LUND UNIVERSITY

Diffusion-encoded MRI for assessment of structure and microcirculation
Aspects of g-space imaging and improved IVIM modelling
Scherman Rydhdg, Anna

2017

Link to publication

Citation for published version (APA):

Scherman Rydhog, A. (2017). Diffusion-encoded MRI for assessment of structure and microcirculation: Aspects
of g-space imaging and improved IVIM modelling. Lund University, Faculty of Science, Department of Medical
Radiation Physics.

Total number of authors:
1

General rights

Unless other specific re-use rights are stated the following general rights apply:

Copyright and moral rights for the publications made accessible in the public portal are retained by the authors
and/or other copyright owners and it is a condition of accessing publications that users recognise and abide by the
legal requirements associated with these rights.

» Users may download and print one copy of any publication from the public portal for the purpose of private study
or research.

* You may not further distribute the material or use it for any profit-making activity or commercial gain

* You may freely distribute the URL identifying the publication in the public portal

Read more about Creative commons licenses: https://creativecommons.org/licenses/

Take down policy
If you believe that this document breaches copyright please contact us providing details, and we will remove
access to the work immediately and investigate your claim.

LUND UNIVERSITY

PO Box 117
221 00 Lund
+46 46-222 00 00


https://portal.research.lu.se/en/publications/b36047c9-bbd0-425b-8162-10bd4f84c0ff

Diffusion-encoded MRI for assessment of structure and microcirculation:

Aspects of g-space imaging and improved IVIM modelling






Diffusion-encoded MRI for assessment
of structure and microcirculation

Aspects of g-space imaging and improved IVIM modelling

Anna Scherman Rydhog

UNIVERSITY

Thesis for the degree of Doctor of Philosophy
Thesis advisors: Associate Professor Linda Knutsson (main supervisor),
Professor Ronnie Wirestam and Professor Freddy Stahlberg
Faculty opponent: Associate Professor Géran Starck, Department of Radiation
Physics at the Institute of Clinical Sciences, University of Gothenburg,
Gothenburg, Sweden.

To be presented, with the permission of the Faculty of Science of Lund University,
for public criticism in Demonstration Room 10, Department of Medical Imaging and
Physiology, Main Building, Level IV, Skine University Hospital, Lund,
on Friday the 15th of December at 9.00



Organization Document name

LUND UNIVERSITY Doctoral Thesis

Dept. of Medical Radiation Physics Date of issue

Skane University Hospital, Lund 2017-12-15

SE-221 58 Lund, Sweden Sponsoring organization
Author(s)

Anna Scherman Rydhdg

Title and subtitle
Diffusion-encoded MRI for assessment of structure and microcirculation:
Aspects of g-space imaging and improved IVIM modelling

Abstract

Diffusion and perfusion MRI are valuable methods for investigating the microstructure and viability of tissue. One pure
diffusion study was included in this thesis, with the purpose of studying microstructure and carrying out size
estimations with the g-space diffusion imaging method. This is a method that has predominantly been explored with
NMR spectrometers. In our study, a biological phantom consisting of asparagus stems was investigated using a
clinical MRI unit to gain further knowledge about the g-space methodology in a setting where gradient performance is
limited. Although the g-space method showed limited possibilities, retrieval of some structural information was shown
to be feasible.

In the remaining three doctoral thesis projects, the intravoxel incoherent motion (IVIM) imaging concept was explored,
allowing for extraction of combined diffusion and perfusion information from a given dataset. IVIM imaging is a non-
invasive technique for acquiring diffusivity as well as microvascular and perfusion-related parameters using a
diffusion-weighted pulse sequence. The model used in this technique is often limited because no relaxation properties
are incorporated, and also because the signal component from blood is contaminated by cerebrospinal fluid/free
water.

One study was dedicated to exploring the IVIM parameters at different field strengths and the influence of relaxation
and signal-to-noise ratio (SNR) was observed. Although the repeatability was generally better at higher magnetic field
strength, it was shown that the relaxation properties and an unexpectedly low SNR at high field strengths resulted in
erroneous blood volume estimates. The model commonly used for IVIM data analysis was then modified to
compensate for relaxation effects, based on literature values. When this correction was performed, results from the
lower field strengths showed lower discrepancy from expected values, while the results from higher field strength were
still erroneous, likely due to physiological noise.

In a following project, relaxation times were actually measured during the data collection, and incorporated to
compensate for relaxation and improve the fitting procedure. The model was also upgraded to a three-compartment
model to better describe the underlying tissue by including the cerebrospinal fluid component. Compared to a non-
relaxation-compensated model, the three-compartment model with relaxation-compensated data modified the
obtained results and reduced the CSF contamination.

The last IVIM project also included a three-compartment model, but in this case the purpose of the third compartment
was to improve the quantification of the fraction of free water. The free water fraction has been established as a
source of clinically useful image contrast, pointing at pathologies that affect the extracellular space, for example,
atrophy and neuroinflammation. With our model, the bias from microcirculation was reduced in the free water
estimate. A model where extracellular and microvascular effects can be separated might enable new diagnostic
possibilities.

Key words

Classification system and/or index terms (if any)

Supplementary bibliographical information Language
English
ISSN and key title ISBN 978-91-7753-481-5 (print)

978-91-7753-481-5 (pdf)

Recipient’s notes Number of pages 120 Price

Security classification

I, the undersigned, being the copyright owner of the abstract of the above-mentioned dissertation, hereby grant to all
reference sources permission to publish and disseminate the abstract of the above-mentioned dissertation.

Signature Date 2017-11-06




Diffusion-encoded MRI for studies of

structure and microcirculation

Aspects of g-space imaging and improved IVIM modelling

Anna Scherman Rydhog

UNIVERSITY



Coverphoto by Kyle Bean (BlinkArt)

Funding information: The thesis work was financially supported by the Swedish
Research Council, the Swedish Cancer Society, the Crafoord foundation and the
Lund University Hospital Donation Funds.

©Anna Scherman Rydhog

Faculty of Science, Department of Medical Radiation Physics

ISBN 978-91-7753-481-5 (print)
ISBN 978-91-7753-481-5 (pdf)

Printed in Sweden by Media-Tryck, Lund University
Lund 2017

44001 ‘,‘\\AOMM,‘)
™ Vi’,l, t I
Intertek 341908




“I cannot be right all the time. Quite often I is left instead of right.”
— Roald Dahl, The BFG






Table of Contents

SUITIMIATY woieiiiiiiiiiiiie ettt et st b sneeemne e s e e sanees 11
Populirvetenskaplig sammanfattning ..........ccoeeveeieinininieniiiiineneeeeeeeene 13
List of original Papers.......cc.ccveiiiriiriiiiiiiieeiceetececee e 15
List of contributions .........cccoevieeiiiiiiiiniiniiiieee e 16
ADBDIEVIATIONS ...ttt 17
L INTrOdUCHON. c..eiiiiiicicictece e 19
1.1 AINIS coiiieiiie ettt s s e 20

2. Diffusion MRI.....cc.cciiiiiiiiiiiiiiceeeeee e 21
2.1 Diftusion Encoding Using MRI......c..cccooviiiniiiiiiinininiiiicineceee, 21

2.2 Restricted and Hindered Diffusion .........cccocevveieiiiininiiniininincice 24

2.2.1 Using g-space for Measurements of Restricted Diffusion ............. 25

2.3 Isotropic and Anisotropic Diffusion........ccoceevevieiiiinininciiniinincice 27

2.4 Tensor Representation of Diffusion ........cccceeveeieiiiininiincinnninice 28

2.5 Free Water and the Two-Compartment Diffusion Signal Model.............. 29

3. Perfusion MRI and IVIM ......ccccoiiiniiiniiiiicinicictceec et 33
3.1 Cerebral Haemodynamics and Microvasculature .........cccceceevenenenneenncnne. 34

3.2 Intravoxel Incoherent Motion (IVIM) ..cccuviiiiiiiiiiiiieeeeeeeeeeeeee e 35

3.2.1 Background and Principles........ccccoveviiiiiininininiiiiiiiiece, 37

3.2.2 Validation of the IVIM Method in the Brain........c.cccccoeeinne. 38

3.2.3 The Link to Classical Perfusion..........ccccceeirininiiinviniinincnnenne. 40

3.2.4 The Three-Compartment IVIM/Free Water Model..................... 40

3.2.5 The Extended IVIM Model: Relaxation Compensation................ 43

4. Concluding Remarks and Future ASpects..........cceceviviivieieininenieiieinecesieeeen, 47
Acknowled@ements .........ccueuiiiiiiiiiiiiii s 49
REFEIENECES ...ttt 51



10



Summary

Diffusion and perfusion MRI are valuable methods for investigating the
microstructure and viability of tissue. One pure diffusion study was included in this
thesis, with the purpose of studying microstructure and carrying out size estimations
with the g-space diffusion imaging method. This is a method that has predominantly
been explored with NMR spectrometers. In our study, a biological phantom
consisting of asparagus stems was investigated using a clinical MRI unit to gain
further knowledge about the g-space methodology in a setting where gradient
performance is limited. Even though the g-space method showed limited possibilities,
retrieval of some structural information was shown to be feasible.

In the remaining three doctoral thesis projects, the intravoxel incoherent motion
(IVIM) imaging concept was explored, allowing for extraction of combined diffusion
and perfusion information from a given dataset. IVIM imaging is a non-invasive
technique for acquiring diffusivity as well as microvascular and perfusion-related
parameters using a diffusion-weighted pulse sequence. The model used in this
technique is often limited because no relaxation properties are incorporated, and also
because the signal component from blood is contaminated by cerebrospinal fluid/free
water.

One study was dedicated to exploring the IVIM parameters at different field
strengths and the influence of relaxation and signal-to-noise ratio (SNR) was
observed. Although the repeatability was generally better at higher magnetic field
strength, it was shown that the relaxation properties and an unexpectedly low SNR at
high field strengths resulted in erroneous blood volume estimates. The model
commonly used for IVIM data analysis was then modified to compensate for
relaxation effects, based on literature values. When this correction was performed,
results from the lower field strengths showed lower discrepancy from expected values,
while the results from higher field strength were still erroneous, likely due to
physiological noise.

In a following project, relaxation times were actually measured during the data
collection, and incorporated to compensate for relaxation and improve the fitting
procedure. The model was also upgraded to a three-compartment model to better
describe the underlying tissue by including the cerebrospinal fluid component.
Compared to a non-relaxation-compensated model, the three-compartment model
with relaxation-compensated data modified the obtained results and reduced the CSF
contamination.
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The last IVIM project also included a three-compartment model, but in this case
the purpose of the third compartment was to improve the quantification of the
fraction of free water. The free water fraction has been established as a source of
clinically useful image contrast, pointing at pathologies that affect the extracellular
space, for example, atrophy and neuroinflammation. With our model, the bias from
microcirculation was reduced in the free water estimate. A model where extracellular
and microvascular effects can be separated might enable new diagnostic possibilities.
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Populirvetenskaplig sammanfattning

Blodet bir med sig syre och niringsimnen som ir vitala f6r vivnadens overlevnad,
och dirfér ir karakterisering av hjirnans blodforsorjning av stor betydelse. Blodflédet
i kapillirerna kallas f6r perfusion. Vid MRI-baserad perfusionsmitning i hjirnan
utnyttjas ofta signalforindringar orsakade av ett sparimne i blodet. Sparimnet kan
antingen skapas internt genom mirkning av det arteriella inflédet av blod eller
tillféras utifrin via intravends injektion av ett kontrastmedel. Mitning av
signalforindringar nir blod med kontrastmedel passerar vivnaden brukar benimnas
dynamisk kontrastférstirke bildtagning. Kontrastmedelsanvindning kan dock vara
problematisk under vissa forhallanden, och forskning tyder pé att konventionella MR-
kontrastmedel kan stanna kvar linge i vissa vivnader. Det aktuella avhandlingsarbetet
fokuserar dirfor frimst pa utveckling och utvirdering av helt icke-invasiva metoder
for bedémning av mikrocirkulation, samt dven i viss man kvantifiering av
mikrostrukturer.

MRI-baserade diffusionsmitningar bygger pd mitning av den signalattenuering
som sker nir vattenmolekyler ror sig slumpmissigt i vdvnaden, i nirvaro av en
magnetfiltsgradient, och metoden anvinds framfér allt for karakterisering av
nervbanornas integritet samt vivnadens mikrostruktur. Vi har anvint en
diffusionsteknik, s.k. g-space-analys, for att mita storleken pa fibrer i ett biologiskt
fantom med en klinisk MR-kamera, som ett steg mot att forstd metoden bittre i
denna milj6, d4 metoden tidigare framfor allt anvints i NMR-spektrometrar dir
hardvaran har hogre prestanda.

Med s.k. "intravoxel incoherent motion (IVIM) imaging" miter man effekter av
bade diffusion och perfusion i vivnaden, och man kan ocksd separera dessa effekter.
Detta dr en skonsam och icke-invasiv metod som varken utnyttjar joniserande
strdlning eller kontrastmedel. I véra studier har IVIM-metoden utvirderats pa MR-
kameror med olika filtstyrkor, och modellen som anvinds fo6r att berikna
perfusionsrelaterade parametrar har utvecklats for att kunna anpassas till hjdrnans
olika vivnadstyper och vattenpopulationer pa ett mer komplett sitt. I véra studier har
vi dragit slutsatsen att IVIM ir en teknik som kriver mycket optimering, bade vid val
av. MR-maskinvara,  bildtagningsparametrar,  bildbehandling, modell och
analysmetod. Trots detta kan metoden anvindas pd olika sitt, och ge intressanta
resultat.
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1. Introduction

Brain research has progressed considerably in the last decades, partly due to the
introduction and development of new imaging techniques that allow in vivo
visualization and quantification of brain architecture and function. The research
described in this thesis focuses on two such methods, i.e. perfusion MRI and
diffusion MRI (dMRI).

Perfusion MRI aims to provide insights into the transport of blood in the
microvasculature. Blood carries oxygen and nutrients vital for tissue survival, and
characterization of the brain's supply of blood is thus crucial. In a typical perfusion
measurement, observed dynamic signal changes caused by contrast enhancement in
the blood are analysed. The administered contrast agent may, however, be
problematic in certain circumstances, especially for patients with insufficient renal
function because they have an increased risk of developing nephrogenic systemic
fibrosis (1), a debilitating disease. It has also quite recently been shown that
gadolinium-based contrast agents, normally used in MRI, are deposited and retained
in tissue (2-6). Also in paediatrics, and in cases where subsequent measurements are
needed, a non-invasive method without the use of contrast agents is of significant
clinical value.

Diffusion MRI is an imaging technique sensitive to the thermal micro-
displacement of water molecules. It is the time scale of the experiment that dictates
the length scale of the observed water diffusion, and typically this time, the diffusion
time (7p), is about 40-60 ms. This implies that without flow water molecules can
move up to approximate distance of 10-20 um during the experiment, according to
Einstein’s diffusion equation (7). Since this distance is in the order of cellular
structure sizes (8), it has been suggested that dMRI measures are affected by these
structures and can therefore be used to study them. If 7} is shortened, the interaction
between the water molecule and the surrounding structures is reduced. Changing 7
is thus a tool for gaining insight into the barriers present in the neuronal tissue and
the separation between them.

The pseudo-random movement of blood in the capillary system may practically
appear like random motion pattern of diffusing water and is therefore also picked up
in the measured signal from a diffusion experiment. In MRI, the image elements
represent voxels, i.e. 3D volume elements containing the measurable information in
each position. Hence, the signal originating from a voxel where both blood perfusion
and extravascular water diffusion exist contains information about both these
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compartments. The method in which information from each of these compartments
is separately quantified is commonly referred to as intravoxel incoherent motion
(IVIM) imaging (9). This is an appealing concept, especially due to its non-
invasiveness in quantifying perfusion-related parameters and the ability to provide
combined information about diffusion and perfusion, which is of potential usefulness,
for example, in ischemic stroke assessment (10-13). IVIM imaging is a method that
has been subject to some debate, but it has nevertheless regained increasing interest
during recent years, due to, for example, a general increase in image signal-to-noise
ratio (SNR) and improved tools for data analysis.

In reality, a voxel contains more than two compartments, and free water is one that
may contribute significantly to the IVIM signal. Free water is defined as water
molecules that do not experience coherent flow and are not restricted or hindered by
their surroundings during a typical diffusion time (14). In many cases, the free water
is a confounding factor, which generates a signal component that should be
eliminated since it contaminates the diffusion result representing tissue or blood. This
free water contamination can be removed by incorporating it in the model describing
the diffusion signal (15). However, it should also be noted that the free water is a
parameter that can be used in the diagnosis of diseases linked to, for example,
inflammation and atrophy (16-21).

1.1 Aims

The primary aims of the studies reported in this thesis were:

Paper I: To find a suitable biological phantom for studying the effects of varying
Tp on restricted diffusion with a clinical scanner, using a g-space imaging technique
in which the full width at half maximum (FWHM) of the displacement distribution
was measured.

Paper II: To study how the IVIM method performs at different magnetic field
strengths (1.5, 3 and 7 T), with focus on quantification of cerebral blood volume
(CBV) and how SNR and relaxation properties affect the results at the different field
strengths.

Paper III: To study the value of an extended IVIM model, ie. a three-
compartment model where signal components from diffusion, perfusion and CSF are
included and where relaxation effects are incorporated to better distinguish between
these compartments.

Paper IV: To study the effect of the blood component on the estimation of free
water, and to remove this bias by separating the three different signal components
arising from tissue, blood and free water. The study was performed using simulated
and experimental data from a typical diffusion experiment and from an acquisition
with a more comprehensive gradient scheme.

20



2. Diffusion MRI

When molecules are in a state where the chemical potential gradient is zero, they still
move due to random thermal collisions with neighbouring molecules. The
phenomenon is called self-diffusion or Brownian motion, and the net displacement
caused by this motion depends on the inherent energy (dependent on temperature)
and on the viscosity of the medium (22). Einstein connected Brownian motion to
Fick's laws of diffusion (7), which explain the movement of particles from a region of
high concentration to a region of low concentration, by explaining how the
displacement of molecules can be quantified by the diffusion coefficient (D). As it
turns out, these small displacements described by D (in units of length squared per
unit time) can be quantified using motion-induced alterations in the detected MR
signal.

The static magnetic field is never truly homogeneous, due to, for example,
imperfections of the magnet, or due to local variations of magnetic susceptibility in
the imaged object, warping the magnetic field lines. As a result, the Larmor frequency
varies slightly across locations, yielding more rapid transverse relaxation than what is
expected from the inherent T2 of the object. The spin echo sequence was introduced
by Hahn in order to compensate for static magnetic field inhomogeneities (23). Hahn
added a 180° RF pulse to a basic MR experiment, thereby cancelling the dephasing
that was caused by static field inhomogeneities. Hahn also predicted that some of the
dephasing would not be compensated, i.e. signal attenuation due to random processes
such as spin-spin interactions (T2 relaxation) and small-scale random spin motion in
the magnetic field gradient. By isolating this random spin motion, the self-diffusion
process itself can be measured (24). Many years later, diffusion imaging has become
an important diagnostic tool, especially following the discovery that diffusion-
weighted images could depict ischaemic stroke lesions already within the first minutes
of infarction onset (25), which T2-weighted images were unable to show (26).

2.1 Diffusion Encoding Using MRI

Stejskal and Tanner were the first to estimate the diffusion coefficient from an NMR
experiment (27, 28), and they used a pulsed gradient spin echo (PGSE) sequence
(Figure 1a) that activates a magnetic field gradient during a spin echo experiment,
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creating a known magnetic field inhomogeneity. With this modified T2-weighted
sequence, molecular displacement can be detected by using one 90° RF pulse followed
by two balanced gradient pulses separated by a 180° RF refocusing pulse. The first
gradient pulse introduces a phase shift to encode the spatial starting positions of the
spins. After a diffusion time, 7, the second gradient is applied which refocuses the
phase evolution. Spin displacements occurring during the diffusion time will not be
fully refocused, and the incoherent motion pattern of the spin population results in a
phase dispersion remaining at the echo time (TE). This causes an additional signal
attenuation directly linked to the net molecular displacement during 7p. For a
Gaussian distributed displacement, this signal attenuation will be dependent on the
diffusion coefficient, D, of the water molecules, as

S/S, = e(-(rg8)*(4=6/3)D) = o=bD 2.1)

where § is the diffusion-weighted signal amplitude, Sy is the non-diffusion-weighed
signal, y is the gyromagnetic constant, g is the amplitude of the applied gradient,
activated for the duration d, and 4 is the separation in time between the starting
points of the two gradients.

To measure the diffusion coefficient, one would normally run a series of
experiments where either the duration or the amplitude of the gradients is
incremented from one experiment to another. The expression (4-6/3) is the effective
diffusion time 7, and, as mentioned above, this is the time period during which the
spin movements are measured. The product (y g 9)* (4-6/3) is known as the b-value.
In PGSE experiments, this 4-value, together with the direction of the diffusion
encoding, are the tuneable parameters. Equation 2.1 shows that the measured signal
attenuation is more pronounced when large 4 values are used and when diffusion is
high.

Interestingly, the mean square displacement can be calculated from D, using
Einstein’s expression for the mean squared molecular displacement, <x*>:

< x?>=2DT), (2.2)

The root of <x”> then represents the average molecular displacement and, as can be
seen from Equation 2.2, it increases linearly with the square root of 7p. This equation
only works for free diffusion, i.e. diffusion displacements following a Gaussian
distribution. Using this relationship it is found that 68 % of water molecules, moving
without encountering any boundaries, have been displaced within a distance of 17
pm in 50 ms, if body temperature is assumed (29).

Another pulse sequence used for diffusion MRI is the stimulated echo acquisition
mode (STEAM) sequence, in which the 180° pulse used in PGSE is replaced by two
90° pulses (Figure 1b). In the PGSE sequence, the signal decays with T2 during the
echo time, while in the STEAM sequence the signal decays at the rate of T1 during

22



the so called mixing time (TM), i.e. the time which determines the diffusion time in a
STEAM sequence. This mixing time is defined as the time between the two STEAM-
specific 90° pulses. The STEAM sequence stores the magnetization along the
longitudinal axis, thus reducing the effective T2 relaxation which allows for longer
diffusion times to be used. Hence, this sequence is particularly advantageous in
comparison with the PGSE when diffusion times are long in comparison with T2,

and T1>>T2.

TE/2 TE/2
90° A/ 180° {
[ |
A A .
a) |
g g
time
6 )
TE/2 ™ TE/2
90° 1 90° 1 90° 1
[ |
A :
g g
time
) )

Figure 1. a) The pulsed gradient spin echo (PGSE) pulse sequence. b) The stimulated echo acquisition mode
(STEAM) squence utilizing three 90° RF pulses, used in the experiments for Paper |. The black blocks symbolize the
diffusion-encoding gradients, and the grey blocks symbolize the gradients used for eddy current compensation and
spoiling of unwanted signal contributions from the second RF pulse. Gradient duration (&), amplitude (g) and duration
(4) are marked out, as well as the mixing time (TM) and the TE/2 times. The dashed line indicates the time in which
the signal echo is detected.

Although long diffusion times can be obtained with the STEAM sequence, a
disadvantage is that half of the signal is lost when the net magnetization is placed
along the longitudinal axis. Another disadvantage of the STEAM sequence is that
additional gradients, such as slice-selective or crusher gradients placed around the 90°
RF pulses, may contribute to the diffusion weighting and therefore introduce a shift
in the diffusion-encoding direction (30). However, this can be compensated for by
adjusting the directional scheme (31).
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In g-space imaging the signal attenuation is expressed in terms of the wave vector ¢
instead of b, where ¢ = (271)_1y5g. The signal decay of a diffusion weighted image
(DW1I), S(q), can be modelled as (32):

S(q) = [ P(r|A)e?™ dr (2.3)

P is the probability density function (PDF) for a molecule to show a displacement r
following the diffusion time A and assuming a homogeneous water molecule
concentration across the voxel. In the dMRI experiment, each water molecule acts as
a probe of its immediate surroundings since its displacement is affected by the
microstructural geometry of the medium. The DWI signal is the weighted sum of the
effects of all displacements and reflects the mean displacement in the entire voxel.
The PDF, P, however, reflects all of the various displacements. It is therefore the
shape of P that connects the measurement signal, molecule displacements and the
entire geometry, i.e. parameterizing or explicitly extracting P is an important task in
the analysis of diffusion images.

2.2 Restricted and Hindered Diffusion

The effect of the molecular movement on the resulting MR signal depends on the
underlying structure of the studied material. Water molecules are present at a
relatively constant concentration in all types of brain tissue. Yet the architectural
differences between each region imply that the water molecules are hindered by
different geometrical constraints, and this affects the signal obtained from dMRI.
These obstacles might be fibres, cell membranes or macromolecules, and there may
also be locations where the water molecules are confined by electrical charges in
proteins or in the surface of the cell membrane. When water molecules are restricted
or hindered by such obstacles, the diffusion can no longer be described by the
Gaussian distribution according to Einstein's equation.

Because of these inhomogeneities in biological materials, such as in tissue, diffusion
is often characterized by what is known as the apparent diffusion coefficient (ADC).
The ADC was originally introduced to account for all types of incoherent motions,
including microvascular perfusion in the capillary bed (33), and is thus a parameter
that is generally intended for homogenous tissue where it is likely to constitute a fair
estimate of the mean diffusion.

The effects of non-Gaussian displacements on the measured signal, and how they
should be modelled, are not yet fully understood (34), but restriction can be defined
by the dimensionless variable {"as

{ =DTp/R?, (2.4)
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assuming that the particles under investigation are confined to a sphere of radius R
(35). In a medium where there are reflecting boundaries, the diffusion time, Tp, thus
becomes very important, and one way to study restriction is by looking at differences
in the obtained signal when 7p is changed. For a small 7} or a large R, the studied
molecules will appear free. As T increases, or R decreases, { approaches one, and in
cases where the molecules have bounced several times, they will appear restricted.

The centre of mass (COM) of the distance travelled by a water molecule depends
on how many times it has bounced against the barriers. The molecules will not have
time to move when 7} is infinitesimally short ({ <<1), but as 7p increases, the COM
will move towards the centre of the confinement (36). To perform accurate g-space
imaging of restricted diffusion, 7p must be long enough to allow the molecules to
diffuse across the whole constrained volume. This is often referred to as the long
diffusion time limit.

Water molecules in biological materials are thus often considered to be hindered
instead of restricted, which means that the particles appear as if they resided in a more
viscous substance. The reason may be cell membranes, axon fibres, or other obstacles,
which constrain the water molecule movement and preclude truly free diffusion.

2.2.1 Using g-space for Measurements of Restricted Diffusion

The g-space MR imaging concept has the advantage of providing information about
the microstructure without invoking assumed models of the system. Instead,
quantification of the diffusion displacement is accomplished through the Fourier
relation between P and the signal decay measured with multiple gradient strengths
(Equation 2.3). The g-space approach was developed to measure structure sizes (37)
and originally used for studies of porous material in NMR scanners (32, 38, 39). The
g-space imaging concept was later introduced in a clinical setting (40) and has been
shown to provide metrics of suggested value in studies of dementia (41), Parkinson’s
disease, multiple sclerosis (42) and autism (43). Axonal diameter is here an interesting
target, since it is proposed to be related to the conduction speed of action potentials
between the neurons (44, 45).

In the study reported in Paper I, we brought this type of measurement to a clinical
scanner, by utilizing a biological phantom for structural g-space studies. We used
asparagus (Asparagus officinalis), which has a structure consisting of aligned vascular
capillaries in the stem, known to generate anisotropic diffusion (46). The purpose of
the study was to investigate the possibility of absolute quantification of the fibre
dimensions in this phantom, using the full width at half maximum (FWHM) of the
diffusion propagator.

The FWHM of the diffusion propagator is one of the parameters that can be
obtained from the g-space analysis and it is related to the average displacement of the
diffusing molecules. FWHM is thus a parameter used for determining structural sizes
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much smaller than what can be resolved by conventional MR imaging. Other ways to
quantify aspects of the displacement distribution are through the height of the
distribution, the probability of zero displacement, P(0), or the full width at tenth
maximum (FWTM). Structural sizes have previously also been estimated from g¢-
space dMRI using the initial slope approach (47) and the diffractogram method (48).
Both of these methods suffer from problems when the studied system consists of a
distribution of compartment sizes and when the system is complex, for example,
when membranes or compartment surfaces are not parallel (47, 49). Hence, these
types of measurements are not readily feasible in clinical practice.

The sizes of the asparagus capillaries, measured with microscopy (Zeiss WL
research microscope), are distributed between 4 and 50 pm, with a mean diameter of
20 pum. This value is similar to the larger diameter sizes of white matter axons in the
human brain, which typically are between 0.2 and 20 pm (8). The FWHM measured
perpendicular to the asparagus capillaries increased as 7p was protracted. At a 7p of
approximately 100 ms, the FWHM converged to a constant value when the long
diffusion time limit was approached. Parallel to the capillaries, a linear increase of the
FWHM was observed, although not at the same rate as for free water. Diffusion in
this direction could thus be considered as hindered.

0.0mm

0.5mm

Figure 2. To the left is a microscopy image of the asparagus along the fibres, and to the right is a microscopy image
across the fibre structure. Measurements in the microscopy images indicated that the vascular bundles of the
capillaries consisted of diameters between approximately 4 um and 50 um, with a mean diameter of 20 um.

The gradient pulse length J is important to consider in displacement measurements
with the g-space method. If 6 is too long, the movement of the water molecules
during the pulse cannot be neglected, which results in errors when using Equation
2.3, and the measured FWHM will no longer be correct. To avoid this, the short
gradient pulse (SGP) approximation must be fulfilled. The SGP approximation
requires that 0>>4%/D, where 4 is the size of the confinement (50). This condition is
possible to fulfil in the NMR environment, where the gradient amplitudes are high,
whereas it has to be violated in clinical MRI scanners in order to reach high enough
g-values, i.e. providing sufficient resolution to resolve axonal sizes.

In our study (Paper I), the SGP condition was examined by increasing J from 24
to 74 ms, which led to the observation of a statistically significant reduction in
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FWHM from 19 to 16 um. The study provided evidence of restricted diffusion in the
asparagus, with a constant FWHM observed as 7p increased, and a reduced FWHM
as 0 increased. It also showed that this type of size estimation was possible with a
clinical MRI scanner. However, when the SGP condition is violated, estimated
compartment sizes will be underestimated. To overcome this problem it may be
possible to use a mathematical framework which has been developed to enable
accurate estimates of compartment dimensions even when the SGP is not fulfilled
(51).

The g-space method has, at this point, not become a widespread clinical tool for
measurement of axon diameters. Among the reasons are difficulties reaching
sufficiently high resolution with clinical MRI units (52), e.g. sufficiently strong
gradient strengths and high slew rates (53). Also, the SNR penalty associated with
high g-values limits the image resolution with this technique (54). Furthermore, it is a
method which requires long scan times (54). Methods such as AxCaliber (55) and
ActiveAx (56) have gained more interest during recent years. AxCaliber is a method to
measure mean axon diameters using one fixed gradient direction and multiple
diffusion times and gradient strengths in a PGSE sequence. The model has
components describing restricted diffusion, hindered diffusion, and free diffusion,
and each compartment has its own diffusion coefficient, size, volume fraction,
membrane permeability, and relaxation times. ActiveAx is an extended and optimized
version of the methods used in AxCaliber. With ActiveAx one can determine the
accuracy and precision of the axon diameter estimation. Also, the use of oscillating
gradient spin-echo (OGSE) sequences in diffusion spectroscopy allows for very short
diffusion times to distinguish small diameter sizes without the need for extreme
gradient strength. OGSE together with the PGSE methods is also a promising tool to
study a variety of axon sizes (57-59).

2.3 Isotropic and Anisotropic Diffusion

The consequence of the MR diffusion-encoding process is that diffusion is only
measured along the direction of the applied field gradient, even though diffusion is a
three-dimensional process. The operator can control the diffusion encoding by
varying the direction and amplitude of the field gradient applied. In biological
materials, the diffusion constant describing the movement of the water molecules
usually varies with the direction, due to directionally varying hindrances and
restrictions. This causes a microscopically heterogeneous environment in which the
diffusion is directionally dependent, i.e. the diffusion is anisotropic. Anisotropy in
biological materials was observed as early as in the 1970s (60, 61), but this feature was
not studied iz vivo until in the late 1980s (26, 62). In white matter, the anisotropy
arises mainly from the organization of myelinated axonal fibres in bundles, where the
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diffusion along the fibres is higher than in the perpendicular direction. In the study
described in Paper I, an asparagus phantom, where water moved predominantly along
the fibres rather than perpendicular to them, was employed to characterize fibre
diameters using q-space diffusion MRI.

When the motion is independent of the direction, the diffusion is said to be
isotropic. The isotropy either arises from isotropically restricted diffusion, or from
free diffusion when no obstacles affect the movement of the water molecule. Nearly
isotropic diffusion can be found in cerebrospinal fluid (CSF) and in oedema (63).

2.4 Tensor Representation of Diffusion

The most common method for deducing the geometry of the tissue from water
displacement is diffusion tensor imaging (DTI). In DTI, which models displacements
in multiple directions using a diffusion tensor (64), the diffusion is described by a 3x3
symmetric matrix (tensor) of diffusion coefficients, instead of a single coefficient. The
geometry of the underlying tissue structure is inferred from the DTI indices, which
are tensor invariants based on the spectral decomposition of the tensor (65).

The Gaussian diffusion model used by Stejskal and Tanner was generalized by
Basser et al. (64), to a model where the PDF is regulated by a three-dimensional
diffusion process. Instead of the relation presented in Equation 2.1, the solution to
this tensor representation of the diffusion becomes:

S(qx)/S(0) = e~bakPar (2.4)

where g, is the k:th applied diffusion gradient direction. The diffusion tensor has a
spectral decomposition described as

D= Zg:lﬂaua(ua)’r (2.5)

for three eigenvectors U, and three positive eigenvalues A, This spectral
decomposition provides a diffusion ellipsoid representation with the radii oriented
along the eigenvectors, and with the respective lengths described by the corresponding
eigenvalues (64, 66). Diffusivity along the principal direction, 4;, is often called axial
diffusivity (AD) and the diffusivities along the shorter axes are usually averaged, (4. +
43)12, to generate the radial diffusivity (RD). The advantage of using the diffusion
tensor model instead of the average diffusion coefficient is that it can account for
anisotropic diffusion, where the ADC depends on the measurement direction. In
addition, the tensor’s geometric representation can more easily be related to tissue
structures. In Paper IV, a tensor model was used to describe the tissue diffusion in the
three-compartment IVIM model describing tissue, blood and free water.
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Differences in the geometries of white and grey matter correspond to different
shapes inferred by the tensor’s spectral decomposition. It was experimentally shown
that diffusion in voxels containing homogeneous white matter is best fitted with
cigar-shaped ellipsoids (A; > A2 = 45) (67), which imply the tubular shape of the
axons. Other normal intracranial compartments, i.e. grey matter and CSF, are best
fitted with isotropic, sphere-shaped tensors (67).

The mean diffusivity (MD) is a feature that can provide a meaningful contrast
mechanism for identifying changes in bulk diffusivity, such as an increase in tissue
water content. It is calculated as

MD = mean(A) = Trace (D)/3, (2.6)

where the trace equals (Dy+D)y+ D) (68).
Another unique feature of the tensor model is the fractional anisotropy (FA) (67).
It is the normalized variance of the eigenvalues, i.e.

— 2 _ 2 — 2
FA = \/3((/11 MD)2+(A,—MD)2+(A3—MD)2) 2.7)

2(22+23+22)

FA can take values between 0 and 1, where in GM and CSF the FA is low, and in
WM it is high.

In Paper I, we reported the use of FWHM-based tensors, i.e., we used FWHM
instead of D to construct tensors describing the anisotropy in the asparagus phantom.
This FWHM tensor analysis yielded more accurate results compared to direct
measurements in the three orthogonal directions.

2.5 Free Water and the Two-Compartment Diffusion
Signal Model

Free water is defined as water molecules that are not restricted or hindered by their
surroundings and do not experience coherent flow. In the human brain, free water is
found as CSF confined to the ventricles and around the brain parenchyma. It may
also accumulate in the form of vasogenic oedema within the brain parenchyma in the
extracellular space, caused by processes such as tumours, cerebral abscesses, brain
trauma, or haemorrhage that cause ruptures in the blood brain barrier (26, 69, 70).
Free water can be identified by DTTI since it shows isotropic diffusion with an ADC
of about 3 x 10° mm?*/s at 37 C, approximately 3-4 times higher than the typical
ADC values of the brain parenchyma (65).
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Free water has been known to cause partial volume contamination in voxels shared
by CSF and brain tissue, i.e. on the outlines of the ventricles and close to the
peripheral borders of the brain parenchyma (14, 16, 71, 72). As a result, CSF-
contaminated voxels typically show increased ADC estimates. A white matter voxel
contaminated by free water will most likely be fitted with a relatively isotropic
diffusion tensor, which disqualifies it from being interpreted as white matter. CSF
contamination has been shown to affect the delineation of fibres that pass near the
ventricles, such as the fornix, the cingulum, and parts of the corpus callosum (72-74),
and to be a limitation in voxel-based and histogram analysis comparisons of DTI-
related quantities (75). Oedema has a similar effect as CSF contamination, although
its location and spread depend on the localization of the pathology that caused it. In
addition, oedema usually infiltrates brain tissue, contaminating large areas with partial
volume effects that make the infiltrated tissue challenging to identify and
tractography analysis unfeasible (76, 77).

One proposed method for eliminating CSF contamination is to use a fluid-
attenuated inversion recovery diffusion weighted imaging (FLAIR-DWI) sequence,
which suppresses the CSF signal (72-74). However, FLAIR-DWI has several
drawbacks: it usually does not correct for oedema contamination (due to different
T1-relaxation times of CSF and oedema), it suffers from low SNR, it increases the
scan time, it increases the specific absorption rate (SAR), and it does not allow cardiac
gating required to prevent artefacts due to pulsation and misalignment (74, 78).
Instead, a model-based approach has been introduced for eliminating CSF
contamination from conventional diffusion images (15), using a bi-tensor model that
has two compartments, i.e. one free water compartment, with the fractional volume,
fu» characterized by isotropic tensor with diffusivity of free water, D,, and one tissue
compartment, with the fractional volume (1-£,), modelled by a diffusion tensor D, as

Si = So|fu - €W + (1= £,,) - e~bigiPesi], 2.8)

where no exchange between the compartments is presumed (14, 79, 80). From D,
and its eigenvalues, free-water-corrected values of RD and AD as well as the FA can
be calculated. Since vasogenic oedema has diffusion properties similar to free water
and causes similar partial volume effects as CSF contamination, it was suggested that
minimizing CSF contamination in this way might also reduce the effect of oedema on
the signal attenuation.

The bi-tensor model introduced fitting problems, which has been solved by
increasing the number of measurements and b-values, at the cost of increased scan
time (15). Pasternak et al. used an alternative approach for the free water elimination
instead, by applying a regularization framework and simultaneously obtaining a voxel-
wise map of the amount of free water which was shown to have clinical value (14,
81). Compartmental models are also used to eliminate CSF contamination in other
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diffusion methods such as NODDI (82), AxCaliber (83) and diffusion basis spectrum
imaging (84).

The free water signal fraction (f,), obtained from these models, is the relative signal
contribution of free water in each voxel. Interestingly, it has been shown that contrast
based on free water provides meaningful clinical information, because it allows
monitoring of extracellular changes, associated with neuroinflammation and/or
atrophy in, for example, normal aging (16), traumatic brain injuries (21),
schizophrenia (17, 18), Parkinson’s disease (20), mild cognitive impairment and
Alzheimer’s disease (19, 85, 86).

The bi-tensor model for diffusion is a good approximation in many brain regions,
because it is able to correct for most extracellular water effects on estimated DTI
parameters (17, 87). However, it has also been shown that f, is overestimated in some
areas, for example, the fornix (17, 19, 20), and one reason for this might be the
contribution from perfusion, which is another fast component that causes attenuation
of the measured signal. Even though only a small fraction of blood perfusion is
expected in brain tissue (a few percents), our simulations have shown that it may
cause a significant overestimation of the f, parameter (Paper IV), as seen in Figure 3.

In both Paper IIT and Paper IV, we explore approaches to the finding that both free
water/CSF and perfusion, in addition to the tissue diffusion, can cause signal
attenuation in a diffusion experiment.
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Figure 3. Simulation results showing the bias in the estimated free water fraction, f,, and diffusion coefficients (AD and
RD) when the blood fraction, f,, was changed from 0 to 10% (from Fig 1a in Paper IV). This figure illustrates the large
effect of capillary blood flow on the f,, estimation, even though the contribution from blood is very small.
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One common method to overcome this contribution from the blood pool is to
remove data known to be affected by this component, i.e. the low 4-value data (88).
However, the 4=0 acquisition is often included in the analysis because it increases the
contrast between high and low b-value signals, and the problem with this approach is
that the signal at 4=0 is influenced by all water pools, including the perfusion effect.
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3. Perfusion MRI and IVIM

Perfusion imaging using MRI includes methods used for evaluation of tissue
properties related to the microcirculation and the microvasculature. The tissue
perfusion is crucial to ensure a sufficient supply of nutrients to the constituent cells,
removal of metabolic by-products and maintenance of a constant tissue temperature.
The calculated parameters are often visualized in terms of relative regional differences,
but perfusion MRI can also be used to retrieve quantitative absolute measures. Since
the vasculature adjusts the perfusion in order to meet the metabolic demand of the
tissue, perfusion imaging can provide indirect measures of tissue metabolic activity
(89).

Methods using gadolinium complexes as exogenous tracers are generally robust,
and constitute the most widely used clinical MRI techniques for perfusion assessment.
In these methods, the presence of the contrast medium causes a relaxation-induced
change in signal intensity during dynamic imaging. Dynamic contrast-enhanced
(DCE) MRI (90) and dynamic susceptibility contrast (DSC) MRI (91) are
gadolinium-based methods which can produce estimates of perfusion, perfusion-
related parameters and transcapillary permeability, but with the disadvantage of
requiring a correct estimate of the arterial input function (AIF), which is often
difficult to extract.

Endogenous tracer methods use the blood water itself as a tracer. Arterial spin
labelling (ASL) is one such method where the longitudinal magnetization of blood
water in a tissue-feeding artery is inverted or saturated (referred to as labelling), and
the signal intensity is then reduced when the target tissue of interest is subsequently
imaged (92, 93). The signal change caused by the inflowing labelled blood is very
small, and therefore an image subtraction between data with and without labelling,
often in combination with signal averaging, is needed to enhance the contrast-to-
noise ratio. This subtraction also effectively removes the signal from static tissue,
yielding a relative perfusion image.

Ideally, the absolute blood flow per unit of tissue mass should be estimated for each
voxel (in millilitres of blood per minute per 100 grams of tissue). That would allow
for identification of small perturbations of the blood flow in absolute terms, as well as
relating the perfusion to vital threshold levels. But absolute quantification is difficult
to achieve with both exogenous and endogenous tracers since many factors have to be
taken into account for correct modelling of the signal. Although there are perfusion
parameters that have been proposed for descriptive-only characterization of the
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contrast-agent-induced signal change, such as area under the curve and time to peak
signal enhancement, they depend on arterial input, capillary transit times, sequence
type and calibration methods and they also tend to vary between study centres (94).
The advantage of MR perfusion techniques are their low degree of invasiveness with
no need for exposure from ionizing radiation, and their ability to yield estimation of
tissue perfusion relatively quickly with good spatial resolution and in immediate
connection with high-quality morphological imaging (95).

IVIM imaging is an alternative method for estimation of microvascular parameters
without the need for contrast agent injection (9, 96). IVIM contrast is based only on
motion encoding and read-out in the same volume, and is therefore independent of
the path the blood has taken to reach the region of interest. This can be advantageous
in cases where blood flow is slow, for example, in stroke or severe carotid artery
stenosis, where blood supply is conserved by collaterals. Also, since the IVIM method
is based on a completely different methodology than the other perfusion methods, it
might provide supplementary information.

3.1 Cerebral Haemodynamics and Microvasculature

Perfusion is a term describing the passage of blood through the microvascular
network and the supply of blood to an element of tissue. The vascular compartment
contains the blood that mainly consists of plasma, red blood cells, white blood cells
and platelets. The extravascular compartment consists of tissue cells and extracellular
space. Blood delivers oxygen, nutrients and other circulatory agents to the tissue, and
removes carbon dioxide and other waste products from it. Blood flows in the vascular
tree from the large arteries into smaller and smaller vessels, finally to the arterioles and
into the capillaries. Oxygen, nutrients and other circulatory agents are delivered at the
interface between the capillaries and the tissue. Removal of carbon dioxide and other
waste products also starts here, and then continues through the venules and the veins.

MRI-based perfusion measurement in the brain, assuming an intravascular tracer as
in DSC-MRI, enables quantification of three main parameters, i.e. cerebral blood
volume (CBV), cerebral blood flow (CBF) and mean transit time (MTT). The
relationship between these parameters is defined through the central volume theorem,
ie.:

CBV = CBF - MTT 3.1)
CBV is defined as the volume of blood per unit mass of tissue and CBF refers to the
total volume of blood flow (volume per time) in the capillaries per unit mass of tissue.

MTT is the average time an element of blood spends within the capillary system. In
the healthy brain, where the cerebral perfusion pressure is normal, CBF and CBV are
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correlated by the arteriolar ability to dilate and contract and thus maintain a constant
MTT. This condition ensures there is a constant delivery of nutrients to the brain
tissue. If the perfusion pressure falls, the arterioles dilate and flow is maintained
because of a decrease in vascular resistance. Both CBV and MTT are then increased,
while the oxygen extraction remains constant. For larger drops in the perfusion
pressure, this condition can no longer be maintained and CBF decreases. The oxygen
extraction fraction is then increased instead, to maintain the metabolic rate of oxygen
needed for survival. However, for extreme drops in perfusion pressure, cerebral
hypoxia or infarction may occur as a result of a failure in the compensatory
mechanisms.

Measurements of the above-mentioned parameters are important in the
characterization and diagnosis of patients with failures in cerebral haemodynamics,
for example, in stroke diagnostics. Reference values are often taken from PET studies
such as Leenders et al. (97), where CBF values of 55 ml/(min 100g) and 22 ml/(min
100g) were observed in normal grey and white matter, respectively. In the same study
CBV was 5.2 ml/100g and 2.7 ml/100g in grey and white matter, respectively, and
MTT is then expected to be 5.7 s in grey matter and 7.3 s in white matter, according
to the central volume theorem.

3.2 Intravoxel Incoherent Motion (IVIM)

Intravoxel incoherent motion is a dMRI method, proposed by Le Bihan et al. in the
1980s (9, 33), for obtaining information about the microcirculation and
microvasculature in addition to the diffusion parameters. The term IVIM refers to
microscopic translational movements of water molecules, caused primarily by both
diffusion and perfusion, as well as incoherent flows such as the one caused by CSF,
and maybe also the glymphatic system. The perfusion fraction (f;) is a parameter
derived from the IVIM model. In Figure 4, a map of f; in a healthy volunteer is
presented.

In brain applications, perfusion imaging has shown to be particularly important in
the medical investigations of stroke and tumours, and IVIM has shown its potential
as a diagnostic tool in these areas. The perfusion fraction was significantly decreased
in the infarcted area of stroke patients, when compared to the contralateral
hemisphere (10-13, 98).

In oncology, gliomas account for 70% of the primary malignant tumours in the
adult brain (99). According to the WHO classification, high-grade gliomas are
distinguished from low-grade through their density of microvasculature. High-grade
gliomas have a disordered network structure with irregular and leaky vessels (100).
IVIM imaging has shown an augmented perfusion fraction in high-grade gliomas
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compared to what is measured in low-grade gliomas (101-103). Furthermore, patients
with an increased perfusion fraction in glioblastoma were found to have a reduced
survival rate (104, 105), which suggests IVIM as a valuable method in the prognosis
of these patients. The second most common brain tumour is lymphoma, which
accounts for 3-5% of primary brain tumours (99). These neoplasms are characterized
by a low perfusion due to their densely packed immune cells. This has been
confirmed by a significant decrease in the perfusion fraction, when compared to
normal brain parenchyma in lymphoma patients (106, 107).

Yet another application of IVIM in the brain is a change in perfusion occurring in
the microvasculature following small vessel disease (108-110). Lack of perfusion in
brain dead patients has also been confirmed with IVIM (111), as well as perfusion
changes in hypercapnia (112) and during visual stimulation (113).

In body imaging, IVIM for perfusion measurement has gained special interest in
organs where the capillary blood fraction is high and in tumours, e.g. kidney (114-
117), pancreas (118-121), liver (122-126), heart (127, 128), placenta (129), ovarian
masses (130), breast (131), prostate (132), and muscles (133).
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Figure 4. A map of the fractional volumes of blood, f, (in the range between 0 and 20%), retrievd from a IVIM analysis
on data from Paper lll. Non-zero f, values are seen in both GM and WM, but also, erroneously, in large parts of the
CSF space.
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3.2.1 Background and Principles

The signal reduction in an MR image, caused by the translational molecular
movement, increases with the displacement at which the molecules move through a
magnetic field gradient. The idea behind IVIM is that blood water moving in the
pseudo-randomly oriented capillaries imitates the random walk of diffusing water
molecules but on a larger scale. The signal from the microvasculature is thus
attenuated in the presence of the motion-encoding gradients in a diffusion sequence,
and the pseudo-diffusion coefficient, D* then represents the moving blood water
molecules in the pseudo-randomly oriented capillary network, often attributed to the
perfusion, in each voxel.

In a conventional PGSE experiment, the movement of blood in the
microvasculature causes dephasing of blood magnetization in the low 4-value regime
and the original two-compartment IVIM relationship for this is given by:

S =5 ((1 - fy)e™ + fre 2@ +07) (3.2)

where § and Sy are the signal intensities with and without diffusion weighting,
respectively, f; is the perfusion fraction, i.e. the normalized fractional signal of water
moving within the capillaries, and (1-f) is the normalized fraction of signal from the
tissue. The pseudo-diffusion coefficient, D* which carries information about the
speed of the blood, is known to be a noise-sensitive parameter and difficult to
estimate accurately. Special attention is needed when trying to estimate D*in a region
where the perfusion is very small or vanishing fast, such as in ischemic stroke (13). As
pointed out above, the fraction of the voxel that consists of perfused capillaries is
generally rather low in cerebral tissue, resulting in a demand for high-SNR IVIM
imaging methods.

There are a few parameters that need to be considered and optimized to acquire
useful data for IVIM perfusion imaging. Multiple b-value images (usually 10-30) are
required, in the interval between 0 and 1000 s/mm? (134) since the measured signal
at larger b-values can be influenced by non-Gaussian diffusion restrictions, i.e.
causing less signal attenuation (135). Also, #=0 s/mm® is generally not recommended
to include in the fitting due to interactions with the imaging gradient pulses that can
affect the results of the IVIM and diffusion analyses (134).

Optimal distributions of &-values have been studied, primarily for abdominal
organs and prostate (136, 137). For each b6-value the signal is measured in at least
three directions, and then averaged to avoid directional dependence.

Even if a protocol with optimized parameters is used for acquiring IVIM data,
there are still issues to bear in mind, especially in the brain where the blood volume is
as low as 2-5 % (138). According to Paper II, as well as a previous paper on the same
topic (139), there is a correlation between low SNR and overestimated perfusion
fractions. One way to address this would be scanning in higher field strengths, where
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the SNR is expected to be higher. In our study, however, unexpectedly low SNR was
observed in the low 4-value region in grey matter at 7 T, and the relaxation-corrected
CBV (cCBV) values at this field strength were also highly overestimated. Loss of
signal due to rapid T2 relaxation is also an issue when considering higher field
strengths, stressing the importance of SNR-increasing approaches for the IVIM
experiment. For example, it is important to keep TE as short as possible to reduce
relaxation-induced signal loss. The importance of averaging the IVIM data has also
recently been studied, for the purpose of increasing the SNR (140).

The IVIM model fitting can be carried out with various methods, and it is
important to keep in mind that the estimated parameters may depend on the fitting
algorithm used. Increasing the dimensionality, i.e., the number of model parameters,
generally decreases the accuracy of the model fitting, since it becomes sensitive to
noise and also becomes ill-posed in the sense that there is more than one set of
parameters that may fit the same data. Also if one compartment is very small, the fit
may become unstable. Thus, since the IVIM model is multi-exponential, the fitting
strategy should be chosen cautiously. One way to increase the robustness of the fitting
is to divide it into multiple steps, usually two steps in the IVIM case: one for
perfusion parameters and one for diffusion parameters (98, 112, 141), and the
optimal way to do this has been investigated (131). The issue with the steps approach
is to decide the threshold between the é-value interval representing combined
diffusion and perfusion effects and the interval that represents pure diffusion. This
depends on the tissue of interest, but in the brain, a threshold of 200-400 s/mm? is
common, even if perfusion can impinge &-values up to 600 s/mm® (134). Other
fitting procedures have been suggested to increase the quality of the fit, such as
Bayesian estimation approaches (139, 142), total variation methods (143) and fusion
bootstrap moves (98, 144). Since previous studies have reported the benefit of using
Bayesian approaches for IVIM analysis (139, 145), we used it in Paper II and Paper
III. Although it is advantageous to use Bayesian approaches for data with low SNR
(139), it requires extensive computation time and the choice of prior distributions is
important (146). In Paper IV, a non-linear least squares algorithm was instead used to
fit the model to the signal data.

3.2.2 Validation of the IVIM Method in the Brain

There has been a controversy for a long time concerning whether IVIM is reliable for
brain applications (147, 148). The IVIM method was first validated in a phantom
consisting of a chromatographic column packed with resin microspheres, 80 pm in
diameter (9). Protons inside the microspheres only moved through a diffusion
process, while those present in between the spheres moved by gravity and were
assumed to flow in random orientations. When the water flowing through the resin
was reduced, the measured ADC and perfusion fraction were also decreased,

38



indicating that the signal obtained with DW-MRI is sensitive to incoherent flow.
Later, a number of other phantom studies were performed to evaluate the perfusion
dependence of f; and D* (149-152).

The IVIM method has also been validated iz vivo with rat brains by assuring
a correlation between the perfusion-related IVIM parameters and the CBF. For
example, ”F NMR detectable perfluorocarbons were used as blood substitutes (153).
The perfluorocarbons act as a marker for the intravascular compartment since they
remain in the intravascular space. It was shown that the diffusion coefficient of the
perfluorocarbons measured in live animals was considerably larger than that of freely
diffusing perfluorocarbon detected post mortem. IVIM parameters measured in
animals also correlated positively with the measured levels of the arterial partial
pressure of carbon dioxide pCO, (154), which in turn is known to correlate to CBF.

When the signal only originated from the intravascular compartment, the decay of
the intravascular F signal was still found to be non-monoexponential. In one study,
it was proposed that the non-monoexponential behaviour could prove the limitation
of the IVIM-model (155), whereas in another investigation this signal behaviour was
attributed to the presence of two different vascular components, one arterial and one
venous (156). In the latter study, the fast decay was attributed to the arterial
component and the venous signal was shown to have a pseudo-diffusion coefficient
similar to the diffusion coefficient of tissue.

In pancreas, where the perfusion fraction is expected to be higher than in the brain,
blood suppressing inversion has been used to validate the IVIM method (120).

Perfusion-related parameters obtained by the IVIM concept have also been
compared with CBV and CBF retrieved by DSC-MRI (157). The results from the
IVIM analysis agreed reasonably well with DSC-MRI measures of CBV and CBF.

In contrast to these findings, other animal IVIM studies in the brain could not
detect any difference in the perfusion related parameters between dead and alive
subjects (158, 159). When CSF was suppressed with an inversion pulse, the
biexponential behaviour was also suppressed, and this led to the conclusion that
partial volumes of CSF is responsible for at least part of the fast decay compartment
(160). It is therefore important to separate the CSF from the blood compartment for
accurate perfusion-related IVIM estimates (Paper I1I).

Another interesting validation study of the IVIM signal origin within the vascular
tree suggests that the signal does not only reflect the microvascular compartment, but
also originates from larger vessels. The conclusion from that study was that the single
vascular compartment assumed in the IVIM model might be an oversimplification

(161).
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3.2.3 The Link to Classical Perfusion

If assumptions about the topography of the capillary network are made, conventional
quantitative measures of perfusion can be estimated from an IVIM experiment (96,
147, 157). Since the perfusion fraction, f;, is the ratio between the MR visible water
volume in the capillaries and the total voxel volume, the relationship between f; and
CBYV (in ml/100g) is given by

CBV=100-f,-E,/p (3.3)

where F,, is the MR-visible water content fraction of tissue and p is the tissue density.
This IVIM-based CBV assessment may be of special interest since ASL can not
estimate CBV, and IVIM and ASL could therefore complement each other to yield a
more complete non-invasive description of the haemodynamics.

If </> is the average capillary segment length and <v> the average velocity of the
blood, the pseudo-perfusion coefficient, D* can be expressed as (</> <v>)/6. If L is
the total capillary length, MTT can be expressed as

MTT =L/<v>=L/(6D*/<1>) (3.4)

Using the central volume theorem (CBF=CBV/MTT), CBF (in ml/(min 100g)) can

be approximated as
CBF =100 f, - K, -6D"/(p-L-<1>) (3.5)

Since both /and L are difficult to assess, absolute quantification of CBF is challenging
to achieve. Instead, only a general description of CBF is often aimed for, and the
product of fand D*is frequently used as an approximation to relative CBF.

The relationships in Equations 3.3-3.5 are based on the assumption that the water
molecules in blood change velocity several times during the motion encoding, as in
Equation 3.1. It should be noted that for short encoding times, the microvascular
blood flow may need to be described differently (162).

3.2.4 The Three-Compartment IVIM/Free Water Model

CSF has long been known to bias the IVIM method and the estimation of the
perfusion fraction (160). Blood and CSF show similar signal decays (33), since CSF
has a large diffusion coeffiecient and additional bulk motion due to cardiac
pulsations. Therefore it is difficult to distinguish CSF from blood in voxels with CSF
partial volumes. The partial volume effect is especially seen in the cortical grey
matter/sulcal interface where CSF and grey matter are often present in the same
voxels. One way to remove contamination from CSF is by using an inversion recovery
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or T2-prep sequence where CSF is suppressed (160, 163), but for an already SNR
sensitive method this is not an optimal solution since the overall SNR is reduced in
this approach. A better option for supressing CSF in IVIM imaging, without loosing
too much SNR, is to use IR only for b=0 and 1000 s/mm”® (164). Another proposed
way to remove CSF contamination on the estimation of f; is to remove voxels with
heavy TE-dependent voxels assumed to contain CSF (165). However, this method
tends to exclude most of the GM tissue. One could also mask the f;-images by only
considering values in between 0 and 0.3 to avoid physiologically irrelevant data (13).
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Figure 5. This plot is shown to highlight the effect of CSF on the estimated blood fraction, using a simulation of the
effect of the voxel fraction of CSF, fcsr, on the estimated blood fraction, f, (Paper II).

Hence, in brain tissue, neither the IVIM model (Equation 3.2) nor the free water
model (Equation 2.8) constitutes a complete description of the voxel signal because
blood and free water/CSF are known to bias each other. We suggested a model that
simultaneously accounts for all these components, i.e. tissue, blood and free water
(Paper IV). The combination of Equation 2.8 and 3.1 then becomes

Si = So|fo - e+ iy - eTHPw 4 (1= fy = £,,) - e 70T et (3.6
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It is of considerable clinical importance to distinguish between these different
compartments since each may reflect different pathologies. It would be particularly
interesting to separate effects arising in the extracellular space from those arising in
the vascular space.

Using the three-compartment model above, instead of the two-compartment
model in Equation 2.8, considerably reduced the bias on f; to negligible values (Paper
IV).
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Figure 6. The bias in the f,, estimation when a three-compartment model is used (from Fig 1d in Paper V), to be
compared with Figure 3 (in chapter 2.5).

In vivo results from a healthy volunteer indicated that £, was reduced to values below
10% in many white matter regions when this three-compartment model was used
(Paper 1V), which is in good agreement with previous studies of the extracellular
volume (166). The fornix was previously known to show an overestimation of the
estimated £, value (167), but when the perfusion effect was accounted for, a reduction
of about 30-50% was seen in this area.

In Paper III we also used a three-compartment model to account for the CSF
compartment. A significant reduction in the estimated f; was observed when this
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model was used compared to a conventional two-compartment model, suggesting its
ability to reduce CSF partial volume effects (Figure 7).

Previous studies with three-compartment models to describe the IVIM signal have
been used in brain and prostate cancer (168-170), but the third compartment was
dedicated to the slow restricted diffusion attenuation measured at high b-values.
Three-compartment models have also been suggested for IVIM in liver (171), where
the physiology is different from the brain. None of these suggested three-
compartment models incorporated tensor representation to account for anisotropic
compartments.

3.2.5 The Extended IVIM Model: Relaxation Compensation

Differences in relaxation properties of the compartments included in a model (usually
tissue and blood) are often neglected in conventional IVIM experiments. However, if
the compartments have significantly different relaxation properties, the estimated
parameters would then be dependent on which TE and repetition time (TR) are used
in the imaging sequence. In a study by Lemke et al. (120), this effect was seen in the
estimated perfusion fraction, f;, of pancreatic tissue; f; was increased as the TE was
prolonged due to the difference in relaxation times between the blood and the
surrounding pancreatic tissue. The conventional IVIM model (Equation 3.1) was
modified to account for these differences according to

S (1-f)(1-e"TR/Tit).o=TE/T2t=bD 4 £.(1_o=TR/T1p).o~TE/T2=b(D+D")
g - (1_f)_e—TE/TZt_(l_e—TR/T1t)+f_e—TE/TZb_(l_e—TR/le)

(3.7)

where T1 and T2 are the longitudinal and the transversal relaxation times,
respectively (z=tissue and b=blood). When this equation was used in combination
with literature relaxation time values, the estimated perfusion fraction was close to
identical for different echo times.

In the study described in Paper II, where the IVIM method was investigated at
different field strengths, similar relaxation compensation was used to account for
relaxation differences. In our approach, each signal component (arterial blood=ab and
venous blood=vb, GM/WM-=t and CSF) was weighted with a factor C; to compensate
for their specific relaxation properties and proton densities (PD), i.e.:

C; = e TE/T2i. (1 — ¢~(TR-TE/2)/T1;) . pp, (3.8)

When introducing these weighting factors in Equation 3.2, a corrected CBV (cCBV)
was obtained. The cCBV is then given by
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fb(Ct/Cp)

CCBY = e/

3.9

where G, is the weighted mean of C and Gy, and C, is the weighted mean of Ceapwn
and Cese. The cCBV should give a more adequate representation of the blood volume
when results from different field strengths are compared. It is especially important at
ultrahigh field strength, e.g. at 7 T, where the T2 for blood, especially the venous
part, is very short (Paper II). Although these corrected values should be more
reasonable than non-corrected, the noise difference at different field strengths still
makes a comparison between them complicated.

Another attempt to improve the analysis is by using both incorporation of
relaxation properties in the model and by using a three-component model. This was
done in Paper III, where combined knowledge from the studies reported in Paper II
and Paper IV was further developed. In this project, the following three-compartment
relaxation-compensated IVIM model was used:

S = Sg00 Xi fip; [1 — (1 — cos @)e~ Vi + (1 — 2eTE/2T1i) cos § e ~TR/T1i]|e~TE/T2ig=DD;
(3.10)

where 7 denotes the respective compartment, i.e. i=[tissue(#),CSF(c),blood(6)], Sow is
the non-weighted (4=0, TE=0, TR=00) signal value, f are the fractional volumes, p;
are the water contents, D; are the diffusion coefficients and 6 is the inversion flip
angle (assumed to be 180°). Note that D;=Dy+D* for i=b. The estimated parameters
were then compared to the conventional bi-exponential IVIM model (Equation 3.2),
both with and without relaxation compensation.

One important finding from the study described in Paper III is that when
relaxation compensation is included in the two-compartment model, a slightly higher
precision in the estimation of parameters is observed. When going one step further,
i.e. a three-compartment model with relaxation compensation, a better separation
between blood and CSF was accomplished. Interestingly, the step from a two-
compartment to a three-compartment model seems to have a larger impact on the
estimated f; than the effect of adding relaxation compensation to the two-
compartment model, especially in the GM where the highest partial volume of CSF is
expected (Figure 7).

44



GM

f, [%]
[6)]
T
|

2-comp 2-comp(relax) 3-comp(relax)

Figure 7. Boxplot of f, in GM showing the decrease in f, when going from a two-compartment model to a two-
compartment model with relaxation compensation, and, finally, to a three-compartment model with relaxation
compensation. Mean f, in GM is reduced from a mean of 8.3 % to 6.2 %, and to 3.3 %, for the different models
specified on the x-axis. The red line represents the median value, the bottom and top edges of the blue box indicate
the 25th and 75th percentiles, and the black lines show the entire range of values. Data come from the five volunteers
reported in Paper IlI.
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4. Concluding Remarks and Future
Aspects

In the projects described in this thesis, estimation approaches for diffusion and
perfusion parameters have been explored with the aim to better understand and
describe different small-scale features measured with MRI. The Focus was on size
estimation on a scale smaller than the actual voxel size itself, as well as on the
modelling of signal data from different compartments.

Studying the g-space method for estimation of microstructural sizes provided
robust agreement with microscopy data in relatively large pores found in an
asparagus. A clinical scanner was successfully utilized, despite the violation of the SGP
condition and the long diffusion time limit. However, taking this method one step
further, for example, for estimation of distribution of axon diameters, other methods
such as the ones mentioned in chapter 2.2.1 are likely to be more advantageous as
they allow for assessment of smaller sizes.

The IVIM method for estimation of perfusion-related parameters has been
investigated and developed. This thesis reports the implications of using ultrahigh
field strength MRI to obtain IVIM data, concluding that estimating the blood
fraction may be biased in 7 T, likely due to issues related to the increase in field
strength, such as the loss of signal from venous blood, and the increased effect of
physiological noise. The thesis provides demonstrations that care should be taken in
dealing with the CSF in the IVIM data processing. A conclusion is that a three-
compartment model where the CSF compartment is included is an effective way for
eliminating CSF related bias. However, increasing the number of compartments
complicates the fitting procedure, and we proposed several options for stabilizing this
fit, such as optimized acquisition schemes and Bayesian approaches. Further efforts to
stabilize multiple compartment fits are needed, and another consideration may be
suppressing the CSF signal in the acquisition itself.

Nevertheless, a model based approach, such as the three-compartment model
proposed in this thesis, has great potential, since it can separate and simultaneously
estimate the blood and free water components. Therefore, such models could help in
gaining more knowledge about diseases in which it is unclear whether changes are in
the vascular or the extracellular space, or both.

The projects reported in this thesis are leading to interesting future aspects.
Importantly, the IVIM models developed in this dissertation are now ready for the
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application on larger populations, either healthy subjects or patients with altered
perfusion or free water distributions. It would also be interesting to translate the
relaxation related experiments by, for example, optimizing the acquisition by
shortening it and making it a more clinical feasible experiment. Future work could
also aim at exploring the potential advantages of using free waveforms in an IVIM
measurement, where flow encoding is optimized. Tensor analysis of the IVIM signal
could also be of interest in exploring the anisotropy/morphology of the
microcirculation (90, 172). Taken together, this thesis sets the ground for future
studies, while supporting the use of diffusion MRI and IVIM as unique and clinically
important imaging contrast.
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