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Abstract

The potential use of high-resolution magnetic resonance spectroscopic imaging (MRSI)
for radiotherapy planning is investigated in this thesis. A number of tests are conducted
to study the effects of reducing the voxel size in high-resolution MRSI on the spectral
signal-to-noise ratio (SNR), and the metabolite ratios. An assessment of the quality of
biological tumor delineation using two ranges of resolution in MRSI is conducted using a
gelatin phantom designed to eliminate zero-averaging partial volume as well as magnetic
susceptibility artifacts. The results show that the decrease in SNR associated with the
decrease in voxel size was tolerable and that the metabolite ratios measured with both
resolutions agreed within error. The differences in tumor delineation between high- and
low-resolution MRSI is demonstrated using the gel phantom. Finally, further uses of gel

phantoms are suggested to optimize the parameters used for biological tumor delineation.
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Chapter One

1 Introduction

1.1 Introduction:

When an individual is diagnosed with cancer there are usually three treatment
options: surgery, radiotherapy, and chemotherapy. For most solid tumors the initial
method of treatment is surgical excision. However, combined modality treatments are
routinely used to improve the probability of tumor control. For instance, Glioblastoma
Multiforme (GBM) is usually treated with surgery followed by radiotherapy and
chemotherapy.[1-3] As studies have shown, this leads to a significant improvement in

tumor control.[2-4]

The radiotherapy process consists of a series of stages that start with the patient
being diagnosed with a tumor and ends with patient follow-up after treatment. The
process can be resembled by a chain that is as strong as its weakest link. The links on the
chain are; tumor definition, treatment planning and dose delivery.[5] With advancements
in treatment planning and dose delivery systems, tumor definition (delineation) has
become the stage most in need of refinement. Microscopic disease outside of the gross
tumor volume is hard to detect using conventional imaging techniques. Accordingly, a
large portion of tumor recurrences, e.g GBM, are attributed to undetected (untreated)
microscopic disease.[6-9] Magnetic Resonance Spectroscopic Imaging (MRSI) and

Positron Emission Tomography (PET) have been suggested as biological imaging
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modalities that may be able to detect microscopic disease.[10-14] Incorporating those
biological modalities in the radiotherapy process can lead to improved biological
delineation of the tumors which may in turn lead to the reduction of microscopic disease

related recurrences.[15-17]

This thesis will discuss the improvements that can be introduced to biologically
based tumor delineation using MRSI. This chapter discusses the role of imaging in the
radiotherapy process, specifically, the role MRI and MRSI play in tumor delineation. It
also briefly discusses some of the basics of contouring and the advancements in treatment

delivery that led to the increasing importance of biological imaging in solid tumors.

1.2 Imaging and the Radiotherapy Process:

Imaging is essential to the radiotherapy processes especially in the case of solid
tumors as it is involved in a number of its stages. Firstly, imaging usually plays a role in
the diagnosis and the prognosis of cancer. Secondly, when radiotherapy is the treatment
of choice, 3-D imaging becomes important for tumor delineation, organ localization and
dose calculations. Finally, portal imaging is used for position verification and in some
cases dose reconstruction. This section briefly describes the uses of different imaging

modalities in the diagnosis and treatment planning of cancer.
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1.2.1 Diagnostic and 3-D Imaging:

Imaging modalities can be divided into two main categories, anatomic and
functional modalities. Anatomic modalities such as X-Ray, Computed Tomography (CT),
Magnetic Resonance Imaging (MRI) and Ultra-Sound (US) provide images of anatomic
structures. They rely on different techniques for imaging the anatomic structures and can
sometimes indicate the functionality of an organ. However, anatomic modalities are

generally unable to detect metabolic or biochemical changes within tissue.

On the other hand, functional and metabolic modalities such as Positron Emission
Tomography (PET), Single Photon Emission Computed Tomography (SPECT),
functional MRI (fMRI) and MR Spectroscopic Imaging (MRSI) provide images of the
metabolism or functionality of different organs. Those modalities depend on either
radiopharmaceutical uptake in the case of PET and SPECT, changes in blood
oxygenation levels for fMRI or on biochemical compositions within the imaged body as

in MRSL

The most commonly used modality in the radiotherapy process is CT. Besides
being a good diagnostic imaging modality, generally having high-spatial resolution and
short scan times, CT is of specific importance to the radiotherapy process as its images
provide the electron density information necessary for dose calculations. Accordingly, a

planning CT is used as the basis for most radiotherapy treatment planning.
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CT provides excellent contrast between soft tissue, bony structures and air due to
its dependence on x-ray attenuation coefficients for contrast. However, contrast within
the soft tissue (soft tissue contrast) is poor in CT due to the similarity of the attenuation
coefficients within soft tissue. Thus, relying on CT alone for tumor delineation and organ
localization in soft tissue might lead to poor boundary definitions due to the reduced
contrast. As a result, CT is routinely used with other higher soft tissue contrast

modalities for tumor delineation and organ localization.

1.2.2 MRI and Tumor Delineation:

CT relies on the difference in the x-ray attenuation coefficients in the imaged
body to produce contrast. Contrast can be enhanced by using different x-ray energies or
by using a contrast agent. The contrast agent is a high electron density material that is

usually injected or swallowed by the patient. The agent is then imaged directly by CT.

Because MRI most commonly relies on hydrogen protons for signal, it may
appear that the only source of contrast in MRI is proton density. In that case it is not
much different from CT which relies on electron density for contrast. However, MRI can
detect subtle changes in tissue caused by changes in anatomy or the surrounding
chemistry. Such changes can manifest themselves as changes in relaxation times. That

difference in relaxation is the most used contrast mechanism in MRI.

Differences in relaxation arise from the differences in chemical composition

between tissue types.(see Appendix I for the explanation of relaxation mechanisms in
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MRI) Those changes in the relaxation can be detected in MRI and used for contrast. By
optimizing the scan parameters, the relative signal received from different tissues can be
changed. In the case of the brain, without the use of any contrast agents, white matter
would appear brighter than grey matter on T1 weighted images, while on T2 weighted
images white matter would appear darker than grey matter. There are also techniques to
suppress or enhance the signal of certain compounds (e.g. water and fat) without the need
of contrast agents. Sources of contrast in MRI are not limited to relaxation. Other
sources of contrast include diffusion, perfusion, and magnetization transfer which is used

for non-invasive angiography.

In GBM studies, MRI scans are routinely used for treatment planning.[15, 16] T2
weighted scans show the extent of the tumor and the surrounding edema while contrast
enhanced T1 weighted scans are the most commonly used for tumor delineation. Due to
the breakage of the blood brain barrier caused by the tumor, the contrast agent in the
blood stream enhances the appearance of the tumor while the surrounding edema and
necrosis are left un-enhanced, providing very high contrast. Also, MRI diffusion and
perfusion studies can be performed to define and evaluate tumor malignancy and

stage.[18]

The same scanners used for MRI are able to perform biochemical imaging in the
form of MRS. MRS relies on the chemical shift phenomenon to distinguish between

different chemical compounds in the same way an in-vitro NMR experiment would.
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Combined with spatial encoding, MRS can be transformed to MRSI where an image can

be produced describing the biochemical composition of the imaged subject.

1.2.3 MRl vs. CT:

In radiotherapy treatment planning, the electron density of tissue is important in
order to perform correct dose calculations. CT relies on differences in x-ray attenuation
coefficients for contrast. The attenuation coefficients of materials being imaged are
converted into electron density which provides the necessary information for dose
calculations. Therefore, it is very hard to replace CT with MRI as the main modality used
in treatment planning. It is in the versatility of MRI that its strength lies. A single MR
study can be used to produce multiple contrast anatomic images along with biochemical

information that can potentially be used for biological assessment. [18]

Combining the excellent soft tissue contrast of MRI for better tumor delineation
with the electron density information provided by CT for dose calculations can lead to
more conformal plans compared to using CT alone. Furthermore, the use of MRSI adds
the dimension of biological targeting to the otherwise purely anatomically based tumor
delineation. Image registration techniques such as slice alignment using fiducial makers,
or mutual information are used to fuse CT images with their corresponding MRI and
MRSI counterparts. The resulting fused images are used in the treatment planning

system for tumor delineation, organ localization and dose calculations.[17]
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1.3 Treatment Planning:

The goal of radiotherapy is to deliver a prescribed dose of radiation to the tumor
while minimizing the dose delivered to the surrounding normal tissue. To achieve this
goal a treatment plan is developed in which the target tumor volume as well as the organs
at risk are contoured. Those volumes are contoured using the images acquired in the
previous 3-D imaging stage. Accordingly, the quality of those images, whether anatomic

or biochemical, affects the target contours and in turn the outcome of the treatment.

As mentioned above, the treatment plan involves volume contouring. During this
stage a series of volumes are defined to guide the plan. Generally, three contours are
used to define the target for radiation; the gross tumor volume (GTV), the clinical target
volume (CTV), and the planning target volume (PTV). The GTV is usually contoured
by the clinician and is defined by the boundaries of the visible tumor on the anatomic
scan. In GBM the GTV is defined on the T1 contrast enhanced images by the boundaries
of contrast enhancement (edge enhancement). The CTV includes the GTV and extends
beyond it to include possible regions of microscopic disease. The margin between GTV
and CTV varies according to the tumor site and stage. For GBM the margin between
GTV and CTV is 2 cm and it is here that some recurrences occur.[7, 8, 19] PTV is then
defined to include both GTV and CTV and is the main target for treatment planning.
PTV is larger than CTV and it accounts for setup errors and patient movement. The
margin of PTV usually doesn’t exceed S mm depending on the tumor site, the
immobilization devices, the reproducibility of patient setup and organ movements.[7, 8]

The PTV is the volume to which the prescribed dose is to be delivered.
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One may add two more volumes; the irradiated volume (IV) and the biological
target volume (BTV).[5, 14] Although not used in the initial planning, the IV represents
the actual irradiated volume for a beam selection. The IV is always larger than the
desired PTV due to build up and exit doses. In the beam selection and optimization stage
which follows target definition, the treatment planning goal is to reduce the dose to

normal tissue within the IV in order to reduce complications.

Unlike the previously mentioned GTV, the BTV is defined using biochemical or
functional modalities.[14] It outlines regions of tumor activity and is interpreted
differently depending on the tumor type and stage.[14] In some cases the BTV can be
used to define dose boost volumes or nonuniform margins for tumor extent and

microscopic disease.[11]

Following target definition, the treatment protocol and beam arrangements are
selected. Dose calculations are performed and the treatment plan is optimized for the

goals of the treatment.

1.4 Treatment Delivery:

Delivering radiation therapy can be done using two commonly used techniques:
external beam radiotherapy using x-ray or gamma ray emitting units, or brachytherapy
using sources placed inside or in close proximity to tumors. Only advancements in

external beam radiotherapy will be discussed in this section.
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External beam radiation devices range from kilo-voltage (kV) x-ray units that are
used for superficial treatments through cobalt units and linear accelerators (linacs). With
the exception of Cobalt units, all external beam radiotherapy units rely on producing x-
rays through bremsstrahlung. Electrons are accelerated and focused on a lead/tungsten
target which causes them to decelerate rapidly and thereby to produce x-rays, hence the
name. In kV units the electrons are accelerated using conventional x-ray tubes. However,
in the linacs, due to the high electron energies needed, the electron acceleration process is
achieved using high frequency wave guides that differ in design according to the

manufacturers.

Some of the most notable advancements in treatment delivery are beam shaping
devices. The introduction of multi-leaf collimators has led to the development of
Intensity Modulated Radiotherapy (IMRT). The ability to modulate the dose within the

PTV provides the opportunity of dose boosting to the BTV.

Portal imaging devices and on-board imagers outfitted to linacs as well as mega-
voltage CT on Helical Tomotherapy (HT) units are readily used for setup verification
purposes. However, there is great potential for utilizing those devices for Image Guided
Adaptive Radiotherapy in which the treatment plan is adjusted on a dose-to-dose basis to

compensate for organ movements and previous setup errors.
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All the above mentioned advancements in treatment delivery have had a great
influence on either improving the outcome or reducing the toxicity of radiotherapy.[20-23]
Novel planning techniques and algorithms combined with IMRT and HT have all
provided the means of producing and in most cases delivering a treatment plan that is
very conformal to the PTV. This leads to treatments that can be tailored to boost dose to
the predefined margins within the tumor while sparing radiosensitive organs, hence,

improving tumor control probability and minimizing normal tissue complications.

With the advancements of delivery techniques it has become clear that tumor
definition is currently one of the most important links in the radiotherapy process. The
GTV for most tumors is usually visible using conventional anatomic imaging modalities.
It is the microscopic extent and the biological activity of the tumors that those modalities
fail to detect (e.g. in GBM most recurrences arise within 2 cm from the visible GTV).
Using a biochemical imaging modality to probe metabolite concentrations that can be
linked to tumor growth and characterization a BTV has been added to the delineation

stage.

MRSI is a multi-voxel non-invasive biochemical imaging modality that can be

used for this purpose. It has been shown that MRSI can be used to probe different

metabolite concentrations in the brain and the prostate. Those studies have been

correlated with physical biopsies taken from tumor sites.[9, 11, 15, 17, 18]
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The purpose of this thesis is to present a phantom based method for the
quantitative comparison of MRSI based tumor delineation margins using different spatial
resolutions. Chapters Two discusses the theory of MRSI while Chapter Three discusses
our experiments and the materials and methods used along with the results achieved.
Finally, Chapter Four outlines the conclusions and suggestions for future work. Also,
Appendix I that discusses the basic theory of MRI required for the understanding of this
thesis and Appendix II that shows the programming code used for the peak fitting

algorithm, are provided at the end of the thesis.
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Chapter Two

2 Theory of Magnetic Resonance Spectroscopy

2.1 Chemical shift imaging (MR spectroscopy):

Magnetic resonance imaging is based on imaging primarily water protons, as it
is the most abundant molecule in the human body, and relies heavily on differences in
relaxation times as a source of contrast. However, the original NMR experiments
were essentially spectroscopy experiments. As opposed to imaging which relies on
all protons having the same resonance frequency, MR spectroscopy (MRS) exploits
the chemical shift phenomenon to detect different chemical compositions within a

sample.

Since atoms are the building blocks of molecules, nuclei within those atoms are
affected by the distribution of electrons in the chemical bond in the molecule. That
distribution of electrons affects the resonance frequency of the protons in the
molecule. This dependence of the resonance frequency on the molecular structure

compared to a water proton is known as the chemical shift.

Nuclei within the molecules are shielded from the static magnetic field By
through the electron cloud surrounding them. According to Lenz’s law, due to
circulation induced by By in the electron cloud, a magnetic field B; is induced by the
electron cloud to oppose the circulation from By. The induced field B; has a

14
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magnitude that is proportional to the original field By and a direction opposite to By,

thus:

B,

ocal —

B,-B,. @-1)

The induced field is directly proportional to the applied field with the constant
of proportionality being o, the shielding constant. ¢ is unique to the local

environment of the nucleus.[1] Therefore Eq. 2-1 becomes

Blocal = BO (1 - 0-) (2-2)

Therefore, the precession frequency w of those protons is: (see Appendix I Eq. A-6

and Eq. A-7 for details)

w=18,(1-0). (2-3)

where yis the gyromagnetic ratio and is equal to 6.796 radians/(second - Tesla).

Accordingly, the frequency shift between the protons in different electronic
environments is dependent on the applied magnetic field; the larger the field, the
larger the shift. Therefore the use of high fields would improve peak separation and

spectral resolution as well as the SNR as shown in the following sections.
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Due to the dependence of the chemical shift frequency on the applied field,
the parts-per-million (ppm) , 9, scale is used as a normalized measure of chemical

shift.[1]

a

5 _ Umolecule -

reference molecule X 1 0 6 pp m (2-4)

reference molecule

Most relevant metabolites of interest in-vivo are in the range of 1-4.7 ppm.
Such range corresponds to a frequency spread of approximately 473 Hz and 236 Hz at

3T and 1.5T respectively.

2.2 Localization Techniques of MRS:

For single voxel spectroscopy, localization of the source of the signal is
important. The most popular techniques for localization involve applying three RF
pulses on the three orthogonal planes, where the intersection of the planes defines the
voxel from which the signal is acquired. (see Appendix I for details on spatial
encoding and slice selection) Stimulated Echo Acquisition Mode (STEAM) and
Point Resolved Spectroscopy (PRESS) are the most popular spectroscopy of those

pulse sequences that utilize this method of localization.

2.2.1 Stimulated Echo acquisition Mode (STEAM):

STEAM uses three 90° excitation pulses applied on the three orthogonal

planes. The three excitation pulses generate a stimulated echo only at the intersection
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of the three planes therefore acquiring the signal from the defined cube.[2] Echo time
(TE) is independent of the mixing time (TM) between the second and the third pulse.
Accordingly, TM can be adjusted and the overall scan time can be reduced

significantly.

90° 90° 9(°

RF *j\' ‘J\

§§J_\Jr_\ m i

Gx

Echo

4—’4 TM$

TE/2 TE/2

Figure (2-1): Schematic for a STEAM sequence. The three 90° excitation pulses
applied on the three orthogonal planes define a volume of interest (voxel) from which

the signal is acquired.

2.2.2 Point Resolved Spectroscopy (PRESS):

Similar to STEAM, PRESS relies on three RF pulses. However, in the case of
PRESS, the first 90° excitation pulse is followed by two 180° pulses generating an

spin echo at the intersection of the 3 planes on which they are applied.[3-5]
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PRESS and STEAM each have different advantages and disadvantages.
STEAM permits the detection of metabolites with shorter T2 relaxation due to its
shorter TE compared to PRESS. However, PRESS inherently has a higher SNR due

to the inherent loss of signal in the stimulated echoes.

0° 180° 180°

RF\A, J\/ J\I

Gy L‘/___WL,

Gx [__—\

Echo

‘ '4 - >' >

TE/2 TE/2

Figure (2-2): Schematic of a PRESS Sequence. Similar to STEAM, the 90° excitation
pulse along with the two 180° refocusing pulses applied on the three orthogonal

planes define a volume of interest (voxel) from which the signal is acquired.

The biggest disadvantage of MRS is that the entire signal within the defined

voxel is summed and only one voxel is acquired leaving out any spatial information.

Hence, prior knowledge of the location of the spectroscopic target is needed to decide

the location of the single voxel.
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2,2.3 Spectroscopic Imaging (Sl):

As in MR], spatial encoding would transform the single-voxel MRS to multi-
voxel MRS imaging (MRSI).

The signal equation ignoring chemical shift is given as (see Appendix I for details):

S() = [ [M(x, )™ ™ dyax (2-5)

Xy
However, chemical shift would act as an additional dimension that needs to be
properly sampled and included in the signal equation. Accordingly, Eq. 2-5 becomes

(1}

SO = [ [ [M(x,y, e OO dydeds (2-6)
Sxy

t t
where k,(6) =7 [G,dz, k() =y [G,dr and k, =t .
0 0

Hence, to fill the spatial-frequency space (k-space) we need to fill &, &, and &
After acquisition, a 2-D Fourier transform is performed to reconstruct the signal from
k-space to xy-space and a 3" Fourier transform is then applied to transform the

acquired signal at each voxel from time domain to frequency (chemical shift) domain.

19

Reproduced with permission of the copyright owner. Further reproduction prohibited without permission.



To measure the nuclei’s natural precession frequencies, i.e. chemical shift, no
readout gradient is applied in the frequency encoding direction. Instead, both x and y

directions are phase encoded.

2-D phase encoding can be incorporated to any MRS sequence hence
transforming the single voxel sequence to an SI one. The most popular sequence, 2-D
PRESS, is shown in Fig. 2-3. The main shortcoming of 2-D phase encoding is the
very long scan times. For a 24x24 voxel scans, we have to step through k-space one
step per repetition time (TR), resulting in 576 repetitions. Therefore, for a 1500 ms

TR, a 24x24 voxel scan would take approximately 14 minutes.

Furthermore, phase encoding can be applied in the z-direction to perform

multi-slice MRSL[6] In that case, an additional Fourier transform is needed to

reconstruct the voxels.

In addition to the previously mentioned MRSI techniques the 2-D phase

encodes can be applied directly after the initial excitation pulse. This technique will

be discussed in further detail in the next chapter.
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Figure (2-3): A schematic of a 2-D PRESS sequence

2.3 Signal and Noise Considerations:

In MRSI, the signal-to-noise ratio (SNR) is a very important factor that
determines the quality of the spectra acquired in the scans. The need to maximize the
SNR while maintaining achievable imaging parameters is crucial for in-vivo scans
where noise levels are usually higher than in-vitro experiments. This section
discusses the dependence of the signal and noise on the imaging parameters and

hardware. Further SNR experiments are discussed in Chapter Three.
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2.3.1 Signal:

The magnitude of the signal is proportional to 4 parameters:
1. Larmour frequency of the protons in the main magnetic field. EMF induced
in the receiving coil is proportional to the rate of change of the magnetic flux
@z which in turn is proportional to the Larmour frequency @y
2. The available magnetization vector M, which is dependent on:
a. The energy difference between the spin-down and spin-up eigenstates.
Where the relative populations of the spins in the spin-down / spin-up

eigenstates at thermal equilibrium is:

N /Ny =e " 2-7)
where N and N, are the populations of the spins in the spin-down
and spin-up eigenstates respectively (for details see Appendix I Eq. A-
6 —Eq. A-8).

b. The density of the spins in the sample

3. The amount of transverse magnetic field By that can be generated by the
receiving coil. By reciprocity, this corresponds to the reception quality of the
coil which defines the ability of the coil to convert the change in magnetic
flux to electromagnetic force.

4. The spin response to the imaging sequence and parameters. For instance,

repetition time (TR), echo time (TE), and flip angle.
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Ignoring the fourth parameter and assuming constant spin density, the signal S is then:

S o« @,M,VB, (2-8)

where V is the voxel volume. M; and ay are both proportional to By, accordingly [1,
7]:

S o BVB, (2-9)

2.3.2 Noise:

The main source of noise in magnetic resonance is thermal noise resulting
from the Brownian motion of electrons which in turn generates random magnetic
fields. Thermal noise arises mainly from the resistance in the receiving coil and the

resistance of the imaged body as observed by the coil.

For thermal noise, the variance of the noise area of the signal can therefore be

described as [1]:
0, =4k T R BW (2-10)
where k is Boltzman’s constant, T is the temperature in Kelvin, and R is the total

resistance of the coil (R.) and the imaged body (R;). BW is the bandwidth of the

signal which is equal to sampling bandwidth.
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Thermal noise is Gaussian distributed, white, and additive; hence, noise is the square

root the variance. From Eq. 2-10:
Noise =+/0,> <R 2-11)

and,

R =R +R, (2-12)

From Eq. 2-11 and Eq. 2-12:

Noise < \|R. +R, . (2-13)

where R, and R), are proportional to a'? and respectively [1].

However, resistance in MRI is generally dominated by the resistance of the imaged

body rather than the coil, hence Eq. 2-13 becomes [1]:

Noise o< \[R, o @, =< B, (2-14)

Another factor affecting noise is the number of phase encodes. Due to the
Fourier transforms applied to reconstruct the images, noise is averaged out. If k-
space consists of N points in one direction, after the Fourier transform the noise is

172

proportional to (//N)'“.[1, 7] Accordingly, for phase encoding steps equal to Np [1,

7]:

1
Noise o« ———— 2-15
)" &
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For MRSI, where phase is used to encode both the x and y directions:

: 1
Noise o mz‘ (2-16)

PPy

Overall noise is then:

|

1/2 2_17
NP,NP,.) 2-17)

Noise o< B(

2.3.3 Signal-to-Noise Ratio (SNR):

Recall Eq. 2-10 [1]:

o,’ < BW, (2-18)

sam

where BWj,, is the readout sampling bandwidth and is defined as:
BW,,, = Number of samples/readout time (T,,,,,..) (2-19)

sam

While the signal is independent of BW,,,,, doubling the readout time (7}.440.:) halves

BWam which in turn decreases the noise by\/E as shown in Eq. 2-20.
,BW
Noise = w/dnz o< —zﬂ (2-20)
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Comparing SNR, to SNR; with readout times equal to T}eadour and 2% T}epgour

respectively:

BW
SNR, / SNR, o< S« SS”"’ =2 (2-21)

sam

2

Generally, the SNR is related to the readout time (7}eqm.:) such that [1]:

SN R o< 71readout (2 -2 2)
Therefore from Eq. (2-9), Eq. (2-17) and Eq. (2-22):
SJT B,*VB,\[T
SNR oc re:adout o 0 T readout o BOVBT (Np Np Y’readau, )]/2 (2_23)
Noise B,( 1 )1/2 o
"N, N,

Therefore, in MRSI it is desirable to use high By field strengths and long readout
times. Also, in high-resolution MRSI, high B, field strengths help offset the decrease

in SNR that occurs to the decrease in voxel size
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Chapter Three

3 Assessment of Biological Tumor Delineation Using

a Gel Phantom

3.1 Introduction:

Excellent soft tissue contrast of Magnetic Resonance Imaging (MRI) has
made it a valuable tool in the diagnosis and the treatment planning of cancer. Due to
its long scan times and low signal-to-noise, Magnetic Resonance Spectroscopic
Imaging (MRSI) has never achieved the broad utility of its imaging cousin. However,
with technological advancements in the form of higher field strengths, stronger
gradients, and novel pulse sequences, biochemical imaging in the form of MRSI is

becoming more practical and effective in the diagnosis and assessment of cancer.[1, 2]

The advantages that spectroscopic imaging can offer cancer therapy are
significant. By measuring different metabolite levels - effectively a means of non-
invasive biopsy - MRSI can detect tissue abnormalities that may not yet be visible in
conventional MRI. Pirzkall et al. and Pallud et al. have shown that tumor extent as
shown by MRSI may differ greatly from the extent shown on conventional MRI
scans.[3, 4] Moreover, Walecki et al. have shown that MRSI may help in identifying
patients who have a high risk of recurrence.[5] This has led to an increase in interest
in incorporating MRSI into treatment planning by adding a biological target volume

in the contouring process. More recently, several methods of tumor identification and
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registration techniques have been used to integrate MRSI results into the radiotherapy
process.[6, 7] Such studies have demonstrated that the delineation of the tumor
volume in treatment plans for radiotherapy has changed when MRSI metabolite
information was considered.[7] Initial results showed that MRSI can detect regions
of abnormal activity (tumor) that would not have been covered using conventional

imaging and contouring methods.

However, one of the major drawbacks of MRSI has always been its poor
spatial resolution. Reported nominal voxel sizes have typically been on the order of 1
cm® (8x8%x10 mm® - 10x10x10 mm®). [8] This low resolution may lead to metabolite
maps suffering from partial volume averaging. If MRSI is to be used in conjunction
with images for treatment planning purposes, it is very important that the effect of

voxel size on the accuracy of the spatial metabolite maps be investigated.

The aim of this chapter is to investigate the effect of reduced voxel sizes on
the SNR and the measured metabolite ratios at 3 T. The nominal voxel sizes
investigated ranged from 5x5x10 mm’ to 6.67%6.67x10 mm’. Also, we are
introducing a phantom-based method to quantitatively compare the differences
between high-resolution and low-resolution MRSI in accurately detecting the

geometry of a solid tumor.
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3.2 Materials and Methods:

In the work that follows, a 3 Tesla MR system is utilized to generate high-
resolution MRSI metabolite maps with voxels ranging from 0.25 cm® (5%5x10 mm?®)
t0 0.44 cm’ (6.67%6.67%x10 mm®) in nominal size. As illustrated in Chapter Two, 3 T
MRI has the advantages of improved signal-to-noise ratio (SNR) and larger chemical
shifts over conventional 1.5 T units which helps compensate for the inherent decrease

in SNR when using such small voxels.[9]

Chemical shift is expressed as:

@ =1B,(1-0) -1

where By is the main static magnetic field and ¢ is the shielding constant, which is
unique to the local environment of the nucleus.

As shown in Eq. 2-23, SNR is related to By as:

SNR < B, (3-2)

It is however important to mention that experimental measurements show that

in some instances the increase in SNR is not necessarily linear with respect to By.[10]

Firstly, the parameters for a Spin Echo Spectroscopic Imaging (SESI)

sequence were adjusted so that MRSI datasets covering most of the brain could be
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produced in a clinically acceptable time.[11] Next, measurements were done in-vitro
to assess the effects of decreasing the voxel size on the spectral SNR and the
metabolite ratios used for tumor delineation. Finally, a specialized gelatin phantom
was constructed with sharply defined physiological metabolite distributions. This
phantom was scanned both with high-resolution and low-resolution MRSI sequences
to evaluate the magnitude of delineation errors that can result from the use of

conventional low-resolution scans.

All phantom and volunteer studies (ETH 21780, Cross Cancer Institute,
Multimodality functional imaging (MRSI and dynamic contrast enhancement MRI)
predicts tumor migration, invasiveness, and patterns of failure of human Glioblastoma
treated with concurrent radiation therapy and Temozolomide, Principal Investigator:
B. Abdulkarim) were conducted on a Philips Intera 3 T MRI (Philips Medical
Systems, Bothell, WA) unit together with a transmit/receive birdcage head coil.
Volunteer exams consist of two scan types: a series of anatomic scans for the
anatomic identification of the volume of interest, followed by the spectroscopic

imaging scan.

The primary brain metabolites considered in this work are choline (Cho),
creatine (Cr), and N-acetylaspartate (NAA). Choline reflects membrane synthesis
and turnover and typically increases in tumors.[2] Creatine reflects the energetic
status of tissue. It is typically considered to remain constant in tumors and normal

tissue, however, in some cases Cr was shown to decrease in brain tumors.[2] NAA
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decreases in brain tumors possibly due to a decrease in the density or function of
neuronal cells.[12-16] Cancerous tissue can be differentiated from healthy tissue

through a calculation of the ratio of Cho/NAA.[2]

3.2.1 Spectroscopic Imaging Scan:

There are multiple ways to perform spectroscopic imaging. One of the most
popular sequences is the two-dimensional point resolved spectroscopy (2-D PRESS),
which acquires signal only from a predefined volume commonly known as the
PRESS box.[17-19] In 2-D PRESS, two phase encodes are applied to divide the
PRESS box into voxels. This sequence can be extended to a three dimensional
sequence by utilizing three phase encodes.[1] The 3-D PRESS technique is effective
in selectively exciting a volume-of-interest (VOI), and would allow for scanning sub-
anatomic MRSI fields-of-view (FOV) without any fold-over artifacts. However, 3-D
PRESS requires relatively long scan times, and for this reason it was not utilized in

this work.

In our studies, a Spin Echo Spectroscopic Imaging (SESI) technique was used
to generate metabolite maps.[11] This technique is based on the generation of signal
from the entire slice by means of a spin echo, rather than using PRESS to excite a
specific region. Two phase encodes are incorporated into the sequence to encode the

signal into a specified field of view (Fig. 3-1).
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SESI has the advantage of faster scan times because it can be combined with
Turbo Spectroscopic Imaging (TSI). TSI allows for multiple phase encodes to be
collected over the same repetition time (TR).” It works by repeating the last echo
pulse and gradients, which leads to the generation of a train of echoes. Each of these
echoes is phase encoded and acquired separately.[20] The turbo factor refers to the

number of echoes present in each train (Fig. 3-1).

There are a number of disadvantages to using TSI. Firstly, the centre of k-
space is filled with the signal from the first echoes while is the edges are filled with
the subsequent echoes. Accordingly, the sequence is more susceptible to T2
weighting artifacts that can manifest themselves in the form of blurring or enlarged
effective voxel sizes. During the time separating the echoes, the signal suffers from
T2 decay. Increasing the turbo factor increases the time between the first and last
echoes, thus, increasing the T2 decay. The increase in T2 decay results in increasing
the T2 weighting artifacts mentioned above. Accordingly, to reduce the total scan

time while minimizing the T2 weighting artifacts the turbo factor was set to 2.

Another disadvantage of our technique is the shorter readout times (128 ms)
associated with TSI compared to the long readout times (~500 ms) typical of PRESS

and STEAM techniques. While this directly leads to a decrease in SNR, a later

* Philips Medical Systems Nederland B.V., New Intera Release 10.4 Application Guide volume 4,
2004.
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discussion will show that our technique still yields an acceptable SNR for metabolite

peak detection and analysis.

RF
\
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r
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Tar ar
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4TE1 =100 ms| ; TE2 =200 ms >

Figure (3-1): A schematic of an SESI sequence with TSI turbo factor of 2. TE; and

Echa

TE, are the first and second echo times respectively.

We used the SESI sequence with TSI because it can provide improved
coverage of the brain with high resolutions compared to a typical 3-D PRESS. A 6-
slice SESI sequence with TSI takes about 17 minutes for a high-resolution scan,
which is comparable to the scanning time of low-resolution 3-D PRESS sequences.[4]
The following sub-sections discuss some of the common terms and parameters related

our MRSI scanning technique.
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3.2.1.1 Nominal Spatial Resolution:

Nominal voxel sizes in MRSI are expressed as:[11]

Az =27BW,, | 1G,
Ax=FOV,/N, (3-3)
Ay=FOV, /N,

where, Ax and Ay are the nominal voxel sizes in the transverse plane and Az is the
nominal transverse slice thickness. BW,is the bandwidth of the slice-selection pulse,
y is the gyromagnetic ratio equal to 6.796 radians/(second - Tesla), and G, is the

slice-selection gradient. Np, and Np, are the number of phase encodes in the x and y

directions respectively.

Therefore, the in-plane resolution can be improved by either increasing the
number of phase encodes or decreasing the field of view of the scan. However, from
Eq. 2-23:

SNR < BJVB.(N,N, T, )"* (3-4)
0 T P2V P, * readout

SNR is dependent on the both the voxel size and the number of phase encodes. Thus,
to correctly investigate the effect of voxel size on the SNR, the voxel size was varied

only by changing the FOV and using the same number of phase encodes in both the

high- and low-resolution scans.
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3.2.1.2 Effective Voxel Size:

In order to reduce noise a 2-D cosine filter was multiplied by k-space. The

profile of the filter (W) in one direction is shown in Eq. 3-5:

W =cos %x 2 4 (3-5)

where N, is the number of phase encodes in one direction, and 0 < x < N,-1

The application of the filter leads to reducing the amplitude of high spatial-
frequencies which translates into reduced spatial resolution. Post-filtering, the
effective voxel size is on the order of 1.5 times larger than the quoted nominal voxel

size.

3.2.1.3 Field of View (FOV):

High-resolution scans are based on setting the FOV between 120x120 mm® —
160x160 mm® minimizing the FOV as much as possible while paying attention to

possible aliasing regions.

3.2.1.4 Volume of Interest (VOI):

The volume-of-interest (VOI) is the volume from which the best signal is
desired. It was chosen to be about 95x95x60 mm® covering most of the brain or a

region-of-interest (ROI) in phantoms.
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3.2.1.5 Shimming:

Shimming is a term used to describe the process of improving the
homogeneity of the static magnetic field By. Inhomogeneities in the static magnetic
field By would influence the precession frequency (chemical shift) wof the

metabolites being investigated as shown by Eq. 3-6.

w=8,1-0) (3-6)

where o'is the shielding constant for the molecule in question.

In the shimming process, an MR pulse sequence is used to measure the
various orders of magnetic field gradients (inhomogeneities) present in the imaging

subject (VOI). Magnetic field inhomgenieties can be estimated as:

inhomogenieties = a\x+ a,y + a,z + a4x2 + a5y2 3-7)
+ a622 +a,xy+agxz+ayzy

where a;-ay are constants while x, y and z are variables along the x, y , and z

directions respectively.
As shown in Eq. 3-7, magnetic field inhomogeneities can be estimated by a
combination of first-order and second order gradients. In the first order components

(x. y. z), the magnetic field varies linearly with respect to position in the magnet. In

second order components (x’, %, 2>, xz, xy, and zy), the magnetic field varies in a
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quadratic fashion with respect to position. A special set of shim and gradient coils are

utilized to correct for magnetic field inhomogeneities.

Shim and gradient coils are designed to generate first- and second-order
magnetic field gradients similar to Eq. 3-7. Those gradients are applied in a manner
so that first-order (linear) or second-order (quadratic) inhomogeneities in the static
field By are corrected. In first-order shimming, shim and gradients coils are applied to
compensate for the linear components of the inhomogeneities (x, y, and z) shown in
Eq. 3-7. In second-order shimming, the coils are applied to compensate for the
quadratic components of the inhomogeneities (x°, y°, z°, xz, xy, and zy) shown in Eq.

3-7, in addition to first-order corrections.

Magnetic field gradient corrections can therefore be expressed as:

. Lo 2 2
gradient corrections = —a,x—a,y —a,z—a,x" —asy

(3-8)

2
—agz" —a,xy —agxz—ayzy

where al-a9 are the constants estimated in Eq. 3-7.
In our work second-order shimming is performed to improve the homogeneity
of the static magnetic field By over the VOI. As shown in Eq. 3-8, the first- and

second-order components of the magnetic field inhomogeneities are corrected by

magnetic field gradients produced by shim and gradient coils.
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3.2.1.6 Aliasing (fold-over) artifacts:

Aliasing is caused by inadequate sampling of k-space which translates into
inadequate coverage of the imaged body by the FOV in the imaging-space. Due to
the excitation of the whole slice, aliasing artifacts will occur when the reconstruction
FOV is smaller than anatomy within the slice. In phase encoding, spins are encoded

with phases spanning from —r to w. Spins with phases of —n/2 and +3n/2 will be

mapped to the same position corresponding to —m/2. Accordingly, a point lying
outside the FOV will be phase encoded and incorrectly mapped to the opposite side of
image, hence the name fold-over. Since, in our case, high resolutions are achieved by
reducing the FOV, there is greater potential for the presence of aliasing artifacts in

our scans.

To reduce fold-over artifacts, a series of radio-frequency (RF) pulses and
crusher gradients were applied to suppress the unwanted signal outside the VOI and
FOV. Signal suppression is applied prior to the application of the imaging sequence
shown in Fig. 3-1. An excitation RF pulse is applied to selectively excite an
unwanted slab of spins outside the VOI. Strong gradients known as crusher gradients
are applied causing the dephasing of the spins. This dephasing leads to the loss of
coherence of the spins and ultimately complete signal loss. After suppression, the
imaging sequence (Fig. 3-1) is applied where the acquired signal contains minimum
contributions from the suppressed spins. In our scans, ten sets of those RF pulses and

crusher gradients were applied surrounding the VOI to reduce fold-over.
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Moreover, the FOV was usually chosen with the intent of preventing any

aliasing artifacts, regardless of crusher gradients, from interfering with the VOL.

3.2.1.7 Water Suppression:

Due to the abundance of water its signal can sometimes mask the signal from
some metabolites. Accordingly, the water signal has to be suppressed to better
visualize the peaks of the metabolites of interest. Water suppression is achieved by
applying a chemical shift selective (CHESS) excitation pulse for water and then
applying crusher gradients.[21, 22] This yields a dephased negative water peak that
tends to return to equilibrium through T, relaxation. CHESS suppression is further
combined with an inversion recovery technique by starting the measurement at the
zero crossing of the water peak. Furthermore, after k-space reconstruction, a Digital
Shift Accumulation (DSA) filter is applied on the time domain data giving a
secondary stage of water suppression in the preprocessing phase.” The DSA filter
works by shifting the time-domain signal and subtracting this from the original signal.
The signal with zero chemical shift (water frequency) will be nulled. The number of
points by which the filter is shifted determines an optimum frequency which is not
attenuated by the filter. For our work the shift was adjusted to place optimum

frequency close to that of NAA.

* Philips Medical Systems Nederland B.V., New Intera Release 10.4 Application Guide volume 4,
2004.
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3.2.2 Processing:

The raw acquired data from the MRSI scans were reconstructed from k-space
and preprocessed on the console, generating a spectrum for each spatial location in
the imaging grid. The data was exported to Matlab where it was further analyzed
using in-house developed software that calculates the area under different metabolite

peaks.

The software evolved over the duration of the project. The first attempts of
peak area calculations depended on user defined integration boundaries. Peak
integration was calculated as the sum of the points lying between the integration
boundaries on the modulus spectrum. Although this method is routinely used for
rough estimations of peak strengths it suffered from serious flaws.[23] Firstly, the
boundary definition method was user dependant which inherently introduces user
bias. Secondly, the use of modulus data for peak integration was not accurate
because noise on the modulus spectrum is always positive which introduces baseline
artifacts.  Alternatively, a peak fitting algorithm was developed to calculate peak

heights and areas more accurately.

Peak fitting relies on the basic assumption that the free induction decay (FID)
(time-domain) signal acquired in spectroscopy is a sum of exponentially decaying
sinusoids. Accordingly, in the frequency domain the spectrum would consist of a
sum of Lorentzian lines.[23] The developed peak fitting algorithm fits a sum of

Lorentzians to the complex spectra based on seeding values for the peak locations,
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estimated peak heights and full width half maxima (FWHM).[23] The equation for

the real Lorentzian used in peak fitting is given by:

_ a’l 2al(x—x,) . )
Lreal - az +4(x_x0)2 COS(¢)+ 612 +4(x_x0)2 Sln(¢) (3 9)

Where a is the FWHM, I is the height of the peak at zero phase, @is the phase angle,

and x, is the peak location.

Relative Units
T
1

Figure (3-2): A typical spectrum showing the NAA, Cho, and Cr peak. The blue line
represents the raw spectrum while the red line represents the fitted spectrum. The
under shooting in the raw spectrum at approx. 2.1 and 2.3 ppm is caused by noise
and ringing artifacts.

The software uses a least squares algorithm that estimates the parameters that

would minimize Eq. 3-9 over the fitting region. An example of the results is shown
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in Fig. 3-2 where the correlation coefficient over the fitting region was found to be

96.6%. (See Appendix I for details on the algorithm)
N-1
Fum =2 (Frpy = Fp)’ (3-10)

where, F,4, and Fp, are the raw and fitted spectrum respectively.

The goodness-of-fit (Chi-squared (y°)) parameter was calculated for the three

metabolite peaks as:

) 0. -E)’
v -yE e-10

where, i is the number of bins, O; is the observed frequency of bin i and E; is the
expected frequency of bin /.

For 95% confidence, the calculated x2 has to be less than of equal to a critical
Yeritical. For Cho, Cr and Naa y* was found to be 10.58, 1.68 and 3.17 respectively.
Those results were all less than chrjﬁcal of 11.07, 11.07 and 14.067 for Cho, Cr, and

NAA respectively. Therefore, the goodness-of-fit was acceptable.

The Lorentzian parameters (peak heights, locations, FWHM, and phases)
resulting from the peak fitting algorithm are used in the software to analytically

calculate the area under the peaks from each real spectrum using Eq. 3-12.
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L =-rmal (3-12)

area 2

Finally, the software produces metabolite maps for choline, creatine, and

NAA, as well as a ratio map of Cho/NAA.

Interpolation of the metabolite maps has been routinely used in the literature
to correlate MRSI with CT and MRI images for treatment planning.[2] The
interpolation results in smoothing the metabolite maps and allows for better
comparison with CT and MRI images. In this work, the metabolite maps were

interpolated to 256x256 voxels (approx. 0.47x0.47x10 mm’/voxel).

Interpolation can be performed using two methods: 1. Pre-processing zero-
filling interpolation of the k-space data; 2. Post-processing interpolation of the
metabolite maps. Using k-space pre-processing interpolation is considered more
accurate since it involves the interpolation of the spectra themselves, however, it
would increase the number of voxels to be processed by two orders of magnitude.
Accordingly, linear interpolation of the metabolite maps was chosen to reduce the
processing time. Post-processing interpolation provides visually smoother metabolite
maps, however, this is not a result of the interpolation for the spectra themselves and
hence are regarded as less accurate than pre-processing interpolation. The error in the
interpolation between the two methods can be estimated through either simulation or

phantom measurements. This is however beyond the scope of interest of this work.
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3.2.3 Phantom Studies:

A phantom was constructed using a cuboid (9 cm x 9 cm x 15 cm) plastic
container filled with uniform concentrations of metabolites. Approximately 4 mM
choline chloride and 10 mM creatine hydrate were used to reflect physiological levels
in a healthy brain.[10] Choline and creatine were chosen for this phantom for two
reasons. Firstly, because choline and creatine are of lower concentration and signal
than NAA in a normal brain, they would be more sensitive to changes in SNR.
Secondly, the close spectral proximity of the primary peaks of choline (3.2 ppm), and
creatine (3.0 ppm) makes the scans more sensitive to spectral blurring. This phantom
was used to perform the in-vitro spectral SNR study and to investigate the effects of

voxel size on metabolite ratios.

3.2.3.1 Spectral SNR study:

The phantom was scanned using a single slice TSI scan with TR of 1500 ms.
Four spatial nominal resolutions were used (10x10x10 mm®/voxel, 5x5x10
mm?>/voxel, 4.17x4.17x10 mm>/voxel, and 3.33x3.33x10 mm3/voxel). The spectra
were then analyzed and the spectral SNR was defined and calculated as the area of the
Cr peak divided by the root-mean-square (RMS) of the noise. The noise window was

centered at -4.5 ppm with width of 1 ppm (Fig. 3-3).

area(Cr)

=TT (3-13)
RMS (noise)
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The SNR was calculated and averaged over a uniform ROI (Fig. 3-4). It is
expected that the spectral SNR would decrease as the voxel size decreases. For more

insight into the signal and noise analysis in the MRSI please refer to section 2.3.

For in-vivo studies, the SNR was calculated and averaged over an ROI at both
high and low resolutions (5.83x5.83x10 mm® and 9.58x9.58x10 mm’® nominal voxels,
respectively). The volunteer scans were acquired with a TR of 1500 ms. Another
volunteer scan was acquired at 4 slices with TR 5500 ms with nominal voxel sizes of

5x5x10 mm’. Sampling bandwidth for all SNR studies was kept at 2700 Hz.

To establish a standard to assess whether the resulting SNRs were acceptable,
the means and standard deviations of the creatine peak and noise heights were
calculated over the same ROI (Fig. 3-4). Statistically the means of the noise and
creatine peak heights should be separated by at least 1.97 standard deviations to
achieve 95% confidence that the two distributions are not related. Hence, acceptable
SNR was taken to correspond to the scan where the mean height of the creatine peak
is at least 2 standard deviations higher than the mean noise level. This criterion
guarantees that the user and the fitting algorithm would be able to clearly distinguish

between the metabolite peaks and the noise.
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Figure (3-3): Typical
Spectra individually scaled
from SNR study. (a)
10x10%10 mm’/voxel scan,
(b) 5x5x10 mm®/voxel scan,
(c) 4.25%4.24 %10 mm’ fvoxel
scan ,and (d) 3.33x3.33x10
mm’/voxel scan. The
displayed window is the
noise window.
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3.2.3.2 Effects of Voxel Size on Metabolite Ratios:

Utilizing the same uniform phantom and scans described in the in-vitro
spectral SNR study, the areas under the choline and creatine peaks were calculated
from the results of the peak fitting algorithm.[23] The Cho/Cr ratio was then
calculated and averaged over a homogeneous region in the phantom (Fig. 3-4). This
procedure was intended to test whether the mean value of the ratios would remain the

same over the different scan resolutions.

Creatine

Figure (3-4): Creatine metabolite map of the uniform phantom showing the ROI used

Jfor the SNR and metabolite ratio studies.
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3.2.4 Comparison of High-Resolution with Low-Resolution MRSI:

Currently, most available phantoms are designed for single voxel
spectroscopy. Phantoms utilizing acrylic or glass containers are likely to suffer from
susceptibility artifacts arising from the interface of the wall material and the solution
used to fill the phantom. Those artifacts are more pronounced in high-detail and
irregularly shaped phantoms. Moreover, acrylic or glass walls have a finite thickness
which may lead to partial volume artifacts in the spectral data. The phantom
developed in this work is made up of porcine gel which negates the need for an
acrylic or glass container. This eliminates susceptibility and zero-averaging partial
volume artifacts. There is however, the potential for the diffusion of metabolite

across the phantom boundaries which might affect the accuracy of the results.

A phantom designed to simulate tumors was constructed using 5% by weight
porcine gel containing clinically relevant concentrations of choline chloride (4 mM)

and creatine hydrate (10 mM).[10]

A cast acrylic wedge (base: 3.8 cm % 3.8 cm, height: 9 cm) was inserted in the
liquid gel and was later removed when the gel hardened. The void left by the wedge
was filled with a solution containing elevated levels of choline chloride (10 mM), and
the same concentration of creatine as in the background (Fig. 3-5). The increase in
choline concentration inside the wedge-shaped void would simulate the presence of a

malignancy.
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It is worth mentioning that three methyl (CH3) molecular groups contribute to
the 3.2 ppm choline peak, whereas, only one contributes to the 3.0 ppm creatine peak.
Therefore, even though the choline concentration maybe less than that of creatine, the

choline peak can be of equal to or sometimes larger than the creatine peak.

The phantom was scanned 10 times at the same position with high-resolution
and low-resolution scans of nominal voxel sizes 5x5x10 mm® and 10x10%10 mm3,

respectively. The shim settings and water suppression parameters were reset before

each scan.

Figure (3-5): T2 weighted transverse image of the wedge phantom. The dashed lines

outline the wedge. The dimensions shown are smaller than the ones quoted due to

partial immersion of the wedge in the gel.
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A single-slice anatomic scan of the phantom with 0.47x0.47x10 mm”® voxels
was acquired at a position coinciding with the spectroscopic scan. This allowed a
proper comparison of the spectroscopic results to the phantom geometry. The Cho/Cr
ratio maps were calculated for 10 spectroscopic scans. Three binary masks were
produced for Cho/Cr ratios > 1.5, 21.75, and > 2, respectively to show the
spectroscopic representation of the wedge at different Cho/Cr ratios. (Fig. 3-6) A
similar binary mask was produced from the anatomic scan to represent the actual
geometry of the wedge shape. The binary masks of the spectroscopic scans were

compared to the one corresponding to the anatomic scan by using Eq.(3-14):

result=(Cho / Cr)binary mask — 2 x Anatomic binary mask . (3-14)

This equation would then result in an image containing the following pixel
values: 1 for anywhere the representation of the wedge by the spectroscopic scans is
larger than that of the anatomic scan, -1 for the areas of agreement between the
spectroscopic imaging and the anatomic scans, and -2 for the regions of the wedge on
the anatomic scan that are not represented on the spectroscopic scan. It is expected
that the high-resolution scans would show better definition in the extent and the shape

of the wedge-shaped phantom.

Low Diffusion Phantoms
Two similiar phantoms with 5% and 15% by-weight gel concentrations were

constructed in the same manner as the previous wedge phantom. The metabolite

51

Reproduced with permission of the copyright owner. Further reproduction prohibited without permission.



concentrations in the gel were chosen to imitate those of normal tissue; 2.3 mM Cho,
10 mM Cr, and 15 mM NAA.[24, 25] The wedge was filled with a solution that
imitated mimicking glioblastoma; 8 mM Cho, 3 mM Cr, and 5 mM NAA.[25, 26]
To minimize the effect of diffusion on the validity of the results, scans were
performed immediately after the introduction of the metabolite solution. In half of
the studies, the low-resolution (10x10x10 mm’/voxel) scan was performed first, and
in the other half the high-resolution scans (5%x5%10 mm®/voxel) were performed first.
In this way, valid comparisons could be drawn between the different resolutions over

and above any effects of diffusion.
It is expected that if diffusion was not a factor affecting our phantom design

that the all phantoms would qualitatively show the same pattern of difference between

high and low resolution scans.
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Figure (3-6): Cho/Cr ratio map of the phantom with a contour (black) at

Cho/Cr = 1.75. The image is masked around the VOL

3.2.5 Volunteers and Clinical Subject Studies:

Healthy volunteers and clinical subjects diagnosed with GBM were scanned
after obtaining ethics approval (ETH 21780, Cross Cancer Institute, Multimodality
functional imaging (MRSI and dynamic contrast enhancement MRI) predicts tumor
migration, invasiveness, and patterns of failure of human Glioblastoma treated with
concurrent radiation therapy and Temozolomide, Principal Investigator: B.
Abdulkarim). The parameters for a six-slice scan were adjusted in order to minimize
the total scan time while maintaining the full tumor coverage and achieving the

highest spatial resolutions possible.
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Scanning parameters were set as follows: TR of 3800 ms, TE; of 100 ms, TE,
of 200 ms, spectral bandwidth of 4000 Hz, 512 point spectral sampling, 24x24 phase
encoding matrix, six 10 mm thick slices and 0 mm gaps. This provided a nominal
spatial resolution of 5%5x10 mm®/voxel - 6.67x6.67x10 mm>/voxel. The number of
echoes acquired per repetition (turbo factor) was set to 2 in order to reduce T2
weighing artifacts associated with acquiring more than one echo per repetition. This
technique can be very easily modified to accommodate thinner slices with the same
in-plane resolution. The 10 mm slice thickness was used to ensure full coverage of

the tumors with the six-slice protocol.

Some healthy volunteer scans were performed as single-slice scans with a
24x24 phase encoding matrix. One FOV of 240x240 mm’ (10x10x10 mm®/voxel)
and another at 140x140 mm’ or 160x160 mm’ (5.83x5.83x10 mm>/voxel or
6.67x6.67x10 mm’/voxel respectively) were chosen to compare different nominal
spatial resolutions. The TR was kept constant at 1200 - 1500 ms for both the high-

and low-resolution scans of each volunteer.

3.3 Results:

Figures 3-7(a) and 3-7(b) show the imaging grids of the low-resolution and
high-resolution spectroscopic imaging scans respectively. The difference in the
coverage of the head by the different FOVs is shown. High resolution quality is

achieved by keeping the same number of phase encodes as the low resolution while
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covering a smaller FOV. Since the high-resolution scan is not covering the whole
head, the resulting image may suffer from aliasing artifacts. To reduce aliasing

artifacts, crusher gradients were used to suppress the signal outside the VOL.

Figure (3-7): The
Spectroscopic Imaging grids
(FOVs) for (a) the low—
resolution

(9.5%9.5%10 mm’ fvoxel)
scan (b) the high-resolution
(5.83 x5.83 x10mm’ /voxel)
scan. VOI shown as the
green shaded region in the

centre.

Figures 3-8(a) and 3-8(b) show the scan grids and corresponding spectra for
both MRSI scans. The spectra of the high-resolution scan have a lower signal to
noise ratio than those of the low-resolution scan, however, the three metabolite peaks

are visible on all the shown spectra.
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Figure (3-8): (a) single slice, TR 1500 ms low-resolution (9.5x9.5x10 mm’/voxel)
scan. Left: VOI Right: Spectra corresponding to outlined voxels. The visible peaks
left-right are Cho, Cr, NAA; (b) single slice, TR 1500 ms high-resolution
(5.83%5.83%10 mm’/voxel) scan. Left: VOL Right: Spectra corresponding to outlined

voxels. The visible peaks left-right are Cho, Cr, NAA.

Figure 3-9 shows the uninterpolated (24x24 pixels) metabolite maps
calculated on Matlab. The images show the relative Cr signal scaled to the highest Cr
signal in the each image. Although the resolution of both images is poor compared to
anatomic MRI images, the ventricles appear to be more blurred in the low resolution

maps.
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Figure (3-9): Volunteer creatine maps acquired with TR 1200 ms at (a) high-
resolution (6.25x6.25 x10mm’ voxel) and (b) low-resolution (10x10x10mm’hoxel).
The maps are scaled individually and the colorbar represents relative intensity. The

arrow identifies the ventricles.

3.3.1 SNR Study

Figure 3-3 shows sample spectra acquired form the uniform phantom with
voxel sizes ranging from 10x10x10 mm® to 3.33%3.33%10 mm°. Figure 3-10 shows
the average SNR calculated over the ROI for the different voxel sizes. The low
resolution (10x10x10 mm®) and the high resolution (5x5x10 mm>) have SNR’s of

1484.3 and 748.8 respectively.
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For both scans, the mean creatine peak height is more than 2 standard
deviations greater than the mean noise level satisfying our criterion for having an

acceptable SNR.

The graph also shows the same for the in-vivo scans with the low and high
resolutions. Therefore it can be safely stated that for all the presented resolutions the
user and the fitting algorithm would be able to clearly distinguish between the

metabolite peaks and the noise.

Based on the comparison with the phantom studies, one might expect that the
volunteer low-resolution scan would have a higher SNR than measured (385.5).
However, the SNR is understandably low due to the shorter T2 times of the in-vivo
metabolites compared to the phantom, non-uniformity of brain tissue, and the poor
statistics which is reflected in the high standard deviation. Although peak broadening
shouldn’t have an effect on our definition of SNR, average FWHM for phantoms is

5.4 Hz, while for volunteers it is 7.3 Hz.
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Figure (3-10): SNR study results. (a) Phantom (10x10%10 mm’/voxel). (b) Phantom
(5x5x10 mm’/voxel). (c) Phantom (4.17x4.17x10 mm’/voxel). (d) Phantom
(3.33%x3.33x10 mm3/voxel). (e) Volunteer low resolution (9.58x9.58%10 mm3/voxel).
() Volunteer high resolution (5.83x5.83x10 mm’/voxel). (g) Volunteer high
resolution (5x5%10 mm’voxel). The left vertical scale corresponds to the bar graph
representing the SNR, while the right vertical scale corresponds to the line graph
representing the number of standard deviations separating the mean Cr height and

mean noise level.
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3.3.2 Effects of Voxel Size on Metabolite Ratios

Using the same uniform phantom and scans used for the in-vitro SNR study,

the effect of voxel size on metabolite ratios was investigated. (section 3.2.4.2)

Figure 3-12 shows the mean Cho/Cr ratio within the ROI for each spatial
resolution. The mean ratio calculated for the high resolution (5x5%10 mm?®) and the
low resolution (10x10x10 mm®) agree within one standard deviation. Therefore, our
high-resolution scans can be used to reproduce reliable Cho/Cr ratios. Since, the
decrease in voxel size affects the signal from all metabolites equally; it is also safe to
assume that our high-resolution scans can be used to reliably reproduce any

metabolite ratios.
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Figure (3-11): Typical spectrum from the uniform phantom used for the SNR and

metabolite ratio studies. The peaks of interest are Cho and Cr at 3.2 ppm and 3.0

ppm respectively.
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Figure (3-12): Effects of voxel size on metabolite ratios.

3.3.3 Clinical Subject Studies

Figure (3-13) shows sample spectra acquired using the optimized 6-slice
scanning sequence on a clinical Glioblastoma Multiforme subject post-surgery (ETH
21780, Cross Cancer Institute, Multimodality functional imaging (MRSI and dynamic
contrast enhancement MRI) predicts tumor migration, invasiveness, and patterns of
failure of human Glioblastoma treated with concurrent radiation therapy and
Temozolomide, Principal Investigator: B. Abdulkarim). The figure shows two
sample spectra, the first corresponding to a voxel within the tumor while the second
corresponds to normal tissue. As expected, the first spectrum shows elevated levels
of choline and very low levels of NAA and Cr compared to the normal tissue

spectrum.
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Figure (3-13): (a) T1-weighted post-contrast image of a clinical GBM subject post-
surgery. (b) MRSI spectra corresponding to a clinical GBM subject. Spectrum #1
corresponds to a point inside the tumor as shown by the contrast enhancement in the

anatomic image. Spectrum #2 corresponds to a point within the healthy tissue.

3.3.4 Comparison of High-Resolution vs. Low-Resolution MRSI

Figures 3-14(a) and 3-14(b) show the comparison masks of the spectroscopic
scans to the anatomic image at a Cho/Cr ratio > 1.75. It was noticed that the

contoured volumes depended heavily on the ratio chosen. This is due to linear
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interpolation applied to the images from 24x24 pixels to 256x256 pixels. The
interpolation process spread the gradient of the ratio values from a steep gradient to a
shallow gradient. For this reason, we decided to compare the high and low

resolutions over a range of ratio.

The inherently larger voxels corresponding to the low-resolution scans cause
the following partial volume effects as shown in Fig. 3-14(b). Firstly, in the low
detail region, the boundaries of the simulated tumor shown by the spectroscopic scan
are blurred and over estimated. Similarly, but in a reverse fashion, the high detail
region of the phantom is not accurately represented because of the surrounding
dominant signal. Those shortcomings appear less drastic in Fig. 3-14(a) where the
boundaries of the spectroscopic scan appear to conform better to the geometry of the

simulated tumor.

Figure 3-15 shows a graph of the average number of pixels in excess or
missed in the spectroscopic scans for the different Cho/Cr ratios. For all three, the
percentage of excess and missed pixels of the high-resolution scans is lower than that
of the low-resolution scans. As expected, the high-resolution scans provide better
conformance to the physical extent of the simulated tumor. The improvement over

the low resolution is particularly clear in the high detail region of the phantom.
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Figure (3-14): Comparison of the spectroscopic scan mask at Cho/Cr ratio of 1.75 to
the anatomic (actual) scan of the wedge phantom. (a) High-resolution (5x5x10
mm3/voxel) scan. (b) Low-resolution (10x10x10 mm3/voxel) scan. Notice the
difference in phantom coverage especially in the high detail region of the phantom.
Also notice the blurring and over estimation of the phantom size in the low detail

region.
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Figure (3-15): Bar graph comparing the results of the quantitative comparison
between high-resolution (5x5%10 mm’/voxel) and low-resolution (10x10%10
mm’/voxel) scans of the wedge phantom. Notice the high-resolution scans always

yield less misses and excess pixels than the low-resolution scans at all thresholds.

Low Diffusion Phantoms

Similar to the results shown above, Figs. 3-16 and 3-17 show that for both the
low-diffusion wedge phantoms, the high-resolution scans were more conformal to the

physical shape of the wedge (at a Cho/NAA ratio > 1).

Since all phantoms showed the same pattern of differences between high- and
low-resolution scans, this confirms that diffusion did not have a significant effect on

the results. However, a diffusion free phantom would be more accurate and versatile.
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One of the ways that can be used to measure the diffusion effects in the
phantoms is by filling the wedge-shaped void with a contrast agent (gadolinium).
Gadolinium shortens the T1 times of the surrounding molecules. On a T1 weighted
scan, the molecules surrounding gadolinium would appear bright due to their
decreased T1 times. The phantom would be scanned over a period of time and the
contrast enhancement would be compared between the different scans to monitor the

diffusion of the contrast agent through the gel.
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Figure (3-16): 5% by weight porcine gel wedge phantom. Comparison of the
spectroscopic scan mask at Cho/NAA ratio of 1 to the anatomic (actual) scan of the
wedge phantom. (a) High-resolution (5%5x%10 mm’/voxel) scan. (b) Low-resolution
(10x10x10 mm’/voxel) scan. The high resolution was scanned first then the low

resolution followed after 5 minutes.
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Figure (3-17): 15% by weight porcine gel wedge phantom. Comparison of the
spectroscopic scan mask at Cho/NAA ratio of 1 to the anatomic (actual) scan of the
wedge phantom. (a) High-resolution (5x5%10 mm’/voxel) scan. (b) Low-resolution
(10x10%x10 mm’/voxel) scan. The low resolution was scanned first then the high

resolution followed after 5 minutes.
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Chapter Four

4 Conclusions and Future Work

4.1 Conclusions:

The advantages that spectroscopic imaging can offer in the therapeutic
management of brain tumor are significant. Not only does the metabolic information
gathered using MRSI provide a means of non-invasive tumor assessment, it also
implies obvious benefits to the use of MRSI in delineating boundaries for radiation
treatment of tumors. Such benefits have recently been demonstrated in the literature
[1], where the delineation of tumor volume in treatment plans for external beam
radiation therapy has been shown to change when MRSI metabolite information was
considered. MRSI showed regions of increased tumor activity that were not covered

by conventional imaging and contouring techniques.

High-resolution MRSI provides promising high-resolution biochemical
information for treatment planning purposes. It provides more spatial information
than current MRSI scans used for diagnosis. The spatial correlation with CT and MRI
can help in more precise delineation of the tumor volume leading to more conformal

treatment plans and less complications.

In radiotherapy, a high-resolution biological imaging tool is long overdue.

Because of the advancements in the radiation delivery techniques the biggest
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challenge in radiotherapy planning is tumor localization. High-resolution MRSI
provides the means of biologically localizing the tumor as well as areas of potential

tumor invasion allowing for more conformal plans and possibly dose escalation.[1]

In this work, a technique has been successfully tested for high-resolution
MRSI at 3 T that can be used for the brain. It has been demonstrated that for both
phantom and volunteer scans, the mean creatine peak height was more than 2
standard deviations greater than the mean noise level. Therefore, despite the decrease

in the spectral SNR, the scans met the set criterion for having an acceptable SNR.

It has also been demonstrated that, through our investigation of the effects of
voxel size on metabolite ratios, the Cho/Cr ratios obtained from both resolution scans
agree to within one standard deviation. Therefore, our high-resolution scans can be

used to reproduce reliable Cho/Cr ratios.

The quantitative comparison between both ranges of resolution has shown that
high-resolution scans always provided better conformance to the simulated tumor

volume especially in the high detail regions.

The multi-slice technique that we described herein is useful over most of the
brain volume including the ventricles. However, for tumors located in the posterior or
the anterior side of the head, the use of a 3-D PRESS would be more appropriate in

order to avoid aliasing artifacts in the VOL.
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4.2 Future Work:

As mentioned earlier, the larger objective of the project is to improve MRSI as
a means of biochemical identification of brain tumors - GBM - for radiotherapy

treatment planning.

An automatic method of delineating tumors using MRSI used by other groups is
currently being investigated. McKnight et al. derived a method for automatically
differentiating tumors from normal tissue using the choline-to-NAA index (CNI).[2]
In their work they show that CNI of 2 is significant of a malignancy. Lately, we have
been using a wedge phantom to correlate the physical extent of the tumor with the
volume depicted by MRSI. Preliminary results of our CNI calculations show that for
the wedge phantom, CNI of 2 fails to accurately depict the geometry of the wedge
phantom. Moreover, CNI of 2 falsely indicated malignancies in regions of the
phantom where the metabolite concentrations imitated those of healthy tissue.
Accordingly, it is suspected that a CNI of 2 is a not the correct threshold to be used to

differentiate tumors from healthy tissue.

The proposed future work is to conduct in-depth studies on CNI outcome that
would investigate the following:

1. The use of the wedge phantom described in our previous work to study the

specificity and sensitivity of the CNI based method introduced by McKnight

et al. Also, work will be conducted to optimize the CNI value that would best

represent the geometry of the simulated tumor within the phantom.
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2. Conducting a series of MRSI scans on healthy volunteers to determine the
average CNI corresponding to healthy brain tissue. A baseline would then be
established for healthy brain tissue that will be used to identify healthy tissue
from tumors on clinical subjects.

3. The biological outcomes such as tumor control probability (TCP) and normal
tissue complication probability (NTCP) of incorporating biochemical
information offered by MRSI in treatment planning. The optimized CNI will
be used to delineate biological target volumes (BTV) on GBM clinical
subjects (ETH 21780) under the supervision of the co-supervisor. The
resulting volumes will be compared to the gross tumor volumes produced
using conventional anatomical imaging based delineation methods. Using in-
house developed software based on biological modeling, the expected TCP
and NTCP for the different plans will be compared.

4. The patterns of failure and survival in patients where radiotherapy was
conducted utilizing a BTV and compare the results to patients treated based on

conventional anatomic imaging techniques.

In conclusion, the study and optimization of the CNI as a parameter for tumor
delineation improves the accuracy of tumor identification parameters. CNI can
provide a solid quantitative basis for biochemical delineation of tumors which may
potentially lead to more accurate targeting of microscopic disease, improving

outcome and reducing recurrence.
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Appendix I: Theory of MRI

Introduction:

In Chapter One we have introduced how the role that MRI plays in the
radiotherapy process and how biological imaging using MRSI can improve the
outcome of radiotherapy. This Appendix proceeds with an explanation of the basic

physics of MRI with the relaxation mechanisms and spatial encoding techniques.

The physics of MRI can be described using both classical and quantum
mechanics. While the classical description is simpler to understand, the quantum
mechanical aspects of MRI will be introduced to describe the basic theory of the
preparation stage. Since the classical description will be used for the whole chapter,
the quantum mechanical description of the preparation stage will be discussed first so

as not to disrupt the continuity of the chapter.

Quantum Mechanical Description of NMR

Consider a system consisting primarily of protons with spin }2 as our sample for the

NMR experiment.

Spin 12 in a static magnetic field (preparation):

The magnetic dipole moment u of nuclei is related to the spin angular momentum 7 of

the nuclei through:

u=7yhl (A-1)
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where 7 is the gyromagnetic ratio of the nuclei and 4 is Plank’s constant. For

hydrogen protons, y= 6.796 radians/(second - Tesla).

The interaction energy of a magnetic dipole moment in a static magnetic field is

defined by:

E=-peB, (A-2)

where By is the static uniform magnetic field.

For hydrogen nuclei in a static uniform field oriented along the Z direction, Eq. A-2

becomes:

E=-yhI_eB, (A-3)

That can be written in operator form using the Hamiltonian which describes the

interaction of the spin with the main magnetic field (Zeeman Hamiltonian) as:

Hp =yhB,I, (A-4)
Applying the Zeeman Hamiltonian to the energy eigenstates in the spin wave function

we get the energy eingenvalues corresponding to those eigenstates:

Hy(a)+|B) = E(a)+|B8)) = yhB, /2| a)+-yhB, /2| B) (A-5)
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where |a> and l ,3) are spins oriented parallel and anti-parallel to By respectively.

Accordingly, when a spin Y2 system is placed in a uniform static magnetic field there
are only two possible energy states in which the spin can be described. The whole

system can either be a mixture of those states or purely one or the other.[1]

From Eq. A-5 the Zeeman energy separation between the eigenstates can also be

written as:
AE =yhB
Yhby (A-6)
AE = hw,
where @, is referred to the as the Larmor frequency and is:
@, = 1B, (A-7)

At 3T, w=20.388 radian/second.
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Figure (4-1): The energy level diagram of a spin ¥ system observed in By = 0 and

By#0

In thermal equilibrium. the Boltzman distribution defines the relative populations of

the spins in the eigenstates [2]:

N,

_ _—AE/kT
8y Ny =¢ (A-8)

|
where N is the spin population, k is Boltzman constant (1.38 x 10% J/K) and T is the

temperature in Kelvin.

In the absence of the magnetic field, the spins have equal probability to be

oriented in any direction resulting in a net magnetization of zero. However, in the
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presence of a static magnetic field, the spins will preferentially orient themselves

parallel to the field which results in a net longitudinal magnetization.

The classical description of NMR:

Consider a volume containing an arbitrary sample of protons each with
magnetic moment #. The net magnetization within the sample volume is equal to the

sum of the magnetic moment vectors of the protons in the sample:

M,= Y u, (A-10)

volume

In the absence of a magnetic field the magnetic moment vectors are oriented
randomly as shown in Fig. A-3a. Accordingly, the magnetic moment vectors cancel

each other in vectorial sum and the net magnetization of the sample is zero.[2]

Magnetic moments in a stationary magnetic field B,:

In thermal equilibrium in the presence of a static magnetic field By the
magnetic moments of the protons present in our sample would align themselves in a
direction either parallel or anti-parallel to the magnetic field. As we discussed earlier,
the number of spins in the parallel orientation will be greater than the number of spins
in the anti-parallel orientation resulting in a net magnetization along the direction of

the applied static magnetic field.
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\ /
a. Ba=0 b. Ba¢0

Figure (A-2): magnetic moment vector within a sample shown in: a. The absence of a
uniform external magnetic field resulting in random orientations zero net
magnetization. b. The magnetic moments are arranged in the parallel and anti-
parallel orientation with respect to the applied magnetic field. The net magnetization

vector My resulting is shown as the big arrow.

Following the preparation phase, the two remaining stages of excitation and

acquisition are executed to complete the MRI experiment.

Description of the excitation process:

The excitation process is achieved by applying a circularly polarized (rotating)

magnetic field B; with frequency @. B; is applied by a radio-frequency (RF) pulse in
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the presence of and orthogonal to the static magnetic field By. The total magnetic

field B experienced by the spins then becomes:

B=B,+B,() (A-11)

where B, =(0,0,B,) and B, =(B, cosax, B, sin ax,0) resulting in:

B = (B, cosax,B, sinax,B;) (A-12)
where the z-axis is defined along the axis of By and the xy-plane is the transverse

plane.

Equating the rate of change of angular momentum to the torque experienced by those

vectors:

hdl /dt = ux B (A-13)

From Eq. A-1, we obtain:

dul/dt=mxB (A-19)

From Eq. A-10 the equation of motion now becomes:
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%(z,u)=dM/dt=}/2yxB

dM /dt=M x B (A-15)
i j k

dM /dt = M, M, M., (A-16)
B,cosax B, sinax B,

which can be written as:

dM . /dt=y(M B, —M B, sinax)
dM ,/dt=y(M B, cosax — M B) (A-17)
dM,/dt=y(M B, sinax — M B, cosax)

Thus the motion of the magnetization vector become fairly complex since it
involves rotation around the z-axis superimposed on rotation about the transverse
axes. In order to better visualize the motion of M and to simplify the mathematics we
will consider another reference frame than the Cartesian laboratory frame. The new
reference frame is a rotating reference frame rotating with frequency w equal to that
of the circularly polarized B;.[1, 3] In the rotating frame now both B; and B, appear

to be static in the xy-plane and z-axis respectively.
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ot

p X

ot

Xo
Figure (4-3): the rotating frame of reference (X, Y,) with respect to the laboratory

Jframe (X)Y). The rotating frame rotates about the z-axis therefore, Z, is equivalent to

Z

From Fig. A-3, the components of the magnetization vector M, in the rotating

frame are related to the magnetization vector M in the laboratory frame through:

M., =M, coswt+ M, sinat
M, ,=-M, sinax+M  cosax (A-18)

»p

M, =M,

The derivation of these equations and substitution with the derivatives in the
laboratory frame from Eq. A-17 now yield the equations of motion in the rotating

frame:
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dM | dt = (1B, + ©)M ,,
dM ,, | dt =—~(B, + 0)M , + BM (A-19)
dM,/dt=-BM,,

These equations can now be combined in one simple equation of motion:

dM,/dt=yM,x B, (A-20)
where
B, =Bji, +(B, +@/p)k, (A-21)

The resulting equation of motion in the rotating frame is of the same form as
the one in the laboratory frame Eq. A-15. The major difference is the presence of the
effective time-dependent magnetic field Bginstead of B. B,g also has components in

the x and z directions implying that the magnetization vector will precess in a cone

about the B, axis with frequency @y - ¥ Begin the laboratory frame.
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Xo
Figure (A-4): The magnetization vector precession about By in the rotating reference

frame.

From Eq. A-21, if By is applied so that @ = - By, B, is eliminated from the
equation and B.gbecomes equal to B;. This is referred to as the resonance condition.
Accordingly, if B; is applied parallel to the xp-axis the magnetization vector will
precess in a circular motion in the zyy,-plane. Thus, excitation is achieved by
applying a circularly polarized magnetic field B, for a time ¢ which will in turn cause
the magnetization vector to tip from the equilibrium position along the z-axis to the

transverse plane giving resulting in a detectable signal.[4]
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The angle between the magnetization vector and the z-axis resulting from an

excitation pulse is known as the flip angle which is defined as:

a(t) = 7j B,(t)dt (A-22)

Accordingly, if B; is applied for time ¢ = /298, the resulting flip angle would be w/2
which is know as a 90° flip angle (pulse). Similarly, ¢ = /)8, results in a 180° flip

angle (pulse).

Yp

Figure (A-5): The motion of the magnetization vector during a 90° excitation pulse

shown in a. the laboratory frame and b. the rotating frame.

In the laboratory frame, after excitation, the magnetization vector may have a
longitudinal component M, along the z-axis and a transverse component M,, in the
xy-plane. After excitation, Bj is turned off and the magnetization vector is now under

the influence of only on magnetic field By.
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Description of the signal-inducing excited state:

In the excitation stage the magnetization vector M is tipped from the z-axis
(axis of By) creating a transverse component of M. The transverse component is

described here in complex form as:

M, =(M_,M,0)=M, +iM, (A-23)

where, i =\/:T.

The equations of motion for the transverse moment vectors can be expressed
by equating the rate of change of angular momentum to the torque experienced by

those moment vectors.[7]
hdl /dt=ux B, (A-24)
From Eq. A-1, we obtain:
dul/dt =uxB, (A-25)

From Eq. A-10 the equation of motion now becomes:

d
Z(Zyw)=dey /dt=y) p,, xB,
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dM, /dt =M X B, (A-26)

~

i
aM, /dt=y\M
0

O

=¥(M ,Byi —M B,)), (A-27)

x

<o g ~o
>

or, in complex form,:

dM, /dt = M ,B,+i(-M B,)
dM | dt=1B,(M, —iM ) : (A-28)
dM | dt =—iBM

Solving the differential equation above with the initial condition that M, =iM at

t=0:

M (1) = iM, exp(=i1B,?) (A-29)

Thus the magnetization vector precesses around the z-axis with frequency
ay = yBy. The rotation is in the negative sense for protons where yis positive. It is
important to note that the M,, rotates about the z-axis in the same manner and
frequency required to achieve the on-resonance excitation described in the previous

section.
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X

Figure (A-6): Magnetization vector My precessing in a negative sense about the z-

axis in the presence of a static magnetic field By applied along the z-direction.

By placing an antenna adjacent to our excited sample, the rotating
magnetization vector would induce a current in the conductor resulting in the
detection of the signal.[1] The Fourier transform of the detected current is a peak at

the resonance frequency ay of the magnetization vector. (Fig. A-7)
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a. Time (ms)

b.
Figure (A-7): a. the time domain induced e.m.f in the coil and b. frequency profile of

the detected signal. (Ignoring relaxation)

Relaxation mechanisms and the Bloch equations:

The magnetic moments represented by the magnetization vector M do not
revolve indefinitely around the z-axis after excitation. Magnetic moments tend to
relax to their equilibrium state along the z-axis resulting in a reduction in the
measurable signal over time. The relaxation process is controlled by two related

processes of longitudinal and transverse relaxation.

Longitudinal relaxation:

Longitudinal relaxation describes the change of the M, component of the

magnetization vector M from the excited state to its thermal equilibrium state M,.
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Longitudinal relaxation is also known as 7/ relaxation where the longitudinal
relaxation time is 71 = 1/k and k is the relaxation constant. Longitudinal relaxation
occurs through spin-lattice interactions where energy is exchanged between the
resonant nuclei and the surrounding molecular lattice. Any one proton in a sample is
closely surrounded by similar magnetic dipoles giving rise to inter-nuclear dipole
fields of the same order of magnitude of B; used in the excitation stage. Those
microscopic magnetic fields are randomly changing due to the motion of the dipole

lattice. Such change results in energy exchange between the spins and the lattice.

The energy exchange rates depend on the molecular lattice, accordingly,
different materials exhibit different exchange rate. Bloch and Purcell, in independent
accounts, showed that the longitudinal relaxation rate was proportional to the degree
by which the magnetic moments have been removed from the thermal equilibrium
state.[5, 6] Thus, the change in longitudinal component of the magnetization vector is

expressed as:

dM (t)/ dt =Ti1(MO -M_ (1) (A-27)

where M) is the thermal equilibrium state magnetization and 7/ is the longitudinal
relaxation time, a constant that that varies for different materials. The first order

differential equation gives:

M (1)=M,+(M_ (0)-M,)e"™ (A-28)
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For a 90° pulse, M,(2) becomes:

M, ()= M,(1-¢""™)

and for a 180° pulse:

M, ()=M,1-2¢"™)

(A-29)

(A-30)

Table A-1 shows different 77 values for different tissue at both 1.5T and

3.0T.[3, 7]

appropriate timing as shown in Fig. A-8 and Fig. A-9.

Contrast between tissue can be obtained through the choice of an

Tissue T1 (ms) @ 1.5 Tesla T1 (ms) @ 3.0 Tesla
White Matter 790 850
Grey Matter 920 1300
Cerebrospinal Fluid (CSF) | > 4000 > 4000
Muscle 870 1073
Fat 250 419

Table (A-1): T1 value of different tissue at 1.5T and 3T.
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Figure (A-8): longitudinal relaxation of white matter at 3T following a 90° pulse and

a 180° pulse.
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Figure (4-9): longitudinal relaxation of white matter and grey matter at 3T following

a 90° pulse.
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Transverse Relaxation:

Transverse relaxation describes the decay of the M,, component of the
magnetization vector M from its excited state back to its thermal equilibrium state.
Transverse magnetization is more complicated than longitudinal relaxation as it is

composed of two processes, a reversible and an irreversible process.

Similar to longitudinal relaxation, transverse relaxation is governed by a
relaxation constant &', where the transverse relaxation time T72* = 1/k". The reversible

and irreversible components of relaxation define 72* as [2]:

1 _ 1,1
2% T2 T2

(A-31)

where T2 and T2’ are the irreversible and reversible components respectively.

Similar to Eq. A-27, the rate of change of M, is expressed as:
1
aM ,(¢)/ dt = W(o -M_ () (A-32)

The first order differential equation gives:

—t/T2*
M, (=M, e"" (A-33)
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The irreversible component 72 results from several factors.[8] Among the
various factors is the spin-spin interaction which is similar to the same mechanism of
longitudinal relaxation. In spin-spin interactions, an excited dipole produces
magnetic field similar in effect to B; and excites the surrounding dipole moments.
Fluctuation of the resonance frequency oy due to molecular vibrations and rotations
also contributes to 72. Those fluctuations result in the loss of coherence in the
detected signal.(Fig. A-10) From its name, irreversible decay results in permanent

signal loss. Table A-2 shows typical 72 times at 1.5 T.

Time=0 Time >0

Figure (A-10): Fluctuations in ay resulting in phase spread and loss of coherent

signal.
Tissue T2 (ms)
White Matter 92
Grey Matter 100
Muscle 470

Table (A-2): T2 values for brain tissue at 1.5 T.
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The reversible component 72’ arises from the inhomogeneity in the main static
magnetic field By. Due to manufacturing imperfections in the hardware and local
sources of magnetism within the sample, not all protons experience the same
magnetic field By. However, this decay component can be reversed using echoes as

we will show later.

Spatial Encoding:

Spatial encoding is the process by which the signal received in an NMR
experiment is related to the location it corresponds to within the anatomy. Spatial
encoding distinguishes MRI from any NMR experiment. The Imaging in Magnetic
Resonance Imaging comes from the ability to correlate physical location with the
signal received, which is achieved by spatial encoding. To do this, a linearly varying
magnetic field gradient with slope G, is applied along the direction of the main field
By resulting in a spatial varying Byp; :

B,,=B,+G,er (A-34)

total

where r is the displacement along the direction of the gradient G,. (Fig. A-11) The

resonance frequency now becomes linearly varying as:

By = V(By +G, o) (A-35)
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In the rotating frame Eq. A-33 becomes:

w, =a(r)=yG, or (A-36)

Equation A-36 is the basis for the spatial encoding used in three ways in MRI as

described in the following sections.

B, =Ger

r
>
Imaged Body r
-
Signal,amplitude
Frequency
>

Figure (A-11): A description of the application of magnetic field gradients for spatial

encoding.

Spatial encoding is achieved using primarily three methods; slice selection,

frequency encoding, and phase encoding. Each of those methods makes use of the
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magnetic field gradients to either limit the excitation to a certain region of the object

or to spatially encode the excited volume into smaller voxels.

Slice Selection:

In slice selection, the pulse used to excite the spins is a shaped RF envelope
with bandwidth BW,. A gradient G, is applied simultaneously with the bandwidth
limited RF pulse resulting in the spreading the resonance frequencies of the spins
along the direction of the gradient. The RF pulse therefore excites the spins whose

resonance frequencies lie within the bandwidth of the pulse.[9] Hence:

BW, =G,Az/2x

(A-37)
Az =27BW, G,

where Az is the slice thickness. The slice location can be changed by changing the

center frequency of the RF pulse.

Frequency Encoding:

In frequency encoding, a gradient G, is applied during the acquisition of the
signal. As in slice selection, the gradient has the effect of spreading the resonance
frequencies of the spins along the direction of the gradient. In turn this leads to a
frequency spread in the acquired signal. By Fourier transform, the time domain
signal is transformed into its frequency components which are directly related to the

spatial locations along G,. The range of frequencies in the acquired signal 1s:
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B ar = YO (Ko = Xin) 270 = Y5 FOV, [ 21 (A-38)

where FOV; is the field-of-view in the x-direction and is equal to (Xmax-Xmin)-

The maximum frequency in the acquired signal is predictable and defined as:

f.. =G FOV,/4x (A-39)

According to the Nyquist criteria, to avoid aliasing, the sampling frequency of

the acquired signal must be greater than or equal to twice the maximum frequency of

the signal. Hence, the sampling bandwidth of the readout gradient must be:

BW, 29G.FOV/2m (A-40)

sam

Aliasing is usually eliminated in scanners by using a filter that only allows the

frequencies within the acquisition sampling bandwidth.

Spatial resolution in the frequency encoding direction is given by:

Ax=FOV,/N, (A-41)

where Ax is the pixel size in the frequency encoding direction and Nr is the number of

sampling points of the readout acquisition.
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Phase Encoding:

Phase encoding is similar to frequency encoding in that it uses gradients and
accumulating phase to encode for the y-direction. A gradient G, is switched on for a
fixed time rbefore acquisition. This results in the accumulation of phase that is
linear with the position along the phase encoding direction. Accordingly, at the start
of the acquisition the all spins have the same resonance frequency but with phase

spread linearly along the y-direction.

$(») =[G, (¢ yat (A-42)

where ¢ is the phase accumulated before acquisition.

That gradient strength is then incremented by discrete linear increments of
AG;,, before each acquisition. This results in a distribution of phase along the phase
encoding direction which resembles pseudo-frequencies that are linearly related to the

spins’ y location.
The maximum phase shift between two adjacent points is given by:
AQ,.. =27,,,T=YIAG FOV, /2 (A-43)

where FOV, is the field-of-view in the phase encoding direction.
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Similar to frequency encoding, to satisfy the Nyquist criteria the maximum
phase shift between adjacent samples must be less than or equal to 7z The gradient

increments than have to be:

yiAG FOV, /2< n

(A-44)
AG, <27 I()FOV, )

Similar to Eq. A-41, the spatial resolution in the phase encode direction is given by:

Ay=FOV,/N, (A-45)

where Ay is the pixel size in the phase encoding direction and N, is the number of

phase encode steps in the y-direction.

Radio-Frequency excitation pulses:

Recall the slice selection section, we briefly discussed the application of an
RF pulse along with a slice selection gradient to excite a slice from our imaging body.
It is the frequency profile of the RF pulse that we are interested in. Equation A-37
shows that as the slice selection gradient spreads the frequencies of the spins over a
certain range, the bandwidth of the RF pulse is the limiting factor of the slice
thickness. The frequency profile of an RF pulse is simply the Fourier transform of
the time domain pulse signal. The bandwidth of the pulse (BWy) is defined as the full

width at half maximum of that power spectrum.
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Two of the basic RF pulses used in MRI are hard and soft pulses. Hard pulses are
square pulses in the time domain and have a corresponding sinc function frequency
profile. Hard pulses have the advantage of achieving large tip angles in a very short
time. However, due to its frequency profile, it is considered a broadband pulse that
results in poor slice definition.(Fig. A-12) The side lobes in the frequency profile of

the pulse lead to contamination of signal of the slice with signal from neighboring

slices.
Hard Puise Hard Puise
£ g
1
H ¥ '
| VARV
a. e b. ey

Figure (A-12): A typical hard pulse as shown in a. time domain and b. frequency

domain.

Soft pulses on the other hand, are truncated sinc pulses in the time domain with a
corresponding approximately square frequency profile.[10] Although, soft pulses
have a relatively long play time, the resulting frequency response get sharper and
better defined with greater time lengths. It is a trait that is sought for in imaging since

it provides sharply defined slices as shown in Fig. A-13.
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a. " b, e

Figure (A-13): An ideal soft pulse as shown in a. time domain and b. frequency

domain.

The latter observation is true for all pulses. As a general rule of thumb, the time
domain play time and frequency domain bandwidth are inversely proportional. This
means that the narrower the time domain profile of a pulse is, the wider its frequency

profile and visa-versa.

The Signal Equation:

The focus of this section is to discuss the signal received after excitation and
encode and how this signal is processed to give us the image we desire. For
simplicity we will consider a basic two-dimensional sequence which resulting signal
is detected by a phase sensitive detector. We shall also ignore 72 relaxation for the

time being,.

In the selectively excited slice, the receiving coil detects the signal from all the
precessing spins. The sum of the received signal from the magnetization vector M,,

can be written as an integral:[7]
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S = [ [ M y)expl-ir( G, (e ~i7]G,()dTkyds (A-46)

Consider defining a new variable k where:

k. ()= }/j G (r)dt

, (A-47)
k,()=7[G,(t)dz
0
Substituting with Eq. A-47 in Eq. A-46:
() = [ [ M(x, )e” @O dyx (A-48)
xy

It is very important to notice the similarity between Eq. A-49 and the
definition of the Fourier transform.[11] Such similarity allows us to reconstruct the

distribution of the signal in the form of an image using 2-D inverse Fourier transform.

The introduction of the terms k, and k, in our discussion lead to questions
about their significance. ky and k, are components in k-space in which frequency and
phase replace the normally understood displacement real space. For instance if an
MRI image is Fourier transformed in 2 dimensions, the resulting would be an image
with the same number of points but in k-space. Thus, in order to correctly acquire a

complete high-resolution image, all k-space points of the image have to be correctly
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sampled. As it has been described before and through Eq. A-48 this is achieved

through the application of gradients in the frequency and phase encoding.

Consider a 2D gradient echo sequence. We shall discuss how this sequence
samples k-space. As in Fig. A-14 the sequence is divided into time ¢/ and time £2.
During ¢/, the phase encode gradient and negative half readout gradient are on. Both
gradients result in a shift the k-space coordinates to (k1, ky1). For a time ¢2 the
frequency encode (readout) gradient is not turned on and the signal is acquired
leading to a precession of the coordinates through a row of k in k-space.[7] In the
next acquisition, the same steps are repeated but with incrementing the phase encode
gradient G, by AG,. This results in sampling another row of k-space. This process is

repeated until al k-space is properly sampled.

90°

A []

(Ke1 .k, 1)
A
L1 1

< >

N e
=~
-~

!

Figure (A-14): a. schematic of a gradient echo sequence. b. the k-space sampling

a.

trajectory caused by the application of the gradients in the sequence.
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There are of course several ways in which k-space can be sampled each with

its pros and cons and it is generally a process optimized for each application.[2, 3, 12]

According to the sampling theory, sampling in one domain corresponds to
replication in the corresponding transform domain.[7] Since, in MR sampling is done
in k-space, the replication of the image must be considered. Replication occurs at
intervals of 1/Aky and 1/Ak, in the x and y directions respectively.[7] The field of

view is therefore related to the k-space sampling rate through:

FOV, =1/ Ak, =

= sampling ratein k (A-59)

X

FOV, =1/ Ak, =

= sampling rateink, (A-50)

Gyr

From Eq. A-41, and Eq. A-45 we obtain:

Ax=FOV_ /N, =1/Ak N,

(A-51)
Ay =FOV,/N,=1/Ak N,
Therefore, the in-plane voxel dimensions are inversely proportional to the extent of k-

space.
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Appendix lI: Peak Fitting Algorithm

The following programs were written in MATLAB v. 6.5.2. Where the lines starting
with (%) are comment lines.

$Least Square fitting of the FWHM (ai) and phase angle (phi) for the
$Cho and Cr peaks

Param = fminunc(@ls_sq, [ai; phil);

FEETEEEELLLLLELLLTL T LIEILILLLILLTELILELLLLBLLLLLFLHTETEILBL2888%%%

$The function that calculates:

% 1. The sum of lorentzians for a specified %

number of peak.

2. The sum of squares of the difference between the raw
spectrum and the sum of lozentzians fit.

o0 0P of

function F = 1ls_sqg(x)
v = [Xavg(l): Xavg(2)}, Xavg(3):Xavg(4)1l; % Peak fitting windows

$Calculation of the lorentzians (Cho and Cr)

for 1i = 1:2

FL(ii, :, :) = [(x(1,11).72*Ti(ii)./(x(1,ii). 2+4*(v-vi(ii)).”2))" ..
wm (2%x(1,11) . *Ti(ddi) *(v-vi(id)) ./ (x(1,11).72+4*..
w(v-vi(ii)).”2))'] *[cos(x(2,11)) sin(x(2,1ii)); -sin(x(2,1ii))..
wcos(x(2,1i1))1]1;

FI, comp{(ii,:) =squeeze(FL(ii,:,1) + 1*FL(ii,:,2));

end

$Calculation of the sum of lorentzians of Cho and Cr
FLor_sum = FL_comp(l,:) + FL_comp(2,:);

$Calculation of the sum of squares of the difference between the raw
$spectrum and the sum of lorentzians fit
F = sum((real (D_smooth(v,sx,sy))'-real (FLor_sum))."2);

R R L R R A L R R A L L R R L R A R L AR L L L L

115

Reproduced with permission of the copyright owner. Further reproduction prohibited without permission.



