO; = OEF, - CBFy - C,04]o (3.14)

which may be done on a voxelwise basis to create fully quantitative maps of
resting oxygen metabolism. This describes the analysis approach that was used

throughout this thesis.

The Montreal Model

Using the same principles as the Oxford model, this version has two subtle
differences. Firstly, the Davis and Chiarelli models are combined into a single
‘generalised calibration model” which takes into account potentially concomitant

changes in P,09 and CBF [52]. Thus equation 3.13 becomes

OFF, = { ¢[HD) ([de]ZO _1> L €0 [de];w} (CBFO [de]f;o)— |

CoO2lo \ [dHD], C.Osl0  [dHbl, [ \ CBF  [dHD],,
(3.15)

This model can be applied to simultaneous modulations of oxygen and COs,
such as using carbogen gas (5-10% CO, with balance oxygen) as a stimulus. Tt
has been suggested that carbogen produces more reliable M values than pure
hypercapnic or hyperoxic stimuli [52], although it is also associated with lower
subject tolerability.

The second difference between the Oxford and the Montreal approaches is
that the latter solves for M and OEF, simultaneously following two or more
distinct respiratory manipulations [2]. This acts to reduce the accumulation of

errors in the OEF estimate.
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The Cardiff Model

Wise et al. applied the generalised calibration model to a more complex respi-
ratory design, in which step changes in PrrOy and PrrCO4y were overlaid and
a Bayesian analysis method was used [3]. This further allowed (o — ) to be
estimated directly from the data, reducing the number of assumed variables by

one.

3.4 NIRS

Near-infrared spectroscopy (NIRS) makes use of the differing optical properties
of oxygenated and deoxygenated haemoglobin (oxy-Hb and dHb, respectively) to
measure relative changes in the volume or oxygenation of blood. The absorption
spectra of oxy-Hb and dHb diverge at approximately 550 nm and then cross at
810 nm, in the middle of the near-infrared (NIR) range, as shown in figure 3.3.
By applying two wavelengths of incident light, one above and one below 810 nm,
it is possible to determine the relative volumes of oxy-Hb and dHb close to the
Sensor.

NIRS devices are relatively small, cheap and portable, certainly compared to
the medical scanners which have been discussed above. Clinically they have been
applied to monitor tissue oxygenation during surgical interventions [53,54] and
in the days following intracranial haemorrhage [55,56]. In both cases clinicians
are looking only for relative changes in NIRS signals over time.

In the research setting, functional NIRS is a growing field [57]. The emer-
gence of wireless devices and the lack of any ionising radiation are both ad-
vantages over traditional brain scanners. Disadvantages of NIRS are that the
signals can only penetrate approximately 4 cm into the brain, providing limited

coverage, and that it is difficult to make the method truly quantitative as the
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absorption and geometric properties of intermediate tissues like skin, hair and

bone would have to be measured and carefully corrected for.

Absorption Spectra of Hemoglobin
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Figure 3.3: Graph showing the absorption spectra of oxygenated (red) and deoxy-
genated (blue) haemoglobin as a function of wavelength. [58]
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Field Dependence of the
Davis Model

4.1 Introduction

Gas-calibrated functional MRI (fMRI) has emerged as a promising tool to non-
invasively measure stimulus-evoked changes in CMRO, [42,59]. Not only is this
more directly physiologically relevant than measuring only the BOLD signal,
but it has also been shown to be more consistent between subjects and between
scanning sessions [60].

Calibrated fMRI relies on a simple model of the BOLD signal known as the
Davis model [42]. This was originally applied at a field strength of 1.5T, but
has benefitted greatly from the SNR improvements brought by the transition to
3T scanners in recent years. Now, with the emergence of 7T research systems,
there is an interest in extending the method to even higher field strengths. It
is obvious that as a physiological parameter CMRO, should not be affected by
the field strength at which it is measured. However, what is less clear is how the
translation to different field strengths may affect the accuracy of the underlying

Davis model.
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Simulations of the calibrated fMRI experiment suggest that the method is
feasible at all three field strengths, so long as the Davis model parameters are
adjusted to reflect the altered BOLD sensitivity [61,62]. It has also been pre-
dicted that systematic error may be increased at 7T compared with lower field
strengths [62]. Experimental confirmation of these findings has so far not been
performed.

The aim of this study was to carry out a direct comparison of the hypercapnia-
calibrated fMRI method at 1.5, 3 and 7T, in order to test the level of agreement
in the measured estimates of relative CMRO, across field strengths. Detailed
simulations of the BOLD signal were performed to predict general trends in the
calibration parameter M across field strengths, and to provide a basis for inter-
preting the experimental results. Implicitly this study was also an investigation
into the robustness of the Davis model itself, and how well it translates across

field strengths.

4.2 Theory

The Davis model (equation 4.1) describes the extravascular BOLD signal as a
function of changes in CBF and CMRO; [42,59]. Changes in CBF are related to
changes in CBV via the Grubb exponent « [48]. This physiological interpretation
of a was retained and was therefore set independent of field strength as 0.2
[44,49]. The BOLD signal is related to underlying changes in susceptibility via

the exponent 3, which varies with vessel size and also with field strength.
ABOLD M 7 CBF \*7
ABOLD _ )y _ (_(CMRO; ¢ (4.1)
BOLD, CMROs|o CBFy

The calibration parameter M is defined as A-TE-CBV,:[dHb]%, or, equiv-
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alently, as the maximum theoretically possible BOLD signal change. Because
this is expected to vary with tissue type, physiology and local field, it is neces-
sary to measure M during each scan session. This is most commonly achieved
by applying an isometabolic stimulus, such as mild hypercapnia, during which
CMROs, is assumed to remain constant (see section 3.3.1).

The definition of M also describes a dependence on the BOLD echo time.
Since many different values of TE have been used throughout the literature it
is often instructive to be able to scale the calibration parameter to the optimal
BOLD echo time for each field strength, which in this study were considered to
be 50/35/25 ms at 1.5/3/7T, respectively [63]. To do this A was assumed to
have no dependence on TE, and the experimentally acquired M was multiplied

by the ratio (optimal TE/actual TE).

4.3 Methods

4.3.1 BOLD Signal Simulations

A detailed BOLD signal model [64] was used to simulate the calibrated BOLD
experiments in order to investigate both the general trends and the specific
effects of physiology on M values at the three field strengths. In order to extend
the original model to 1.5 and 7T, some small modifications were made. Due to
the limited relaxometry literature performed to date at 7T, it was not possible
to describe Rj as a function of haematocrit. Thus the empirical measurements
of blood Rj at 3T as a function of oxygenation and haematocrit [65] were
replaced with the results of a multi-field relaxometry experiment with fixed
haematocrit [66]. The quadratic dependence of Rj on oxygenation was retained,
i.e. Ry = Cy+Cqy(1—Y)?% where C; and Cj are field strength specific constants

and Y is the fractional blood oxygenation.
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For the simulations, an ideal physiology was assumed with a haematocrit of
0.44 [67] and a resting OEF of 0.4 [36]. Hypercapnia was simulated as a 30%
increase in CBF with no change in CMROs. A range of resting total CBV values
were considered (0.03, 0.05 and 0.07) corresponding to the population mean +
2 standard deviations as measured by Perlmutter et al. [68]. BOLD signals were
simulated at the experimental echo times of 50/17/17 ms for 1.5/3/7T, and

then linearly scaled to the field-optimised values for comparison purposes.

4.3.2 MRI Parameters

Subjects were scanned on 1.5T Avanto, 3T Verio and 7T systems (Siemens
Healthcare, Erlangen, Germany) with 12-channel (1.5 T) and 32-channel (3 and
7T) head coils. Scans were carried out on separate days to minimise the ef-
fects of fatigue and habituation. Because specific absorption rate (SAR) was
anticipated to be a limiting factor on sequence design at 7T, a pulsed (rather
than pseudo-continuous) ASL sequence was implemented to measure CBF [14].
Flow-sensitive alternating inversion recovery (FAIR) was chosen to minimise the
effects of By inhomogeneity [18], and the QUIPSS IT scheme was used to improve
quantification of perfusion.

A single echo at 17 ms provided sufficient signal-to-noise ratio (SNR) for both
CBF and BOLD analysis at 3 and 7T. A dual echo version of the same sequence
was implemented at 1.5 T with echoes at 17 and 50 ms to ensure sufficient BOLD
contrast. All other imaging parameters were kept constant across scanners. Six
slices were acquired (limited by SAR at 7T) with an EPI readout and were
placed axially to cover the motor cortex. For consistency across scanners, no
acceleration methods (such as parallel imaging or partial Fourier) were used.
Bandwidth was set to 3004 Hz/Px, inversion times were TT; = 700 ms and

TI; = 1800 ms, and repetition time was 3 s. Note that in pulsed ASL the
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bolus duration is fixed by TI; and the effective post-labelling delay (PLD) is
given by TI, — TI; [14], so 1100 ms in this experiment. It is common to use
shorter PLDs in pulsed ASL compared to (pseudo-)continuous implementations
to compensate for the reduced SNR inherent in pulsed ASL. Although this may
result in incomplete delivery of tagged blood to the imaging slices, it is also more
suited to gas-calibrated experiments, where arterial arrival times are shortened
during hypercapnia. Voxel size was 4.1 x 4.1 x 5.0 mm? with a 1 mm slice gap
in order that the SNR of ASL data at 1.5T did not become prohibitively low.
FAIR labelling used a 60 mm selective and a 260 mm non-selective slab at all

field strengths.

4.3.3 Functional and Respiratory Tasks

A bilateral finger tapping motor task was chosen to easily allow a consistent
implementation across scanner suites. Subjects were given audio cues over the
intercom systems and were instructed to perform 4 blocks of self-paced finger
tapping (48 s ON, 48 s OFF). This was followed by 2 blocks of hypercapnia (3
min duration, each followed by 2 mins of air), as shown in figure 4.1. Subjects
were instructed to perform the motor task at a fast but comfortable rate, and
these instructions were repeated prior to each scan session. Performance of the
task was monitored from the control room and all subjects were observed to

fully cooperate.

A B C D Co, Co,
0:00 048 1:36 2:24 312 400 448 536 624 T7:12 10:12 12:12 15:12 17:12
L J L ) L J
T T T
motor tasks motor tasks hypercapnia stimuli
to determine ROI to calculate CMRO, to calculate M for calibration

Figure 4.1: Diagram showing timing of stimuli.
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Gas delivery and sampling was achieved through a nasal cannula (dual Nare,
Flexicare, Mountain Ash, UK) in conjunction with a COs gas analyser (CO2
100C Biopac Systems, Goleta, CA, USA). A 10% CO2/21% O, gas mixture
with balance nitrogen was delivered, which mixed with room air at a ratio
of approximately 1:1, resulting in a 5% COj stimulus. In order to minimise
subject awareness of the hypercapnia stimulus, medical air (21% O, with balance
nitrogen) was delivered during periods of air breathing, including during the

motor tasks.

4.3.4 Data Analysis

Data were analysed using the FMRIB Software Library (FSL) and the fMRI
Expert Analysis Tool (FEAT) [69]. Preprocessing consisted of motion correc-
tion [70], brain extraction [71] and fieldmap correction [72]. Highpass filters of
10 and 300 s were applied to ASL and BOLD timecourses respectively, and no
spatial smoothing was applied. The following contrasts were input as part of a
general linear model within FEAT: (1) tag-control signal, modelled as a square
on/off shape, which describes baseline perfusion; (2) BOLD response to mo-
tor tasks A+B, with a haemodynamic response function modelled as a gamma
convolution with mean lag 6 s, standard deviation 3 s; (3) BOLD response to
motor tasks C+D, as above; (4) BOLD response to hypercapnia, modelled with
a gamma convolution with mean lag 42 s, standard deviation 30 s to account
for the delay between switching to the CO, mixture and the cerebrovascular
response to increased arterial partial pressure of CO; in the brain; (5-7) blood
flow responses to motor tasks A+B, C+D and hypercapnia, modelled as inter-
actions between contrasts (1) and the three BOLD responses, respectively. In
this context, the term ‘interaction’ refers to the fitting of the product of two

existing contrasts, and may be modelled in FEAT simply by checking the rele-
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vant tick box. To avoid circular analysis [73], data from motor tasks A+B were
used to create a region of interest (ROI), and only data acquired during motor
tasks C+D were analysed to quantify response to motor stimuli (see figure 4.1).
Other combinations of block-wise analysis were investigated (e.g. A+D for ROI
definition, B4-C for data analysis), and this choice was found to have no impact
on the results.

Two methods were used to create motor ROIs. First, a ‘BOLD only’ ROI
was defined as the 40% of brain voxels with the highest uncorrected voxel-wise
z-stats in response to motor tasks (A+B only, see figure 4.1). This cutoff was
used in place of setting a z-stat threshold directly as it was more consistent
between subjects and particularly across field strengths. Similarly, a grey matter
(GM) mask was created from the 40% of brain voxels with the most significant
baseline tag-control signal difference. Multiplication of the BOLD ROI and
GM mask produced a ‘BOLD/GM’ motor ROI. The creation of ‘CBF only’ and
‘BOLD/CBF overlap’ ROIs was not possible due to the low SNR of ASL data,
particularly at 1.5T.

Further analysis was performed on coefficient of parameter estimate (COPE)
outputs of the FEAT analysis in MATLAB (MathWorks, Natick, MA, USA),
which represent the estimated effect sizes of each of the contrasts described
above. BOLD signal responses were normalised with respect to the mean signal
over the entire timecourse, and CBF responses were normalised to the baseline
perfusion signal, as output by the tag-control COPE. Voxels with a BOLD
response to either motor or hypercapnia stimuli < 0 or > 0.10, or a CBF response
< 1 (no change) or > 3 (+200% relative to baseline), were assumed to be noise
or to contain significant fractions of white matter or cerebrospinal fluid, and
were excluded from further analysis. Mean values within the remaining voxels

for BOLD and CBF responses to motor tasks (C+D) and to hypercapnia were
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used to calculate M and relative CMRO, on a per subject basis, according to
equation 4.1, with the assumption that mild hypercapnia does not alter CMRO,.
The Grubb exponent o was set at 0.2 for all field strengths [44,49], and /3 values
of 1.5/1.3/1.0 were used at 1.5/3/7 T respectively [42,74,75]. Finally, M values
at 3 and 7T were scaled to optimal echo times for comparison purposes.
Relative changes in CMRO; induced by the motor tasks were compared
across field strengths using the one sample paired t-test, where the null hy-
pothesis that measured CMRO, changes are independent of field strength was
rejected if p < 0.05. Bland-Altman diagrams were used to investigate any sys-
tematic biases between field strengths. ASL image SNR was calculated from a
single resting tag-control subtracted timepoint, as the mean ASL signal within
the BOLD/GM ROI divided by the standard deviation in a non-brain ROIL. In
order to avoid unfair bias, noisy voxels were not excluded from the BOLD/GM

ROI for this calculation.

4.4 Results

4.4.1 BOLD Signal Simulations

Simulations of hypercapnia calibration using a CBV of 0.05 and the actual
experimental TEs used predicted M values of 0.085 at 1.5T, 0.076 at 3T and
0.191 at 7T. When scaled to the optimal TE values, M was predicted to be
0.085 at 1.5'T, 0.156 at 3T and 0.281 at 7'T. These optimal values are plotted
in figure 4.2 as crosses; circles and triangles represent the predicted M values
for £ 2 standard deviations for physiological CBV values respectively. The
simulations predict that variation in resting CBV leads to a greater range of M
values at higher magnetic field strengths. Similar increases in the range of M

values with field strength were observed when the range of baseline total OEF
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Figure 4.2: Simulated M values produced using the detailed BOLD signal model.
Triangles, crosses and circles represent the predicted M values for individuals with a
blood volume fraction of 0.03, 0.05 and 0.07 respectively.

was investigated (data not shown).

4.4.2 Experiment

Ten consenting subjects (3 female, mean age 29 + 6 years) were successfully
scanned on 1.5, 3 and 7T systems. Examples of fractional BOLD and CBF
responses to motor tasks are shown in figure 4.3. Group average responses
to hypercapnia and motor tasks are summarised in table 4.1. End-tidal CO,
levels were monitored throughout the course of the experiments; however, the
equipment performed poorly and the resultant traces were deemed unreliable,
and thus are not reported here. Although unconfirmed, there is no reason to
believe that end-tidal CO; modulations were inconsistent between the three scan
suites. The BOLD response appears smallest at 3T because of the shorter than
usual echo time (TE = 17 ms), whereas the echo times used at 1.5 and 7T were
close to the field-strength-optimised values. Nevertheless, the BOLD signal at
this shorter echo time of 17 ms at 3T was easily sufficient for this analysis; hence

a second echo was not acquired. Changes in CBF are consistent between 3 and



o8

CHAPTER 4. FIELD DEPENDENCE OF THE DAVIS MODEL

3T

Figure 4.3: ASL and BOLD responses to motor tasks for one representative subject.
ASL units are normalised to baseline, as are BOLD signal increases. Note that no
smoothing has been applied.

Table 4.1: Summary of experimental results, given as mean + standard deviation.
CBF and CMRO3 have been normalised to baseline values (no change = 1), and
ABOLD and M are given as fractional changes with respect to baseline (no change
= 0). Optimal TE is 50/35/25 ms at 1.5/3/7 T respectively.

1.5T 3T 7T
ABOLD to CO,  0.017 = 0.005 0.010 £ 0.002 0.017 = 0.006
ABOLD to motor 0.012 + 0.003 0.007 + 0.002 0.014 + 0.004
CBF to CO, 1.34 + 0.05 1.24 + 0.05 1.24 + 0.07
BOLD only CBF to motor 1.58 £ 0.08 1.41 £ 0.05 1.42 £+ 0.07
ROI M 0.055 + 0.015 0.051 £ 0.011 0.115 4 0.044
M at optimal TE  0.055 £ 0.015 0.105 + 0.023 0.169 + 0.064
CMRO; to motor  1.26 £ 0.08 1.19 + 0.06 1.13 £+ 0.07
Voxels analysed 118 £+ 41 197 £ 61 204 + 88
ABOLD to CO,  0.018 + 0.005 0.009 £ 0.002 0.016 + 0.006
ABOLD to motor 0.013 £ 0.003 0.006 = 0.001 0.014 4+ 0.004
CBF to CO, 1.20 £ 0.05 1.13 + 0.03 1.12 + 0.03
BOLD/GM CBF to motor 1.47 + 0.08 1.31 £+ 0.05 1.33 £ 0.05
ROI M 0.088 £ 0.024 0.072 £ 0.012 0.186 £ 0.079
M at optimal TE  0.088 £ 0.024 0.149 4+ 0.026 0.274 + 0.116
CMRO; to motor ~ 1.25 + 0.07 1.17 + 0.05 1.15 £ 0.04
Voxels analysed 61 £+ 23 95 4+ 35 94 + 44
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Figure 4.4: M and relative CMRO2 as a function of field strength. Individual
subjects are marked by blue crosses, group means by red circles.

7T but are substantially higher at 1.5T for both stimuli and both ROIs.

Figure 4.4 shows how M and relative CMRO, to motor tasks vary with
field strength, where each blue cross represents an individual subject, and group
means are indicated by red circles. The BOLD/GM ROI produces consistently
higher M estimates than the BOLD only ROI. There is a much larger standard
deviation in M values at 7T than at 1.5 or 3T; however this variability does
not propagate to CMRQO,, where the largest inter-subject standard deviation is
seen at 1.5 T, regardless of the ROI used.

One sample paired t-tests were carried out to determine whether relative
CMRO; changes were consistent between field strengths. For the BOLD/GM
ROI analysis, 1.5 T and 3T results were shown to be inconsistent (p = 0.022).

Similarly, the null hypothesis was rejected when comparing 1.5T and 7T (p <
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Figure 4.5: Bland-Altman plots comparing relative CMRO2 to motor tasks
(BOLD/GM ROI) at different fields. In all diagrams, mean differences are shown
as solid lines and 95% confidence intervals as dashed lines.

0.001). However, 3T and 7T did not yield significantly different results (p =
0.166). When considering relative CMRO, in the BOLD only ROI, only 1.5T
vs. 7T reached statistical significance (p = 0.001).

The Bland-Altman diagrams in figure 4.5 show graphically that the relative
CMRO; to motor tasks as estimated by the Davis model at 3 and 7T are
in good agreement. However, they are consistently higher when carried out at
1.5 T, compared with either 3 or 7T, by an average of approximately 10% (using
the BOLD/GM ROI).

CBF responses to motor tasks (figure 4.6) and hypercapnia (data not shown)
had a significantly broader distribution at 1.5 T than at 3 or 7T. After applying
voxel exclusion criteria (illustrated by solid red lines in figure 4.6), the mean of
the remaining voxels (indicated by the dashed lines) was larger at 1.5T than
at higher fields. For illustrative purposes figure 4.6 includes data from all 10
subjects, but the same trends were seen at the single subject level.

Finally, figure 4.7 shows how the SNR of resting ASL data increases with field
strength. This is generally considered to be the limiting factor on the accuracy
of calibrated BOLD methods, as the ASL signal — the difference between tag
and control images — is always substantially smaller than the directly measured

BOLD signal.
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Figure 4.6: Histograms of voxel-wise blood flow response to motor tasks (C+D
only), pooled from all 10 subjects’ BOLD/GM ROIs. Solid red lines indicate cutoff
conditions beyond which voxels were excluded from further analysis; dashed red lines
indicate means of remaining voxels.
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Figure 4.7: Signal-to-noise ratios of subtracted ASL images (tag—control) at different
field strengths during the baseline condition. Signal was measured in motor regions,
defined by BOLD/GM ROIs (prior to the removal of noisy voxels). Error bars show
=+ one standard deviation.
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4.5 Discussion

4.5.1 Main Findings

The relative changes in CBF and CMRO,, in response to a motor task observed in
this study are broadly in line with those reported in the literature. For example,
Donahue et al. reported a CBF increase of 46 + 11% and a CMRO, increase of
12 + 13% at 3T [76]; Kastrup et al. reported a CBF increase of 71 + 9% and a
CMRO; increase of 16 + 9% at 1.5T [77]; Petr et al. reported a group average
CBF increase of 47.2% at 3T [78]; Stefanovic et al. reported a CBF change of
45.6 £ 0.57% at 1.5T [79]; and Vilela et al. reported a CBF change of 62 + 7%
at 3T [80]. All of these studies also used pulsed ASL techniques.

Estimates of M were observed to increase roughly linearly with field strength
(figure 4.4), consistent with the results of the detailed BOLD signal model sim-
ulations (figure 4.2). M values at 7T were found to have the largest standard
deviation, despite the predicted improvements in SNR (table 4.1). Simulations
indicate that variations in the underlying cerebral physiology (such as CBV and
OEF) will result in a broader range of M values as magnetic field increases. This
suggests that the increase in the standard deviation of M at higher fields is due
to differences in physiology across the subject group, rather than an increase
in random noise. This ability of M to control for physiological variability is an
important characteristic of the Davis model, meaning that this variability is not
propagated through to estimates of CMRO, change.

Intra-subject CMRO, was consistent between 3 and 7T, which is encouraging
for research centres investing in ultra-high field scanners. Future studies at
these high fields could make use of the improved SNR to image at a higher

resolution than has been possible until now. Changes in CMRO, measured at
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1.5T were consistently greater than those at 3 and 7T (figures 4.4 and 4.5).
It is hypothesised that this is an artefact of the lower SNR of 1.5T scanners
(see figure 4.7) combined with the voxel inclusion criteria for ROI analysis,
which together artificially increase the average CBF response of the remaining
voxels for analysis at 1.5T as compared to 3 and 7T. As figure 4.6 shows, the
distribution of motor responses is much broader at 1.5T than at higher field
strengths, elevating the mean of remaining voxels.

The exclusion of approximately 50% of voxels from further analysis within
the BOLD/GM ROI at 1.5 T is a cause for concern. In experiments carried out
at either 3 or 7T, ROIs are typically defined from voxels that exhibit positive
BOLD and ASL responses (either in absolute terms or those with the highest
z-stats) to tasks, and there is no need to define an additional ‘GM’ criterion.
Unfortunately due to the poor SNR of pulsed ASL data, especially at 1.5T,
this was not viable in the current study and it was necessary to rely only on
BOLD and resting ASL data for ROI determination. Figure 4.6 highlights the
difficulties of using pulsed ASL at 1.5T, demonstrating that the high level of
noise can introduce significant biases during analysis, and that these results

should be interpreted with caution.

4.5.2 ROI Selection

The large physiological and inherent scanner noise present in functional data,
especially in ASL, presents a challenge. Increasing voxel size helps to increase
SNR, but at the cost of lower specificity and greater partial voluming within
voxels. This can make it difficult to create accurate GM masks, as many vox-
els will contain a mix of tissue types. In addition, the small number of slices
and large voxels acquired in the current study made accurate co-registration of

functional to structural data impossible. As a surrogate, good tag-control con-
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trast in resting ASL data (i.e. high baseline perfusion) was used to define GM
voxels [52].

The choice of ROI — in this case, BOLD only versus BOLD/GM — had a
significant impact on the ensuing estimates of M. Values calculated within the
BOLD only motor ROI were comparable with results from previous studies at
3T, at which the majority of calibrated fMRI studies have been carried out (see
table 4.2). M values in the BOLD/GM ROI were larger, but were in closer
agreement with the predictions of the simulations. This is likely a reflection on
the assumptions of the detailed BOLD signal model used for simulations. In con-
trast the method used to create the BOLD only ROI intentionally followed the
analysis procedure from past studies rather than matching modelling assump-
tions. Recent studies at 7T have taken greater care to extract only GM voxels
for analysis, with methods and resulting M values more similar to the current
BOLD/GM ROI. Studies at 3T have also recommended defining ROIs based on
mapping stimulus evoked changes in CBF, which have been shown to result in
greater reproducibility of CMRO, estimates across sessions [88]. Defining the
ROI in this manner is also likely to more closely align with the assumptions
of the detailed BOLD signal model. However, the ability to apply this tech-
nique in the current study was limited by the SNR of the ASL measurements,
particularly at 1.5T.

Because of the wide distribution of CBF changes within both ROIs, it was
necessary to exclude some further voxels from later analysis. Thresholds were
applied to include only those voxels with relative changes in CBF between 1 and
3 (in response to motor or hypercapnia stimuli) in order to remove voxels that
were deemed unacceptably noisy or containing an insufficient fraction of grey
matter. However, as the remaining voxels do not even approximate a normal

distribution (see figure 4.6), neither the mean nor median values truly capture
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Table 4.2: Comparison of M values in the current study with those in the literature.
All studies used hypercapnia for calibration unless indicated otherwise. Note that all
M values and errors have been linearly scaled to the optimal echo times of 50/35/25
ms for 1.5/3/7 T respectively.

Field Study ROI M (at optimal TE)
Current study
(BOLD only ROT) motor 0.055 £ 0.015
Davis et al. [42] visual 0.056 + 0.017

15T Stefanovic et al. [79] motor 0.061 £+ 0.011

' Stefanovic et al. [81] motor 0.072 £ 0.010

Current study
(BOLD/GM ROT) motor 0.088 + 0.024
Kastrup et al. [77] motor 0.113 £ 0.038
Hoge et al. [47] visual (single)  0.15 £ 0.06
Hoge et al. [47] visual (graded) 0.22 4+ 0.03
Chiarelli et al. [82] motor 0.047 £ 0.038
Chen and Parrish [83] motor 0.056 £+ 0.015
Ances et al. [84] visual 0.067 £ 0.002
Chiarelli et al. [43] motor 0.069 £ 0.006 (oxygen)
Mark et al. [28] motor 0.081 £+ 0.011
Ances et al. [85] visual 0.085 + 0.006

31 Current study
(BOLD only ROT) motor 0.105 + 0.023
Gauthier et al. [86] visual 0.111 (carbogen)
Lin et al. [87] visual 0.123 &+ 0.003
Leontiev and Buxton [88] visual 0.130 £ 0.069
Perthen et al. [89] visual 0.141 £+ 0.013
Current study
(BOLD/GM ROI) motor 0.149 + 0.026
Current study
(BOLD only ROT) motor 0.169 + 0.064
Current study

T BOLD/GM ROI) motor 0.274 + 0.116
Driver et al. [75] motor 0.28 £+ 0.02 (oxygen)
Hall et al. [90] motor 0.29 £ 0.04
Krieger et al. [60] motor 0.309 + 0.031 (carbogen)
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the overall flow response in the ROI. Nonetheless convention was followed and
mean values were used for further analysis, but this caused noticeably higher
apparent blood flow responses at 1.5 T as compared to 3 and 7T (see table 4.1).

The results of this study suggest that the Davis model is reassuringly in-
sensitive to field strength, provided that the value for g is adjusted appropri-
ately [42,74,75]. The observation that choice of ROI has a large effect on M but
only a minimal impact on CMRQO; is a reflection of the power of the model in
regressing out potentially confounding parameters. By combining all auxiliary
parameters into one calibration constant, M, the model becomes very wide-
ranging and remains relatively insensitive to residual factors, at least within

healthy tissue.

4.5.3 Limitations

The primary question that this study sought to answer was whether the trans-
lation of calibrated fMRI from 3 to 7T would alter the estimated changes in
CMRO; during a functional task. In an attempt to remove confounding factors
from this comparison, scan parameters were kept constant wherever possible.
This included implementing the same pulse sequence (FAIR) with the same
readout (single echo EPI at 17 ms). Unfortunately the use of a single echo was
not feasible at 1.5 T, where the optimal BOLD echo time is much longer (50 ms
or more), so it was necessary to modify the sequence and add a second echo at
this lower field strength. As a result of these choices, readouts were acquired at
close to optimal BOLD echo times at 1.5T (50 ms, optimal is 50 ms) and 7T
(17 ms, optimal is 25 ms), whereas the 3T BOLD signal was extracted from
the 17 ms echo despite a longer optimal TE of 35 ms. This discrepancy led
to a lower experimental BOLD response at 3T (see table 4.1), and may have

negatively impacted the BOLD SNR at this field strength. The lower BOLD
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value was accounted for by the linear scaling of M value to the optimal echo
time, although of course this cannot recover the lost SNR.

SNR is inherently lower at 1.5T compared with higher field strengths. This
problem has been amplified in this study by the use of a pulsed ASL sequence
and a 12-channel head coil. In comparison to (pseudo-)continuous ASL, pulsed
ASL is more sensitive to changes in flow velocity during motor tasks and gas
challenges, as shortened arterial arrival times during stimulation may lead to dif-
fering volumes of tagged blood arriving at the imaging planes. Furthermore, the
increased intravascular contribution to the BOLD signal at lower field strengths
may further contribute to the CMRO, discrepancy; in the absence of large ves-
sels, approximately 57% of all signal at 1.5 T is of intravascular origin, compared
to about 36% at 3T and a negligible contribution at 7T [91].

Another consequence of the use of a pulsed ASL sequence is the potential
for underestimating flow responses during hypercapnia. Tancredi et al. [92]
have reported that although pulsed and pseudo-continuous methods show good
agreement in baseline perfusion and focal activation responses, the global nature
of the CBF increase during hypercapnia appears to lead to an underestimation in
flow response when pulsed ASL is used. This may have led to an overestimation
in M values and thus in relative CMRO; estimates during motor tasks. However,
this issue would have impacted all fields equally, and thus is not expected to
affect the conclusions of this study.

In order to implement the same protocol on all three scanners, it was nec-
essary to make several compromises in terms of sequence design and choice of
parameters. It is important to bear in mind that SNR at 1.5 and 3T could
be improved by implementing a pseudo-continuous ASL sequence; similarly the
intrinsically greater SNR at 7T could be utilised by increasing the resolution,

which would also reduce physiological noise [93]. However, the primary aim of
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this work was to fairly compare the outcomes of the Davis model as a function

of field strength only, by keeping as many other variables constant as possible.

4.6 Conclusions

Changes in CMRO, during a motor task, as calculated by the Davis model,
were found to be consistent between 3 and 7T and were also in close agreement
with the results of theoretical simulations. This is encouraging for future studies
of calibrated fMRI at ultra-high fields, and supports the continued use of this
simple signal model. The lower SNR at 1.5T may present problems for the
calibrated fMRI method, which relies heavily on ASL data. In this study the
CMRO, results were consistently over-estimated at 1.5 T, although this may be
a result of the sub-optimal pulsed ASL sequence used. Voxel exclusion criteria
and methods for ROI creation for post-processing are important and should be
carefully considered and clearly stated in future studies, as they can have a

significant impact on results.



Echo Time Dependence of

Calibration Parameter M

5.1 Introduction

The calculation of M as an intermediate calibration constant is key to all flavours
of the calibrated fMRI technique (see section 3.3 for details). M is a physiologi-
cal parameter that will vary depending on the type of tissue, field strength, voxel
size and physiology (including resting blood volume, haematocrit and oxygen
extraction fraction). Its value also depends on scanning parameters such as the
echo time, as this affects the size of the measured BOLD signal. It is commonly
assumed that M is directly proportional to TE, allowing for experimental val-
ues to be linearly scaled for comparisons between studies [86], as was done in
Chapter 4. However, this has never been experimentally verified, and it is not
known if other factors contributing to M may have some additional, non-linear
dependence on TE. This work aims to test the hypothesis that M varies linearly
with TE.
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5.2 Theory

The BOLD signal itself is sensitive to changes in the effective transverse relax-

ation rate, %5, according to

S0V 1~ -TE- AR 1
BOLD, . £ (5.1)

This makes it particularly sensitive to the presence of deoxygenated (paramag-
netic) haemoglobin in the blood. It should be noted that equation 5.1 assumes
negligible intravascular signal contribution, allowing the BOLD signal to be de-
scribed by a simple, monoexponential expression, despite findings that intravas-
cular spins contribute a significant fraction of observed BOLD signal changes
(approximately 2/3 at 1.5T [94] and 1/3 at 3T [91]).

Neurological stimuli result in localised increases in blood flow and/or in-
creases in CMRO,, both of which affect 5 and thus the measured BOLD signal.

This relationship may be described by the following equation [47]:

B a—p
ABOLD _ [, ( CMRO, CBF 52)
BOLD, CMRO,|o /) \CBF,

where « is the Grubb coefficient relating changes in blood flow to blood volume,

and (3 is a fitting parameter relating R} to vessel size. In the specific case of a
hypercapnic stimulus, CMRO; is assumed to remain unchanged. M is defined as
A-TE-CBV,:[dHb)’,, where the baseline cerebral blood volume CBVj, baseline
venous deoxyhaemoglobin concentration [dHb],o and proportionality constant
A are expected to be independent of echo time. Thus, M is predicted to be
directly proportional to TE.

Equation 5.2 has been derived using a number of assumptions, including

negligible deoxyhaemoglobin concentration in arterial blood, a consistent flow-
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volume coupling as first described by Grubb et al. [48], and the semi-empirical
description of R} as a function of CBV and deoxyhaemoglobin concentration
[46,47]. It is also based on equation 5.1, which assumes no intravascular signal
contribution, as mentioned above.

The aim of this work was to investigate whether experimentally acquired
BOLD signal change and M vary in direct proportion with TE as predicted by
the theory outlined above. In addition, the validity of the negligible intravascular
signal assumption was explored by acquiring data with and without the use of

flow crushing gradients to suppress signal from fast-flowing spins.

5.3 Methods

A pseudo-continuous ASL sequence was implemented on a 3T Siemens Verio
scanner with a 32-channel head coil, with a multi-slice, multi-echo EPI readout.
6 slices were acquired with 5 echoes per slice, at 20/35/49/64 /78 ms respectively,
with GRAPPA acceleration factor of 3, tag duration 1.4 s, post-label delay 1.8 s
and TR of 4 s. In-plane resolution was 3.4 x 3.4 mm, with 5 mm slice thickness
and a distance factor of 50%.

In order to investigate the effects of intravascular spins on the BOLD signal
and thus on M, the sequence was designed with the option of adding bipolar
flow crushing gradients immediately before the first readout. Where used, these
were set to have a cutoff velocity of 1.9 cm/s. Where flow crushers were not
used, they were replaced by a short, empty event block within the sequence; in
this way, all echoes were acquired at the same echo times with crushers turned
on and off. Higher SNR would have been achieved for the ASL with a TE
shorter than 20 ms, however this would not have allowed for the flow crushing

gradients to be incorporated, and thus not enabled us to answer the key question
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on intravascular signal contribution.

Ethical approval was granted for this study by the Oxfordshire Research
Ethics Committee, and 8 healthy volunteers (5 female; mean age 24 + 2 years)
were scanned after giving informed consent. The imaging protocol consisted
of two 3-minute periods of hypercapnia (delivering a gas mixture of 10% COa,
21% O4 and balance nitrogen) interleaved with three 2-minute periods of baseline
(breathing medical air; 21% Os, balance nitrogen), resulting in a single scan time
of 12 minutes. Both gas mixtures were delivered through a nasal cannula (dual
Nare, Flexicare, Mountain Ash, UK) and thus mixed with room air, resulting in
a COq stimulus of approximately 4% [95]. This protocol was run twice on every

subject, both with and without flow crushing gradients.

5.3.1 Data Analysis

Post-processing was performed using the FMRIB Software Library (FSL) and
MATLAB (MathWorks, Natick, MA, USA). After motion correction [70] and
brain extraction [71], highpass filtering was applied with a cutoff value of 10 s
for ASL data (first echo only) and 300 s for BOLD (all 5 echoes). No spatial
smoothing was applied. A general linear model was used to calculate voxelwise
flow responses to hypercapnia from the first echo, and BOLD responses from all
echoes. Rj maps were created from time-averaged signals at all 5 echo times for
both crushed and non-crushed acquisitions. Monoexponential signal decay was
assumed.

A grey matter ROI was created for each scan from voxels with significant
tag-control (resting) ASL signal and a significant BOLD response to hypercap-
nia in at least 3 of the 5 BOLD echoes, where ‘significant’ was defined as the 40%
of brain voxels with the highest z-statistics for the relevant contrast. The first

condition was used because good tag-control contrast during ASL is indicative
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of high perfusion voxels with relatively short mean bolus arrival times, which
are likely to contain high fractions of grey matter. The additional condition on
BOLD response was included to avoid introducing a bias by selection based on
one contrast only. Setting a percentile rather than absolute z-statistic thresh-
old ensured ROIs of similar sizes across subjects and scans. This method also
avoided the need to register to higher resolution structural images, which would
invariably have introduced some smoothing and a reduction in spatial speci-
ficity. To emulate the more typical situation in which only one short-TE ASL
and one longer-TE BOLD acquisition are acquired, the analysis was repeated
with a separate grey matter ROI created for each BOLD TE.

Relative change in CBF was calculated on a voxelwise basis, assuming tag-
ging efficiencies of 92% during normocapnia and 83% during hypercapnia [1].
In order to remove excessively noisy data, voxels were excluded from ROI ana-
lysis if the CBF response to hypercapnia was negative or greater than 200%, or
if the BOLD response was negative or greater than 15%. A regional M-value
was then calculated from mean CBF and BOLD responses within the remaining
voxels (see equation 5.2), using o = 0.18 (as measured by Chen and Pike [44]
in a human MRI study investigating the venous response to hypercapnia) and

[ = 1.3 (appropriate for the field strength of 3T as per Bulte et al. [74]).

5.4 Results

All scans were carried out successfully by all 8 volunteers. Mean CBF and BOLD
changes to hypercapnia, with crushers on and off, are shown in table 5.1. These
were calculated within the grey matter ROI for each subject. Rj maps from one
representative subject are shown in figure 5.1. There was a small reduction in

R; when crushers were applied, consistent with a reduction in signal from the
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Table 5.1: Mean 4 standard deviation results for CBF and BOLD changes during
hypercapnia. CBF changes were only measured from the first echo at 20 ms.

crushers off crushers on

CBF/CBF, 1.39 = 0.05 1.45 £ 0.09
% BOLD, 20 ms  2.02 £+ 0.94 1.34 £ 0.39
% BOLD, 35 ms 2.83 +£1.23  2.30 £+ 0.61
% BOLD, 49 ms 3.65 + 1.57  3.20 £ 0.79
% BOLD, 64 ms 4.33 £1.69  3.94 £ 0.97
% BOLD, 78 ms  4.92 + 1.69  4.48 + 1.02

intravascular compartment.

Figure 5.2 plots the mean grey matter M value as a function of TE for each
of the 8 subjects. Figure 5.3 shows the linear fitting to the group mean BOLD
and M results as a function of echo time, for the cases where crusher gradients
were turned on (blue triangles) and off (red squares). The linear model proved
a good fit for the data, as demonstrated by R? values greater than 0.98 in all
cases.

Figure 5.4 shows the percentage BOLD signal change (TE = 35 ms) in re-
sponse to hypercapnia in a representative subject for the cases where crushing
gradients were turned off and on. The difference image demonstrates that the
BOLD response is reduced throughout grey matter when the crushers are turned
on, presumably because these reduced the signal contribution from small veins
throughout the brain. Table 5.1 and figure 5.3(a) show the magnitude of this
reduction in BOLD response within grey matter ROIs across all subjects. As
a result, M values were consistently reduced when crushers were applied; for
example, at the most typical BOLD echo time of 35 ms, M was measured to
be 9.2 + 4.1% (mean + standard deviation) without crushers, and 6.7 + 1.4%
with crusher gradients turned on. y-intercepts of 3.5% (crushers off) and 1.1%
(crushers on) were observed, corresponding to the theoretical M at TE = 0,

which is assumed by the model to be zero (see equations 5.1 and 5.2).
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Figure 5.2: M as a function of TE, as typically measured in a calibrated fMRI
experiment (a) and with intravascular crushers applied (b). Each line represents a
different subject.
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Figure 5.3: Mean BOLD response to hypercapnia (a) and mean M (b) from this
study, with crushers turned on (blue triangles) and off (red squares). The results of
linear fits have been added. Green circles show M results from past studies over a
range of BOLD echo times.
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Figure 5.4: Percentage BOLD signal responses to hypercapnic stimuli in a single
representative subject.
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Figure 5.5: Mean M values measured with crushers on (blue triangles) and off (red
squares), linearly scaled to an optimal echo time of 35 ms by assuming an intercept
of zero.

Figure 5.5 shows the mean M values scaled to a TE of 35 ms, where the
intercept of the linear fit has been assumed to be zero. If M were a direct linear
function of TE, as predicted by equations 5.1 and 5.2, figure 5.5 would show
that the normalised M was independent of TE. For the ‘crushers on’ situation
this is very nearly the case, with small deviations visible only at very long echo
times (TE > 50 ms). However, when crushers are turned off it is evident that
the scaled M value decreases monotonically with TE, demonstrating that M is
not a purely linear function of TE with an intercept of zero as has previously

been assumed.

5.5 Discussion

The green circles in figure 5.3(b) represent M values quoted in the literature,
which have been taken from the following works: Ances et al. [84,85], Chen
and Parrish [83], Chiarelli et al. [43,82], Gauthier et al. [86], Leontiev and

Buxton [88], Lin et al. [87] and Perthen et al. [89]. M values found in this study
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fall well within this range.

As seen in figure 5.3(a), the BOLD signal change in response to a hypercapnic
stimulus is not directly proportional to TE. The reduction in the intercept from
1.07 without crushers to 0.36 when crushers were applied suggests that the
deviation from behaviour predicted by equation 5.1 is likely due to intravascular
signal contamination. The crusher gradients used in this sequence had a cutoff
velocity of 1.9 ecm/s and were only applied in the head-foot direction; hence
although they reduced the intravascular signal contribution, they will not have
eliminated it completely.

The second assumption made by equation 5.1 is that the exponent is suf-
ficiently small to allow for linearisation of the exponential. For typical BOLD
responses of 3% (at TE = 35 ms), the error introduced by this linearisation in
the estimation of AR} is less than 2%. In individual voxels with larger BOLD
responses — such as those containing large veins — this error will be increased.
However, linearising an exponential function and extrapolating this back to zero
would tend to underestimate the value of an intercept, so this effect is unlikely
to have contributed to the positive BOLD intercepts observed in this study.

Having seen that the BOLD response is not a directly linear function of TE,
it follows that the same is true of M. Again, the y-intercept (which represents
the deviation from predicted behaviour) was reduced but not eliminated when
crushers were applied. In studies where two echoes are acquired (e.g. by using
a dual-echo or interleaved pulse sequence), it would be possible to estimate this
intercept on a study- or subject-specific basis, which may significantly improve
the accuracy of scaling M to any desired echo time.

In figure 5.5 the mean M values have been normalised to an echo time of
35 ms, assuming a linear relationship with zero intercept. This gives an idea

of the errors introduced by the commonly employed linear scaling method. For



5.5. DISCUSSION 79

the case where crushers are turned on (blue triangles), normalised M is almost
a flat function of TE from 35 ms, meaning that any error in the scaling of M for
typical BOLD echo times (30-50 ms) appears negligible. Even where crushers
are turned off (indicated by red squares), the error introduced by the scaling
is typically moderate. For example, scaling an experimental M with a BOLD
TE of 49 ms to 35 ms yields an M of 8.4%, where the ‘true’ 35 ms M value is
9.2%. However, scaling up from a shorter experimental echo time introduces a
greater error, for example from 20 ms to 35 ms would give a scaled M of 11.5%
compared to the actual value of 9.2%.

One must bear in mind that the scaling of M with TE is only relevant when
comparing between studies that had different BOLD echo times. Most experi-
ments that measure M do so in order to calculate changes in or absolute values
of CMRO,; within a single study, the BOLD echo time chosen should not have
any significant impact on these results. This is at the very heart of the cali-
brated MRI methodology: the parameter M by design varies with experimental
conditions in such a way as to allow the conversion from BOLD signal changes
to underlying changes in oxygen metabolism. However, as the current protocol
did not include the performance of any neurological tasks, this data is not ca-
pable of testing the conjecture that measured CMRO; is independent of BOLD
echo time. As the theory behind the Davis model considers only extravascular
BOLD signal contributions, one might expect that the application of flow crush-
ers would improve the accuracy of CMRO; estimates, although at the expense
of noisier ASL data because of a prolonged initial TE.

Echo time is not the only factor affecting M value; in addition to differences
in physiology (resting blood volume, mean vessel size etc.), voxel size, field
inhomogeneities and scanner hardware will also affect its value. Thus one would

expect a certain amount of variation in M values measured at different imaging



80 CHAPTER 5. M DEPENDENCE ON TE

centres, as is demonstrated by the substantial range in literature M values shown
in figure 5.3(b). M values are generally scaled and quoted between studies for
a coarse comparison only, and the additional error or variability introduced by
assuming a linear scaling with zero intercept is likely to be small compared
to these other considerations, even for the more common case where crusher
gradients are not applied.

The choice of constraints used to define ROIs in functional MRI has been a
controversial subject for many years. In the field of calibrated MRI, both ASL
and BOLD signals are of interest, and ROIs have typically been created from
voxels that are responsive to both contrasts in an attempt to avoid or minimise
any biasing. In this study, significant BOLD responses to hypercapnia were re-
quired at 3 or more echo times, as well as good perfusion, in order to be labeled
a ‘grey matter voxel’. This resulted in the creation of a common ROI for all
echoes, ensuring that any observed trends are not mere artefacts of differences in
ROIs (although it should be noted that excessively noisy voxels were individu-
ally removed from these ROIs during further analysis). In order to replicate the
more common experimental situation in which only one BOLD-weighted echo
is acquired, the analysis was repeated with a separate grey matter ROI being
created for each BOLD echo time. The trends observed were unchanged, how-
ever the average BOLD responses to hypercapnia were slightly increased (2.98 +
1.35% with no crushers at 35 ms as compared to 2.02 + 0.94% in main analysis),
as were M values (9.5 + 4.5% compared to 9.2 + 4.1%). Continuing the exam-
ple of a 20 ms ASL/35 ms BOLD acquisition with crusher gradients turned off,
and defining a grey matter ROI based only on good resting ASL signal, an M
value of 5.7 + 2.3% was calculated. When using good BOLD response to hyper-
capnia at 35 ms TE as our only condition, this increases to 8.1 & 2.8%, and by

combining the two conditions one ends up with 9.5 £ 4.5%. This demonstrates
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the importance of choosing and reporting ROI definitions carefully.

5.6 Conclusions

M has been commonly assumed to vary in direct proportion with TE. This work
shows that the relationship is indeed linear (R? = 0.996 on data points averaged
across 8 subjects), but has a non-zero intercept. The value of the intercept is
reduced when crusher gradients are added to the sequence, suggesting that the
deviation from theory arises from the false assumption of negligible intravascular
BOLD signal contribution. Where two echoes are acquired during a dual-echo or
interleaved sequence it would be possible to estimate the intercept on a study- or
subject-specific basis, which could significantly improve the accuracy of scaling
M to a different echo time. However, in practice, the errors introduced by the
assumption of a zero intercept are relatively small between typical BOLD echo
times of 30-50 ms. In general one should not put undue weight on agreements or
disagreements in M values between different studies, especially when the echo
times or ROIs used differ significantly, regardless of which scaling method is

used.

5.7 Implications for Field Strength Study

In Chapter 4, simple linear scaling was used to convert experimental M values
collected at 17 ms to optimal M values at 35 ms (at 3T). The work shown in
this chapter suggests that this will likely have introduced a scaling bias, tending
to overestimate predicted M values for the optimal echo times. Unfortunately
the 3T data was acquired with a single echo only, so it is not possible to re-

scale the M values without making additional assumptions. If a value for the
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gradient AM /ATE were to be assumed, one could estimate the y-intercept (or
vice versa) and perform an improved scaling on the M value. The results for
assuming a gradient of 0.16 from the data collected in the current study are
shown in table 5.2. The gradient was chosen to be fixed because it appears
more stable between subjects than the y-intercept according to figure 5.2(a).
The newly scaled M values still fall comfortably within the literature range (see
table 4.2), and do not affect the calculated changes in CMRO;. As such all the

conclusions drawn from the data in Chapter 4 still remain valid.

Table 5.2: 3T results from Chapter 4, newly scaled according to y = mx + intercept,
where m = 0.16 %/ms (see figure 5.3(b)) or 1.6 /s.

BOLD only ROI BOLD/GM ROI

experimental M (17 ms) 0.051 0.072
simple scaled M (35 ms) 0.105 0.149
assumed gradient AM /ATE 1.6 1.6

estimated y-intercept 0.024 0.045

newly scaled M (35 ms) 0.080 0.101




A Direct Comparison

between Gas-Calibrated MRI
and Triple Oxygen PET

6.1 Introduction

Oxygen extraction fraction (OEF) directly relates tissue perfusion with local
oxygen consumption, and as such is a valuable marker for the health of brain
tissue. It has proved an extremely useful tool in the imaging of cerebral is-
chaemia following stroke [96,97] and traumatic brain injury [39], as well as
investigating mechanisms in the healthy brain [98]. For a more thorough dis-
cussion of the history and applications of OEF imaging, see for example [99].
The gold standard method for measuring OEF is triple oxygen PET; however,
as discussed in section 3.2.2; very few sites have the capability for performing
this procedure. In addition, the large radiation dose limits the number of scans
that can be carried out in healthy volunteers, particularly women who may bear

children in the future.
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Recently a new method capable of mapping resting OEF using MRI was
proposed [1-3]. In this approach, two (or more) gas mixtures are administered to
the subject, one with high oxygen content and one with elevated carbon dioxide.
By making use of both the BOLD signal and the non-invasive, perfusion-sensitive
ASL technique, the absolute OEF and total oxygen consumption in the brain
may be calculated (see section 3.3.3 for full details).

Gas-calibrated MRI studies have reported plausible OEF results, for example
Bulte et al. reported a mean of 38 + 14% [1] and Wise et al. reported 47
+ 12% [3], compared to 44 + 6% as measured by PET in a large multi-centre
study [100]. However the method has yet to be validated against an independent
measure of oxygen metabolism. The aim of this study was to perform a direct
comparison of cerebral physiology metrics (CBF, OEF and CMRO3) using gas-
calibrated MRI and the gold standard triple oxygen PET method in a healthy

cohort.

6.2 Methods

Ethical approval for this work was given by the National Research Ethics Service
(NRES) Committee South Central (Berkshire) and the Administration of Radio-
active Substances Advisory Committee (ARSAC). 15 healthy subjects were re-
cruited (12 male, mean age 36 + 10 years) and informed consent was given. The
use of PET restricted female subjects to those without childbearing potential.
The MRI protocol was carried out first in all cases to confirm the absence of
any contraindications for the more invasive PET procedure. PET scans were
carried out on the same day as the MRI to minimise true physiological variation

between the two modalities.
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6.2.1 MR Imaging

MR images were acquired on a 3T Siemens Verio scanner (Siemens, Erlangen)
with a 32-channel head coil. Resting blood flow was measured using a pseudo-
continuous arterial spin labelling (PCASL) scan with multiple post-labelling
delay (PLD) times, as recommended by Alsop et al. [14]: 3.4x3.4x6.0 mm
voxels, 15 slices, TR of 4 s, TE of 14 ms, partial Fourier 6/8, tag duration of
1400 ms and PLDs of 250/500/750/1000/1250 ms, resulting in a scan time of
6:28 minutes. The labelling plane was placed halfway between contortions of
the vertebral arteries, as determined by time-of-flight angiography of the neck.

For the main scan a double-excitation PCASL/BOLD sequence was imple-
mented [29]. The resolution matched that of the resting PCASL scan, as did
all other PCASL timing parameters. Because this was a functional scan, only
a single PLD was used (1100 ms). Pre-saturation of the imaging volume was
turned off in order to preserve BOLD contrast. Other parameters were a TR of
4s, TE of 12/33 ms for ASL/BOLD readouts, flip angle of 60°, partial Fourier
off, and GRAPPA factor 2. Total imaging time was 17 minutes.

Subjects were fitted with a 2-tube nasal cannula (Dual Nare with CO2 Moni-
toring, Flexicare, Mountain Ash, UK) whilst lying in the scanner, through which
mixtures of either medical air, 10% COs in air (hypercapnia) or 100% oxygen
(hyperoxia) were delivered. Gas flow was manually controlled from the scanner
control room and a constant flow rate of 8 1/min was maintained. After an
initial minute of air, two 2-minute blocks of hypercapnia (followed by 1 minute
air) were interleaved with two 3-minute blocks of hyperoxia (each followed by
2 minutes air). Because of inevitable mixing with room air, the true inspired
gas fractions were approximately 4% CO, during hypercapnia and 50% oxygen

during hyperoxia. Gas composition was continuously monitored using a Gas
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Analyzer (ADInstruments, Dunedin, New Zealand) connected to an ADInstru-
ments Powerlab.

A 1 mm?® MPRAGE structural image was acquired for registration purposes.
Field maps and head and body coil calibration images were taken for post-
processing corrections, and a HASTE image was acquired to confirm the lack of
any pathology that may contra-indicate a PET procedure. The total time for

which subjects were in the MR scanner was approximately 40 minutes.

6.2.2 MR Analysis

Resting ASL data were analysed using the BASIL toolbox [101]. Data collected
during the gas paradigm were separated into ASL and BOLD time courses,
both of which were field map corrected, motion corrected and smoothed with a
Smm Gaussian kernel. Both time courses were fully modelled in FEAT (FSL,
FMRIB Centre, Oxford, UK) with 5 explanatory variables (EVs), as follows:
(1) square on/off waveform representing tag/control states; (2) BOLD response
to hypercapnia, modelled with a gamma convolution (mean lag 30 s, stddev
10 s); (3) flow response to hypercapnia, modelled as an interaction between
contrasts 1 and 2 above; (4) BOLD response to hyperoxia, modelled with a
gamma convolution (mean lag 60 s, stddev 60 s); and (5) flow response to
hyperoxia, as an interaction between contrasts 1 and 4. The ASL data and
model were highpass filtered with a 10 s cutoff to remove the majority of BOLD
signal contribution. BOLD data and model were highpass filtered at 485 s to
remove any long-term signal drift.

Flow response to hypercapnia was calculated as EV3/EV1 (short echo ASL
data), and BOLD responses to hypercapnia and hyperoxia were defined by EV2
and EV4, respectively (longer echo BOLD data). OEF was calculated on a

voxel-wise basis following the method described by Bulte et al. [1]. In the first
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step M was calculated from ASL and BOLD responses to hypercapnia using the

ABOLD CBF \“*
BOLD, M{l a (CBFO) } (6.1)

where it was assumed that there is no change in cerebral metabolism during

expression

transient mild hypercapnia [44,102]. a was set to 0.18, as determined by Chen
and Pike using MRI with a hypercapnia stimulus [50], and § to 1.3 [74]. In a
second step this M value was used in conjunction with MRI and end-tidal data

during hyperoxia stimuli to estimate OEF according to

(6.2)

BOLD,

ABOLD _ | b\’
[dHb],,, ’

where the concentration of deoxyhaemoglobin in the venous blood, [dHDb],,
is a function of resting OEF, end-tidal expired oxygen fraction, atmospheric
pressure, arterial-alveolar pressure gradient and blood haemoglobin concentra-
tion (see figure 3.2 for details). Hyperoxia-induced changes in CBF were ne-
glected due to the low SNR of temporal ASL data, but no voxels were excluded
from analysis at this stage. Atmospheric pressure measurements were taken
from https://www.cl.cam.ac.uk/research /dtg/weather /index-daily-text.html on
the day of each experiment. The arterial-alveolar pressure gradient (A—a) de-
pends on the age (in years) of the subject and on the inspired fraction of oxygen,

and was estimated as

age + 10

. (6.3)

A-a (normoxia) =

and

A-a (hyperoxia) = A-a (normoxia) + 18 (6.4)
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as described in [51]. Subject-specific values of haemoglobin concentration were
used in the calculation of OEF, as measured from blood samples during the

PET procedure. Finally, CMRO, was calculated as

CMRO, = OEF - CBF - C,0, (6.5)

where the total oxygen content C,0O5 was again determined from PET blood

samples.

6.2.3 PET Imaging

PET imaging was performed on a General Electric Advance scanner (GE Medical
Systems, Milwaukee, USA). Data were acquired during a 7200 MBq inhalation
of 30, (2D mode, two 5-minute frames after 10 minutes to reach steady state);
during an 800 MBq H'O infusion (3D mode, two 5-minute frames after 10
minutes to reach steady state); and following a 1-minute 300 MBq inhalation of
C'0 (3D mode, one 5-minute frame). Arterial blood was sampled throughout.
For more details on the theoretical basis of this method, refer to section 3.2.2.
As part of a parallel study, near-infrared spectrometry (NIRS) data were
collected simultaneously with the PET using a NIRO 200 device (Hamamatsu
Photonics, Hamamatsu, Japan). Two sensors were placed on subjects’ fore-
heads, and OEF was calculated [103] using arterial and tissue oxygen satura-
tions (quantified from blood samples and the NIRS device, respectively) with

an assumed arterial/venous blood volume ratio of 30/70 [104].

6.2.4 PET Analysis

Corrections for attenuation, scatter, randoms and dead time were incorporated

into the image reconstruction procedure [105,106]. Simultaneous PET and arte-
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rial tracer activity measurements were input into standard models [107,108] to
calculate maps of CBF, CBV, OEF and CMRO,, using a brain—blood partition
coefficient for water of p = 0.95 [109] and a small to large vessel haematocrit
ratio of r = 0.85 [110]. Co-registration and ‘hot spot’ artefact removal were

performed using the custom analysis software PETAN [111].

6.2.5 Regions of Interest

Grey matter partial volume maps were created for each subject from their high-
resolution MRI structural scans using FAST [112]. These were thresholded
at 50% to produce grey matter ROIs. Resting CBF images from both MRI
and PET modalities were registered to structural space for each subject, and
the resulting transformation matrices were then also applied to the OEF and
CMRO; images. Any grey matter voxels for which OEF was less than 10%
or more than 100% were excluded from the ROI for the relevant modality, as
this was considered unphysiological and was likely induced by noise or partial
voluming during co-registration.

For MRI results reported in native space, the high-resolution grey matter
partial volume maps were registered to functional space using the inverted MRI
CBF-to-structural transformation matrices. The maps were thresholded in func-
tional space to create low-resolution grey matter ROIs of voxels containing at
least 50% grey matter. To prevent outlier voxels from unduly influencing mean
results, voxels with calibration constant M (representing the maximum theo-
retically possible increase in BOLD signal) outside the range 0-0.3, fractional
flow changes to hypercapnia outside the range 04, or OEF outside the range
0-100% were excluded from relevant means.

To assess the correlations between MRI and PET measures of CBF, OEF

and CMRO,, the Pearson product-moment correlation coefficients (r) and the
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corresponding p-values were calculated. In addition, two-tailed paired Student’s
t-tests were performed to test for significant differences between the modalities.

In both cases the significance level was set at p < 0.05.

6.3 Results

A summary of the results obtained may be found in table 6.1, and example
images from two representative subjects are shown in figure 6.1. In general,
MRI and PET images of CBF showed very similar features. Because ASL is
limited to areas with relatively early blood arrival times, there was a greater
contrast between grey and white matter in ASL compared with PET. A signif-
icant correlation was observed between grey matter CBF as measured by the
two modalities (figure 6.2, Pearson coefficient » = 0.68, p = 0.0071), with no
significant difference in mean values (Student’s p = 0.27). One subject was ex-
cluded from the group analysis of CBF (subject 3, marked by x on figure 6.2)
due to an abnormally high PET result.

Values of OEF as measured by MRI were unexpectedly low in this study
(mean 21.4 £ 2.0% compared to 44.4 £ 6.6 for PET, p < 0.001). Two subjects (9
and 11) showed very small changes in both oxygen and CO; end-tidal measures
during the MRI paradigm, resulting in very low MRI OEF estimates and CBF
changes. It is hypothesised that this was due to poor cannula placement or very
shallow breathing. These subjects were excluded from OEF group analysis.
As displayed in figure 6.3, no correlation was observed between MRI and PET
measures of OEF (Pearson coefficient » = 0.36, p = 0.23).

CMRO, was calculated from CBF and OEF according to equation 6.5 and
is included here for completeness. Any subjects excluded in CBF or OEF ana-

lysis were also excluded for CMROs. No correlation was observed between the
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COMPARING CALIBRATED MRI anD PET
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Figure 6.1: Example maps of CBF, OEF and CMROs for both imaging modalities
in 2 representative subjects (subjects 2 and 12). Units of CBF are ml/100 g/min,
OEF is given as a percentage, and CMROj is in gmol/100 g/min.

MRI CBF
w W s N U U o O N
© v © v © v O wu O
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PET CBF

Figure 6.2: Correlation between grey matter CBF as measured by MRI and PET.
The outlier (subject 3) is represented by a red cross and excluded from the fitting.
The solid line is the line of best fit; for reference, the identity line is also shown (grey
dashed line). Pearson coefficient r = 0.68, p = 0.0071; Student’s p = 0.27 found for

differences between MRI and PET.
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Figure 6.3: Correlation between grey matter OEF as measured by MRI and PET.
Outliers (subjects 9 and 11) are shown as red crosses and excluded from the fitting.
Pearson coefficient » = 0.36, p = 0.23; Student’s p < 0.001 found for differences

between MRI and PET.
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Figure 6.4: Correlation between grey matter CMROgy as measured by MRI and
PET. Outliers (subjects 3, 9 and 11) are shown as red crosses and excluded from
the fitting. Pearson coefficient » = 0.30, p = 0.34; Student’s p < 0.001 found for
differences between MRI and PET.
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two modalities (figure 6.4, Pearson r = 0.30, p = 0.34), but MRI results were
significantly lower than PET (Student’s p < 0.001).

Table 6.2 provides additional information on intermediate results for the
gas-calibrated MRI method. These are given in native (low-resolution) space,
to avoid any potential registration issues. Histograms for these parameters for
a single subject (subject 12) are shown in figure 6.5; figure 6.6 shows similar

histograms for the same subject in structural space.

Table 6.2: Table of intermediate calibrated MRI results, given for grey matter in
native MR space. Outlier results are shown in brackets and were not included in the
relevant means and standard deviations. Resting CBF is in units ml/100 g/min, CBF
to COq is given relative to baseline with 1 equal to no change, M is given as a fraction,
OEF as a percentage and CMRO3 in units pmol/100 g/min.

Subject resting CBF  CBF to COy M OEF CMRO,
1 40.1 1.76 0.051 27.3 96.6
2 52.2 1.51 0.043 25.0 110.1
3 58.7 1.38 0.051 19.4 81.0
4 41.7 1.45 0.050 26.3 100.5
) 54.5 1.38 0.043 13.2 62.8
6 48.8 1.34 0.073 18.7 79.2
7 48.3 1.41 0.050 15.6 61.0
8 68.3 1.49 0.052 22.1 103.8
9 51.4 (1.21) (0.040) (8.4) (38.7)
10 59.6 1.42 0.058 18.0 80.9
11 66.0 (1.25) (0.044) (13.6) (67.2)
12 57.5 1.32 0.061 22.9 102.6
13 43.9 1.41 0.033 19.3 79.7
14 41.8 1.25 0.052 18.4 65.9
15 65.0 1.38 0.051 17.2 80.0

mean + std  53.2 + 9.2 1.42 £0.12 0.051 £ 0.010 20.3 £4.2 849 + 164
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Figure 6.5: Histograms showing the distribution of resting CBF, CBF response to
hypercapnia, M, OEF and CMROs values for subject 12 within grey matter masks
in native MRI space.

6.4 Discussion

Resting grey matter blood flow as measured by the two modalities (multi-PLD
PCASL MRI and H,'O PET) were significantly correlated, in good agree-
ment with recent reports from other groups [113,114]. However, both OEF
and CMRO, were significantly underestimated by the calibrated MRI method,
and failed to correlate with the gold standard PET results.

To investigate possible causes for this large discrepancy, intermediate results
for the calibrated MRI model (in native MRI space) were more closely inspected.
The M values observed (0.051 £ 0.010) agree fairly well with literature values,
for example De Vis et al. recorded values of 0.043 + 0.014 in young volun-
teers and 0.034 £ 0.010 in older subjects (BOLD TE = 36 ms) [115], Bulte et
al. recorded 0.062 + 0.010 (TE = 22 ms) [1], Gauthier et al. recorded 0.060 +
0.007 (TE = 30 ms) [2] and Wise et al. recorded 0.069 £ 0.025 (TE = 29 ms) [3].

However, these studies reported mean OEF values between 35 and 47%, which

0.3



96

CHAPTER 6. COMPARING CALIBRATED MRI aAND PET

-
LS

frequency

4
o

0

o

100

CBF

N

frequency
o

x10

4

60
OEF

80

4

x10

w

frequency
n

400

CMRO2

(a) MRI results, GM mask with condition 0 < OEF < 100

frequency
- o

o
o

4

100
CBF

200

frequency
- 0

It
0

o

4

20

40

60

OEF

80

frequency

CMRO2

(b) MRI results, GM mask with condition 10 < OEF < 100

frequency
e - n [
a = 00N O W O,

=]
o

4

50

100
CBF

150

frequency
- N w = [9)]

o

o

4

x10*

frequency
= N
- o n o

o
&)

o
o

(¢) PET results, GM mask with condition 0 < OEF < 100

Figure 6.6: Histograms showing the distribution of CBF, OEF and CMRO; values

for subject 12 within grey matter masks in structural space.
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are clearly much higher than those observed in the current study.

Histograms in figure 6.5 show that whilst the resting CBF and CBF(CO,)/CBF
distributions are broadly Gaussian in shape, the distributions for M, OEF and
CMROs are distinctly more skewed. After registration into structural space, the
histograms became noticeably smoother (figure 6.6(a)), with a higher proportion
of voxels at very low value. This is particularly noticeable in the histogram for
CMRO,, and is thought to be an artefact of partial voluming around the edges
of grey matter. To prevent these voxels from artificially lowering the mean, vox-
els with an OEF of less than 10% were removed from the structural grey matter
masks (see figure 6.6(b)). Although the resulting distributions look somewhat
similar to those obtained from PET scans (figure 6.6(c)), the OEF peak in par-
ticular is clearly offset. The mean OEF for this subject is 22.4%; however, from
the histogram in figure 6.6(b), the mode is actually nearer 15%.

ASL in general is known to suffer from low SNR, as it is a signal subtraction
technique. The resting CBF maps were calculated after averaging more than 6
minutes of data acquisition; however ASL SNR was anticipated to be a limiting
factor for the functional scan. In this study a double excitation sequence was
implemented, as this has been shown to increase CNR compared to the dual echo
technique [29], and background suppression was turned off to preserve BOLD
contrast. Although the latter has been common practice in the past [116-118],
it has recently been shown to be sub-optimal as it significantly reduces ASL
SNR [25]. Furthermore, if cardiac traces were recorded during the scans, it
might be possible to regress out some of the physiological noise, leading to better
fits for the explanatory variables of interest (i.e. ASL and BOLD responses to
respiratory stimuli).

In the calculation of OEF from MRI data, it was assumed that CMRO, is

unaffected by mild hypercapnia. Although supported by several studies [44,102],
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this remains a point of debate, with some groups reporting decreased metabolism
during hypercapnia [119]. A second assumption made in this study was that
there was no change in CBF during hyperoxia. This is not strictly true; Bulte
et al. measured a 3% reduction in CBF during 40% inspired oxygen, and a 4%
reduction during 60% inspired oxygen [120]. However, as the calibrated MRI
model is very sensitive to this parameter [121], and particularly as OEF was
calculated on a voxelwise basis, the SNR of ASL data once again became the
limiting factor. The assumption of constant CBF during periods of hyperoxia
avoided the need to incorporate ratios of CBF that were considered to likely be
dominated by noise. It is interesting to note that according to the error analysis
carried out by De Vis et al. [121], an overestimation of CBF during hyperoxia
actually leads to a positive error in OEF; thus this assumption is very unlikely
to have caused the low OEF results that were observed.

Past studies which employed closely fitted gas masks for delivery of gases
led to a significant fraction of volunteers complaining of air hunger, resulting
in a relatively high dropout rate. For this study, a nasal cannula gas delivery
method was chosen to improve subject comfort, and all subjects completed the
scans without problem. However despite using a dual cannula, capable of deliv-
ering gas mixtures and simultaneously monitoring gas composition, the design
of the cannula used in the present study caused inflowing gas to be channelled
directly over the sampling port, leading to significant contamination of the res-
piratory trace (see figure 6.7 for an example). The contamination was most
severe at periods in the breathing cycle with the lowest expiratory pressure,
which unfortunately made it impossible to accurately determine end-tidal mea-
sures for the subjects. This made it difficult to know whether they reached
the targeted end-tidal gas concentrations, and precluded the use of individual

end-tidal time courses to model MR signal responses via the generalised linear
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model (as implemented in FEAT).

As discussed in section 4.5.2, the criteria for defining an ROI can have a sig-
nificant impact on reported results. For a fairer comparison, both MRI and PET
results were registered to structural MRI space, and an independent grey matter
mask was applied, derived from the results of a separate scan. To account for
imperfect registration, partial voluming effects and noise, a few additional voxel
exclusion criteria were added, as described in section 6.2.5. OEF voxels less than
0 and greater than 100% were excluded as unphysiological for both modalities,
in keeping with the calibrated MRI literature. Given that the population mean
OEF of 44 £ 6% [100] is close to halfway between these extremes, care must
be taken to ensure that signals going into the calibrated MRI model are not
excessively noisy, as one would expect an entirely random distribution to yield
an apparent mean OEF of 50% with these exclusion criteria. On the other hand,
stricter criteria — such as including only voxels with significant ASL and BOLD
responses to one or both stimuli — may provide more reliable ROI results, but
exclude too many voxels to provide any useful maps. Finding a balance between

these concerns is clearly an important challenge in any calibrated MRI study.

6.4.1 Comparison to Near-Infrared Spectroscopy

It is interesting to note that no correlation was found between NIRS-derived
OEF and PET results [122] or MRI results (data not shown). NIRS devices
are routinely and reliably used to monitor changes in S;O5 during interventions
such as surgery [53,54], and have been used to demonstrate that MR-derived
S.02, ASL and BOLD signal changes during a hypercapnic challenge correlate
strongly with underlying changes in oxygen saturation [123]. However, in terms
of absolute values, NIRS is strongly affected both by inter-subject variations in

arterial/venous blood fractions, and by the amount of extracerebral tissue (such
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as skin and skull) between the sensor and brain tissue, neither of which can
be easily measured. As a result, values of NIRS SOy and OEF should not be

considered quantitative as they are susceptible to significant systematic offsets.

6.5 Conclusions

In conclusion, no significant correlation was observed between calibrated MRI
and PET measures of OEF and CMRO,. It is difficult to know whether this is
due to shortcomings of this young MR method, poor SNR of functional ASL, or
insufficient delivery of gas stimuli during the functional MRI scan. This demon-
strates that significant improvements are still required for the calibrated MRI
method, and that it is not yet robust enough to begin replacing PET procedures.
Potential future improvements to the implementation of the MRI method in-
clude use of background suppression during the functional scan, physiological
noise monitoring, and delivering gases through a closed gas mask, which may
allow for individually optimised FEAT modelling as well as more robust gas

delivery.
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A Study of Methodological
Considerations for

Calibrated MRI

7.1 Introduction

The results presented in Chapter 6 are somewhat disappointing, and raise impor-
tant questions for the calibrated MRI method. It is clear that ASL in particular
suffers from low SNR, which can lead to errors when applying the calibrated
MRI model, particularly when this is done on a voxelwise basis to create maps
of OEF and CMRO,. The follow-up study presented in this chapter was de-
signed to look into the effects of background suppression, different gas delivery
methods, use of end-tidal respiratory traces as analysis regressors, and physio-
logical noise modelling, to elucidate their relative importance and impact upon

resulting images of cerebral metabolism.



104 CHAPTER 7. METHODOLOGICAL CONSIDERATIONS

7.2 Methods

Six subjects (one female, mean age 31 4 5 years) were scanned on a 3 T Siemens
Verio scanner with a 32-channel head coil. The scan protocol was as described
in section 6.2.1, with the following adaptations: (1) a sixth PLD time (1500 ms)
was added for the resting ASL scan; and (2) a gas mask (8940 series, Hans
Rudolph Inc., Kansas City, MO, USA) was used for delivery in place of a nasal
cannula, in conjunction with a non-rebreathing manual gas delivery circuit. Gas
mixtures of 10% CO3/21% oxygen/balance nitrogen, 100% oxygen, and medical
air (21% oxygen/balance nitrogen) were manually controlled to administer pe-
riods of air, stimuli of 5% inspired CO, and stimuli of 50% inspired oxygen. A
total delivered gas flow of 25 1/min was maintained throughout, and gas com-
position was monitored with a smaller nasal cannula (CO2 Monitoring Adult
Nasal Cannula, Flexicare, Mountain Ash, UK) connected to a Gas Analyzer
and Powerlab (ADInstruments, Dunedin, New Zealand). The functional scan
(ASL/BOLD double excitation with periods of hypercapnia and hyperoxia) was
run twice, once with background suppression turned on, and once off. Car-
diac phase and breathing were monitored and recorded throughout via a finger
clip oximeter and respiratory bellows respectively (Biopac Systems, Goleta, CA,
USA) for physiological noise modelling. Haemoglobin levels were measured in
each subject using a Pronto-7 pulse oximeter (Masimo, Irvine, CA, USA) im-
mediately following the scans.

Data preprocessing and basic analysis were identical to that described in sec-
tion 6.2.2. Briefly, this included correcting for motion and field inhomogeneities,
applying a 5 mm Gaussian smoothing kernel and a highpass filter, and calcu-
lating ASL and BOLD responses to respiratory stimuli using a general linear

model (GLM) in FEAT. Physiological noise regressors were created using the
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FSL PNM tool [124]. Personalised end-tidal (ET) oxygen and CO, traces were
created for each scan from the timecourses recorded on the Powerlab, and qual-
itatively compared to the ‘average’ modelled ET traces, which consisted of the
sharp-onset blocks of delivered gas stimuli convolved with a gamma function
(mean lag/stddev 30/10 s for CO, and 60/60 s for oxygen, determined em-
pirically with reference to subjects’ respiratory traces). FEAT and MATLAB
analysis was carried out on data with and without background suppression, us-
ing both modelled and personalised ET traces. The cases that were expected to
yield the highest SNR (background suppression on, modelled and observed ET
traces) were analysed again with the inclusion of physiological noise regressors,
resulting in a total of 6 analysis variants per subject.

Grey matter ROIs were defined by thresholding the resting ASL perfusion
map at the 45" percentile after brain extraction, resulting in a mask containing
the 55% of voxels with the highest resting CBF [125]. This avoided the need
to register between low and high resolution scans. Voxels outside the ranges
0 <M <0.3,0< OEF < 100% and 0 < CBF(CO,)/CBF( < 4 were excluded

from the masks for being excessively noisy.

7.3 Results

All subjects completed the scans successfully, although most reported mild dis-
comfort and air hunger due to the closely fitting masks. Measured haemoglobin
concentrations were 16.4 + 0.9 g/dL.

Group mean results for all 6 analysis variants are shown in table 7.1. Figure
7.1 displays the modelled end-tidal traces for CO5 and oxygen in black, and the
personalised traces for all 6 subjects below. Scales are not shown (all traces were

normalised before being used as explanatory variables in FEAT), but end-tidal
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Table 7.1: Summary of results, showing the effects of background suppression (bgs),
physiological noise monitoring (PNM) and using personalised end-tidal (ET) traces
within FEAT. Numbers are given as mean + standard deviation across all 6 sub-
jects within their respective grey matter masks. Units for resting CBF (CBFj) are
ml/100 g/min, CBF to COg is given relative to baseline (no change = 1), BOLD re-
sponses are fractional compared to baseline (no change = 0), M is given as a fraction,
OEF as a percentage and CMRO3 is in pmol/100 g/min.

modelled ET ‘ personalised ET

CBF, 56.8 + 6.4 CBF, 56.6 + 6.5
CBF to CO, 1.66 + 0.11 | CBF to CO, 1.57 4+ 0.14
BOLD to CO, 0.022 =+ 0.004 | BOLD to CO, 0.020 =+ 0.005
bgs off | BOLD to O, 0.012 £ 0.006 | BOLD to O, 0.016 =+ 0.005
M 0.069 =+ 0.006 | M 0.069 =+ 0.007
OEF 32.8 £+ 9.1 OEF 285 + 7.2
CMRO, 1742 4+ 55.6 | CMRO, 150.6 =+ 44.5
CBF, 56.7 £+ 7.5 CBF, 56.3 + 7.8
CBF to CO, 1.59 + 0.15 | CBF to CO, 1.63 + 0.26
BOLD to CO, 0.019 =+ 0.005 | BOLD to COy, 0.020 =+ 0.005
bgs on | BOLD to O, 0.014 =+ 0.006 | BOLD to O, 0.014 =+ 0.004
M 0.068 + 0.010 | M 0.061 =+ 0.007
OEF 257 + 64 OEF 266 £+ 6.1
CMRO, 132.3 + 234 | CMRO, 135.0 £+ 20.9
CBF, 569 + 74 CBF, 56.3 + 7.3
CBF to CO4 1.60 + 0.15 CBF to CO, 1.76 + 0.23
bgs on | BOLD to CO, 0.019 =+ 0.005 | BOLD to COy, 0.026 + 0.008
+ BOLD to O, 0.014 =+ 0.005 | BOLD to O, 0.016 =+ 0.004
PNM | M 0.059 + 0.010 | M 0.069 =+ 0.008
OEF 259 £+ 6.3 OEF 269 4+ 5.8
CMRO, 133.2 £+ 23.3 | CMRO, 136.6 + 18.3

CO4 ranges were on the order of 1-2%, whereas for oxygen this was approx-
imately 35-40%. The greater dynamic range for oxygen resulted in smoother
traces, which more closely matched the model, compared to the CO5 case. Ex-
amples of GLM fits are shown in figure 7.2. The addition of physiological noise
parameters as confounds did not lead to any improvements in the quality of the
fits, suggesting that scanner noise is a greater concern than physiological noise
in this sequence.

Figure 7.3 shows maps of resting CBF (from the multi-PLD scan), the grey
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end-tidal CO2 end-tidal oxygen

Figure 7.1: End-tidal traces for COq (left) and oxygen (right). The black line shows
the modelled trace, the remaining traces show end-tidals for all subjects (in order,
subject 1 at the top) for the case where background suppression was turned off (top
group) and on (bottom group).

matter mask, CBF and BOLD responses to respiratory challenges, M, OEF and
CMRO, for a single slice in one subject. In order to visualise the effects of using
background suppression and personalised end-tidal traces in the analysis, OEF
maps from all subjects are shown in figure 7.4. In general, turning on background
suppression resulted in smoother, less noisy images, with fewer voxels outside the
physiological range (0-100% for OEF). Personalised end-tidal traces led to some
visual improvement in a few of the subjects, again mostly in the form of fewer
unphysiological voxels. It is interesting to note that the greatest improvements
were generally observed in cases where the personalised end-tidal traces were
smoothest, for example in the non-background suppressed scans for subjects 3
and 5 (yellow and green in figure 7.1).

Figure 7.5 shows histograms of CBF response to hypercapnia, M and OEF
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Figure 7.2: Single voxel timecourses from subject 5. The voxels shown are those
with the highest z-statistics for the particular contrast. The results of fitting with a
generalised linear model (GLM) using FEAT are shown in blue. Including additional
explanatory variables for physiological noise modelling (PNM) had no appreciable
effect on any of the fits.
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Figure 7.3: Single slice results for subject 5, shown for the case where background
suppression was on, personalised end-tidal traces were used and no physiological noise
modelling was applied.
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Figure 7.4: Maps of OEF for all 6 subjects, showing the effects of turning on back-
ground suppression (bgs) and using personalised end-tidal (ET) traces as inputs for
the generalised linear model during analysis.
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for one subject. Personalised end-tidal traces worked well with this subject (see
subject 5 in figure 7.4), as demonstrated by tighter distributions of CBF(CO,)/CBF
and OEF in figure 7.5(b) compared to (a). Turning on background suppression
had an even greater positive effect, further tightening the distributions (figure

7.5(c) and (d)).

7.4 Discussion

This study aimed to investigate the effects of several factors that are known or
thought to affect the quality of calibrated MRI data. This includes increasing
the SNR of the underlying images (here by background suppression), improving
the reliability of delivering respiratory stimuli (for example using a gas mask in
place of a nasal cannula) and details on how best to fit data. In the following
sections, the reasoning behind several methodological choices is discussed, with

respect to both the experimental setup and the analysis procedure.

7.4.1 Choice of Pulse Sequence

Calibrated MRI is unusual in that it requires the near-simultaneous collection
of both ASL and BOLD data. As a subtraction technique, ASL suffers from
lower SNR, and compromises are often made in order to maximise its contrast-
to-noise ratio (CNR). In its earlier implementations, calibrated MRI used a
standard ASL sequence with an intermediate echo time of 20-25 ms [1,28]. More
recently, dual echo sequences have gained popularity, in which two readouts are
acquired following every slice-selective excitation [2,3]. Here the echo times
can be adjusted such that the first readout has a short echo time for higher
ASL signal, and the second echo time is optimised for best BOLD contrast.

This simultaneously increases SNR of both ASL and BOLD data; however, a
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Figure 7.5: Histograms showing the distribution of CBF response to hypercapnia,
M and OEF values for subject 5 within grey matter.
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disadvantage of the method is that the time required for each readout more than
doubles. This can have a detrimental effect on ASL images for slices higher up
in the brain, as the time between inversion and imaging of the spins increases for
each slice. For PCASL the PLD is, by convention, defined as the time between
the end of the labelling period and the excitation of the first imaging slice [14];
however, for the same PLD, a dual echo sequence will result in longer ‘effective’
PLDs for the higher slices than a single echo sequence.

An alternative method used for this study that combines the advantages
of both techniques described above is the ‘double excitation’” method. Here,
in each TR, all of the slices are imaged in quick succession with a short echo
time (optimised for ASL), and then a second whole-brain readout is acquired
(with a second set of excitation pulses and an independent echo time). This
allows all the ASL data to be collected as quickly as possible, and also reduces
the ASL tag/control contamination in the BOLD signal. The double excitation
method has been shown to improve ASL CNR with only a small BOLD CNR
penalty [29], which can be further reduced by using an ASL excitation flip angle
of 60° instead of 90°. (In the current study a flip angle of 60° was used for
both ASL and BOLD readouts. Future implementations of the sequence may
allow for different flip angles, as there is no theoretical reason why the BOLD
flip angle need be reduced from 90°.) The only disadvantage of the double
excitation method is a slightly reduced slice coverage for the same TR, as the
‘dead time’ between excitation and BOLD readouts are no longer being filled

by ASL readouts.

7.4.2 Background Suppression

Background suppression uses additional inversion pulses played out during the

PLD to suppress signal from static tissue. After subtraction, the ASL signal
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difference arising from tagged blood should remain unaffected, but the reduction
in static signal magnitude can lead to a considerable increase in SNR. The use of
background suppression is always recommended in standard ASL applications
[14], but as it affects tissue signal so strongly, it has generally been avoided in
calibrated MRI experiments where BOLD signal is also of interest [116-118].

However, recent work by Ghariq et al. has demonstrated that the benefits
to ASL SNR outweigh any losses in BOLD CNR [25], supporting the use of
background suppression for all ASL acquisitions. Furthermore, it is expected
that any negative effects on BOLD CNR will be reduced in the double excitation
sequence (compared to dual echo), as there is a longer gap between the inversion
and the BOLD excitation pulses.

The results of this study confirm that the use of background suppression is
highly desirable. ASL timecourses were visibly less noisy, resulting in higher
z-statistics after GLM fitting (see figure 7.2(c)), while BOLD contrast was not
noticeably reduced. Although mean OEF values actually decreased from 32.8 +
9.1 to 25.7 + 6.4% with background suppression, OEF maps were typically less

noisy (figure 7.4) and histograms showed narrower distributions (figure 7.5).

7.4.3 Gas Delivery Methods

The gas delivery circuit used in this study incorporated a short mixing tube, a
filter, a close-fitting mask, a one-way valve for exhalation and a 1 m-long piece
of tubing as a reservoir. A thin nasal cannula was worn beneath the mask for
monitoring the gas composition within the mask. This led to varying degrees of
leakage for different subjects, which was reduced by plugging gaps with surgical
glove material. Surgical tape may also be used to ensure a tight fit.

The use of a gas mask produced fairly reliable delivery of respiratory stim-

uli, as monitored with a Powerlab. End-tidal timecourses were created from the
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recorded traces, as shown in figure 7.1. However, subjects frequently report feel-
ings of air hunger with this setup, presumably because of the increased resistance
to breathing caused by the filter. Although all volunteers successfully completed
the protocol in the current study, past experience with a similar setup resulted
in multiple subjects withdrawing from experiments following bench testing or
during the scan itself. A further limitation is that it can be very difficult to
get an adequate seal on the mask, particularly for people with petite faces or
significant facial hair.

An alternative method for delivering respiratory stimuli is the use of a dual-
purpose nasal cannula, capable of simultaneous delivery and sampling of gases.
This was the method used in Chapter 6. It is very well-tolerated by subjects,
but suffers from a few limitations. Because gases are always mixed with room air
upon delivery, the highest oxygen stimulus that can be reached is approximately
50%. The quality of gas monitoring attainable depends on the precise location of
the sampling port within the cannula; sometimes these are placed to be primarily
sensitive to the delivered gas mixture, rather than to the exhaled gas, leading
to significant contamination of respiratory traces which become very difficult to
interpret (see figure 6.7). It is for this reason that a mask was chosen for the
current study.

Both gas delivery methods discussed above are reasonably cheap and easy
to set up, making them widely applicable and ideal for groups that do not yet
have much experience with respiratory challenges. The high-end solution to
delivering reliable, repeatable stimuli is to use a RespirAct (Thornhill Research,
Toronto, ON, Canada), a device capable of targeting specified end-tidal values of
CO; and oxygen simultaneously for the duration of any pre-planned paradigm.
This setup uses a sealed gas mask, similar to the setup used in the present

study, attached to an automated gas monitoring and blending system. It would
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be straightforward to use the same target paradigm both for the RespirAct

delivery system and as an input for the GLM.

7.4.4 Using the Generalised Linear Model

The crux of the calibrated MRI method lies in the equations described in sec-
tion 3.3. In order to calculate M and OEF, the relative changes in CBF and
BOLD signal first need to be quantified. One method of doing this is to split
the timecourse into periods of baseline, hyperoxia and hypercapnia, to aver-
age the signals acquired during these times, and then to divide by the baseline
value. This relatively simple analysis method requires the removal of data from
any transition periods, as the Davis model assumes that a steady state has al-
ready been reached and thus is not valid during these periods. It typically takes
around 1 minute for a CO4 stimulus to reach a state of equilibrium and 2 min-
utes for oxygen, and the same again when returning to normal air breathing.
Considering the low SNR of ASL data in particular, discarding such a significant
proportion of data seems particularly inefficient. It also limits the paradigms
that can be used, as overlapping stimuli cannot readily be separated into mul-
tiple components e.g. simultaneous changes in oxygen and CO, are difficult to
account for.

The current approach uses FEAT, a sophisticated analysis tool that employs
a GLM in conjunction with a Bayesian fitting process, allowing complex stimulus
paradigms to be modelled and estimating the response magnitudes using all data
points available. It also provides voxelwise ‘goodness-of-fit’ information in the
form of z-statistics, which can prove very useful when creating ROIs, particularly
in response to functional tasks [60,126]. Although most commonly used in the
analysis of BOLD data, it is equally capable of analysing ASL signals. Full

modelling of the tag/control timecourse provided better fits than analysis of
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ASL data after subtraction (data not shown), presumably because the Bayesian
approach benefits from the increased number of effective time points and any
errors in a single noisy datapoint do not propagate to neighbouring points as

they would during surround subtraction. Examples of single voxel fits as output

by FEAT are shown in figure 7.2.

7.4.5 Personalised End-Tidal Traces

Given the same respiratory paradigm, healthy subjects generally produce qual-
itatively similar end-tidal partial pressure timecourses for COy and oxygen, as
may be seen in figure 7.1. However, variations do arise as a result of differences
in depth and rate of breathing, both between subjects and as a result of relax-
ing or falling asleep during the course of a single scan. Further factors such as
lung function may be expected to cause even greater variation within in clinical
population. The end-tidal timecourses are assumed to be good indicators of
arterial blood partial pressures, and thus be representative of the challenges ex-
perienced by subjects’ cerebral tissue. However, respiratory traces can be noisy
and it is not always trivial — or even possible — to extract end-tidal information
from them, as discussed in Chapter 6.

This study did not demonstrate a consistent benefit from respiratory traces,
with only a subset of subjects showing any improvement with the inclusion of
personalised end-tidal data. The shapes of BOLD responses during hypercapnic
stimuli generally more closely matched personalised end-tidal traces (see figure
7.2(a) for an example). However variations during the baseline periods, whether
noise or genuine changes in end-tidal values that perhaps did not reach cerebral
blood supplies, interfered with the fitting process. Personalised end-tidal oxygen
traces appeared smoother and more similar to the modelled trace (compared to

COy), resulting in similarly good fits for both modelled and personalised FEAT
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variants. However it is difficult to separate the relative contributions of oxygen
and CO» fitting, as most voxels show responses to both stimuli (see figure 7.2(b)).

Future studies might benefit from using modelled timecourses for CO, and
personalised oxygen end-tidals, as the latter introduce less artifactual variability
during baseline periods. It may also be possible to extract only select parts of
COg end-tidal timecourses for use with FEAT, or to apply variable amount of
smoothing to the two contrasts. It should be mentioned that some systems
have been developed specifically to independently vary oxygen and CO, partial
pressures (the RespirAct as mentioned above, or end-tidal forcing techniques
[127]), which are able to e.g. maintain consistent partial pressures of CO, during

periods of hyperoxia.

7.4.6 Physiological Noise Modelling

To date physiological noise modelling has mostly been applied in studies of
the spinal cord or brainstem, where CSF pulsation during the cardiac cycle
causes particularly large artefacts, and in conjunction with resting state fMRI to
identify diverse brain networks. By identifying and removing signal fluctuations
caused by respiratory- or cardiac-induced motion, the residual data should be
more sensitive to genuine changes in the contrasts of interest.

In terms of the current study, adding nuisance regressors for physiological
noise within FEAT led to no improvement in any of the signal fits, and very little
change in ROI results (see table 7.1). This suggests that the primary source of
noise in the data is of thermal and not of physiological origin. This is perhaps
to be expected for ASL, which has a much lower inherent SNR than most MR
contrasts, but was equally true for BOLD data in this study. It may be that the
remaining signal contribution from alternating tag/control states contained a

similar level of noise to that modelled by the PNM tool, negating any potential
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benefits.

7.4.7 Limitations

This study included only a small number of young, healthy subjects. It is
thought that the potential benefits of using personalised end-tidal traces in par-
ticular would be most pronounced in subject groups whose physiology is more
variable, for example in patients or across a wider range of ages. Ultimately, the
decision of whether to use physiological noise modelling or recorded end-tidal
traces as part of the data analysis will vary with each study, and practical con-
siderations such as available equipment and more time-consuming data analysis

may play an additional role.

7.4.8 Relevance with Respect to MRI-PET Comparison

The OEF values calculated from MRI data in Chapter 6 were extremely low,
prompting concern over aspects of the methodology. The most basic analysis
variant in the current study was designed to match that in the previous chap-
ter as closely as possible, with background suppression turned off and identical
modelled end-tidal traces being used within FEAT. Although different scanner
suites were used, both contained Siemens Verio scanners with identical specifi-
cations. The only notable difference was the gas delivery method, whereby the
cannulae used in Chapter 6 were replaced with gas masks to allow for reliable
recording of end-tidal respiratory traces.

Despite taking care to match both imaging and stimulus protocols, the group
mean OEF in the present study was 33 + 9%, compared to the previous value
of 20 £+ 4%. It seems very improbable that there would be a true variation of

this magnitude between two healthy subject groups, so it would appear that the
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discrepancy was driven purely by the different gas delivery methods. Based on
this observation, it is recommended that in future any calibrated MRI studies
employing nasal cannulae take particular care to use cannulae capable of reliably
monitoring end-tidal traces, or consider using face masks to deliver respiratory
stimuli instead. However, although an OEF of 33 + 9% is in line with previous
calibrated MRI results (for example 35 + 4% [2], 38 £+ 14% [1]), it is still
somewhat low compared to the 35-50% typically observed by PET [100]. Further
work is needed to evaluate whether this is the result of a systematic bias or a

deeper underlying issue, perhaps in the assumptions upon which the calibrated

MRI model is built.

7.5 Conclusions

Three methods thought to be beneficial for improving CNR and fitting of cal-
ibrated MRI data were investigated in this study: the use of background sup-
pression, the recording of individual end-tidal timecourses to create personalised
traces for analysis, and the addition of nuisance regressors for physiological noise
removal. The greatest improvement was observed with background suppression,
which greatly improved the quality of the ASL data acquired and had no notable
detrimental effect on BOLD contrast. Personalised end-tidal traces proved use-
ful in a subset of subjects, but did not greatly impact results; however they are
expected to lead to greater improvements in subjects with atypical physiology.
Finally, no improvements were observed with physiological noise modelling in

this study.



On the Origins of the IVIM
Signal

8.1 Motivation

To date, calibrated MRI techniques have been applied to investigate various
aspects of the healthy human brain, both at rest and in response to a range
of functional stimuli, but they have rarely been applied in cases of pathology,
even within a research setting. At the time of writing, only a single study had
applied the method in patients [121]. As discussed in Chapter 6 the technique
has yet to be validated against the gold standard of triple oxygen PET or any
other independent modality. Beyond this, one potentially limiting factor is the
requirement for at least two calibration gas mixtures to be present inside the
MRI scanner. However, oxygen is very widely available in a clinical environment,
and the stipulation for a hypercapnic gas mixture has not prevented the utilisa-
tion of fMRI in mapping cerebrovascular reactivity in patients with a range of
steno-occlusive diseases [128,129].

A more basic limit arising in pathologies is that of long blood arrival times.

The ASL signal is fundamentally limited by the T} decay of the blood, so that
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even very long post-label delay times are not able to reliably quantify very slow-
moving blood. White matter perfusion is notoriously difficult to measure using
ASL [130]; similarly, it is very challenging to obtain perfusion values in areas of
cerebral occlusions or in the presence of collateral flow. De Vis et al. reported
artefacts arising from delayed arrival of arterial blood in 3 out of 11 patients
scanned with internal carotid artery occlusions, leading to unreliable estimates
of oxygen extraction and consumption [121]. Thus the areas likely to be of
greatest interest in the monitoring of oxygen metabolism are simultaneously the
areas of least confidence for ASL perfusion measures.

Velocity-selective ASL was developed to overcome this limitation by creating
a tagging scheme sensitive to the velocity instead of position of water molecules
(see section 2.2.2.4 for more information). However, this technique suffers from
even lower SNR than other flavours of ASL, at least for normal arterial arrival
times.

Intravoxel incoherent motion (IVIM) is a completely independent approach
to measuring blood volume and perfusion in the body. As its name suggests, it
relies only on the motion of water molecules within a single voxel, and it should
thus be capable of making equally valid measurements throughout the entire
vascular network, including within white matter. This benefit may outweigh the
method’s relative disadvantages compared to ASL (functional imaging would be
difficult as a full dataset is required to derive a single perfusion map), whilst
still allowing for non-invasive imaging of cerebral perfusion, especially in the
presence of very slow-moving blood. The aim of this chapter was to assess the

viability of using IVIM to measure resting cerebral perfusion.
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8.2 Introduction

Intravoxel incoherent motion was first developed by Le Bihan in the 1980s [131],
and is based on the premise that both diffusion and microvascular perfusion
result in motion of water molecules in all directions (at the macroscopic scale of
a voxel), but at different temporal scales, with water in the capillaries moving
more quickly than water in intra-cellular space. This leads to a biexponential
model of diffusion signal as a function of b-value, with very low b-values (less
than ~100 s/mm?) exhibiting a greater rate of signal decay due to capillary
flow. In addition to the classical diffusion coefficient (D), a ‘pseudo-diffusion
coefficient’ D* is introduced, along with the fraction of fast-diffusing spins, f,,
which is usually interpreted as the capillary blood volume fraction in each voxel.
The product f, D* is then a measure of perfusion, in units of mm? /s, which may
be converted to traditional CBF units of ml blood/100 g tissue/minute via the

following equation [33]:
6\
L <l>

CBF = f, D (8.1)

where A is the fraction of MR-visible water, L is the total length of the capillary
network and <[> is the mean capillary length. Capillary lengths cannot be
measured non-invasively; they have been shown to vary with age [132] and region
[133] within subcortical structures, but appear to be remarkably constant across
the cortex [132,134]. However, they may be expected to vary significantly in
cases of pathology. For this reason f, D* values are not usually converted to
traditional perfusion units. The term ‘perfusion’ will be used throughout this
chapter with the understanding that it refers to the pattern of blood flow through
the capillaries, and not specifically to the delivery of oxygen or nutrients to the

tissue. This is true for both ASL and IVIM imaging.
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IVIM has been used to study the liver [135-139], kidney [140-142] and pan-
creas [143-145] without the need for an injected tracer, which can be partic-
ularly valuable in cases where contrast agents are contraindicated. However,
its application within the brain has been a subject of controversy for many
years [33,146,147]. Results can vary significantly depending on the specific fit-
ting algorithm that is used [148], as well as on experimental parameters such
as TE [145] and the range of b-values measured [149, 150]. Concerns have also
been raised about biases introduced by fitting low SNR data [151,152], and con-
taminating effects of CSF due to bulk motion during the cardiac cycle or simple
partial voluming [153].

Despite these complications, IVIM continues to be applied in the brain as well
as numerous abdominal organs. IVIM-derived parameters have shown promise
in the characterisation and monitoring of head and neck tumours [154-158].
Going one step further, Federau et al. have reported quantitative changes in
IVIM perfusion during hypercapnia [159] and visual stimulation [160], despite
earlier work failing to achieve this in animal models [161].

The aim of this work was to investigate IVIM as a potential method for
acquiring reliable blood volume and/or perfusion information in the healthy
brain. First, a direct comparison was performed between IVIM and ASL, a
method capable of quantifying blood flow within grey matter which has been
repeatedly validated against PET [113,162]. Second, the impact of CSF on
the IVIM signal was assessed by application of a CSF-nulled diffusion sequence.
Finally, high-resolution IVIM data were acquired to isolate and compare signals

arising from grey matter, white matter and CSF.
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8.3 Methods

8.3.1 Experiment 1

10 subjects were scanned on a 3T Siemens Verio scanner with a 32-channel head
coil under the group’s developmental ethics agreement. A standard 6:28-minute
multi-PLD PCASL scan was run (6 delay times ranging 250-1500 ms) with 15
slices and voxel dimensions 3.4x3.4x6 mm. Head and body coil calibration
images and field maps were also acquired. All PCASL data were preprocessed
using FSL tools for motion and field map correction, and analysed using the
BASIL toolbox [101].

For the IVIM, a standard diffusion sequence was run with b-values of 0,
10, 20, 40, 80, 110, 140, 170, 200, 300, 400, 500, 600, 700, 800 and 900 s/m?,
acquired in three orthogonal directions with a twice-refocussed spin echo [163]
and an EPI readout. Simulations have suggested that a minimum of 10 b-values
should be acquired in order provide sufficient points for reliable biexponential
signal fitting [149], and the distribution used in the present study was chosen
with reference to recent literature applying IVIM in the brain within a clinical
setting [157]. Other parameters included TE 84 s, TR 4 s, BW 1086 Hz/pixel,
echo spacing 0.99 ms, Fourier 6/8, GRAPPA off. Images were acquired at the
same matrix size and resolution as PCASL data. In order to match the PCASL
imaging time, 2 repetitions were acquired and averaged on the scanner, with an
imaging time of 6:12 minutes. A b = 0 image with reversed phase-encoding was
also acquired.

A 1 mm isotropic MPRAGE structural scan was acquired, which was seg-
mented using FAST [112] and registered to both ASL and IVIM space using

FLIRT [70]. Grey matter and white matter masks were created from voxels



126 CHAPTER 8. ON THE ORIGINS OF THE IVIM SIGNAL

with partial volume estimates of 50% or above.

8.3.2 Experiment 2

One subject was re-scanned with an adapted protocol which was designed to
identify signal arising from the CSF compartment. A non-selective BASSI in-
version pulse was applied to null signal from spins with 77 = 3700 ms, and only
a single slice was acquired to ensure optimal CSF suppression. Imaging time
and other parameters were identical to those set out in Experiment 1. For com-
parison, a second set of IVIM images was acquired with the BASSI voltage set
to 0 for no CSF suppression. A PCASL scan was also performed, as described
above.

Because of anticipated difficulties in registering a single slice to a structural
image, a double inversion recovery sequence was run at the same resolution as
the IVIM diffusion scans to obtain a suitable grey matter mask. Inversion times
were set at 550 and 4150 ms prior to the excitation pulse. The resulting image
was field map corrected using FUGUE [164] and manually thresholded to create

a grey matter mask.

8.3.3 Experiment 3

In order to analyse IVIM signals definitively only originating from a single tis-
sue type, 6 subjects were scanned on a 3T Siemens Prisma with a 32-channel
head coil and a high-resolution RESOLVE diffusion sequence. This allowed for a
1 mm isotropic resolution with minimal distortions, such that partial voluming
could be avoided in a substantial subset of voxels. In order to maintain sufficient
SNR the 6:14-minute protocol was repeated 6 times. Because of the potential for

motion over this long scan time, the images were not averaged. The RESOLVE
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sequence was set up with TE 69 ms, TR 1.6 s, BW 766 Hz/pixel, echo spac-
ing 0.4 ms, Fourier off, GRAPPA factor 2. b-values were identical to those in
Experiments 1 and 2, but were acquired with Stejskal-Tanner (single-refocussed
spin echo) encoding to minimise TE and maximise SNR.

An MPRAGE scan was performed at the same resolution and matrix size
as the diffusion scan. This was segmented using FAST [112] to estimate the
relative proportions of GM, WM and CSF in every voxel. Masks were created

from voxels with 100% of the relevant tissue type.

8.3.4 IVIM Fitting

IVIM data from Experiments 1 and 3 were first corrected for motion and eddy
current distortions [165]. The reversed phase-encoding b = 0 scan was used to
correct for susceptibility-induced distortions in Experiment 1 using the TOPUP
tool [166]. Because the data acquired in Experiment 2 was for a single slice
only, it was not possible to apply eddy corrections or TOPUP. Instead, a field
map was used in conjunction with FUGUE [164] to reduce distortions near the
sinuses.

The biexponential model described in section 2.2.4.1 was fitted to each voxel
in two steps [148, 159] using least squares fitting in MATLAB (MathWorks,
Natick, MA, USA). This approach aims to mitigate the problem of overfitting,
under the assumption that D* is substantially larger than D and may be ne-
glected for large b-values. First, a monoexponential model was fit to b-values

greater than 200 to estimate D:

S = Sye . (8.2)

Then the full biexponential model was fit to all b-values, with fixed D, to esti-
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mate f, and D*:

S=S{(1—fo)e P+ fe P} (8.3)

Sp was unconstrained in both cases.

8.3.5 Statistical Comparisons

For Experiment 1, GM masks were applied to ASL and IVIM images. Voxels
with f, > 0.3 were excluded from masks as this is unphysiological, presumably
as a result of CSF contamination [157]. Correlations between ASL perfusion
and IVIM f, and perfusion were hypothesised to be linear and were assessed
by computing the Pearson product-moment correlation coefficients (r) and the
corresponding p-values, where p < 0.05 was deemed to be significant.

In Experiment 2, IVIM analysis was performed both on a voxelwise and a
region of interest (ROI) basis. For ROI fitting, the signal was averaged across
all b-directions and all grey matter voxels in order to boost SNR.

Voxelwise fitting was performed on data from Experiment 3, and the IVIM-
derived parameter maps were visually compared to structural images. Cor-
relations between blood volume fraction f, and GM, WM and CSF fraction of
partially volumed voxels were investigated by plotting 2D histograms. Box plots

were created to compare the distributions of f, and perfusion in pure GM, WM

and CSF.

8.4 Results

8.4.1 Experiment 1

Average grey matter results are presented in table 8.1. White matter perfusion

cannot be reliably measured using ASL because of the long arterial arrival time
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Table 8.1: Average grey matter values for each subject in Experiment 1. f, D* is
the IVIM perfusion parameter. ASL units are ml/100 g/min; D, D* and f, D* are all
measured in m?/s.

. ASL D D* f, D*
Subject 1 usion Jo (x1073) (x1073) (x1073)

1 43.6 0.11 0.93 10.40 0.96
2 40.8 0.11 0.92 12.71 1.56
3 59.0 0.11 0.92 9.00 0.93
4 54.7 0.10 0.84 12.09 1.22
5 55.2 0.12 0.92 15.44 2.54
6 46.0 0.13 0.94 10.17 1.27
7 44.7 0.10 0.95 11.52 1.25
8 41.3 0.11 0.88 14.79 1.94
9 51.4 0.10 0.89 9.46 1.02
10 65.2 0.12 0.92 12.09 1.74

mean + std 50.2 £82 0.11 £0.01 091 +£0.03 11.77 &£ 2.14 1.44 £ 0.51

[130]; however no such limitation applies to IVIM. f, D* in white matter was
found to be 0.81 £ 0.20 x107 m?/s, leading to a GM/WM perfusion ratio of
1.87 + 0.88 (ranging from 1.12 to 3.97).

Figure 8.1 shows ASL and IVIM maps for a subset of slices acquired from
a representative subject, along with the GM mask used for IVIM parameters.
The GM masks for ASL are almost identical to those for IVIM, with small
differences arising from slightly different distortions between the two readouts
and any motion between the scans. Maps for ASL and IVIM perfusion look
qualitatively similar, with the same features visible on both sets of images.
Quantitatively however, no significant correlation was observed between ASL
and IVIM perfusion (figure 8.2(a), » = 0.090, p = 0.805) or ASL and IVIM f,
(figure 8.2(b), » = 0.107, p = 0.768).
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Figure 8.1: A subset of slices acquired from a single representative subject. Units
are ml/100 g/min for ASL perfusion and 1073 m?/s for IVIM perfusion. f, is the
capillary blood volume fraction in each voxel.
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Figure 8.2: Plots comparing ASL perfusion with IVIM perfusion across the 10
subjects (a) and IVIM blood volume fraction (b) in grey matter. No significant
correlation was observed in either case.
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8.4.2 Experiment 2

Figure 8.3 shows the results of the voxelwise fitting of both standard and CSF-
suppressed IVIM sequences, along with an ASL perfusion map of the same slice
and the GM mask created from a double inversion recovery sequence. CSF signal
was successfully suppressed, as may be seen by comparing the b = 0 images in
the top row. Both blood volume fraction and perfusion maps from IVIM fits
bear some resemblance to the ASL map for the case of standard IVIM; however
this similarity disappears in the CSF-suppressed case.

The ROI-averaged fits for standard and CSF-suppressed IVIM signals are
shown in figure 8.4. For the standard case, the signal clearly exhibits biexpo-
nential behaviour. With CSF-suppression the fits perform almost equally well;
statistically the biexponential model produces a marginally higher R?, which
appears to be driven by a closer fit for b < 40 s/m?, but visually there is little

difference between the two fits.

8.4.3 Experiment 3

Figure 8.5 shows maps of IVIM parameters from a single representative subject,
alongside a structural image and the CSF partial volume estimate map derived
from it. Areas with the highest IVIM blood volume fractions f, clearly corre-
spond to those with the highest CSF fraction, and no obvious contrast between
grey and white matter is seen in IVIM maps. All fits were done on a voxelwise
basis with no smoothing or averaging applied. For reference, fits for 3 randomly
selected voxels from the same subject, which contain 100% GM, WM and CSF
respectively, are shown in figure 8.6.

Structural images and blood volume fraction (f,) maps for all subjects are

displayed in figure 8.7. Also shown are 2D histograms exploring the relationship
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Figure 8.3: Single-slice IVIM results from Experiment 2, acquired with and without
CSF-suppression. b = 0 images demonstrate that CSF was successfully suppressed by
the sequence. Also shown is the double inversion recovery (DIR) image, which was
thresholded to produce the grey matter (GM) mask. Blood volume fraction is f,
IVIM perfusion is f, D* in units of m?/s. ASL perfusion has units of ml/100 g/min.
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Figure 8.4: Plots showing the mono- and biexponential fits to IVIM signals from
standard and CSF-suppressed data, after averaging over all grey matter voxels. The
biexponential model is clearly a better fit for the standard IVIM data, whereas the
monoexponential model appears sufficient for CSF-suppressed data. Note the different
signal scales for the two cases.

between GM, WM and CSF partial volume estimates (pve) and IVIM blood
volume fraction. No correlation is seen for GM or WM, but a positive trend
is observed for CSF. Note that extreme values (100% pve voxels, f, = 1) have
been excluded from these histograms. Figure 8.8 compares the distribution of
fo and f, D* in the form of box plots for a single subject, derived only from
voxels with no partial voluming. These show considerably higher f, and f, D*
in CSF compared to GM or WM. Extreme outliers were observed for all tissue
types and were excluded from the plots. f, D* was significantly different in CSF
compared to WM (p < 0.001 in all subjects) and GM (p < 0.05 in all subjects,
and p < 0.001 in 4 of the 6). f, D* in GM and WM differed significantly in only
3 subjects (p < 0.05), but in all 6 cases the median values were slightly higher
in WM than in GM.
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Figure 8.5: High-resolution IVIM data acquired with a RESOLVE diffusion se-
quence. Both blood volume fraction (f,) and perfusion (f, D*) are elevated in voxels
containing high fractions of CSF, and no noticeable contrast is observed between grey

and white matter.
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Figure 8.6: Plots of IVIM fits to single voxel data, taken from randomly selected
pure tissue voxels in the slice shown in figure 8.5. Each b-value has 18 data points
corresponding to 3 diffusion directions and 6 repeats. R? values are highest in CSF
voxels, presumably because of higher signal levels (see standard IVIM b = 0 image in
figure 8.3 for an example of raw diffusion data). The monoexponential fits shown are
for comparison only and were derived from all 16 b-values; they do not represent the
fits performed to calculate D.

8.5 Discussion

IVIM claims to be a quantitative model [33], yet conclusive validation of the
method within the brain is still lacking, with past studies reporting both pos-
itive [167] and negative [168] correlations between f, and DSC or ASL MRI
methods, respectively. Although qualitative similarities were observed between
IVIM parameters and ASL perfusion maps (figure 8.1), this study found no sig-
nificant correlation between average GM values across a group of 10 subjects
(figure 8.2).

At a low spatial resolution, contrast between grey and white matter is
markedly reduced but still visible in IVIM parameters compared to ASL (figures
8.1 and 8.3). This is unsurprising given the limitations on arterial arrival time
that ASL is subject to, meaning that WM perfusion will always appear low on
ASL images. The mean ratio of GM/WM perfusion of 1.87 for IVIM compares
well with the ratio of 2.07 observed in young healthy volunteers using PET [169],

although the individual range in this study (1.12-3.97) was fairly large.
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Figure 8.7: Results of Experiment 3 in all 6 subjects. Columns display one slice of
the structural image (arbitrary units) and the blood volume fraction f,, followed by
histograms correlating voxelwise GM, WM and CSF partial volume estimates (pve)
against blood volume fraction. Voxels containing only a single tissue type are not
included in these plots.
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Figure 8.8: Box plots of the blood volume fraction (f,) and perfusion (f, D*) values
observed in pure GM, WM and CSF voxels for a single representative subject.

Using literature values for the mean capillary length <[> and the total
length of the capillary network L it should be possible to convert f, D* to
traditional units of CBF using equation 8.1. For the human brain, values of
A =0.78 [33], <l> =53 um [134] and L = 1 mm [170] would result in a CBF of
21.2 ml/100 g/min, somewhat lower than the ASL-derived 50.2 ml/100 g/min
in the same cohort. As the definition of what exactly constitutes a capillary
is not always clear, it is plausible that the scarce literature on human brain
morphometry was based on a slightly different definition than that used in the
derivation of the IVIM model.

It is possible that the lack of correlation shown in figure 8.2 could be caused
by different vessel properties (e.g. average length of capillary segments) between
individuals. Although the ability to compare absolute perfusion between sub-
jects is very valuable, particularly in clinical cases of potential global hypo- or
hyperperfusion, the scientific community is typically more concerned with gene-
rating spatial or functional contrast. Thus the question of greatest interest is
whether the contrast observed in f, and f, D* for a single subject is a true re-
flection on underlying blood volume or perfusion. Given past concerns over the

contaminating effects of CSF signal [153], it is difficult to conclude whether the
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spatial similarity between ASL and IVIM images in Experiment 1 supports this
hypothesis, especially as the majority of GM voxels will also include a sizeable
fraction of CSF at this relatively low resolution.

Experiment 2 was designed to try to answer this question by acquiring diffu-
sion data with and without CSF-suppression. At first glance, the results imply
that the GM/WM contrast observed in IVIM-derived images is a direct result
of CSF signal contamination. When CSF is successfully nulled, f, and f, D*
values are notably decreased in GM (figure 8.3), and a simple monoexponential
model is adequate for fitting the data (figure 8.4). This is in agreement with
past literature [153].

However, there are several limitations to the method used in Experiment 2.
Only a single inversion preparation pulse was implemented; this was timed to
maximally suppress signal from the CSF compartment, but inevitably will also
have reduced signal from other tissue types. Previous simulation work suggests
that when CSF is nulled following a single inversion, signal from arterial blood
is reduced to 30% and GM signal to 40% of their respective equilibrium M,
values [171]. Thus the CSF-suppressed data not only has lower SNR compared
to the standard case, but also differing relative fractions of blood, GM and WM
signal contributions. This makes it difficult to draw firm conclusions from the
results.

In a different approach, Experiment 3 acquired IVIM data at a much higher
resolution in order to minimise the effects of partial voluming within voxels.
Application of a RESOLVE sequence on a high gradient performance Prisma
scanner allowed for the acquisition of ten 1 mm isotropic slices in a feasible scan
time. The resulting images (see figure 8.5) show that f, and f, D* are elevated
in voxels containing CSF (as expected), but that no contrast is visible between

grey and white matter voxels. In addition, there appears to be some consistent
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correlation between f, and CSF fraction, but not with GM or WM fraction,
as shown in figure 8.7. Together, this strongly suggests that f, is primarily
sensitive to voxelwise CSF content and not true capillary blood volume.

The box plots in figure 8.8 confirm that f, and f, D* are highest in the
CSF compartment, and also show that the median f, D* value is marginally
higher in WM than GM. The same observations were made for all subjects.
Regardless of units, this result is both unexpected and unphysiological for a
perfusion contrast [169]. It also suggests that the plausible GM/WM ‘perfusion’
ratio observed in Experiment 1 may in fact be an averaged (GM+CSF)/WM
ratio.

One possible explanation for the unexpectedly high WM results is overfit-
ting. Throughout this chapter, data have been analysed using the biexponential
fitting procedure described in section 8.3.4 for all voxels, even when the sim-
pler monoexponential fit appears to do an adequate job. This was intentional
and in accordance with the recent literature [151,159]. However, by fitting a
biexponential function to a noisy monoexponential decay curve, large values for
fo can be estimated despite a true underlying f, = 0. The anisotropy in WM
leads to greater variance in signal across diffusion directions compared to GM
(see figure 8.6), which can masquerade as a lower SNR and may hence lead to
poorer fitting.

As previously mentioned, the idea that the biexponential form of the diffusion
signal arises from CSF contamination is not new [153]. However the fact that
this biexponential behaviour was observed even in 100% pure CSF voxels, with
resulting f, of around 0.4, suggests that IVIM may in fact be measuring CSF
motion (either turbulent or related to the cardiac cycle). In larger voxels, the
mixing of different tissue types may be an additional contributing factor.

It is difficult to balance the requirements for high spatial resolution (to reduce
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partial voluming effects), high SNR (to ensure reasonable fitting) and acceptable
temporal resolution in order to carry out a functional experiment with TVIM.
However, one group has recently reported observing changes in f, D* with hyper-
capnia [159], visual stimulation [160] and at different phases during the cardiac
cycle [172], and interpreted these as increases in classical perfusion. Although
absolute signal magnitude is very difficult to interpret, relative changes in IVIM
parameters may reflect underlying physiological modulation, somewhat analo-
gous to the BOLD signal. However, the advantages of this method over the
BOLD signal are not clear, and the impact of any concurrent changes in CSF
volume or pulsatility would need to be considered [173].

There have been a number of studies demonstrating that IVIM can be used
to generate clinically useful contrasts in both the abdomen [137,142] and the
brain [155,157]. For these situations, it may not be important whether the
contrast is generated by excess fluid (for example surrounding a tumour) or by
true perfusion, and in all probability IVIM will — and should — continue to be a
useful tool for creating these qualitative images. However, based on the results
presented in this chapter, caution should be exercised in the interpretation of
such images, especially if attempting to look beyond basic contrast to draw

physiological conclusions from the data.

8.6 Conclusions

Within the brain, IVIM parameters f, and f, D* do not appear to be related
strongly to blood volume or perfusion, but rather to CSF content. Although
these contrasts may be clinically very valuable, they are not quantitative and
should not be interpreted as corresponding to any specific physiological para-

meters.



Summary and Future Work

9.1 Thesis Summary

This thesis described an investigation into the signal characteristics of the Davis
model, and attempted to validate the calibrated MRI technique against an in-
dependent modality, as well as searching for ways of improving aspects of the
current calibrated MRI methodology. In Chapter 4 it was found that the Davis
model produces consistent results at 3 and 7T. M values increased in both mag-
nitude and inter-subject variability as field strength was increased, in agreement
with simulations, but relative CMRO, changes to motor tasks remained consis-
tent. However, metabolism increases were overestimated at 1.5T as a result of
poor SNR in ASL data.

Chapter 5 tested the hypothesis that M is directly proportional to echo
time, as is predicted by the theory and frequently assumed when comparing
across different studies. It was confirmed that M does vary linearly with echo
time, but that there is a non-zero offset, which is substantially decreased when
intravascular flow crushers are applied. This suggests that the theory is valid
for extravascular spins (for which it was intended), but that intravascular signal

contribution is not negligible as is commonly assumed.
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In Chapter 6 a direct comparison was performed between calibrated MRI and
triple oxygen PET. Although resting blood flow showed significant correlation
between the two modalities, neither OEF nor CMRO, were correlated. MRI
values for OEF were considerably lower than expected in this study. Chapter
7 built on these results by investigating 4 possible causes for the poor results:
the lack of background suppression, the use of a nasal cannula for gas deliv-
ery, assuming the shapes of end-tidal respiratory traces for analysis, and not
applying any physiological noise modelling. The greatest improvements were
demonstrated by delivering respiratory stimuli via a gas mask and by applying
background suppression. Using personalised end-tidal traces showed some im-
provement in fitting for a subset of subjects. However, the use of physiological
noise modelling showed no improvements in this study, suggesting that random
scanner noise had a greater effect on the data.

Finally, Chapter 8 considered the use of IVIM as an alternative method
for measuring blood volume or perfusion in the brain. Although a qualitative
similarity was observed between IVIM and ASL maps with large voxel sizes,
higher-resolution data confirmed that the primary source of IVIM contrast arises
from CSF, and it is not possible to obtain reliable, quantitative information from

the IVIM method within the brain.

9.2 Future Work

Much remains to be done in the area of calibrated MRI. The ability to non-
invasively image resting OEF in the brain is particularly inviting, but has yet
to be verified against an independent modality or to make the transition into
clinical research, let alone clinical practice. Below are two ideas for future work

that have arisen during the course of this thesis.
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Steady State Hypercapnia Challenge

It would be interesting to consider applying a multi-PLD PCASL sequence dur-
ing mild hypercapnia as well as during baseline. As well as improving SNR
through additional signal averaging, this would account for any changes in blood
arrival times which may be mistaken for increased perfusion in the single PLD
case, and may be particularly useful in the measurement of cerebrovascular
reactivity with ASL. It could be combined with a dual echo or double excitation
readout to allow for simultaneous BOLD information on BOLD response. How-
ever, longer periods of even mild hypercapnia are less well tolerated by subjects,

which would have to be taken into account.

Extension to a Patient Population

The translation of the calibrated MRI method from healthy subjects to a clin-
ical setting remains a challenge. Although velocity-selective ASL has an SNR
penalty compared to PCASL, it may prove valuable in quantifying perfusion in
patients with a very slow or collateral blood flow. It may be possible to adapt
the Davis model to a wider range of physiology, for example by removing the
assumptions that arterial blood is 100% oxygenated. The Cardiff model may be
particularly useful in this setting, as the Grubb flow-volume coupling constant
— which may be expected to vary significantly within pathological tissue — no
longer needs to be assumed. Measuring and using end-tidal respiratory infor-
mation for such subjects may significantly improve signal fitting, especially if

patients are under sedation or have impaired lung function.
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