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Abstract

The use of Magnetic Resonance Imaging (MRI) in the radiotherapy (RT) treat-
ment planning workflow is increasing. MRI offers superior soft-tissue contrast
compared to Computed Tomography (CT) and therefore improves the accuracy
in target volume definitions. There are, however, concerns with inherent geo-
metric distortions from system- (gradient nonlinearities and main magnetic field
inhomogeneities) and patient-related sources (magnetic susceptibility effect and
chemical shift). The lack of clearly defined quality assurance (QA) procedures has
also raised questions on the ability of current QA protocols to detect common
image quality degradations under radiotherapy settings. To fully implement and

take advantage of the benefits of MRI in radiotherapy, these concerns need to be
addressed.

In Papers I and II, the dosimetric impact of MR distortions was investigated. Pa-
tient CTs (CT) were deformed with MR distortion vector fields (from the residual
system distortions after correcting for gradient nonlinearities and patient-induced
susceptibility distortions) to create distorted CT (dCT) images. Field parameters
from volumetric modulated arc therapy (VMAT) treatment plans initially opti-
mized on dCT data sets were transferred to CT data to compute a new treatment
plan. Data from 19 prostate and 21 head and neck patients were used for the
treatment planning. The dCT and CT treatment plans were compared to deter-
mine the impact of distortions on dose distributions. No clinically relevant dose
differences between distorted CT and original CT treatment plans were found.
Mean dose differences were < 1.0% and < 0.5% at the planning target volume
(PTV) for the head and neck and prostate treatment plans, respectively.

Strategies to reduce geometric distortions were also evaluated in Papers I and II.
Using the vendor-supplied gradient non-linearity correction algorithm reduced
overall distortions to less than half of the original value. A high acquisition band-
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width of 488 Hz/pizel (Paper I) and 488 H z/mm (Paper II) kept the mean
geometric distortions at the delineated structures below 1 mm. Furthermore, a
patient-specific active shimming method implemented in Paper II significantly
reduced voxels with distortion shifts > 2 mm from 15.4% to 2.0%.

By maps from patient-induced magnetic field inhomogeneities obtained through
direct measurements and by simulations that used MR-generated synthetic CT
(sCT) data were compared in Paper I1I. The validation showed excellent agreement
between the simulated and measured By maps.

In Paper IV, the ability of current QA methods to detect common MR image
quality degradations under radiotherapy settings were investigated. By evaluating
key image quality parameters, the QA protocols were found to be sensitive to some
of the introduced degradations. However, image quality issues such as those caused
by RF coil failures could not be adequately detected.

In conclusion, this work has shown the feasibility of using MRI data for radio-
therapy treatment planning as distortions resulted in a dose difference of less than
1% between distorted and undistorted images. The simulation software can be
used to produce accurate By maps which could then be used as the basis for the
effective correction of patient-induced field inhomogeneity distortions and for the
QA verification of sCT data. Furthermore, the analysis of the strengths and weak-
nesses in current QA tools for MRI in radiotherapy contribute to finding better
methods to efficiently identify image quality errors.
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Populirvetenskaplig

sammanfattning

Anvindningen av magnetisk resonanstomografi (MRI/MRT) i planeringsarbetet
vid stralbehandling/radioterapi (RT) 6kar. MRI erbjuder bittre mjukvivnadskon-
trast jimfort med datortomografi (CT) och forbattrar ddrfor noggrannheten i mal-
volymdefinitioner. MRI medf6r emellertid vissa problem med geometriska distor-
sioner fran bade systemrelaterade och patientinducerade magnetiska kinslighets-
effekter/susceptibilitetseftekter/effekter, vilket kan paverka dosplanerna. Avsakna-
den av tydligt definierade kvalitetssikringsprocesser (QA) har ocksa vicke fragor
om férmagan hos befintliga QA-protokoll att uppticka vanliga bildkvalitetsfor-
simringar vid RT-instillningar. For att fullstindigt implementera och dra nytta av
de fordelar som MRT har inom RT maste dessa problem undersokas.

I artiklar I och II undersokte vi den dosimetriska inverkan av distorsioner frin
system- och patientinducerade magnetiska susceptibilitetseffekter pa volumetriske
modulerad bagterapi (VMAT)-genererade dosplaner av 19 prostata och 21 pa-
tienter med huvud- och halscancer. Vi hittade inga kliniskt relevanta dosskill-
nader mellan MR-f6rvringda CT-bilder och ursprungliga CT-data. De genom-
snittliga dosskillnaderna var < 1.0% och < 0.5% vid PTV i dosplanerna for
huvud- och nackcancer respektive prostatacancer. Strategier f6r att minska geo-
metriska distorsioner utvirderades ocksa i artiklar I och II. Anvindning av den
leverantorslevererade/inbyggda korrigeringsalgoritmen for icke-linjira gradienter
minskade de totala distorsionerna till mindre dn hilften av det ursprungliga vir-
det. En hog utlisningsbandbredd pa 488 H z/pixel (artikell) och 488 Hz/mm
(artikel II) begrinsade genomsnittliga geometriska distorsionen vid de avgrinsa-
de strukturerna till mindre an 1 mm. Dessutom reducerade en patientspecifik
aktiv-skimningsmetod implementerad i artikel IT avsevirt antalet voxlar med dis-



torsionsforskjutning > 2 mm frin 15,4% il 2, 0%.

By kartor fran patientinducerade magnetfiltinhomogeniteter erhéllna genom di-
rekta mitningar och genom simuleringar som anvinde MR-genererade syntetiska
CT (sCT) data jamfordes i artikel III med MRI-data. Valideringen visade utmirke

overensstimmelse mellan de simulerade och uppmaitta By kartorna.

[ artikel IV undersoktes frmagan hos nuvarande QA-metoder att detektera van-
liga MR-bildkvalitetsforsimringar vid undersékningar med RT-instdllningar. Ge-
nom att utvirdera viktiga bildkvalitetsparametrar konstaterades att nagra av de
vanligaste orsakerna till bildférsimringar, sisom spolfel, inte detekterades tillrack-

ligt bra.

Sammanfattningsvis har detta arbete pavisat genomférbarheten av att anvinda
MR-data f6r planering av strilbehandling. Simuleringsprogramvaran kan anvin-
das for att producera korrekta By-kartor frin MR-data, som kan anvindas for att
effektivt korrigera patientinducerade susceptibilitetsforvringningar. Vidare bidrar
analysen av styrkor och svagheter i nuvarande QA-verkeyg till att hitta bittre me-
toder for att effektivt identifiera bildkvalitetsfel.
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Chapter 1

Introduction

Medical imaging technologies have over the last decades had large influence on Ra-
diotherapy (RT) cancer treatments. Current imaging techniques used in radiother-
apy include conventional X-rays, Magnetic Resonance Imaging (MRI), Computed
Tomography (CT), Positron Emission Tomography (PET), Ultrasound (US), Cone
Beam CT (CBCT), Optical Surface Scanners and Single-Photon Emission Com-
puted Tomography (SPECT). These imaging systems are used for pre-/post- treat-
ment assessment, treatment planning as well as positioning and motion manage-
ment during treatments. The role of MRI in radiotherapy has increased. There
are now dedicated MR-only simulators for radiotherapy planning as well as MR-
Linear accelerator (MR-Linac) systems for the actual treatment [2, 3, 4, 5, 6, 7, 8,
9,10, 11, 12].

When compared with ionizing radiation-based imaging, MRI provides a combi-
nation of radiation-free imaging and superior soft-tissue contrast. MRI generate
images with stunning clarity of tissue boundaries and the depiction of functional
properties such as perfusion and metabolism [1]. There are, however, issues with
geometric distortions inherent to MR image acquisition processes hampering the
integration of MRI in radiotherapy. These distortions result from imperfections
in the main magnetic field, non-linear gradients, as well as field disturbances intro-
duced by the imaged object. Current mechanisms to reduce the magnitude of ge-
ometric distortions include: (1) the use of manufacturer-supplied 3D algorithms
to correct gradient non-linearity distortions, (2) active shimming and (3) use of
high acquisition bandwidths. The move towards MR-only radiotherapy means
that existing QA measures at MR imaging centers will have to be carefully looked



at and reviewed to meet the new demands. In this thesis, we investigated the
combined effect of system- and patient-related distortions on radiotherapy treat-
ment planning of prostate as well as head and neck cancers. Processes to reduce
geometric distortions were also explored. A simulation method to map local mag-
netic field deviations using MR images was compared with direct measurements.
Lastly, we evaluated the ability of current MRI in radiotherapy QA protocols to
detect common events that affect the quality of MR images.

1.1 Radiotherapy

Globally, 1 in 5 men and 1 in 6 women develop some form of cancer in their
lifetime [13]. In Sweden, the risk of developing any form of cancer before the age
of 75 is about 31.6% in men and 28.7% in women [14]. Depending on the type
of cancer, its treatment may include one or a combination of medical interven-
tions involving, surgery, chemotherapy and radiotherapy. At least 50% of cancer
patients will have radiotherapy at some point in their treatment [15, 16]. Radio-
therapy is a localized treatment regime that targets tumor cells with high doses of
ionizing radiation. Radiotherapy treatment plans are optimized to find the right
balance between the probability for a cure and the risk for severe side effects. Dur-
ing radiotherapy treatment, high-energy ionizing radiation is used to kill cancer
cells or restrain their growth. The high energy radiation can be delivered internally
or externally. External beam radiotherapy (EBRT) is the most common radiother-
apy method. Here, ionizing radiation from a source outside the body (example
from linear accelerators) is directed at the tumor region. Internal radiotherapy
such as Brachytherapy involves placing a sealed radiation source inside or near the
tumor.

Each stage of the radiotherapy treatment process involves one imaging method or
another as shown in Figure 1.1. Major improvements in medical imaging tech-
nologies in the last decades have made it possible to treat cancers with high preci-
sion [17].



1.2 Stages of the radiotherapy treatment process

1.2.1 Pre-treatment planning

To optimize treatment outcomes, accurate diagnostic information on the location
of the tumor and nearby organs at risk (OAR) are required. Medical images are
used to determine the location, size, extent, and stage of the tumor including the
metastatic status of the disease. The imaging systems involved in the pre-treatment
of the disease should have verifiable quantitative properties. These properties will
be most needed when evaluating treatment response and future assessments.

1.2.2 Simulation and planning

The goal of treatment planning is to optimize the delivery of the prescribed dose.
Three-dimensional (3D) images representing the patient anatomy are used for tar-
get volume and OAR delineations as well as for optimizing the delivery dose. Cur-
rently, this image set is typically from CT data. It is possible to use MR images as
the primary imaging modality because of the superior soft-tissue contrast offered

by MRI.

An important aspect of the treatment planning process is the dose calculations,
that translate delivered treatment fields into absorbed dose [18]. CT provides
quantitative information that is ideal for dose calculations whilst MRI gives qual-
itative information that for many diagnoses are preferred for target volume and

OAR delineations.
Functional imaging techniques such as PET and SPECT can also be used in delin-

eating the target volume. The use of multi-modal imaging through some form of

image registration through PET-/SPECT-CT, PET-MRI or CI-MRI fusion tech-

niques can increase the accuracy of target volume and OAR delineation [19].

1.2.3 Dose delivery and tumor localization

Changes in tumor volumes as well as nearby organs during dose delivery can be
monitored using imaging modalities such as CBCT and MRI. Organ/tumor vol-
ume changes may be due to bladder and rectal filling as well as lung movements
during breathing cycles. For brachytherapy radiotherapy treatment of gynaeco-



logical and prostate cancers, MRI is the modality that is most commonly used to
ensure accurate dose delivery [17].

By incorporating imaging during dose delivery, the potential side effects of ra-
diotherapy treatment could be greatly reduced [20]. CBCT has been associated
with impaired visualization of regions with high motion and swallowing as well as
poor soft-tissue contrast [7]. MRI with its superior soft-tissue contrast may offer
a better option for treatment monitoring during dose delivery, but MRI’s ability
to deal with motion is a drawback.

1.2.4 Response assessment and follow up

The assessment of the patient’s response to the treatment is based on total/partial
remission, metastasis, as well as recurrence. Each patient and cancer type will re-
spond differently to radiotherapy based on resistance parameters such as hypoxia,
proliferation levels, and intrinsic radiation resistance at the tumor cellular level
[21]. The use of medical imaging provides non-invasive monitoring of tumor
changes after radiotherapy treatment. For example in head and neck radiother-
apy cancer treatments, studies have shown a significant reduction in unnecessary
salvage surgery when 18F-fluorodeoxyglucose (18F-FDG) PET was used to assess
post-radiotherapy treatment response [22, 23].

1.3 Medical imaging systems in radiotherapy

The various stages of the radiotherapy process and the corresponding imaging
modalities used are illustrated in Figure 1.1. As imaging continues to be the most
important source of information in the management of cancer radiotherapy, it
is relevant that (i) the underlying factors of the signals that form the images are
properly understood and (ii) the spatial distribution of the signals are accurate and

precise [24].
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Figure 1.1: The radiotherapy process: The different stages of radiotherapy and some of
the corresponding medical imaging techniques used.

Currently, the most commonly used pre-treatment imaging modalities in radio-
therapy are CT, MRI, SPECT and PET. Figure 1.2 illustrates an axial slice of the
pelvis depicted by three different imaging modalities used in radiotherapy.

CcT MRI PET

Figure 1.2: Imaging modalities in radiotherapy: CT, MRI and PET axial images for
prostate radiotherapy treatment planning.

1.3.1 CT

CT images anatomy and is the most widely used imaging modality for structural
volume delineations in radiotherapy. CT has high spatial resolution and does not
suffer from geometric distortions. Therefore, CT images offer seamless delineation
of tumour volumes at the borders of air-filled cavities, fat tissues or bone [25]. CT-
number, representing the attenuation of radiation by tissues within each voxel, can



be converted to electron density. This information is utilized by dose calculation
algorithms for optimization and the final dose calculations.

CT data could be used as a reference for positioning the patient. The most com-
mon techniques are to either do registrations directly between the CT and the
CBCT acquired at treatment, or by deriving digitally reconstructed radiographs
(DRRs) from the CT that are registered to flat panel x-Ray images acquired at

treatment.

Though CT is readily available and has many advantages, it also has limitations.
Research has shown high inter- and intra-observer variation in CT-based target
volume delineations [26, 27, 28]. The lack of functional and biological informa-
tion as well as sub-optimal soft-tissue contrast are also well-known limitations of

CT.

1.3.2 PET and SPECT

PET and SPECT are functional imaging modalities. Here, radiotracers are used
to image the biodistribution of the labelled compound. SPECT is sometimes
used to identify bone metastases [29]. However, PET is the most commonly used
technique in curative radiotherapy and will hence be the focus of this section.

In radiotherapy, PET is a major source of functional and metabolic information
[19]. Tumor cells have higher levels of metabolic activity compared with healthy
tissues. PET uses tracers such as 18F-FDG to visualize the metabolic activity
within tissues. Several studies have shown the benefits of 18F-FDG-PET in stag-
ing and defining the tumor extensions [30, 31]. Like all images to be used in radio-
therapy, spatial localization is essential. Therefore, the low spatial resolution asso-
ciated with 18F-FDG-PET images limits their use. It has been suggested that 18F-
FDG-PET is best for detailed imaging of the tumor and its micro-environment.
This information is needed to map radioresistant regions within the tumor for
dose escalation [25]. In terms of after-treatment assessment, PET is valuable in
monitoring tumor changes and finding disease recurrence [32, 33].

1.3.3 MRI

MRI can be used for both anatomic and functional imaging depending on the
choice of sequence. MRI is increasingly being used in radiotherapy because when
compared to CT, it provides better visualization of tumor and normal soft tissues.



Unlike CT, MRI is non-ionizing as it relies on the different magnetic properties
exhibited by different tissues. Imaging signals are generated using strong magnets
and radio-frequency waves. The mechanisms of MRI signal formation and the use

of MRI in radiotherapy are discussed in Chapter 2 and Chapter 3, respectively.

The importance of imaging in the radiotherapy work-flow was beautifully summed

up by the Canadian Medical Physicist Harold Johns [34]:

“If you can't see it, you can’t hit it, and if you can’t hit it, you can’t cure it.”

1.4 Aims of study

The main focus of this work was on quality assurance for the integration of MRI
in the radiotherapy treatment planning process. The specific aims were to:

e Characterize the effect of geometric distortions on dose distribution plans
for prostate as well as head and neck cancers, (Papers I and II).

e Evaluate available mitigation methods to reduce MR geometric distortions
namely high acquisition bandwidth, vendor-supplied correction algorithm
for gradient nonlinearities and patient-specific active shimming, (Papers I

and II).

e Compare By field inhomogeneity maps (By maps) obtained through direc-
tion measurements and simulations (Paper III).

e Evaluate the ability of current quality assurance (QA) protocols to detect
common issues that affect the quality of MR images under radiotherapy
settings (Paper IV).






Chapter 2

The Physics of MRI

2.1 The MRI System

The MR imaging system is made up of the main magnet, RF coils and magnetic

field gradients.

2.1.1 The main magnet

The main magnet is the core of the MR system and should produce a highly ho-
mogeneous and strong magnetic field (By). By field strengths of up to 3 T are
common in clinical use and even higher can be found in experimental use. For
MR imaging, higher field strength translates to better signal-to-noise ratio (SNR)
but also comes with potential disadvantages [35]. Typically, the magnetic field
homogeneity of MRI scanners is presented as root-mean-square (RMS) or peak-
to-peak values within a diameter spherical volume (DSV). Common values of the
field homogeneity for a clinical scanner are below 1.5 ppm (RMS over spherical
volumes with 50 cm diameter) [36]. Inhomogeneities in the main magnetic field
results in distortions and SNR implications [37].

2.1.2 Magnetic field gradients

The magnetic field gradients are responsible for the spatial encoding of MR signals
as well as selective excitation, e.g. slice selection. The gradients create momentary



variations in the magnetic field along any prescribed direction using three per-
pendicular gradient fields. This enables localization of the MR signal since the
frequency of emitted signals depend on the local magnetic field strength. It also
enables localized excitation since the hydrogen nuclei only respond to excitation
radio-waves with frequencies matching that of a magnetic field (resonance condi-
tion).

The performance of the gradients is described by the maximum gradient strength
and the slew-rate, which describes the maximum rate of change of the gradients.
Higher values on these parameters enable faster imaging and the gradient strength
is also connected to the bandwidth which is related to the magnitude of the dis-
tortions. For a given voxel size, the gradient strength determines the maximum
available bandwidth. Highly linear gradients are needed for accurate spatial lo-
cation, however, due to design constraints, the linearity of the gradients decrease
further from the center of the magnet. Uncorrected gradient nonlinearities lead
to distortions especially at the edges of the imaging volume [37, 1].

2.1.3 Radio-frequency coils

The radio-frequency coils are used for transmitting excitation pulses and receiving
the MR signals after excitation [37]. The magnetic field produced by the RF coils
is denoted by B;. Though the scanner has built-in body coils, there are also spe-
cialized coils for body parts such as; head, neck, thorax, pelvis and breast in order

to improve SNR and enable parallel imaging.

2.2 Magnetic resonance

Hydrogen, the most abundant atom in the body, is also the most commonly used
nucleus for MR imaging since it gives the highest signal amongst all MR-active
nuclei. Magnetic resonance imaging is based on the nuclear magnetic resonance
(NMR) phenomena which rely on the spin and charge properties of atomic nu-
clei. Spin describes the inherent angular momentum of a particle. Charged parti-
cles with angular momentum will have a magnetic moment and will experience a
torque when placed in an external magnetic field [1].

Whilst experiencing a torque, the particles precess around the applied magnetic
field. This frequency is known as the Larmor frequency and is described by the
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Larmor equation:

wo — ’)/BO (2.1)

where 7 is the gyromagnetic ratio with an approximate value of 42.58 M Hz/T
for hydrogen nuclei and By is the field strength of the main magnet. Equation 2.1
indicates that hydrogen nuclei will precess with higher frequencies as the magnetic

field strength increases, e.g, the Larmor frequency of hydrogen nuclei at 1.57 is
63.86 M H z whilst itis 127.71 MHz at 3 T.

2.3 MR signal and image formation

To describe the dynamics of a group of spins that experience the same magnetic
field strength, the magnetization vector of the spins can be used. The vector sum
of these magnetization vectors is the net magnetization vector (NMV). NMV can
be decomposed into longitudinal (M) and transverse components (M,). At
equilibrium, M, lies in the same direction as the external magnetic field, i.e. the
z-axis in conventional coordinate system, called the equilibrium magnetization
(Mp). This is illustrated in Figure 2.1 (a) . Though Mj can be measured, it is very
weak whilst lying parallel to By, in the order of nT" compared to for example a
3 T static magnetic field.

The application of a RF-excitation pulse, oscillating at the same frequency as the
Larmor frequency of hydrogen nuclei (resonance condition), flips the longitudinal
component of NMV into the transverse plane as indicated in Figure 2.1 (b) . The
behaviour of the net magnetization before, during and after a 90° RF-excitation
pulse is applied is illustrated in Figure 2.1.
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Figure 2.1: Formation of MRI signal: Before the 90° radio-frequency (RF)-excitation
pulse, the net magnetization (M = M,) lies parallel to the main magnetic field (a). The
application of a 90° RF excitation pulse flips M, into the transverse plane (b). Here, the
transverse magnetization (/) rotates around the static magnetic field, generating a time-
varying magnetic field which produces a measurable MR signal. After the RF excitation
pulse (c), there is a gradual loss of energy and phase coherence leading to the recovery
of the longitudinal magnetization (M) and the decay of the transverse magnetization

(Mazy).

In the transverse plane, the net magnetization rotates around the magnetic field,
generating a time-varying magnetic field which in turn creates a voltage in a re-
ceiver coil according to Faraday’s law. Basically, this is the signal used to create the

MR image.

2.4 Relaxation

After the excitation pulse, the NMV will undergo a process called relaxation, im-
plying that the NMV gradually returns to its thermal equilibrium with only a
longitudinal component. The relaxation of the NMV occurs through two types
of processes called spin-lattice and spin-spin relaxations. These are also known
as Longitudinal relaxation or T -recovery and Transverse relaxation or 75 decay,
respectively. The time revolution of NMYV after the RF-excitation pulse with the
two time constants 77 and 75 are illustrated in Figure 2.2.
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Figure 2.2: Time evolution of NMYV after an excitation pulse. Longitudinal NMV com-
ponent recovery governed by the T} relaxation time occurring at the same time as the
decay of the transverse NMV component governed by the 75 relaxation time.

2.4.1 Longitudinal relaxation or 7} recovery

After the RF excitation pulse is removed, the spins lose energy to the surrounding
molecular environment, often refereed to as the lattice. This spin-lattice interac-
tion causes the longitudinal NMV component to gradually return to thermal equi-
librium. This return is characterized by a time constant 77, which is also known
as the longitudinal relaxation or spin-lattice relaxation time [1]. The 77 time is
defined as the time required for the longitudinal NMV component to regain 63%
of its original value after the 90° RF pulse. T} recovery time is an inherent charac-
teristic of tissues [1]. Equation 2.2 shows the re-growth of the NMV after a 90°
RF excitation pulse and is also illustrated in Figure 2.2.

M, (t) = My(1 — e~ Y1) (2.2)

From Equation 2.2, when T} = t, then 63% of the NMV has recovered. This
indicates that a full recovery of NMV takes between 3 and 5 T recovery times.
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2.4.2 Transverse relaxation time or 7T} decay

After the RF excitation pulse, the spins will interact with slowly varying magnetic
fields originating from e.g. neighbouring hydrogen nuclei. This causes the spins
to lose phase coherence, leading to the decay of the transverse NMV component.
This decay is characterized by a time constant, 75, which is also known as Trans-
verse relaxation time. The 7% time is defined as the time required by the transverse
NMYV component to decay to 37% of its original value. Like 77, different tissues
have different 7% values. Equation 2.3 shows the decay of the NMV after a 90°
RF excitation pulse and is also illustrated in Figure 2.2.

My (t) = My, (0)e /T2 (2.3)

If the loss of phase coherence is due to inhomogeneities in the main magnetic field
(only relevant for gradient echo sequences), then T5* (1% star) is the time constant
associated with the decay of the transverse NMV component.

2.5 Spatial localization

The MR signals generated do not have spatial localization information [38]. Imag-
ing gradients are applied to determine the location of the sources of the MR signals
[38]. The gradients, when applied in any direction causes the Larmor frequency
of hydrogen nuclei to depend on their position along this direction [38]. A slice-
select gradient when applied determines the appropriate image slice to be selected.
A frequency-encoding gradient encodes the spatial location of MR signals based on
their position along the direction of the applied gradient through a process known
as frequency encoding [38]. To map the location of the source of MR signals based
on their phase differences, phase-encoding gradients are applied through a process
known as phase encoding [38].

2.5.1 DPulse sequences

The creation of MR images involves the timely arrangement of magnetic gradients
and RF pulses referred to as Pulse Sequences. Pulse sequences commonly have RF
pulse(s), slice selection gradients (Gs), frequency encoding gradients (Grg)
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and phase encoding gradients (G'pg) including the timing parameters repetition
time (TR) and echo time (TE) as shown in Figure 2.3. TE is the time between the
initial RF excitation pulse and the detection of the signal (middle of echo) whilst
TR is the time between successive RF excitation pulses applied to the same slice

[1].
-

v

Signal

TR

Figure 2.3: A simplified gradient echo (GRE) pulse sequence diagram: The RF excita-
tion pulse combined with the slice selection gradient (G ;) selectively excite the region of
interest. Accumulation of phase shifts and spatial localization are achieved with the phase
(GpE) and frequency (Grg) encoding gradients. Dephased transverse magnetizations
are refocused using additional gradients (outlined in white). Modificd from the book "MRI from Picture o

Protor’, 3" % edition [1].

The RF excitation pulse is concurrently applied with the Ggg. The resonance con-
dition within the selected two-dimensional plane or slice is fulfilled by combining
the RF pulse with any of the gradients (z, y, or z-gradients). This makes it possible
to selectively excite hydrogen nuclei in multiple planes (transverse, oblique, sagit-
tal or coronal) by orienting the Ggg gradients accordingly. The G'pg gradients
are turned on and off to accumulate phase shifts in the selected direction whilst
waiting for an echo. The G'rg, also known as readout gradient, when turned on
causes a range of Larmor frequencies along the direction of that gradient [37]. Two
frequency encoding gradients with opposite polarity are applied to obtain the MR
signal forming echo. If, as in Figure 2.3, a gradient is used to create this echo, the
resulting pulse sequence is known as gradient echo (GRE). If a 180° refocusing
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RF pulse is used, instead of gradients with opposite polarity, to obtain the echo,
this sequence is known as a spin echo (SE) sequence. There are many variations
of MR pulse sequences, but they are mainly based on the two fundamental pulse

sequences: SE and GRE [37].

An important difference between GRE and SE sequences is that only SE sequences
are able to re-focus magnetizations that have been lost due to magnetic field inho-
mogeneities.

2.6 Image reconstruction and 4-space

Data collected during MR scans are stored in a spatial frequency domain called 4-
space where each line in £-space corresponds to data collected during the readout
gradient in a single TR. Each point in 4-space represents a spatial frequency in the
Fourier transform of the desired image. Hence, by applying the inverse Fourier
transform on this data, MR images can be reconstructed.

After applying the different gradients (see Figure 2.3 in Section 2.5.1), the path
and trajectory through A-space is defined and illustrated in Figure 2.4 [1]. Any
imperfections in the gradients affect sampling in k-space which in turn leads to
image artifacts.
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Figure 2.4: k-space trajectory: After RF excitation and before any gradients, all encodings
are at the center of k-space (a). Applying the dephased G with the maximum negative
G pr moves all data to point (b) where the read-out Grpp moves them along a line of
K., from b to d. The peak of the echo occurs at (¢). At the next TR or excitation, Gpg
moves sampling to (e) and the sampling process is repeated. Modified from the book "MRI from Picture to

Proton’, 3" % edition [1].

2.7 Image contrast

The contrast in MR images is usually determined by the 77 recovery time, 15 decay
time and proton density (amount of mobile hydrogen protons per unit volume of
the body tissue). When the image contrast primarily depends on 77, T% or proton
density the images are usually referred to as 17 -, T- or proton density-weighted,
respectively. The amount of weighting depends on the choice of TR and TE and
Table 2.1 shows this dependence for a spin-echo sequence. Long and short TR
and TE are not exactly defined, but typical short TR and TE values are 1 s and
10 ms, respectively, and typical long TR and TE values are 5 s and 100 ms,

respectively.

Table 2.1: Effect of TR and TE on MR image contrast.

Contrast Weighting TR TE
T -weighting Short  Short

T>-weighting Long Long

Proton density-weighting | Long  Short

17



An example of T’ - and T»-weighted MR images is shown in Figure 2.5

Figure 2.5: Contrast in MR images:(a) Axial 7 - and (b) T-weighted MR images.
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Chapter 3

MRI in Radiotherapy Treatment

Planning

The outcome of cancer treatment with radiotherapy depends highly on accurate
definition of the tumor volume and nearby OAR. The superior soft-tissue con-
trast provided by MRI compared to CT makes it well suited for target volume
delineation [39, 28, 40, 41, 42]. The use of non-ionizing radio waves unlike CT
imaging makes MRI beneficial for pediatric patients who might have to go through
repeated scans [43]. The flexibility in slice orientation makes it possible for MR
images to be aligned better with anatomy than CT.

At present, the technical challenges of MRI in radiotherapy are lack of electron
density information, geometric distortions and the absence of internationally ac-
cepted QA procedures. The last two technical challenges are the focus of this
thesis.

3.1 Absorbed dose calculation with MR data

Unlike CT, the information in MR images does not provide a direct measurement
of electron density [18]. To overcome this challenge, synthetic CT (sCT) data
are being generated from MR images for absorbed dose estimations. Currently,
methods to create sCT images from MR data include:

1. bulk electron density assignment: the voxels within each segmented volume
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are assigned one bulk electron density value [44, 45, 46, 47, 48]. Here, the

segmented volumes correspond to specific tissue types [48].

2. Voxel-intensity based: electron density values are assigned based on MR
image voxel intensities [49, 50, 51].

3. Atlas-based: electron density values are transferred to MR images from co-

registered MR- and CT-images [52, 53, 54, 55].

With bulk electron density assignment, a study by Lee ez a/. [46] compared two
methods of electron density assignments. First, all voxels within the body contour
for prostate cancer treatments were assigned the electron density of water. Second,
voxels with CT numbers larger than 320 Hounsfield unit (HU) were assigned
the electron density of bone whilst all other regions were assigned that of water
[46]. They reported a dose difference of less than 2% between treatment plans
based on CT and the sCT data sets assigned bulk-electron density of bone and
water. However, dose-comparison between CT and the sCT data sets assumed to
be homogeneous resulted in a dose difference of more than 2% [46].

Jonsson ez al. [56] investigated bulk electron density assigned treatment plans
at the regions of the pelvis, thorax, brain as well as head and neck. Bulk mass
density values were assigned to tissue, bone, lung, and air-cavities. The maximum
difference in the number of monitor units needed to achieve the desired prescribed
dose was 1.6% between treatment plans of CT data and bulk density assigned MRI
data.

sCT data generated using the atlas-based approach by Siversson ez /. [55] use the
Statistical Decomposition Algorithm (SDA). The SDA method involves automat-
ically creating sCT images from mostly T2-weighted MR data based on automatic
tissue classification combined with a model of a trained template of CT and MR
materials [55]. Persson ez al. [57] recently reported a dose difference of less than
0.3% between the SDA atlas-based sCT and original CT treatment plans.

There are also hybrid HU conversion models that for example combine atlas- and
voxel intensity-based methods to create sCT’s from MR images [58].

Some of the major MR vendors currently provide algorithms for generating sCT
data from MR images. For example the MRCAT (MR for Calculating Attenua-
tion) by Philips [6] and the Zero TE-based pseudo CT by GE Healthcare [59, 60].

The various challenges associated with sCT generation include discrimination of
bone from air cavities, compact bone classification and accurately defining the
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borders at different tissue interfaces [61, 42, 62]. However, with a reported percent
dose difference of less than 2% between sCT- and CT-based treatment plans [56,
46, 63,49, 47, 47, 60, 41, 64], the dosimetric impact is small, and indicating that
it is possible to use MRI generated sCT data for accurate dose delivery estimations.

3.2 DPatient positioning

MRI systems for diagnostic purposes generally have curved table tops. For ra-
diotherapy treatment planning, flat table tops are needed to accurately reproduce
patient positioning. Appropriate radiotherapy fixation devices and flat table top
inserts are being added to MRI scanners to adapt them for radiotherapy purposes.
Brynolfsson ez al. [4] adapted a PET/MR scanner for radiotherapy purposes with
a flat table top and coil holder. A drop in SNR due to the increased separation be-
tween the patient and the coil was observed [4]. Similar studies have also reported
a drop in SNR whilst scanning patients on flat table tops with coil holders [5, 65].

The other technical challenges of MR in radiotherapy which are the focus of this
work are discussed in Chapters 4, 5 and 6.
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Chapter 4

MRI geometric distortions

Images with high spatial accuracy are needed for radiotherapy treatment planning,.
While tumors and anatomic structures can be distinguished in great detail on MR
images, inherent geometric distortions associated with MR images are a concern
[39]. MR geometric distortions originate from imperfections in the main By
field, gradient non-linearities, magnetic susceptibility effects, and chemical shift
artifacts. To ensure accurate radiotherapy treatment planning, geometric errors
of 1 mm or better near the targeted volume [66, 39] and below 2 mm within
the imaged Field of View (FoV) are required [66, 67]. The 2 mm is a suggested
limit as detailed investigations would likely reveal different limits based on the
localization of the distortions in relation to the target volume and organs at risk.

Distortions from inherent- and patient-induced field inhomogeneities show up
only in the frequency encoding direction whilst distortions due to gradient non-
linearities manifest in all three cardinal directions [68, 39].

To characterize and correct MR geometric distortions, Baldwin ez a/. [39] showed
that if frequency encoding is done in the z-axis whilst phase encoding occurs in
the y and z axes for a 3D MR scan, then the magnitude of distortions in each of
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the axes will be [39] :

¥ =x+ Az
5BG:1:($7y72) 530(337:%2) 5Bs(x,y,z)
=+ . — . + a. (4.1)
y =y+ Ay
Gy
2 =24 Az
— o4 5BGzéx7 Y, Z) (43)

Where Az, Ay, Az are the magnitude of distortions in each direction respec-
tively. G, Gy, G, and 0 Bgy, 0 Bgy, 0 Bgy are the gradient strengths and their
corresponding nonlinearities. 0 By, and 0 B, are the field imperfections from the
static magnetic field and patient-induced susceptibility effects, respectively.

Equations 4.1-4.3 show that for 3D image acquisitions the contributions from
By field and patient-induced field inhomogeneities show up only in the frequency
encoding direction as slice selection is achieved through an additional phase en-
coding step [39]. Whereas for 2D imaging, contributions from By- and patient-
induced field inhomogeneities will manifest in the frequency encoding and slice
select directions. The phase-encoding direction is free from By field-induced in-
homogeneity distortions.

Based on Equations 4.1-4.3, the different sources of geometric distortions can be
quantified and separated.

4.1 System-related geometric distortions

To accurately assign signals to their spatial origin in MR imaging requires super-
imposing highly linear gradients on a uniform static magnetic field. This way the
position of hydrogen nuclei can be encoded through the linear spatial variation
in their precessional frequencies that translate into phase differences [43, 69]. As
a consequence, subject-independent inhomogeneities in the main By field and
non-linearities in the gradients result in errors in the spatial encoding of the nu-
clei. Eddy currents generated by the fast switching of the strong gradients typical
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of diffusion-weighted MRI sequences also cause system distortions [39, 70]. The
By field inhomogeneity induced by eddy currents has been reported to cause fre-
quency offset of around 10 — 25 Hz [71]. This is small compared to the 139 Hz
susceptibility-induced By offset reported by Schakel ez /. in the head and neck
region [70]. The effect of eddy currents can be reduced by utilizing the default
eddy current compensation of the system during image acquisitions. Character-
izing distortions caused by eddy currents was not part of this work and are not
discussed further.

4.1.1 Subject independent B field inhomogeneity distortions

It is difficult to produce a homogeneous magnetic field distribution throughout
the MR system. The presence of building materials such as steel reinforcements
and other external magnetic interference affect the homogeneity of the magnet.
During installation, the By field homogeneity is refined through a process called
shimming [36]. Here, pieces of iron or steel are placed at strategic points around
the magnet’s bore to compensate for unwanted inhomogeneities in the By field.
This type of reducing field inhomogeneties is known as passive shimming. After
passive shimming, the subject-independent By field inhomogeneity is typically
reduced to below 1.5 ppm over the spherical volume specified by the vendors.

The magnetic field is most homogeneous around the isocenter of the magnet and
the homogeneity worsens further away from the center of the magnet. Inhomo-
geneities in the magnetic field alter the Larmor frequency of the hydrogen nuclei.
This results in signal loss for gradient echo sequences and geometric distortions.
The choice of acquisition bandwidth, which also relates to the readout gradient
field strength impacts the magnitude of the distortions. Distortions associated
with field inhomogeneities are inversely proportional to the gradient strength [72]
and also scales linearly with the By field strength. The magnitude of distortions
at a given point in space (z,y, z) where a field inhomogeneity of ABjy exists is
given by

. 5Bo($, Y, Z)

A
x Gr

(4.4)

The field strength of the readout gradient Gy is related to the pixel bandwidth
(BW) by:
BW

Gr = YFOV

(4.5)
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where FoV is the field of view and 7 is the gyromagnetic ratio with an approximate

value of 42.58 M Hz/T.

Geometric distortions from the main By field inhomogeneties show up in the fre-
quency encoding and slice select directions for standard two-dimensional imaging
sequences [39, 73, 68], whereas it shows up only in the frequency encoding di-
rection for 3D image acquisitions. For modern scanners, geometric errors from
inhomogeneities are very small except for regions far from the isocenter.

4.1.2 Gradient non-linearity distortions

The magnetic field gradients used for spatial encoding should ideally be linear.
In fact, the Fourier transformation which translates £-space data into MR images
is based on the assumption that the gradients are linear. However, the need for
gradient systems with fast slew rates and short bores for increased patient comfort
have significantly compromised gradient field linearity of MR systems [74, 75]. As
illustrated in Figure 4.1, a signal originally located at point X will be apparently
positioned at X1 because of gradient nonlinearities. Figure 4.1 also shows that
non-linearities in the gradients increase with distance from the magnet’s isocenter

[76].

4 linear gradient
(ideal)

Non-linear gradient
(actual gradient)

< >
< »

Xo Xy Position

Figure 4.1: MR Geometric distortions due to nonlinear gradients: Nonlinearities in
gradients alter the spatial location of MR signals. G(x) is the gradient field strength

Geometric distortions from non-linearities in the gradient systems is most pro-
nounced at the outer edges of MR images as shown in Figure 4.2. This is of
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Figure 4.2: MR Geometric distortions: Coronal slices from CT and three dimensional
gradient non-linearity corrected and uncorrected MR images of the Spectronic Medical

AB GRADE phantom.

particular concern for MRI applications such as radiotherapy where images with
large FoV are needed to accurately generate sCTs and outline the patient’s exter-
nal contours [50, 75]. Gradient non-linearity distortions are stable and show up
not only in the frequency encoding direction [77] as indicated in Equation 4.1.
Therefore, vendors are able to provide correction algorithms to reduce their effect.
GE scanners use the Gradwarp (GE Healthcare, Waukesha, WI, USA) algorithm
to correct gradient nonlinearity effects [76]. The Gradwarp models the gradient
field distributions based on the spherical harmonic expansion of the gradient fields
[76]. The effect of the Gradwarp algorithm on phantom images is shown in Fig-
ure 4.2. For sufficiently large FoVs, uncorrected gradient non-linearity distortions
have the largest effect among all the other sources of distortions on the overall ge-
ometric accuracy of MR images [60].
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4.1.3 Characterizing system-related geometric distortions

Many publications have described the assessment of system-related distortions es-
pecially because of the increasing use of MR images for radiotherapy treatment
planning [39, 67, 2, 68, 74, 75,78, 79, 80, 81, 82, 3]. The American Association
of Physicists in Medicine (AAPM) Report No.100 recommends the measurement
of geometric distortions throughout the entire imaging volume for MR systems
dedicated to radiotherapy treatment planning [83]. To characterise system distor-
tions, specialised phantoms that do not induce distortions are required.

In this work, the GRADE geometric accuracy phantom from Spectronic Medical
AB, Helsingborg, Sweden was used to measure system distortions. The phan-
tom has a signal producing volume of 438.7 x 346.0 x 470.0 mm? with 1177
spherical signal markers [84]. Each marker has a diameter of 17 mm and is filled
with polyethylene glycol. Object-induced distortions from this phantom has been
found to be negligible (< 0.5 mm) [78]. Upon scanning the phantom, the im-
ages are uploaded to a cloud-based distortion analysis system. Overall distortions
are calculated as the difference in marker positions in the MR images and in a
reference phantom model.

To verify the accuracy of the vendor-supplied correction algorithm, the GRADE
phantom was scanned on a 3 T' GE Signa PET/MR scanner (GE Healthcare, Mil-
waukee, WI, USA) with and without 3D correction in Paper I. The reduction in
the magnitude of distortions when using the manufacturer-supplied 3D algorithm
is shown in Figure 4.3. Here, the worst distortions at radial distances between
200 — 250 mm decreased from 44.64 mm to 9.59 mm with the correction al-
gorithm. A similar stcudy by Mah ez a/. [85] reported that maximum distortions
above radial distances of 200 mm were reduced from 40 mm to 30 mm after
correcting gradient non-linearity effects.
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Figure 4.3: Reducing distortions with gradient non-linearity correction algorithm: Scat-
ter plot of marker distortion shifts as a function of the radial distance from the scanner’s
isocenter without (a) and with (b) a three-dimensional gradient non-linearity correction

for a spin echo sequence using bandwidth of 488 Hz/pizel on a 3 T PET/MR scanner.

For smaller FoV phantoms and using the vendor-supplied correction algorithm on
3 T MR scanners, Sun ez al. [86] showed that worst distortions within a pelvic-
shaped phantom reduced to 2.6 mm from 7.5 mm whilst average distortions
within a head-modeled phantom decreased to 2.75 mm from 3.70 mm according
to Tavares et al. [73].

From Equations 4.4 and 4.5, the magnitude of field-induced inhomogeneity dis-
tortions have an inverse relationship with bandwidth. In Paper I bandwidths of
122 Hz/pizel, 244 H z /pixel and 488 H z /pixel were used whilst in Paper II,
values of 122 Hz/mm and 488 Hz/mm were used for the simulations.

The results from Papers I and II indicated that a 3-fold increase in acquisition
bandwidth reduced the phantom-measured residual system distortions (already
corrected for gradient non-linearity effects) up to 36% within radial distances of up
to 250 mm. It is worth noting that, though high acquisition bandwidth reduces
field inhomogeneity distortions, it is limited by SNR.

The conclusion here is that system-related distortions can be reduced to geomet-
ric accuracy levels appropriate for radiotherapy treatment planning by applying
vendor-supplied gradient non-linearity correction algorithms and an appropriately

high bandwidth.
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4.2 Patient-related geometric distortions

Patient-related distortions are from chemical shift and patient-induced magnetic
susceptibility effects. The differences in magnetic susceptibilities at tissue-air and
tissue-bone interfaces result in local By inhomogeneities [79]. The severity of
patient-induced susceptibility distortions depend on the strength of main By field
(increases with increasing field strength), shape and orientation of the body in ref-
erence to the applied field [87, 79, 81]. The magnetic susceptibility at the bound-
aries of air cavities and tissues generate field gradients that significantly affect the
Larmor frequency of hydrogen nuclei [88]. This leads to signal loss and image
distortions.

The second source of patient-related distortion is chemical shift. Chemical shift
is as a result of the difference in the resonance frequency of protons in fat and
water molecules. This was not part of this work and will not be discussed further.
Patient-related distortions can be reduced by using high acquisition bandwidths,
patient-specific active shimming and utilizing MR sequences that are less sensitive
to field inhomogeneities.

4.2.1 Characterising patient-induced susceptibility distortions

In this work, a method by Lundman ez a/. [89] was used to characterise distortions
from patient-induced magnetic susceptibility effects. In Papers I and II, patient
CT data was used to simulate induced magnetic susceptibility effects. The simu-
lation process was validated against theoretical scenarios in the original paper [89]
and on sCT data generated from volunteer head and neck MR images in Paper II1.
The sCT data were obtained through GE Healthcare’s zero TE-based pseudo-CT

image conversion method [59, 60].

To quantify patient-induced susceptibility effects, each patient CT and volunteer
sCT data was converted to susceptibility maps by first assigning one HU value
each for air, fat, muscle, and bone. This was followed by per-voxel interpolation
between susceptibility values based on the HU value [89]. The simulation proce-
dure has been integrated in MICE-ToolKit [90]. The local and external deviations
in magnetic field homogeneity of a 3 1" MR scanner when a patient is introduced
in the scanner is shown Figure 4.4.

As indicated in Equations 4.4 and 4.5, the magnitude of induced field inhomo-

geneity distortions have an inverse relationship with bandwidth. In Paper I band-

30



T
-15 3 +15 ppm

Figure 4.4: Patient-induced field inhomogeneities: A patient in the MRI scanner dis-
turbs the main magnetic field homogeneity due to differences in magnetic susceptibilities
between the patient and the surrounding air. In a similar way, local By field deviations
occur within the patient because of the differences in magnetic susceptibilities at tissue-air
and tissue-bone interfaces.

widths of 122 Hz/pizel, 244 Hz/pizel and 488 Hz/pizel were used whilst
in Paper II, the values of 122 Hz/mm and 488 Hz/mm were used for the

simulations.

In Paper I, maximum patient-induced susceptibility distortions at 3 1" using read-
out bandwidths of 122 Hz/pixel, 244 Hz/pizel and 488 Hz/pixel were
5.8 mm, 2.9 mm and 1.5 mm, respectively, from the prostate cancer patient’s
data. Stanescu ez al. [91] reported maximum patient-induced magnetic suscep-
tibility distortions of 2.39 mm at the prostate on a 3 1" scanner using a readout
gradient strength of 5 mT'/m.

In Paper II, voxels with distortion values > 2 mm in the head and neck region
were 15.4% and 0.0% at 122 Hz/mm and 488 Hz/mm respectively. Wang
et al. [92] reported similar results on a 3 71" scanner. They found that using a
bandwidth of 180 H z/pixel, only 0.1% of the measured patient-induced sus-
ceptibility distortions in the brain were > 2 mm.

The results from previous studies on lower field strength MR scanners have shown
that the magnitude of patient-related distortions are negligible on 0.5 T or lower
[40, 11]. For example, on 0.5 T" MRI systems, Stanescu et a/. [91] reported
maximum patient-induced susceptibility distortions of 0.57 mm and 0.73 mm
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at the brain and lungs respectively. Similarly, Wachowicz ez al. [11] reported
distortion values of 0.9 mm and 2.6 mm at the lungs on 0.5 7" and 1.5 7" MRI

systems respectively.

In order to correct field inhomogenities introduced by the patient in the bore of
the magnet, a map of the local By field deviations associated with differences in
magnetic susceptibilities is required. Due to the patient-specific nature of patient-
induced susceptibility effects, there are currently no manufacturer-specific correc-
tion algorithms like those used to reduce gradient non-linearity effects.

Post-processing methods such as By field mapping [93, 94] and reverse gradient
polarity image acquisitions [69, 79] have been used to measure and correct field
inhomogeneity distortions. Accurate By field maps provide the basis for effective
correction of distortions associated with magnetic field inhomogeneities [95].

The study presented in Paper III simulated By field maps generated from anatom-
ical MR images based on a method by Lundman ez 4/. [89] were compared with
direct measurements. The By maps measured directly from the machine used the
IDEAL IQ sequence provided by GE Healthcare [96]. The local By field maps
from the direction measurements and simulations were similar as displayed in Fig-
ure 4.5. The most noticeable difference is the higher resolution in the simulated
map. The simulation method can therefore be an alternative to machine measured
By mapping in case corrections for By field inhomogeneities are needed. The ad-
vantage is here is no extra scan time is required assuming that you have scanned
an appropriate sequence that can be used. The drawback is that it does not ac-
count for unexpected materials on the patients that may affect the magnetic field
homogeneity. This could, however, be turned into an advantage if the compar-
isons between simulated and measured By maps are used as a QA tool for sCT
generation. This is further discussed in Chapter 8.
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Figure 4.5: Comparison of local magnetic field (By) maps: By maps (a) measured di-
rectly from the machine with the IDEAL IQ sequence and (b) based on the simulations.

In this work, we have demonstrated that a high acquisition bandwidth can be used
to reduce field inhomogeneities. In Paper II, we investigated potential benefits
of using patient-specific active shimming to reduce patient-induced susceptibility
distortions.

Shimming compensates for magnetic field inhomogeneities by minimizing the
variations in the By field homogeneity over the intended region. After passive
shimming during installation, active shimming is done using shim fields based
on a combination of basis functions to reduce field inhomogeneities introduced
by the patient [97]. Here, the optimized shim fields are applied to the region or

volume of interest in order to reduce field inhomogeneities.

In Paper II, a patient-specific active shimming method was used to reduce field
inhomogeneities across entire imaging volumes and within a user-defined region-
of-interest (ROI). By shimming across the entire patient’s imaging volume, the
percentage of voxels with distortion shifts > 2 mm were reduced from 15.4% to
2.0%. Contrarily, selectively shimming the planning target volume (PTV) as the
user-defined volume of interest worsened distortions elsewhere as shown in Figure
4.6. For example, voxels with distortion shifts > 2 mm increased from 11.5%
to 32.5% within the delineated spinal cord whilst a 56% increase was observed
within the brain.

33



15 j 0th Order| 15 ) T1st Order] 15 ' 2nd Order|
10 { 10} 3 1 10f
£
£ _
T 5 : 5F 5
& i
] :
]
= | T B
T ! 7 D _ _
) S m— : - ! of ==
E ' —_ _:_ : -
£ ! 1
[} i i
2] '
g :
g -5 5 - 5
o
Q
U]
10 1 -10F {1 -0}
-
-15 ; - -15 . L 15 . L
Within ROI Outside ROI Within ROI Outside ROI Within ROI Outside ROI

Figure 4.6: Optimizing the shim parameters within a user-defined region of interest
(ROI) compromises the BO-field homogeneity of regions outside the shimmed volume:
A box plot of the voxel-by-voxel BO-field homogeneity levels for the 21 patient’s data
used in this study. Compared at each shim order is the 3 1" geometric shift in mm for
all voxels within and outside the user-defined shimmed ROI using a pixel bandwidth of
122 Hz/mm. For each box, the central mark is the median whilst the bottom and top
of the central box are the first and third quartiles. There was a decrease in geometric shifts
inside the shimmed ROI after 15¢ and 2"? order shimming whilst the opposite effect was
observed in voxels outside the shimmed volume. Here, 0t order is the unshimmed B
field due to patient-induced susceptibility effects.

The conclusion drawn from Paper II is that localized shimming over problematic
anatomies can reduce field inhomogeneity distortions but at the same time may
worsen geometric accuracy in nearby regions. These nearby regions may contain
delineated OARs and therefore, unless absolutely necessary, optimizing shim pa-
rameters over user-defined sub-volumes should be avoided for radiotherapy treat-
ment MR image acquisitions.

4.3 Effect of distortions on delineated RT structures

In radiotherapy, the geometric distortions near the targeted volumes should be as
low as possible [66]. For radiotherapy treatment planning, all uncertainties are ac-
counted for with margins. In order to account for geometric distortions with mar-
gins, it is relevant to have information on the magnitude of distortions at the tar-
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geted volume and nearby regions. In Papers I and II, the individual contributions
of system-related and patient-induced distortions were evaluated at the contours
defining the bladder, the femoral heads, the rectum, brain, right/left parotids,
spinal cord and the PTV. In Paper I, we found that distortion shifts at the delin-
eated structures from patient-induced susceptibility effects were higher (maz :~
3 mm which was measured at the rectum) than those from system-related sources
after the correction of gradient non-linearity effects (max :~ 1 mm) using the
lowest bandwidth of 122 H z/pixel. However, maximum distortions measured
at all the delineated structures from the patient-induced susceptibility effects and
residual system distortions after the correction of gradient non-linearity were less
than a millimeter when the high acquisition bandwidth of 488 Hz/pixel was
used. This may also indicate that at the studied delineated structures, the contri-
butions of field inhomogeneity distortions from the main magnetic field to the
overall system-related distortions was relatively small even at the lower acquisition

bandwidth.

In Paper II, the maximum mean combined residual system distortions corrected
for gradient nonlinearity effects and patient-induced susceptibility distortions mea-
sured at the contoured structures were 2.9 mm and 0.9 mm using bandwidths of
122 Hz/mm and 488 H z/mm, respectively

The Dice similarity coefficient (DSC) was further used to examine the contour
overlap between delineated structures on the geometrically distorted MR images
and the spatially accurate CT data in Paper II. A DSC value of 0 means no overlap
and a value of 1 denotes perfect agreement [98].

The results of the DSC analysis using acquisition bandwidths of 122 Hz/mm
and 488 Hz/mm are displayed in Figure 4.7. The lowest similarity was found
between the contours of the spinal cord with a mean coefficient value of 0.85 4
0.06 at 122 Hz/mm. However, this increased to 0.97 £ 0.01 with the high
acquisition bandwidth of 488 H z/mm. Walker et al. [98] reported mean DSC of
0.938 between the breast volume on MR and CT images. It can be concluded that
using gradient non-linearity corrections with an appropriately high bandwidth,
distortions did not produce unacceptable effects on the geometry of the delineated
structures as the distorted structures in the MRI images were well matched to those

in the CT images.

35



1.0

ﬁiE$E$

=
©

Region

722
ES 488

Dice Similarity Index

e
©

0.7

B c E P R S
Delineated Contoured Structures

Figure 4.7: Contour overlap between distorted and original CT datasets: Dice similarity
coefhicient (DSC) at some selected contours and the two bandwidths studied. The mean
agreement between distorted CT and original patient CT for all patients were > 0.9
except for the spinal cord at the bandwidth of 122 Hz/mm. [B-Brain, C-clinical target
volume, L-left parotid, R-Right parotid, P-Planning target volume, S-spinal cord)]

4.4 Conclusions from geometric distortion assessments

The clinical implications and conclusions drawn from this work regarding geo-
metric distortions are;

* vendor-supplied gradient non-linearity correction algorithms are effective
in reducing the magnitude of gradient non-linearity distortions as shown
in Figure 4.3 and discussed in Section 4.1.3. It is recommended to be
utilized during MR image acquisitions for radiotherapy purposes.

e after correcting gradient non-linearity distortions, patient-induced mag-
netic susceptibility effects contribute the most to overall measured distor-
tions within the patient’s contoured volume as shown in Figure 4.8.
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Figure 4.8: Distortion fields overlaid on patient CT data to compare the magnitude
of residual system related and patient-induced susceptibility distortions: Within the
patient volume, () residual system distortions after correcting for gradient non-linearity
effects are less than (b) patient-induced susceptibility effects at low bandwidths.

e the magnitude of patient-induced magnetic susceptibility distortions from
3 T" MR systems cannot be assumed to be negligible. It is, therefore, neces-
sary to operate with high acquisition bandwidth or to implement correction
methods. With correction algorithms, it could then be possible to use lower
bandwidth MR image acquisitions and get better signal. Without vendor-
supplied or in-house correction algorithms for patient-related distortions,
setting the pixel bandwidth to a minimum value of twice the water-fat shift
(water-fat shift is =~ 220 Hz at 1.5 T and =~ 440 Hz at 3 T) is recom-
mended [99]. For this study, setting the bandwidth at 488 Hz/pixel i.e
in Paper I and using the vendor supplied gradient non-linearity corrections
kept both residual system related and patient-induced susceptibility distor-
tions at the delineated structures below 1 mm.

* patient-specific active shimming can minimise local By field inhomogeneities
from magnetic susceptibility effects. However, shimming over entire imag-
ing volumes is more beneficial for radiotherapy applications than optimiz-
ing shim parameters over user-defined sub-volumes.
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Chapter 5

Dosimetric impact of MRI
geometric distortions

An extensive review on the accuracy required for modern radiotherapy treatment
by Thwaites [100] recommended dosimetric and geometric uncertainties be within
3% and 2—4 mm respectively [100]. Due to inherent geometric distortions, there
are concerns about the accuracy with which anatomic structures are depicted on
MR images. For radiotherapy treatment planning, any changes to the geometric
accuracy of anatomical structures have the potential to affect both dose calculations

and beam targeting [67].

In Papers I and 1I, the combined effect of residual system and patient-induced
susceptibility distortions on the treatment plans of 17 prostate and 21 head and
neck cancer patients were examined.

As described in Papers I and II, distorted CT (dCT) images were produced by
deforming real patient CT data with deformation fields from the MR geometric
distortion measurements done in Sections 4.1.3 and 4.2.1, respectively. Radio-
therapy structures including the delineated target volumes and OARs were also
individually distorted.

To isolate the effect of distortions on treatment plans, optimized VMAT treatment
plans were initially made on the distorted CT data. The field parameters from the
optimized plans were then copied to the CT data to recompute new treatment
plans.
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A comparison of dose metrics between the CT and dCT plans due to geometric
distortions showed mean dose difference of < 1.0% (max : 0.38% + 0.59%)
in Dsq for head and neck cancer treatments and a mean dose difference of <
0.5% (max : 0.11% £ 0.2%) for the prostate cancer dose plans at the PTV,
respectively. An illustrative comparison of dose distributions on CT and dCT
data is shown in Figure 5.1.

CT dose plan dCT dose plan Absolute difference

0 38.5 77 Gy 0 1Gy

Figure 5.1: Comparison of dose distributions on CT and distorted CT data: VMAT
treatment plans from the distorted (dCT) and real CT images. Here, the absolute dose
difference between the two treatment plans was within 1 Gy.

The methods applied in Papers I and II were able to quantify the combined im-
pact of residual system and patient-induced magnetic susceptibilitcy MRI geomet-
ric distortions on VMAT treatment plans for prostate as well as head and neck
radiotherapy treatments.

One of the early studies on the influence of geometric distortions on radiotherapy
treatments were done by Prott ez /. [101] in 2000 involving 27 MRI units. Treat-
ment plans were made on MR distorted and distortion-free reference images of a
custom-built phantom. They found maximum dose variations of £0.5% between

the two datasets due to geometric distortions. Maximum phantom distortions was
4.4 mm in 23 out of the 27 MRI units.

In 2015, Sun ez al. [86] did a comprehensive end-to-end test regarding the geo-
metric and dosimetric aspects of MRI prostate radiotherapy simulations. Within
the organs of interest in a pelvis-like phantom, distortions of < 1 mm after 3D
distortion correction were measured. A dose difference of 0.01% (1.1 ¢cGY) was
found at the prostate isocenter between MRI and CT treatment plans.

In 2016, Walker ez al. [98] investigated the impact of residual system and patient-
related distortions on whole breast radiotherapy treatment plans. Phantom mea-
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sured maximum residual distortions were 11.9 mm and 7.9 mm fora 1 T and a
3 T scanner, respectively. Residual system distortions alone had minimal impact
on treatment plans. However, the combined effect of patient and residual systems
rendered the treatment of eight patients (total of 18) clinically unacceptable [98].
It was concluded that for whole-breast radiotherapy, the combined effect of resid-
ual and patient-related distortions may result in unacceptable dose distributions.

Gustafsson ez al. [78] in 2017 specifically looked at the effect of residual system-
related distortions in an MRI-only prostate radiotherapy treatments. A compari-
son of the original CT and the distorted CT dose distributions resulted in a mean
dose difference of 0.02%+0.25% (1 .S D). The conclusion was that by combining
a high bandwidth sequence with 3D correction, residual MR system distortions
produced no clinically relevant effect on dose distributions and CT structure de-
formations.

In conclusion, the combined impact of patient-induced susceptibility and resid-
ual system distortions on radiotherapy plans can be isolated and quantified. We
have shown in Papers I and II that geometric distortions resulted in percent dose
uncertainties of < 1.0% (max : 0.38% =+ 0.59%) for head and neck, and
< 0.5% (mazx : 0.11% £ 0.2%) for prostate cancer treatment plans at the PTV
respectively. This is small compared to the aim of a 3% total uncertainty that has
been mentioned for modern radiotherapy treatment planning [100]. The various
methods used in this work to reduce the magnitude of geometric distortions such
as patient-specific active shimming, high acquisition bandwidth and the utiliza-
tion of vendor-supplied gradient non-linearity algorithms can be used to minimize
potential dosimetric effects when using MR data for radiotherapy purposes.
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Chapter 6

Quality assurance for MRI in
radiotherapy

As the use of MRI for radiotherapy purposes is rising, questions have been asked
about the QA processes needed to ensure accuracy and also avoid errors [102].
Reference guidelines for acceptance testing, commissioning and routine QA ac-
tivities for MRI scanners have been provided by well established institutions such
as the American College of Radiology (ACR) [103] and American Association of
Physicists in Medicine (AAPM) [83]. However, these QA protocols do not address
potential radiotherapy-specific demands that may affect image quality.

Radiotherapy-specific adjustments including flexible coil settings, patient posi-
tioning and immobilization devices have been reported to affect the quality of
MR images [104, 105, 4]. As discussed in Section 3.2, flat table tops are needed
to accurately reproduce patient positioning as MR systems generally have curved
table tops. Brynolfsson et al.[4] reported that SNR was reduced to 66% when
the table top insert and coil holder were used. Xing ez al. [5] reported an average
SNR decrease of 42% using similar arrangements. By using an 18-channel surface
coil for radiotherapy imaging of the breast instead of the diagnostic 16-channel
prone coil, Batumalai ez 2. [65] also found a 45% drop in SNR for supine flat
MR image acquisitions.

Routine MRI in radiotherapy QA is mostly concerned with image quality and
machine performance stability [1]. Here, the major image quality components
are SNR, spatial resolution and image contrast. Although there are no standard-
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ized and internationally accepted QA protocols for MRI in radiotherapy, practical
approaches at various facilities for daily, weekly and yearly QA routines have been

suggested [99, 106, 107, 108, 102, 5].
The QA protocol by the ACR MRI accreditation program [103], though designed

for acceptance testing and commissioning, is the most frequently used QA tool by
facilities using MRI for radiotherapy treatments [109, 110, 104, 111, 112, 113,
114]. Seven quantitative image quality tests are evaluated [103].

Geometric Accuracy: The phantom diameter in the A/P, R/L and both diagonals
as illustrated in Figure 6.1 (a and b) are measured. The ACR acceptable value is
19.0 cm £ 0.2 cm [103]. This test fails due to mis-calibrated gradients, high By

field inhomogeneities and too low acquisition bandwidth [103].

High-contrast spatial resolution: The distinguishability of an array of closely
spaced tiny spots in the resolution insert indicated in Figure 6.1 (d) are assessed. A
resolution of 1 mm or better is acceptable. Excessive image filtering and ghosting,
poor eddy current compensation, By field inhomogeneities and too low acquisi-
tion bandwidth cause the failure of this test [103].

Slice Thickness accuracy: This test measures the lengths of two inserted signal
ramps as shown in Figure 6.1 (c). The acceptance criteria value is 5.0 mm =+
0.7 mm [103]. Nonlinearities in the RF amplifiers and poorly calibrated gradients
lead to the failure of this test [103].

Slice Position accuracy: This test measures the difference in length between a
pair of vertical bars as illustrated in Figure 6.1 (d). The absolute bar difference
should be within 5 mm [103]. Failure of this test is attributed to inaccurate slice
prescription, table shifts, By field inhomogeneities and poor gradient calibrations

[103].

Image intensity uniformity: The uniformity of image intensity across a large
water-only region is measured. Two 1 em? circular ROIs representing the high
and low signal regions within the larger ROI as shown in Figure 6.1 (e) are used
to calculate the percent integral uniformity (PIU). This test fails if there are defects
in the RF coils [103].

Percent-signal ghosting: The level of ghosting artifacts in the images are examined.
Four ROIs drawn in the image background and the mean pixel value in the large
water-only region as shown in Figure 6.1 (e) are used to estimate percent ghosting
[103]. Ghosting ratio should be < 2.5%. Instability of the phantom/measured

signal during image acquisitions causes ghosting.
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Low-contrast object detectability: In this test a set of low-contrast objects in the
images are distinguished by counting the number of complete visible spokes (set of
10 spokes with 3-disks on each spoke) in 4-slices as shown in Figure 6.1 (f). Fora
3 T' scanner, a minimum of 37-set of visible spokes is acceptable [103]. Incorrectly
positioned slices and phantom tilting can lead to a failure of this test.

Figure 6.1: Quantitative image quality tests done on the ACR phantom: MR images of
the ACR phantom. Geometric accuracy is measured on slices (a) and (b), slice thickness
on (c¢), high contrast resolution and slice position on (d), image intensity uniformity and
ghosting on (€) and low-contrast object detectability on (f).

SNR, an important image quality parameter, is not currently part of the ACR
quantitative tests. For this project, it was calculated using the smooth image sub-
traction method by McCann ez al. [115].

mean

SNR = (6.1)

o
where mean and o are the mean signal in a ROI covering 80% of the image and
standard deviation in the noise, respectively. The SNR estimations were done in

MICE Toolkit v1.0.7 [90] and was obtained from the same slice used for ghosting

and uniformity measurements (see Figure 6.1 (e)).
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At the radiotherapy department of Umea University hospital, the ACR phantom
is used for weekly QA measurements. The analysis of the phantom images have
been automated as earlier published [116] and also described in Paper IV.

With the lack of an internationally accepted QA procedure for MRI in radiother-
apy, we investigated in Paper IV the robustness with which current protocols can
objectively identity common image quality issues. Here, the ability of the ACR
protocol and Spectronic AB’s GRADE large FoV phantom (also used in Section
4.1.2) to detect common occurrences that degrade the quality of MR images were
evaluated.

6.1 Exploratory survey on MRI in radiotherapy QA

The project described in Paper IV began with an exploratory survey on common
issues affecting the quality of MR images among users using MRI for radiotherapy
simulation or treatment planning purposes. This survey involved 22 MRI centers
across five countries. There were 39, 1.5 T" and 31, 3 7' MRI systems.

Respondents were provided with choices on possible causes of image degradations
and were ask to select the number of issues encountered within the last six months
before the survey. The selection on the number of issues encountered are indicated
as the color codes in Figure 6.2. The results shown in Figure 6.2 indicated that
RF coil issues, pieces of metals in the bore of the scanner, uncorrected gradient
nonlinearity effects, medical and non devices on patients were among the most
frequent cause of MR image degradations.
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Figure 6.2: Common causes of image quality degradations among MRI-simulator users.
The responses from the survey showed image quality issues were mostly from RF coil-
related issues, medical and non medical devices and uncorrected gradient non-linearity
effects.

The survey participants were also asked on the number of times key QA procedures
were carried out within their facilities. As indicated in Figure 6.3, all the centers
had some QA checks on their machines for image quality and the coil systems.
Only one center had no established QA procedure for geometric accuracy checks.
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Frequency of Quality Control measurements

M Daily Weekly B Monthly W Yearly Commissioning Never
10

6

Geometric Distortion Image Quality Coils Quantitative Bore Inspection Laser Alignment BO Drift
Measurements

o

N

Geometric Bore

Distortion Image Quality] Coils Quantitative Inspection |[Laser Alignment]  BO Drift
Daily 1 2 2 1 10 5 2
\Weekly 6 9 2 0 2 1 4
IMonthly 6 7 9 4 1 1 6
Yearly 6 4 6 3 6 7 8
Commissioning| 2 0 3 4 1 1 1
Never 1 0 0 10 2 7 1
Total
Responses 22 22 22 22 22 22 22

Figure 6.3: Frequency of quality assurance (QA) processes: Routines for the performance

of individual QA procedures differed among the MRI centers.

6.2 Determining objective action limits

The ACR QA protocol provides acceptance values for each image quality param-
eter [103]. These are indicative of the minimum level of performance for a well
functioning system. For this study, action limits for image uniformity, slice thick-
ness accuracy, slice position accuracy, ghosting, geometric accuracy and SNR were
first determined under radiotherapy settings based on repeated measurements of
the ACR phantom. The radiotherapy settings used for the phantom image acqui-
sitions included an upper anterior array (UAA) surface coil on a coil holder.

The action limits from the repeated measurements set at mean + 30 compared
with the acceptance values (in brackets) for a 3 7" MRI scanner were as follows

* geometric accuracy (cm): 18.99 £ 0.19 (ACR: 19 £ 0.2)

* slice position accuracy (mm): 3.26 £ 2.69 (ACR: +5)
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* slice thickness accuracy (mm): 5.57 & 0.71 (ACR: 5 £ 0.7)
* image intensity uniformity (%): 97.61 + 2.97 (ACR: > 82)

* percent signal ghosting (%): 0.43 + 0.18 (ACR: < 2.5)

The long-term stability of the 3 17" PET/MR scanner was also evaluated based on
a 4-year retrospective data collected with the ACR phantom. Figure 6.4 indicates
the measurements overlaid with the mean + 30(35tD). The 3 T PET/MR
system was relatively stable. The few outliers that were found for example in the
percent signal ghosting and geometric accuracy measurements were still within the

ACR acceptance value of 2.5% and 19 + 0.2 c¢m.
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Figure 6.4: Four-year retrospective data collected with the ACR phantom on our 3 T
PET/MR scanner overlaid with action limits (mean435tD): Geometric accuracy based
on phantom diameter measurements in (a) A/P and (b) R/L directions, slice thickness
accuracy (c), slice position accuracy (d), ghosting (€) and image uniformity (f). Std =
standard deviation or o 50



6.3 MRI in radiotherapy QA sensitivity under provoked

conditions

The four most common causes of image degradations from the exploratory survey
(refer to Section 6.1) were introduced as individual provocations whilst acquiring
MR images of the phantoms. Each phantom was scanned with and without the
designated error provocation sequentially with six repeated measurements. The
images were evaluated using each phantoms’ automatic analysis software.

Geometric distorted images were obtained by acquiring images with no gradient
non-linearity corrections. Secondly, the By field homogeneity was disturbed by
introducing into the bore of the scanner a 4 mm paper clip secured in a tennis
ball-like plastic container. The image quality parameters that were expected to be
affected included geometric and slice position accuracy. Geometric accuracy was
assessed with the GRADE and ACR test phantoms. Distorted image slices of the
ACR test phantom due to the metallic paper clip in the bore of the scanner are
shown in Figure 6.5.

(a)

With metallic iaier clii

No provocation

(b)

No provocation With metallic paper clip

Figure 6.5: Effect of object-induced field inhomogeneity on geometric accuracy: A 4 —
mm paper clip secured in a tennis-ball like container placed in the bore of the scanner
whilst scanning the ACR phantom led to distorted images.
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A signal generator connected to a half-wavelength dipole antenna was used to
create signals to mimic electric interference from electric sparks. The antenna
was securely placed in the scanner room and produced sparks for a maximum of
5s while acquiring images of the ACR phantom. Images with spike artifacts are
shown in Figure 6.6. This provocation was expected to affect SNR and image
uniformity measurements.

(a)

No provocation spike artifacts from electric interference

(b)

No provocation spike artifacts from electric interference

Figure 6.6: Image degradations from external electric discharges: Spike image artifacts
from electrical influences.

For coil-related image quality issues, we first used GE’s Orchestra-sdk-18-1.matlab
software to reconstruct raw image datasets from the ACR phantom. Here, a com-
bination of coil elements were removed during the reconstruction to simulate coil
failure. Phantom images of the ACR phantom were acquired with uncorrected
coil sensitivity variations to also simulate coil- related image degradations. These
are shown in Figure 6.7. The image quality parameters that were expected to be
affected were SNR, image uniformity and ghosting ratio.
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(@)

No provocation uncorrected image intensity variation

No provocation uncorrected image intensity variation

Figure 6.7: Effect of uncorrected coil signal intensity variation on uniformity: Image
signal intensity non-uniformity caused by uncorrected coil sensitivity maps/variations

The detection sensitivity for each provocation estimated as the number of objective
identifications relative to the total number of scans was determined.

The GRADE phantom’s protocol sensitivity to detect uncorrected gradient non-
linearity effects manifested with a two-fold increase in measured mean distortions
whilst only a 6.6% increase in distortions was observed when the By field homo-
geneity was disturbed by the metallic paper clip. The GRADE phantom was hence

not ideal for the identification of local By field inhomogeneities.

The metallic paper clip in the bore of scanner affected geometric and slice position
accuracy with detection sensitivities of 100% and 83.3%), respectively by the ACR
protocol. However, due to limited small size of the ACR phantom (diameter of
19 em), any pieces of metal outside this range cannot be detected. The typical
diameter of current MRI systems is around 60 cm.

Due to the limitations of the two phantoms concerning the identification of loose
metals in the bore of the scanner, it is recommended to sweep/inspect the bore of
the scanner for such pieces of metal as part of routine QA procedures.

Electrical influences affected image uniformity and SNR with a 83.3% detection
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rate by the ACR protocol. Uncorrected coil intensity variations affected all the
image quality parameters with the least detection sensitivity of 33.3% from the
slice position accuracy measurements.

Coil failures could not be objectively identified if the images had already been
corrected for coil intensity variations. With the coil intensity variation correction
switched off, a minimum of 4 out of the 18 receive coil channels had to fail before
any variations could be observed in the measured SNR and image intensity values.

According to the ACR manual [103], images acquired with multi-channel array
coils must be corrected for image intensity variation. However, from the results
in Paper IV, using such approach limits the ability of the ACR protocol to detect
image quality degradations caused by coil element failures.

As recommended in the AAPM’s Report 100 [83], if coil element failures must be
checked, then it must be done without the application of coil intensity correction.
We conclude here that the ACR phantom may not be the best tool to check the
integrity of coils used in the radiotherapy environment. Therefore, other available
mechanisms should be used for routine checks of the RF coils.

A similar study on the detection of MRI image degradations was done by Gardner
etal. in 1995 [117]. Here, a test object was intentionally degraded. The detection
sensitivity of an automatic test object image analysis and trained human observers
were compared. The test object image analysis system could detect lower variations
in image quality parameters such as slice thickness, SNR and distortions compared
to the trained human observers [117]. The conclusion was that the poor sensitivity
of trained human observers to detect degradations warranted the use of objective
and automated quality control systems [117].

In conclusion, this work has shown that the studied protocols are generally sensi-
tive in identifying common issues that reduce the quality of MR images. Although
MRI is increasingly being used in the radiotherapy environment, what constitutes
an internationally accepted approach to quality assurance procedures are still not
clearly defined. However, the ACR protocol combined with a large FoV phantom
(either commercial or home-made) can be used to monitor the performance and
image quality of MRI systems used for radiotherapy purposes.
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Chapter 7

Summary of Papers

7.1 Paperl

Quantifying the Effect of 3 7" Magnetic Resonance Imaging Residual System
Distortions and Patient-Induced Susceptibility Distortions on Radiation
Therapy Treatment Planning for Prostate Cancer

Adjeiwaah M, Bylund M, Lundman J.A, Thellenberg Karlsson C,

Jonsson J.H, Nyholm T

International Journal of Radiation Oncology *Biology * Physics (2017),

Vol. 100, No.3, pp. 317-324, 2018

Aim: Investigate the effect of MR system and patient-induced susceptibility dis-
tortions from a 3 " scanner on dose distributions for prostate cancers.

Materials and methods: Displacement vector fields were generated by combin-
ing phantom measured residual system distortions and simulated patient-induced
susceptibility distortions from a 3 1" scanner. Image acquisitions were made with
bandwidth of 122 Hz/pizel, 244 Hz/pizel and 488 H z/pizel and gradient
readouts in the right/left (R/L) and anterior/posterior (A/P) directions. CT images
of 17 patients and the clinically delineated structures were distorted using the dis-
placement vector fields, giving distorted CT dCT images. Subsequently, VMAT
optimized plans were generated on dCT images and the field arrangements from
the optimized plans were copied to the CT data sets to calculate new dose dis-
tributions. The dose distributions were evaluated based on clinically established
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acceptance dose volume criteria. We used pair-wise two-one sided equivalence
tests to compare the dCTand CT dose distributions.

Results: Maximum residual mean distortions of 3.19 mm at a radial distance of
25 ¢m, and maximum mean patient-induced susceptibility shifts of 5.8 mm were
found using the lowest bandwidth of 122 Hz/pixel. There was a dose differ-
ence of less than 0.5% between distorted and undistorted treatment plans. The
90% confidence interval (CI) of the mean difference between the dCT and CT
treatment plans were all within an equivalence interval of (—0.5,0.5) for all in-
vestigated plan quality measures.

Conclusions: Patient-induced susceptibility distortions at high field strengths in
a closed bore MR scanners are larger than residual system distortions after using
vendor-supplied 3D correction for all studied contours. However, errors in dose
due to disturbed patient outline and shifts caused by patient-induced susceptibility
effects are below 0.5%.

7.2 Paper II

Dosimetric Impact of MR distortions - A study on Head and Neck
Cancer Patients

Adjeiwaah M, Bylund M, Lundman J.A, Zackrisson B, Soderstrom K,

Jonsson JH, Garpebring A, Nyholm T

International Journal of Radiation Oncology *Biology ® Physics

Vol. 103, No. 4, pp. 994-1003, 2019

Aim: To evaluate the effect of magnetic resonance imaging (MRI) geometric dis-
tortions on head and neck radiotherapy treatment planning (RTP) for an MRI-
only RTP. We also assessed the potential benefits of patient-specific shimming as
a tool to reduce the magnitude of MR distortions.

Materials and Methods: Using an in-house Matlab algorithm, shimming within
entire imaging volumes and user-defined region of interest (ROI) were simulated.
We deformed 21 patient CTs (CT) with MR distortion fields (gradient non-linearity
and patient-induced susceptibility effects) to create distorted CT (dCT) images
using bandwidths of 122 Hz/mm and 488 Hz/mm at 3 T. Field parameters
from volumetric modulated arc therapy (VMAT) plans initially optimized on dCT
datasets were transferred to CT data to compute a new treatment plan. Both plans
were compared to determine the impact of distortions on dose distributions.
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Results: Shimming across entire patient volumes decreased the percentage of vox-
els with distortions more than 2 mm from 15.4% to 2.0% User-defined ROI
shimming increased the fraction of voxels within the spinal cord with geometric
shifts above 2 mm from 11.5% to 32.3%. The worst phantom measured resid-
ual system distortions after 3D gradient non-linearity correction within a radial
distance of 200 mm from the isocenter was 2.17 mm. For all patients, voxels
with distortion shifts more than 2 mm due to patient-induced susceptibility ef-
fects were 15.4% and 0.0% using bandwidths of 122 H z /mm and 488 H z/mm
at 3 T. Dose differences between dCT and CT treatment plans in D5 at the PTV
were 0.440.6% and 0.3+£0.5% at 122 H z/mm and 488 H z/mm, respectively.

Conclusions: The overall effect of MRI geometric distortions on data used for
radiotherapy planning was minimal. Shimming over entire imaging volumes de-
creased distortions but user-defined sub-volume shimming introduced significant
errors in nearby organs and should probably be avoided.

7.3 Paper III

Technical Note: Comparison between simulated and measured By field maps
of head and neck MRI
Adjeiwaah M and Lundman J.A, Bylund M, Garpebring A, Nyholm T

Aim: Comparison of measured and simulated magnetic field (By) inhomogeneity
maps.

Materials and Methods: Synthetic CT data were generated from proton density-
weighted ZTE MR images. Four tissue types/materials; air, fat, muscle and bone
were each specified a Hounsfield unit (HU) value. For each specified HU value,
a corresponding susceptibility was assigned. After assigning the susceptibility val-
ues, the local By field was simulated using a previously published method. The
simulated and the measured B field maps were compared by visual and histogram
distribution assessments.

Results: The simulated and measured By maps were similar in terms of both mag-
nitude and appearance of the variations in By field deviations. However, details
especially at tissue-air and tissue-bone interfaces were more visible in the simulated
maps.

Conclusions: By maps could be estimated with good accuracy based on anatom-
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ical representation of the patient. Simulated By maps could be an alternative to
measured maps for correction of geometrical distortions.

7.4 DPaper1V

Quality Assurance for MRI in Radiotherapy: Sensitivity
Analysis of Current Methods

Adjeiwaah M, Garpebring A, Nyholm T

Under review, Physics and Imaging in Radiation Oncology

Aim: The aim of this work was to evaluate the ability of current MRI in radio-
therapy QA protocols to detect common events that affect image quality.

Materials and methods: The ACR MRI QA and Spectronic Medical AB GRADE
phantoms were used in this study. The ACR phantom was repeatedly scanned
using a flexible coil and action limits for key image quality parameters were derived.
Using an exploratory survey among MR-simulator users, the most common issues
affecting MR image quality were identified. The most commonly occurring events
were introduced as provocations to produce images with quality issues. From these
images, detection sensitivities of the ACR and GRADE phantom QA protocols

were determined.

Results: Action limits for key image quality parameters were set at mean + 3o
giving false error indications of less than 1%. Defective coils, pieces of loose
metal, uncorrected gradient non-linearity effects and external electrical interfer-
ence are the most common causes of MR image degradations. The provocation
tests showed that the two QA protocols could detect some of the common events.
Defective individual coil elements could not be detected with the ACR phantom
while using intensity correction. The GRADE phantom was more sensitive to un-
corrected gradient non-linearity effects than field inhomogeneities introduced by
a piece of metal.

Conclusions: The ACR phantom alone when used for routine QA procedures
may provide some level of false security especially on coil-related image quality
issues and geometric distortions. However, combining the ACR phantom with
a large geometric accuracy phantom could provide a tool to monitor MR system
performance.
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Chapter 8

Conclusions, Clinical Implications
and Future works

From a geometric accuracy perspective, the results from Papers I and II show
that the dosimetric implications of residual distortions after correcting for gradi-
ent non-linearity effects are small and therefore, MR-based treatment planning
is feasible. 'This does, however, require that the MRI data being acquired uses
adequate methods such as described in this work. These include the use of appro-
priately high acquisition bandwidth, utilizing vendor-supplied 2D/3D gradient
non-linearity correction algorithms and patient-specific active shimming. Some
sequences like echo-planar imaging for diffusion have a very low effective band-
width and therefore exhibits severe spatial inaccuracies. The geometry of such
images may not be accurate.

The present work is limited to the common treatment strategies used today. Likely,
evolving MR-only workflows using MR-linac systems [10, 11, 12] will in the fu-
ture use smaller margins which may be sensitive to geometric inaccuracies. Smaller
margins increase the demands on the imaging modality to enable highly reliable
definitions of organs at risk and target volumes. This calls for increased image
quality. At the moment geometric accuracy is achieved using high bandwidth se-
quences which degrade the image quality. It may, therefore, be that correction
methods will be more commonly used/needed in the future to be able to combine
moderate bandwidth with high geometric accuracy.

The results from Paper III indicated that mapping of patient-induced By field
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inhomogeneities could be achieved with high accuracy and high resolution using
simulations on anatomical MRI data. The advantage is that the need to utilize
separate sequences to directly estimate By map could be reduced. This could po-
tentially reduce scan time. The drawback is that if there are unexpected sources of
By field inhomogeneities, these would not be captured with the simulation.

From a quality assurance perspective, if the By map is simulated with sCT as
input data as was done in Paper III, the problem with a potentially inaccurate
representation of anatomy or implants could be turned into an advantage and a
novel method to QA the generated sCT. Large deviations between a measured and
simulated By map would indicate misrepresentations or missing information in
the sCT. As the By mapping is independent of the sCT generation method, the
same kind of errors is expected to have a large impact on both the By mapping
and the dose calculations. This is worth further investigations. At present data is
collected for patients in Umed with various implants to check their MR sensitivity.

Paper IV showed the weaknesses in the common phantoms used for the QA of
MRI scanners under radiotherapy settings. The work done here showed that some
common scenarios that affect the quality of MR images are not always detected.
An area which may play an important role in future radiotherapy is quantitative
imaging. It has been suggested that both pre-treatment and early response assess-
ment based on quantitative MRI such as diffusion and perfusion could be used to
adapt the treatment. This would call for extensive QA measures to guarantee that
the system is stable and measured quantities are accurate.

The ACR QA phantom was developed as a tool for commissioning and bench-
marking of MRI systems, and not explicitly for stability tests. This work has shown
that it was not ideal for the detection of some of the most common problems that
could occur. It would, therefore, be interesting to undertake research aiming at
quality control of the individual components rather than the full system. This
is the approach taken by the MR vendors who provide integrated methods for
verifying the failure of individual coil elements and the cause of electric sparks
etc. The problem with the present tools provided by the vendors is that they do
not explicitly address the geometric accuracy, and even when they exist they are
inherently very slow. It, therefore, becomes impractical to include such relevant
tests as part of routine QA procedures on busy clinical MRI scanners. There is
hence a need to build on the present work to identify the underlying reasons for
errors and find methods that could preferably, within minutes, easily identify such
errors. These methods could then be included in daily QA routines.
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Efficient QA procedures are highly dependent on adequate phantoms. It is im-
portant to acknowledge that phantoms used for constancy checks have different
demands compared to phantoms used for detailed mappings or characterization
of a system. Hence, a phantom designed for constancy checks of the geometric
accuracy of a system does not necessarily have to provide a full distortion map of
the MR scanner. The key requirements of such a phantom would be high sen-
sitivity combined with a low false positive rate for the most common and severe
system performance or image quality issues. Besides, the scan procedure needs
to be fast, the handling of the phantom should also be easy, and the evaluation
should preferably be automatic. The phantom and evaluation procedure does not
however, need to provide detailed information but does only need to function as a
green or red flag for potential issues. A red flag would then trigger a more elaborate
and extensive investigation that zooms in on the underlying problem. An explicit
solution to this problem is not provided in this work. However, it is the believe
that the methodology applied in the present work (Paper IV) could be utilized in
the design process. Identification of the common and severe issues should work as
a starting point and verification of the ability to detect the issues should then be
done using controlled experiments.
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