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“Não sou nada. Nunca serei nada. Não posso querer ser nada. Àparte isso, tenho em mim todos

os sonhos do mundo. I

I am nothing. I will never be anything. I cannot want to be anything. Apart from that, I have in

me all the dreams of the world. ”

Fernando Pessoa, writing as Álvaro de Campos (1928 original version and translation)
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Optimization of 3T MRI Image Acquisition for Stereotactic Radiosurgery Treatment

Planning

by Bernardo CAMPILHO

Magnetic Resonance Imaging (MRI) provides a higher soft-tissue contrast than Com-

puted Tomography (CT), which has led to an increased interest in the use of MRI in ra-

diotherapy. However, the presence of geometric distortions in MRI is still a significant

limitation of this imaging modality, particularly when strict accuracy requirements are

present, such as in Stereotactic Radiosurgery (SRS) treatment planning, whose distortion

threshold is 1 mm. Geometric distortion may be system or patient-dependent and has

multiple causes, such as magnetic field inhomogeneity or gradient nonlinearity.

Furthermore, the recent direction of MRI imaging is to use higher magnetic field

strength scanners, with 3 T scanners rising in clinical use due to their higher signal-to-

noise (SNR) ratio and faster imaging times. On the other hand, higher field strengths also

imply higher distortion values. The Porto branch of the Portuguese Institute of Oncology

(IPO-Porto) routinely uses a 3 T GE Signa MRI scanner for SRS treatment planning for

brain tumours and metastases. Thus, it is essential to optimize the MRI sequence param-

eters, as well as quantify the distortion values in the scanner’s field of view (FOV).

In this work, a customized geometric grid phantom was designed and built to quantify

the geometric distortion in the scanner and to test different parameters and optimization

techniques of the SRS sequence. An anthropomorphic phantom was used to determine

the optimal geometric phantom filling, and a gadolinium-based solution was chosen.

Moreover, to quantify the distortion, SNR and contrast-to-noise ratio (CNR) of each se-

quence, a software was developed to automatically detect and match the phantom inserts

in MRI and CT scans, for the corresponding slices. The comparison of their coordinates
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after co-registration allowed the calculation of the distortion value at each detected insert

point.

The SRS protocol sequence currently used in the IPO showed the highest average dis-

tortion values (1.301 mm), above the desired 1 mm threshold. Changing the phase acqui-

sition direction to anterior-posterior (AP) yielded the best average results (0.725 mm).

Weighting factors were defined taking into account other factors important in clinical

practice, such as the acquisition time, specific absorption ratio (SAR), signal-to-noise ra-

tio (SNR) and contrast-to-noise ratio (CNR). The AP Phase sequence emerged as a clear

improvement over the protocol sequence. It is similar in the acquisition time, SAR, SNR,

CNR and detected inserts, while significantly lowering the mean and maximum distor-

tion (by 44.27% and 15.65%, respectively). Increasing the flip angle from 12° to 18° also

improved the results. The differences between the average geometric distortion results

were deemed statistically significant. Various correlations between different acquisition

parameters were also found and analysed, using a significance level of α = 0.05. In partic-

ular, a positive correlation was found between the echo time (TE) and the mean distortion,

with p-value = 0.074, which reinforces the importance of minimizing the TE in order to

optimize the resulting geometric distortion.
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A Ressonância Magnética (RM) proporciona um maior contraste dos tecidos moles

do que a Tomografia Computorizada (TC), o que tem levado a um interesse crescente

na utilização da RM em radioterapia. No entanto, a presença de distorções geométricas

na RM continua a ser uma limitação significativa desta modalidade de imagem, parti-

cularmente quando existem requisitos de precisão rigorosos, como no planeamento do

tratamento por radiocirurgia estereotáxica (SRS), cujo limiar de distorção é de 1 mm. A

distorção geométrica pode ser dependente do sistema ou do doente e tem várias causas,

como a não homogeneidade do campo magnético ou a não linearidade do gradiente.

Além disso, a direção recente da imagiologia por RM é a utilização de scanners com

maior intensidade de campo magnético, com os scanners de 3 T a aumentarem a sua

utilização clı́nica devido a razão de sinal-ruı́do (SNR) mais elevada e a tempos de ima-

giologia mais rápidos. Por outro lado, intensidades de campo mais elevadas implicam

também valores de distorção mais elevados. O Instituto Português de Oncologia do Porto

(IPO-Porto) utiliza rotineiramente um scanner GE Signa MRI de 3 T para o planeamento

do tratamento por SRS de tumores cerebrais e metástases. Assim, é essencial otimizar os

parâmetros da sequência de RM, bem como quantificar os valores de distorção no campo

de visão do scanner.

Neste trabalho, foi desenhado e construı́do um fantoma geométrico para quantificar

a distorção geométrica no scanner e testar diferentes parâmetros e técnicas de otimização

de sequências propostas. Foi utilizado um fantoma antropomórfico para determinar a

melhor opção para enchimento do fantoma, tendo sido escolhida uma solução à base de

gadolı́nio.
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Além disso, para quantificar a distorção, a SNR e o contraste de cada sequência, foi de-

senvolvido um software para detetar e fazer corresponder automaticamente as inserções

do fantoma em exames de RM e TC, para os cortes correspondentes. A comparação das

suas coordenadas após o co-registo permitiu o cálculo do valor da distorção em cada

ponto de inserção detetado.

A sequência de protocolo atualmente utilizada no IPO apresentou os valores médios

de distorção mais elevados (1.301 mm), acima do limiar de 1 mm desejado. A alteração da

direção de aquisição da fase para anterior-posterior (AP) produziu os melhores resulta-

dos médios (0.725 mm). Foram definidos factores de ponderação para ter em conta outros

factores importantes para a prática clı́nica, como o tempo de aquisição, razão de absorção

especı́fica (SAR), a razão sinal-ruı́do (SNR) e a razão contraste-ruı́do (CNR). A sequência

de fase AP surgiu como uma clara melhoria em relação à sequência de protocolo. É se-

melhante em termos de tempo de aquisição, SAR, SNR, CNR e inserções detectadas, ao

mesmo tempo que reduz significativamente a distorção média e máxima (em 44.27% e

15.65%, respetivamente). O aumento do flip angle de 12° para 18° também melhorou os

resultados. As diferenças entre os resultados médios da distorção geométrica foram con-

sideradas estatisticamente significativas. Foram também encontradas e analisadas várias

correlações entre diferentes parâmetros de aquisição, utilizando um nı́vel de significância

de α = 0.05. Em particular, foi encontrada uma correlação positiva entre o tempo de eco

(TE) e a distorção média, com p-value = 0,074, o que reforça a importância de minimizar

o TE para otimizar a distorção geométrica resultante.
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Chapter 1

Contextualization

1.1 Research Objectives

Magnetic Resonance Imaging (MRI) has gained significant attention in radiotherapy due

to its superior soft-tissue contrast compared to Computed Tomography (CT). However,

the presence of geometric distortions in MRI remains a considerable challenge, partic-

ularly in scenarios where stringent accuracy requirements, such as Stereotactic Radio-

surgery (SRS) treatment planning, which requires distortion thresholds of no more than

1 mm. Geometric distortion can stem from system or patient-dependent factors and is

influenced by various causes, including B0 field inhomogeneity and gradient nonlinear-

ity. Furthermore, the trend towards higher magnetic field strength scanners, such as 3 T

scanners, poses increased distortion concerns. This work focuses on addressing these con-

cerns by optimizing MRI sequence parameters and quantifying distortion values within

the field of view (FOV) of a 3 T GE Signa MRI scanner used for SRS treatment planning at

the Porto branch of the Portuguese Institute of Oncology (IPO-Porto).

The primary objectives of this research are the following:

1. Design and construction of a customized geometric phantom, to accurately assess

geometric distortion. Its filling solution should be determined by testing different

options on an anthropomorphic phantom.

2. Development of distortion quantification software. This tool should automate the

detection and matching of phantom inserts between MRI and CT scans. By co-

registering the corresponding slices and comparing the coordinates of the inserts,

distortion values at each detected point can be accurately calculated.

1
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3. Optimization of MRI Image Acquisition: By systematically exploring different ac-

quisition parameters, the aim is to identify the most effective sequence optimization

techniques to reduce geometric distortion in the MRI scans. This optimization pro-

cess should take into account crucial factors, such as acquisition time, specific ab-

sorption ratio (SAR), signal-to-noise ratio (SNR), and contrast-to-noise ratio (CNR),

while maintaining distortion levels within acceptable clinical thresholds.

1.2 Overall Thesis Structure

In Chapter 2, an introduction to the theme of the thesis is presented. It covers the fun-

damental concepts of Magnetic Resonance Imaging (MRI) and explores its physical prin-

ciples, including nuclear magnetic moments, signal detection, contrast agents, pulse se-

quences, scanner components, artifacts, geometric distortion, and image registration.

Next, in Chapter 3, the state of the art in MRI is discussed. This chapter examines

various aspects, such as contrast agents used in MRI, methods employed to address the

limitations of 3T MRI, advantages and disadvantages of the FSPGR technique, the GE

Signa Scanner, phantoms used to measure distortion, and distortion correction methods.

In Chapter 4, the materials and methods utilized in the research are described. This

chapter outlines the design of a new phantom specifically created to measure distortion,

the tests conducted using different phantom filling solutions, the algorithm developed

for automatic distortion calculation, and the optimization of 3T MRI for SRS treatment

planning.

In Chapter 5, the results and their analysis are presented. It covers the findings ob-

tained from the phantom filling tests, evaluation of the distortion calculation algorithm,

and optimization of 3T MRI for SRS treatment planning.

Chapter 6 serves as the conclusion of the thesis. It summarizes the main findings and

contributions of the research, explores the implications of the findings, suggests potential

areas for future research, and acknowledges any limitations or challenges encountered

throughout the study.



Chapter 2

Introduction

The primary goal of this Chapter is to present an overview of the theoretical background

concepts that are most relevant to this thesis.

2.1 Overview of Magnetic Resonance Imaging

Magnetic Resonance Imaging (MRI) is a non-invasive medical imaging technique that

uses a combination of a strong magnetic field, radio waves, and computer processing to

produce detailed images of internal structures of the body. Unlike X-ray and computed

tomography (CT) scans, MRI does not use ionizing radiation.

Throughout this Section, the principles behind the MRI technique are presented. How-

ever, a simplified overview is provided here. MRI is a radiological imaging technique that

uses nuclear magnetic resonance (NMR). The term ”magnetic” refers to the application of

various magnetic fields, whereas ”resonance” refers to the requirement to match the (ra-

dio)frequency of an oscillating magnetic field with the precessional frequency of the spin

of some nucleus (hence the ”nuclear”) in a tissue molecule. The process commences with

the patient being positioned upon a sliding table that enters a large cylindrical apparatus

- the scanner - which houses a powerful magnetic field. The magnetic field orients the hy-

drogen atoms present in the body, followed by the application of radio waves that induce

a departure from their natural alignment. As the atoms return to their initial orientation,

a signal is produced, which the scanner detects and uses to form an image of the internal

structures.

MRI is a very useful tool in contemporary diagnostic medicine. It is capable of pro-

ducing detailed images of internal structures such as brain, spine, blood vessels, and other

3
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tissues or organs. Notably, MRI proves to be especially useful in imaging soft tissues like

muscles and the brain, which are difficult to visualize on radiographs or CT scans. Fur-

thermore, MRI possesses an added advantage - functional imaging - in which metabolic

and brain activity in organs and tissues may be observed [1].

MRI provides a higher soft-tissue contrast than CT, which has led to an increased in-

terest in the use of MRI in radiotherapy (RT) [e.g., 2, 3]. MRI is commonly used in RT to

identify the tumour and/or organ at risk (OAR) volumes, which are subsequently regis-

tered to CT for dose calculation [4]. Recently, promising results have arrived from studies

on synthetic CT [5], which is the synthetic calculation of CT images from one or more

magnetic resonance (MR) sequences. If it proves to be, indeed, a feasible option, it could

eliminate the requirement for an additional planning CT and hence any uncertainties with

MR-CT registration.

In numerous papers, the necessity of MR data for radiation procedures has been dis-

cussed. There have been reports of modified tumour volume definitions using MR data

in comparison to CT for lesions in the brain, head, and neck [e.g., 6, 7], as well as the

prostate [8]. At additional tumour sites, discrepancies between MR and CT have also

been described [9]. Although many kinds of tumours can be distinguished from sur-

rounding normal tissue using the intrinsic properties of magnetic resonance imaging, the

potential for employing MR information in the treatment design is still not extensively ex-

plored. There are two main causes for this fact: first, it is well known that MR images have

geometric distortions (GD); second, the lack of effective methods to convert the MR im-

age signal into tissue-specific electron density information [10]. Such tissue information

is necessary to determine the tissue’s absorbed dose distribution after being exposed to

photons or charged particles (calibrated from CT Hounsfield units in CT-based planning).

The need for effective methods to include MR image data in radiotherapy treatment

planning is unquestionably rising [11]. However, the aforementioned presence of ge-

ometric distortions in MRI is one of the main deterrents to its widespread incorpora-

tion. Therefore, many strategies have been proposed to minimize its effect, even if it

can’t be completely eliminated. Geometric distortions in MRI can be divided into two

categories: system-related distortions, which are caused by hardware performance, and

object-related distortions, which are caused by the magnetic properties of the object be-

ing imaged. These two types of distortion have different effects depending on the mag-

netic field strength and specific imaging protocol parameters, in addition to hardware
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performance [10]. In Section 2.7, both system related and object-induced distortions are

discussed, as well as the effect that parameters such as the magnetic field strength have

on them. As for the different distortion correction techniques proposed throughout the

years, they are presented and discussed in Section 3.5.

Finally, it is worth noting that MRI uses radiofrequency (RF) waves rather than ioniz-

ing radiation, which means that it does not have the associated risks. Ionising radiation,

such as gamma or ultraviolet radiation, is a form of energy that can remove electrons from

atoms or molecules. Although there are no strict energy definitions of electromagnetic

spectrum bands, ionising radiation has been historically defined as starting at around 10

eV [12], which corresponds to approximately 2418 THz, compared to the 20 kHz-300 GHz

interval of RF radiation [13].

2.2 Physical Principles of MRI

The basis of MRI is the interaction of a nuclear spin with an external magnetic field, B0.

The proton in hydrogen, which is the main nucleus in MRI, interacts with the external

field to cause the proton’s spin to precess around the field direction [14], originating a

bulk magnetization. The capacity to control and detect the bulk magnetization of hydro-

gen spins is the foundation for MR imaging. Hydrogen spins are the most commonly

chosen ones due to their abundance in biological tissue, mainly in water and fat, and also

because its nucleus is highly magnetic, having only one proton. Moreover, its binding

characteristics with other elements depend on the biological tissue, which is beneficial for

medical imaging and tissue differentiation [15].

It is a fundamental fact of nuclei that those with odd atomic weights and/or odd

atomic numbers, such as the nucleus of the hydrogen atom, possess an angular momen-

tum J⃗, commonly referred to as spin. While nuclear spin is a quantum mechanical prop-

erty, it is often represented in classical vector models as a physical rotation similar to a

top spinning around its axis. A crucial feature of nuclear spin is its ability to produce a

nuclear magnetism when subjected to an external magnetic field, making it a key feature

in MRI. In the following subsection, we will delve deeper into the physical foundation of

MRI, which is based on this magnetism.
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2.2.1 Nuclear Magnetic Moments

Nucleons, the particles that make up atomic nuclei, originate nuclear magnetic moments,

which are the basis of MRI. Normally, as an atom’s nuclear layers are filled, each pair

of particles is aligned antiparallel to one another. Thus, the magnetic moment of each

nucleon is nullified, resulting in atoms that have no bulk magnetic properties [15, 16].

However, when an atom has an odd mass number, such as in a 1H atom, its magnetic

moment differs from zero, giving the atom its spin or magnetic moment [17, 18].

When the spin of an atom is not zero, the atom behaves as a tiny magnet that wobbles

eternally, a motion referred to as precession. When exposed to an external magnetic field,

the atom can align itself either in a parallel or antiparallel direction with the external field,

the parallel one being the lower energy state [15]. This allows the two types of alignment

to be treated as energy levels instead of physical orientations. Both are stable energy

states, and atoms can swap their energy state if excited with energy equal or higher than

the difference between the two energy states [19].

In hydrogen nuclei, only two populations of spins with symmetrical precession direc-

tions can exist. These spin values are s = ±1/2, in units of h̄, given the maximum value

n/2 (n=1 for hydrogen) and the half-integer nature of the proton spin. More formally,

these are solutions of the Schrödinger-Pauli equation, and the magnitude of the spin an-

gular momentum for a spin 1/2 particle is

||s|| = h̄
√

s(s + 1) =

√
3

2
h̄ (2.1)

Through the analysis of the hydrogen’s spectrum fine structure, it is possible to ob-

serve a doublet that corresponds to two potential outcomes for the z-component of the

angular momentum, where for any given direction z, sz = ± 1
2 h̄. These spins are quan-

tized due to the quantization of spin angular momentum, which is a quantum property

first formally proposed in 1925 by George Uhlenbeck and Samuel Goudsmit [20]. This

leads to two energy states (parallel and antiparallel) that have different populations due

to the thermal energy present in the system [16, 18]. The number of protons in each state,

Nparallel and Nantiparallel , is given by the Boltzmann distribution. The number of excess

protons in a parallel state can be written as:

Nexcess = Nparallel − Nantiparallel =
Ntotal

2
γh̄B0

kBT
(2.2)
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where γ is a physical constant (γ = q
2m ) known as the gyromagnetic ratio, Ntotal is

the total number of protons in the considered system, T is the temperature and kB is the

Boltzmann constant. There are more parallel protons, since it is the lowest energy state.

For example, in a human body at 37°C and B0 equal to 1.5T, the difference in the number

of protons in both energy states is only four per million of atoms in each energy state. As

can be observed in Equation 2.2, this difference increases in higher magnetic fields, and

the energy difference between the two states increases with the increase of B0, which is

the reason behind the increase in the intrinsic signal observed at higher magnetic fields

[21].

A nonzero spin nucleus produces a magnetic field around it, much like any other spin-

ning charged object. The resulting magnetic moment, also known as the nuclear magnetic

dipole moment, is physically represented by the vector quantity µ⃗. There is a fundamental

equation relating the spin angular momentum and magnetic moment vectors:

µ⃗ = γ J⃗ (2.3)

Assuming, without loss of generality, that the external field B0 is applied in the z-

direction of the laboratory frame, such that B⃗0 = B0⃗k, the motion of µ⃗ can be described

using a classical mechanics analysis of the torque:

d⃗J
dt

= µ⃗× B0⃗k (2.4)

Which, using Eq. 2.3, is equivalent to

dµ⃗

dt
= γµ⃗× B0⃗k (2.5)

The solutions to Eq. 2.5, whose full derivation can be consulted in [22] are:


µxy(t) = µxy(0)e−iγB0t

µz(t) = µz(0)
. (2.6)

The motion of µ⃗ described in equation 2.6 is known as nuclear precession, which in-

volves precession around the direction of the B0 field. An important characteristic of nu-

clear precession is its angular frequency ω0, also known as the Larmor frequency, which

can be expressed as:
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ω0 = γB0 (2.7)

FIGURE 2.1: Nuclear precession of µ⃗ around the direction of the magnetic field (adapted
from [23]).

To effectively characterize the behaviour of a spin system, it is necessary to introduce

a macroscopic magnetization vector M⃗. This vector reflects the vector sum of all the mi-

croscopic magnetic moments existing in the object [22]. If we define µ⃗n as the magnetic

moment of the nth nuclear spin, and NS as the total number of spins in the imaged object,

then M⃗ can be written as:

M⃗ =
NS

∑
n=1

µn (2.8)

2.2.2 Bloch Equation and Relaxation

The Bloch equation provides a quantitative description of the time-dependent behaviour

of M⃗, in the presence of an applied radiofrequency (RF) pulse magnetic field B⃗1(t) and a

static magnetic field B⃗0, whose sum defines the total magnetic field B⃗. In the context of

MRI, the Bloch equation has the following general form:

dM⃗
dt

= γM⃗× B⃗−
Mx⃗i + My⃗ j

T2
− (Mz −M0

z )⃗k
T1

(2.9)

where M0
z is the thermal equilibrium value for M⃗ in the presence of B⃗0 alone [22].

T1 and T2 are time constants that characterize the relaxation process of a spin system

following disturbance from thermal equilibrium, and a brief explanation of their origin

and significance is presented later in this Section.
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Even if a group of particles has an excess of spin, as is the case for hydrogen atoms, that

doesn’t necessarily guarantee a detectable signal by itself. In fact, even in a macroscopic

body, it’s important that the magnetization vector is tipped away from the direction of the

external field in order to initiate precession. This is due to the fact that the magnetization

must produce a changing magnetic flux ϕ in a nearby coil as it precesses around the exter-

nal magnetic field [14, 22], thus inducing an electromotive force in the coil (Section 2.2.3),

as determined by Faraday’s law of induction:

em f = −dϕ

dt
(2.10)

To accomplish this, a radiofrequency magnetic field must be applied for a short pe-

riod of time (RF pulses). This will rotate the magnetization away from its longitudinal

direction along the B⃗0 axis. The RF pulse is produced by another nearby coil which can

also serve as the receiver coil if its radiofrequency is tuned to the Larmor frequency [21],

a condition known as resonance condition. This resonance condition in MRI ensures that

the precessing spins resonate, meaning they absorb energy and enter into a state of phase

coherence, resulting in the precession of the bulk magnetization vector M⃗ which, as ex-

plained before, is necessary for the coils to detect the signal. Therefore, the process of

rotating the magnetization away from the B⃗0 axis and then synchronizing the precessing

spin to the external magnetic field is vital in generating a detectable MRI signal [14].

Now the relaxation constants T1 and T2 can be explained. First, we focus on the con-

stant T1. It represents the ”spin-lattice” decay or relaxation of the signal, as a result of

the interactions between the spins and their surroundings. The magnetization will tend

to grow back in the direction of the static field B0, previously chosen to be ⃗̂z, after being

rotated into the transverse plane by the RF pulses [14]. This fact may not be obvious upon

first inspection of the Eq. 2.9, but it should be noted that the longitudinal term is positive,

that is, Mz ≥ 0. It then tends towards the initial total magnetization value, although it

never surpasses it (Mz/M0 ≤ 1), as shown in Figure 2.2. This is made clear by writing the

solution for the longitudinal magnetization after the end of the B⃗1 RF pulse, that is, in the

case where B⃗ = B0ẑ and M0 is the equilibrium value:

Mz(t) = Mz(0)e
− t

T1 + M0(1− e−
t

T1 ) (2.11)

This longitudinal relaxation time, or T1, is a time constant that describes the recovery

rate of longitudinal magnetization, as a result of the interaction between the spins and the
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nearby atoms. This recovery behaviour is shown in Figure 2.2. It should be noted that this

recovery process is not exclusively attributable to the decay of transverse magnetization

(Mxy), which decays more rapidly due to phase loss between spins. Instead, the recovery

of longitudinal magnetization is mainly due to the relaxation of individual spins that shift

from the transverse plane (x-y) to the longitudinal axis (z) over time.

FIGURE 2.2: T1 relaxation curve [14]. The longitudinal magnetization Mz is null after a
90° RF pulse (point t = 0 in the figure), but it will increase as the protons release their en-
ergy through T1 relaxation. Eventually, the initial value M0 will be completely restored,
as described by Equation 2.11. T1, the spin-lattice relaxation time, is the time when Mz

has recovered to 63% of its initial value in this process.

The constant T2, however, is connected to a distinct decay mechanism that arises from

dephasing between different spins. This dephasing results from local non-uniformities in

the magnetic field that stem from variations in the electronic and geometrical configura-

tions of hydrogen atoms bound to different molecules, including water, fat, or proteins.

These variations give rise to distinct Larmor frequencies, or chemical shifts, between the

atoms. As time elapses, the phase differences caused by these very small frequency vari-

ations lead to the dephasing of transverse spins and to the loss of coherence of transverse

magnetization, which is also referred as ”spin-spin” decay. The decay can be measured by

solving Bloch’s equation (Eq. 2.9) in the rotating frame, from which we get the following

expression for the transverse component:

M⊥(t) = M⊥(0+)e
− t

T2 (2.12)
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Analysing Eq. 2.9, it can be seen that, since the derivatives of the transversal compo-

nents of M⃗ are proportional to themselves, this decay, or relaxation, will also be exponen-

tial. However, unlike the longitudinal term, the transverse magnetization will diminish

until it returns to a null value, as expressed by Eq. 2.12.

Dephasing due to external field inhomogeneities would generally result in more signal

suppression (T2 would be replaced by a shorter relaxation time T∗2 < T2; see Section 2.2.3),

which would result in greater signal loss. However, in Eq. 2.9 it was assumed that this

source of dispersion is ”rephased” or ”echoed,” thereby avoiding the need for further

suppression [14]. An additional RF pulse can be used to accomplish this; its main idea

is to rotate all spins 180 degrees in the transverse plane. The two relaxation constants

presented here (T1 and T2) are essential to the principle behind how contrast agents work

in MRI, which is explored in the next subsection.

2.2.3 MRI Signal Detection

MRI signals are detected by measuring the changing magnetic flux caused by the pre-

cessing spins. As the spins precess around the external magnetic field, they produce a

changing magnetic flux that induces an electrical current in a nearby coil or antenna (de-

tailed in Section 2.4.3), according to Faraday’s Law of Induction (Eq. 2.10). This electrical

current is then amplified and processed to produce an image. In practice, this processing

stage is mostly automatic and complex, especially if field inhomogeneities are taken into

account. Liang & Lauterbur [22] or Kuperman [17], for example, provide comprehensive

explanations on image pre-processing and processing stages, which are beyond the scope

of this thesis.

The most basic signal detected by RF coils after a pulse excitation is known as free in-

duction decay (FID). The term ”free” refers to the fact that the signal is produced by the free

precession of the bulk magnetization vector about the B⃗0 field; ”induction” denotes that

the signal was produced using Faraday’s Law of Electromagnetic Induction; and ”decay”

implies the characteristic decrease in signal amplitude with time [22]. The FID signal is re-

lated to transverse relaxation, which is a process that occurs, in part, simultaneously with

longitudinal relaxation, although they are independent processes. Moreover, transverse

relaxation (also known as T2 relaxation) occurs long before the longitudinal relaxation

process is complete [24, 25].
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The T2 relaxation process begins immediately after RF excitation, when part of the

spins have synchronous precession, in a state called phase coherence given that the spins

are in phase. However, over time, this phase coherence is lost, in a process called dephas-

ing. This loss of coherence is due to two factors: energy transfer between spins as a result

of local magnetic field fluctuations (due to thermodynamic stochastic processes) and in-

trinsic B0 field inhomogeneities, which can be caused by the system itself or the imaged

object, as detailed in Sections 2.6 and 2.7. The latter factor introduces a new decay time T∗2 ,

which is shorter than T2 (Figure 2.3) and takes into account the fact that the B0 field inho-

mogeneities, whatever their origin, will shorten the transverse relaxation time T2 [25, 14].

Thus, the FID signal reflects the attenuation of MR signal over time, after RF excitation,

due to T∗2 effects.

FIGURE 2.3: T2 and T∗2 decay comparison [26]. The faster decay in the T∗2 curve has to do
with loss of coherence introduced by B0 field inhomogeneities.

2.2.4 Contrast Agents in MRI

The use of contrast agents in MRI can increase the visibility of certain structures or tissues

within the body. They work by changing the longitudinal relaxation time (T1) and/or

transverse relaxation time (T2) of the observed tissues, or by changing their proton den-

sity [25]. Even though MRI has a considerable amount of intrinsic contrast between tis-

sues, pathological tissue may or may not have significant differences in T1 or T2 from the

surrounding normal tissue. This can result in little signal difference between normal and

pathological tissue, making it difficult to detect abnormalities [14, 27]. By administering a

contrast agent, the signal difference can be increased and the diagnosis can be improved.
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There are two types of contrast agents utilized in MRI: paramagnetic and superpara-

magnetic. Paramagnetic contrast agents are characterized by unpaired electrons, whose

permanent magnetic moment is associated with a local magnetic field [14]. The inclusion

of a small quantity of paramagnetic contrast agents can significantly reduce the relaxation

times of water-rich materials [22]. Superparamagnetic contrast agents comprise small par-

ticles of iron oxide that generate a local magnetic field that enhances the main magnetic

field, thereby increasing image contrast.

The most commonly used paramagnetic contrast agent in MRI is Gadolinium, which

is administered intravenously. The lanthanide Gd3+ has seven unpaired electrons, and

works by shortening the T1 and T2 of water protons in the targeted tissue [27, 28]. This

results in an increase in signal intensity on T1-weighted images, making the tissue appear

brighter. Gadolinium can enhance the visibility of blood vessels, tumours, and inflamma-

tion. Superparamagnetic contrast agents, such as iron oxide particles, are used to enhance

the visibility of blood vessels, hemorrhages and calcifications [29], by shortening the T2

of the protons in the targeted tissue. This results in a decrease in signal intensity on T2-

weighted images, making the tissue appear darker.

Contrast agents can enhance diagnostic accuracy in certain conditions, such as can-

cer, inflammation, and vascular diseases. Nevertheless, they can also lead to adverse

reactions, such as allergic reactions and kidney problems. Therefore, the use of contrast

agents is cautiously evaluated and considered on a case-by-case basis. A more detailed

exposition of some of the most commonly employed contrast agents, along with the tests

performed to study their impact on geometric distortion, is provided in Sections 4.1 and

4.1.1, respectively.

The development of new and improved CA has been an active area of research in

MRI, with the goal of increasing the specificity and sensitivity of the imaging methods [30,

31]. In this field, the current state of the art can be broadly classified into two categories:

blood pool agents and targeted molecular agents. The former, exemplified by gadolinium

chelates, are the most commonly employed contrast agents in MRI. These agents work via

their accumulation in blood vessels and tissues, thereby reducing the T1 relaxation time of

their protons, which translates into an increase in the signal intensity. These agents have

a larger size that prevents easy passage out of capillaries, resulting in longer vascular

retention times [32].

Recently, according to the European Medicines Agency (EMA), certain gadolinium
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contrast agents used in MRI body scans have an unfavourable benefit-risk ratio and are

no longer recommended for use, with the authorizations of some suspended. The affected

agents include intravenous drugs containing gadobenic acid (except for liver imaging),

gadodiamide, gadopentetic acid, and gadoversetamide. The EMA’s review of gadolin-

ium contrast agents has confirmed the need to restrict the use of certain linear gadolinium

agents, aligning with their previous recommendations. Hence, in 2018, these recommen-

dations were implemented in Portugal [33]. Gadolinium CA, such as the macrocyclic

agents gadoteridol, gadobutrol and gadoteric acid are still allowed and commonly used

intravenously in patients, as they are more stable and less likely to release gadolinium in

tissues, thereby preventing dangerous levels of accumulation.

Nanoparticle CA are a particularly promising new area of research in the field of con-

trast agents in MRI. These targeted molecular agents are designed to target specific tissues

or pathologies and provide a more specific enhancement. Other biomedical applications

for magnetic nanoparticles, such as magneto-mechanically induced cellular damage, as

well as cell manipulation and separation, have been successfully demonstrated [31].

These nanoparticle CA can be conjugated to a variety of targeting molecules, such

as antibodies or peptides, to increase specificity. Examples of targeted molecular agents

include iron oxide nanoparticles, gold nanoparticles, and superparamagnetic iron oxide

particles. The potential of these CA for brain metastases detection is still undetermined,

but recent phase I and II trials using theranostic nanoparticles have shown promising

results in terms of contrast improvement and therapeutic outcome [34, 35].

For brain imaging, gadolinium-based CA are the most commonly used, particularly

in radiosurgery. Manganese has been suggested as an alternative recently, but its efficacy

is still being studied [36, 37]. Superparamagnetic iron oxide nanoparticles have advan-

tages in more specific imaging contexts, such as atherosclerosis or inflammation imaging.

While recent studies such as Chen et al. [38] propose the use of these nanoparticles for

tumour imaging, they also acknowledge that there are still some significant challenges to

overcome before its clinical implementation, such as the lack of rigorous biosafety proto-

cols.

Contrast agents play a crucial role in MRI, and the development of new and improved

CA is an active area of research. The pursuit of researchers in this field has been directed

by two fundamental objectives: enhancing the contrast agent’s potency (increasing its
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relaxivity) and ensuring greater patient well-being (minimizing toxicity) [32]. The contin-

ued development of CA in MRI is expected to provide new insights into various diseases

and pathologies and improve the clinical utility of MRI. In Section 4.1.1, the CA chosen

for geometric distortion impact studies and the final choice for the phantom filling are

explained.

2.3 Pulse Sequences

Pulse sequences in MRI are a set of instructions that dictate the specific order and timing

of RF pulses and magnetic field gradients applied to the patient during the imaging pro-

cess. These pulse sequences are designed to manipulate the behavior of hydrogen nuclei

(protons) in the body in order to generate images with specific contrast and information.

Pulse sequences can be classified based on the contrast mechanism used, with the most

common being T1-weighted, T2-weighted, and proton density-weighted.

Before differentiating these types of pulse sequences, there are two important pulse

sequence parameters, mentioned in the last Section, that must be defined: the repetition

time (TR) and the echo time (TE). TR specifies the time delay between successive exci-

tations of the same slice, while TE refers to the time interval between the application of

the excitation pulse and the acquisition of the MR signal [25]. These two parameters are

inherently linked to the contrast and resolution of the MR images, as will be explained in

this Section.

T1-weighted sequences in MRI are designed to produce images with high contrast

between tissues based on differences in their T1 relaxation times, and typically involve

the use of specialized pulse sequences that manipulate the relaxation times of protons in

different tissues using specific RF pulses, gradients, and delays. The selection and opti-

mization of these parameters are critical to achieve the desired image contrast, and may

involve the use of Spin Echo (SE) or Gradient Echo (GRE) sequences, depending on the

specific application and imaging goals. SE sequences involve a 180-degree refocusing

pulse to reverse the dephasing of proton spins, producing an echo that provides valuable

anatomical information, while GRE sequences use variations in the magnetic field gradi-

ents to create an echo signal (Section 2.3.1). T1-weighted sequences are often employed to

image tissues with higher water content, such as blood and tumours, which have shorter

T1 relaxation times [22]. In Section 2.3.1, T1-weighted images will be analysed in the par-

ticular context of gradient echo sequences.
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Alternatively, T2-weighted imaging utilizes a series of RF pulses to create images with

heightened contrast between materials that exhibit distinct T2 relaxation times. Such se-

quences are usually employed to visualize substances with limited water content such as

fat or fluid-filled structures with longer T2 relaxation intervals. The degree of T2 weight-

ing can be controlled by TE selection. If a short TE (< 30 ms) is used, there will be a low

degree of T2 weighting, while longer echo times (> 60 ms) are associated with strongly

T2-weighted images [25].

Lastly, proton density-weighted imaging focuses on creating images that exhibit a

marked contrast between materials with different proton densities. This type of imag-

ing is obtained using a single RF pulse without any intervals, and is commonly utilized

to visualize bones, tendons, ligaments, and cartilages.

Indeed, the selection of pulse sequences in MRI is a crucial component in generat-

ing images with particular contrast and information. Specialized pulse sequences such

as Fluid Attenuated Inversion Recovery (FLAIR), Saturation-Recovery and Inversion-

Recovery are available to produce images with specific contrasts or provide additional

information. The choice of pulse sequences also depends on the specific imaging applica-

tion and the desired balance between image quality and contrast.

At the Portuguese Institute of Oncology of Porto (IPO-Porto), where the present work

was conducted, the selected pulse sequence for stereotactic radiosurgery (SRS) treatment

planning (Section 2.8) is the Fast Spoiled Gradient Echo (FSPGR) sequence. Therefore, the

next Section is dedicated to explaining this pulse sequence and justifying its general use.

2.3.1 T1-weighted images using a Gradient Echo Sequence

Normal tissue T1 values differ significantly from each other, making T1-weighted contrast

an effective technique for between different tissues. Typical T1 values for different body

parts, at 3 T, are presented in Table 2.1. Gradient echo sequences are used to generate

T1-weighted images because they can produce images with high T1 contrast in relatively

short scan times. MRI scanners have gradient systems, which are necessary to encode

spatial information into the signal (Section 2.4.2). This gradient system allows the use of

GRE sequences, whose working mechanism will now be explained.

In GRE sequences, after the emission of the first FID, the polarity of the gradient mag-

netic field G(t) is reversed. This allows for the refocusing of the spins and, consequently,

the emission of a second (echo) signal. Figure 2.4 shows a possible GRE pulse sequence,
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TABLE 2.1: Typical T1 values of different body parts at 3 T, for 3D SPGR sequences.

Body Part T1 Value (ms) Reference

Brain - gray matter 1380 ± 59 Preibisch and Deichmann [39]
Brain - white matter 933 ± 15 Preibisch and Deichmann [39]
Myocardium 1341 ± 42 Clique et al. [40]
Prostate 1530 ± 498 Fennessy et al. [41]
Spine (cervical) 1848 ± 143 Samson et al. [42]
Muscle 1100 ± 59 Chen et al. [43]

along with the phase evolution of the spins in the imaged object. In this example, the

z and y-direction gradients are used for slice and phase encoding, respectively, and the

x-gradient is used for frequency encoding and for the formation of the gradient echo via

its bi-phasic inversion.

The pulse sequence is repeated M times with different phase-encoding gradient val-

ues. The overall scan time (Tscan) is determined by M x TR, where TR is the time interval

between consecutive excitations. GRE sequences offer much faster imaging compared

to other sequences, as TR is a major determinant of scan time. Therefore, they are less

frequently affected by motion artifacts and are preferred whenever a short scan time is

desirable [17, 29].

However, a short TR may have its drawbacks. The time available for T1 relaxation

is also short, which can cause saturation and reduced signal-to-noise ratio (SNR) when

a large flip angle (Section 2.9) is used. The maximum signal occurs when the initial and

reversed gradients are balanced, with equal amplitude and duration. GRE sequences

are susceptible to B0 inhomogeneity and may have decreased performance in low-field

applications [25]. Nonetheless, GRE sequences are widely employed in various MRI ap-

plications, such as brain imaging, due to their unique advantages.

In order to achieve the desired T1 weighting in GRE sequence images, the effects of T∗2

must be minimized. For example, using the gradient echo technique with a very short TE

can reduce T∗2 (or T2) contrast. Therefore, it is possible to achieve high-quality T1-weighted

images by carefully selecting the repetition time and minimizing T∗2 effects [14, 17].

2.3.2 Fast Spoiled Gradient Echo (FSPGR)

The FSPGR pulse sequence is a T1-weighted MRI sequence that is commonly employed

for high-resolution anatomic imaging. This sequence offers several advantages that make
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FIGURE 2.4: GRE sequence. A flip angle α = 90° was assumed for simplicity (adapted
from [25]).

it useful for specific applications, such as brain imaging and, more particularly, SRS treat-

ment planning (Section 2.8).

Although there are many FSPGR pulse sequence variations (a more detailed discus-

sion of these variations can be found in [44], for example), the 2D FLASH sequence, which

is the standard name for the FSPGR, is shown in Figure 2.5. Both frequency and phase-

encoding gradients are applied in the transverse direction. However, the key concept of

this image sequence, and the one that differentiates it from other gradient echo sequences,

is the introduction of a spoiler gradient applied along the slice-selection direction (z, in

the case of Figure 2.5). The purpose of this gradient is to destroy any residual transverse

magnetization components after data collection. In order to avoid build-up of transverse

coherence, the amplitude of the spoiler gradient is varied from one excitation to another

[22]. Mathematically, the goal of this gradient is to introduce the perfect spoiling condition,

which can be represented, for the n-th excitation, as M(n)
⊥ = 0.

Spoiled-GRE sequences such as FSPGR are designed to specifically target transverse

(T2) coherences, making them highly advantageous for producing T1-weighted images. It

should be noted that spoiled-GRE sequences can be obtained in 2D or 3D. The 3D spoiled
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FIGURE 2.5: Pulse sequence for 2D SPGR sequence. For image formation, an inverting
prepulse and spoiler gradient are used before the rapid acquired gradient echo (RAGE)
loop [21]. This sequence could be used to form a 3D image by using, for example, an
additional phase-encoding gradient in z, applied between the two RF pulses. Indeed,
IPO-Porto uses the 3D-FSPGR sequence for many imaging applications, including brain

imaging.

GRE approach allows the acquisition of thin-slice volumetric images without interslice

gaps and multiplanar reformatting [45, 25].

The main limitations of short TR FSPGR imaging are its poor T1 contrast (if low flip an-

gles are used) and its low SNR compared to longer sequences [21]. However, an inversion

pre-pulse followed by a delay can be used to generate T1 weighting, as shown in Figure

2.5. Moreover, a short TR results in a reduced SNR due to saturation and an inability to

compensate for static field inhomogeneities, which leads to decay with T∗2 [17, 29].

On the other hand, the FSPGR sequence has many advantages. The most important

one is that, as there is no need to use a 180° refocusing pulse, very short TR times can be

used, which makes FSPGR imaging much faster than SE sequences, and result in reduced

motion artifacts compared to those of SE sequences, thus making routine 3D acquisitions

clinically practical. Moreover, the absence of the refocusing pulse results in lower RF

power deposition in patients.[29, 25].

Another advantage of the FSPGR sequence is its superior spatial resolution, which
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permits highly detailed anatomical images [46, 47]. This resolution is especially crucial

for identifying small structures, such as tumours, with unparalleled accuracy. Compared

to T1-weighted SE sequences, the FSPGR sequence allows us to have a higher contrast for

thin-slices images which, together with its high spatial resolution, proves to be particu-

larly beneficial in SRS for precise targeting and monitoring of lesions [48]. Moreover, GRE

sequences generally have higher contrast than SE sequences at 3T [45].

Finally, because TE is determined by the distance between the negative and positive

gradient lobes or the reduced amplitude of one of the gradients, significantly lower TE pe-

riods can be achieved by controlling these parameters. Given that TE controls the degree

of T∗2 weighting, different types of contrast mechanisms are possible with this sequence

[29].

It should also be noted that the short acquisition time of the FSPGR sequence makes

it particularly useful for imaging patients who may have difficulty remaining still dur-

ing the imaging process, which is especially important in pediatric cases [49]. This is

also important in SRS pre-treatment MRI, where patients may be sedated or under gen-

eral anesthesia, which can make it difficult to obtain high-quality images using sequences

with longer acquisition times. This advantage is twofold: not only can sedated patients

move involuntarily, but longer acquisition times imply heavier sedation. This can have

particularly negative effects in pediatric cases, as recent studies show that sedation and

general anesthesia in children might have long-term neurocognitive side effects, in addi-

tion to short-term procedure-related risks [50].

2.4 Main Components of MR Scanners

A typical MRI scanner comprises three primary hardware components: a main magnet,

a magnetic field gradient system, and an RF system (Figure 2.6). This section briefly

describes each of these components.

2.4.1 Main Magnet

The main magnet can be either a resistive, a permanent, or a superconducting magnet. Its

primary function is to generate a strong uniform static magnetic field, referred to as B0

field, which polarizes the nuclear spins of the object placed inside the magnet. Resistive

magnets are generally used at low field (< 0.15 T); permanent magnets can operate at field
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FIGURE 2.6: Common MRI scanner system design. The main magnetic field B⃗0 is directed
along the scanner bore, as a consequence of Faraday’s Law for a magnetic field in a coil

(adapted from [51]).

strengths up to 0.3 T; superconducting magnets are normally used to generate higher

field strengths [22]. Thus, the latter are the most commonly used type of magnets. In

fact, the other magnets have significant disadvantages - resistive magnets need enormous

amounts of electricity to operate and permanent magnets are very heavy and hard to

build. The very low resistance of the superconducting magnets (due to helium cooling)

greatly reduces the system’s electricity requirements, making it the preferred and most

widely used choice for MRI systems today.

In a clinical whole-body MRI system, the typical field strength ranges from 0.5 to 3 T.

The principles and effects of magnetic field strength are analysed in more detail in Section

2.5.

The largest deviation of the field over a specified volume within the region of interest

is used to define the main spatial homogeneity of the magnetic field, measured in parts

per million (ppm):

Homogeneity =
B0,max − B0,min

B0,mean
(2.13)

where B0,max, B0,min and B0,mean are the maximum, minimum and mean values of the

B0 field within the region of interest. To provide high quality images, a magnet needs to be

moderately homogeneous over a considerable volume. A 3.0 T magnet, for example, can

guarantee a homogeneity of 1 ppm in a spherical volume with a diameter of 40 cm. This

means that no two points within ± 20 cm of the isocenter of the magnet have a difference

in magnetic field strengths greater than one part in a million, or 3.0 T x 1/106 = 3×10−6 T
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[52]. Failure to generate a homogeneous B0 field is one of the sources of geometric distor-

tion (Section 2.7). In reality, a field with this level of homogeneity cannot be produced by

the main magnet alone. This problem is typically solved by using a secondary compen-

sating magnetic field produced by a set of so-called shimming coils to increase the overall

homogeneity of the field to the desired level.

2.4.2 Gradient System

Three orthogonal gradient coils make up the magnetic field gradient system (Figure 2.7).

Gradient coils are intended to generate controlled spatial non-uniform magnetic fields,

that is, magnetic field whose strength varies linearly along each axis (X,Y,Z). Since Gradi-

ent Non-Linearity (GNL) is one of the main sources of geometric distortion (Section 2.7.1),

the working principle of the gradient system is presented in this Section.

These gradients allow spatial localization of the signal via frequency and phase encod-

ing. Frequency encoding involves applying a magnetic field gradient to differentiate sig-

nal contributions from different locations along the frequency axis (usually defined as be-

ing the x-direction). This spatial encoding allows the reconstruction of a one-dimensional

projection of the image. On the other hand, phase encoding complements frequency en-

coding by applying a magnetic field gradient in a different direction (usually defined as

being the y-axis) to assign unique phase values to different points within the imaged vol-

ume. The combination of frequency and phase encoding enables the formation of detailed

two-dimensional images [25, 17].

The Larmor equation (Eq. 2.7) serves as the foundation for encoding spatial informa-

tion in MRI, since it makes the Larmor frequency of the imaged nuclei spatially dependent

during the signal acquisition period [17]. This encoding is done by these three linear mag-

netic field gradients, which are added to the primary static field during image acquisition.

The frequency and phase contents of the MR signals are converted into spatial positions

during image reconstruction. Therefore, errors in the position of imaged organs, for ex-

ample, will arise if the gradient system is not working correctly [10].

The z-gradient (Gz) can be generated by a circular loop coil pair with opposing cur-

rents known as a Maxwell pair [53], as shown in Figure 2.7. When the coils are spaced by
√

3 r, where r is the coil radius, the gradient linearity is optimal, since unwanted spheri-

cal harmonic terms that introduce z3 field variations are eliminated [54]. Other designs,

such as spiral windings with variable pitch along the z axis, can generate z gradients with
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superior radial linearity [21]. Gy can be generated by the Golay configuration depicted in

Figure 2.7, and an identical set of Golay coils rotated through 90° can be used to generate

the Gx gradient. The Golay pair can be improved by adding extra coils with different axial

placements and opening angles [21, 14]. Some examples of such coil optimization design

are proposed in Siebold [55] and Frenkiel et al. [56].

FIGURE 2.7: Maxwell pair configuration for a longitudinal gradient field (left) and Golay
coil configuration for transverse gradient fields (right) [21].

A gradient system must meet certain requirements, among them the maximum gradi-

ent strength and the speed at which this strength can be attained. In general, the greater

the gradient strength, the better the system, since the spatial resolution is improved and

the imaging time is shorter. Gradient strength is typically expressed in millitesla per me-

tre (mT/m) units. The criterion that the gradient field must be stronger than the main

field inhomogeneity sets the lower bound for the necessary gradient strength [22].

2.4.3 RF System

The RF system includes a receiver coil that converts precessing magnetization into an

electrical signal and a transmitter coil that generates the rotating magnetic field B1, for the

excitation of a spin system.

Transceiver coils are so named because they can serve as both transmitter and receiver

coil. Because spin excitation and signal detection require resonance at a radio frequency,

both the transmitter and receiver coils are commonly referred to as RF coils. The RF com-

ponent requires a uniform B1 field and high detection sensitivity, and as a result, MR

systems are often equipped with RF coils of various sizes and shapes for a variety of

applications [22]. Deciding the optimal RF coil design for MRI demands a careful evalu-

ation of the merits and demerits of each option, while keeping in mind the specific usage

situation and the inherent trade-offs involved.
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Rigid diagnostic head coils are commonly used in MRI centers. These coils are metic-

ulously designed with optimized coil geometry and sensitivity profiles, often resulting

in superior image quality compared to that achieved with flexible extremity coils [57].

Nonetheless, rigid diagnostic head coils are incompatible with most immobilization de-

vices, which limits their utilization in scenarios where immobilization is deemed essential.

Regarding the SRS technique, an increasing number of institutions use immobilization de-

vices of various types [58, 59, 60].

On the other hand, the use of flexible extremity coils (Figure 2.8) presents compelling

advantages. These coils, usually made of flexible materials such as rubber or silicone,

are designed to be more adaptable to the shape of the head, improving patient comfort

[61]. They also offer compatibility with immobilization devices and can be seamlessly

integrated with radiosurgery headframes, facilitating targeted treatments. However, it

is worth noting that while flexible extremity coils may improve image quality, due to

their closer proximity to the head, they may exhibit some limitations in this regard due to

restrictions imposed by coil geometry and sensitivity profiles [62, 57].

FIGURE 2.8: Rigid head (left) and flexible extremity coil (right). Adapted from [57].

2.5 Magnetic Field Strength

In this Section, the impact of the magnetic field strength is presented. A particular focus

will be given to the advantages and disadvantages of using 3T MRI scanners, compared

to the more common 1.5T scanners.

The role of 3T MRI scanners is becoming increasingly significant due to its unique

advantageous characteristics:

• The main advantage of 3T scanning, compared to 1.5T, is the signal-to-noise ratio

(SNR), which is double that obtained at 1.5T [63]. This increase leads to a reduced
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acquisition time and an enhanced spatial resolution. This can be particularly useful

in certain applications, such as imaging small structures or investigating areas with

high structural complexity [64]. In particular, the improved SNR at 3T allows for

better detection of small blood vessels [65, 66] and brain metastases [67].

• MRI contrast agents (CAs), such as gadolinium, are essential to create the necessary

contrast between tissues in MRI scans. The contrast between tissues and CAs is

better at 3T, which allows for smaller doses of CAs to be injected, reducing the risk

of adverse reactions [63, 68]. This is particularly important in pediatrics, where the

use of CAs should be minimized [69].

• The implementation of high-field MRI technology also allows for shorter acquisi-

tion times [63], reducing scan-related discomfort, anxiety, and compliance issues in

patients. Notably, shorter scan times may have beneficial implications for elderly,

pediatric, or critically ill individuals.

• Finally, high-field MRI systems originate superior chemical shifts, improving the

spectral resolution [63], which makes them particularly suitable for spectroscopy

applications. Moreover, these systems outperform lower-field scanners in localizing

focal regions of tissue calcification, iron accumulation, or hemorrhage, rendering

them a valuable tool in a wide range of clinical settings. Using a higher field strength

is also important for brain imaging, especially regarding brain metastases detection

[67].

However, there are also some downsides to using 3T scanners, which are listed below:

• The aforementioned increase in chemical shift results not only in greater suscepti-

bility effects (such as signal loss at air/tissue interfaces and distortion) but also in

an increase in magnetic susceptibility artifacts [68, 63], especially for T2 sequences

(Section 2.6). This can be explained by the fact that increasing the magnetic field will

result in spin dephasing playing a more significant role. Although bigger suscepti-

bility artifacts are a disadvantage of 3T scanners, they can actually be useful in some

cases, such as microbleeding or cavernoma detection [45]. However, it should be

noted that gradient echo sequences, such as the FSPGR sequence used in IPO-Porto

for brain imaging for SRS treatment planning, are particularly affected by suscep-

tibility [68]. This is due to the fact that they do not have 180° refocusing pulses to

counteract spin dephasing (Section 2.3.2).
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• Using a stronger magnetic field will increase the acoustic noise produced by the

currents passing through the gradient coils. While this doesn’t directly affect image

quality in brain imaging, it can affect patient comfort and anxiety levels, which in

turn may cause motion problems [70]. However, nowadays institutions provide

auditory protection during scans, so this is mostly a problem in functional MRI,

particularly in auditory pathway studies [71].

• Despite the previously stated improvement in contrast between CA and tissues,

there is a decrease in T1 contrast between tissues [72], which can be problematic

for radiologists who have become familiar with differentiating tissues using 1.5T

scanners. This decrease of T1 contrast at 3T compared to 1.5T is attributed to T1

lengthening. In brain imaging, it leads to a convergence of white and grey matter

relaxation times. This loss in contrast is also present when comparing healthy and

pathological tissue. In order to overcome this issue, the repetition time (TR) can be

increased to match the T1 increase, or inversion recovery (IR) methods can be used

[68].

• At 3T, the Specific Absorption Rate (SAR) is significantly higher than at lower field

strengths, which can lead to an increase in the patient’s body temperature. This

heating is caused by resistive (also referred to as Ohmic or Joules) heating due to

induced electric currents. SAR is the amount of energy dissipated in the body, per

unit of time, and is measured in Watts per kilogram (W/kg).

The absorbed RF power per patient mass unit should be carefully controlled to pre-

vent excessive heating, which could cause tissue damage or discomfort during the

scan. Thus, institutions that use 3T scanners must optimize their sequence param-

eters in order to comply with existing guidelines [57]. Spin-echo sequences are the

ones most affected by SAR limitations at 3T, so this aspect is usually not a problem

in FSPGR brain imaging. Parameter adaptation methods, such as increasing the TR

or decreasing the number of slices, can ameliorate this problem, although they all

imply trade-offs in image quality or scanning time. Parallel imaging techniques can

also reduce SAR [68].

• Finally, there is one additional artifact, the B1 artifact, that can be observed at 3T but

not at 1.5T. This issue arises from a much higher and more intense variance of the flip

angles at 3T, resulting in a lack of contrast uniformity and possibly signal loss. The
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differences in the B1 (RF) field are not dependent on the manufacturer, but rather

on the patients themselves and the body location under examination. As a result

of considerable differences in flip angles, the excitation of spins varies, and they

respond differently in terms of contrast and signal. At 3T, the wavelengths become

the same size as, if not smaller than, the regions under study. The phenomenon is

most noticeable in thicker body regions such as the abdomen and pelvis, as well as

in skull examinations [63]. This can be a problem for brain imaging, although there

are currently many solutions to minimize its effect, as will be seen in more detail in

Section 3.1.5.

• 3T scanners are more likely to suffer from B0 inhomogeneity-related distortions

[73]. However, this problem is alleviated by the fact that, as previously stated, the

SNR increases with the field strength, making it possible to sacrifice some SNR to

get greater compensating readout bandwidths. This can be deemed necessary in

applications where artifacts and distortion have to be strictly minimized, such as

in SRS treatment planning. Furthermore, it should also be noted that modern 3T

scanners generally have better shimming to minimize B0 inhomogeneities than most

older 1.5T scanners [74].

These disadvantages of 3T MRI scanning, along with solutions to resolve them, are

explored in more detail in Section 3.1.

2.6 Artifacts in MRI

An MRI artifact can be defined as any irregularity noted on an MR image that is related

to the imaging process rather than to an anatomical or physiological abnormality. They

may be caused by the scanning hardware itself, or by its interaction with the patient, or

due to physiological responses. There are nearly twenty types of artifacts; therefore, in

this Section, a summary of the most important ones for this dissertation is presented.

In Section 2.5, two types of MRI artifacts have already been mentioned, since they

depend on the magnetic field strength: magnetic susceptibility artifacts and the B1 artifact.

Discussion on chemical shift and its resulting image artifacts is reserved for Section 2.7.2.1.

In addition to these, the other main types of artifacts in MRI are:
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• Truncation artifacts, also known as the Gibbs phenomenon, occur near rigid high-

contrast boundaries. They appear as a series of alternating light and dark lines - a

phenomenon known as ”ringing” [75].

• Motion artifacts caused by breathing, cardiac movement, blood flow or the move-

ment of the patient, which creates ghost artifacts (Figure 2.9). Saliva production,

requiring frequent clearing and swallowing, can also be a problem, particularly

when imaging oropharyngeal or laryngeal tumours. Drugs that slow down intesti-

nal peristalsis or cardiac/respiratory gating can all be used to lessen their effects.

Gating is a technique that, although it may extend scan times by factors of 2 to 4,

basically eliminates both of the problems introduced by motion - loss of resolution

and phase-encoded noise [76].

In brain imaging, subject movement is also problematic. In fact, not only can it cre-

ate motion artifacts, it can also decrease B0 homogeneity, further deteriorating the

image quality. Currently, there are a number of techniques that can minimize the ef-

fect of subject motion, such as immobilizaion devices, neural networks for automatic

correction, optical tracking or NMR probes [77]. Each implies a trade-off in either

the accuracy, imaging time patient comfort or cost. Fast imaging techniques, such

as the FSPGR sequence used in this work, also reduce motion artifacts, given that

the probability of the patient moving during the imaging process is proportional to

the imaging time.

• Aliasing artifacts occur when anatomical components situated outside the field of

view are mapped at the opposite end of the image. They can be eliminated by

increasing the FOV [75] (Figure 2.9). Aliasing artifacts in MRI are related to the

Nyquist-Shannon theorem. This theorem states that in order to accurately recon-

struct a continuous signal from its sampled version, the sampling rate must be at

least twice the highest frequency component present in the signal. Increasing the

FOV solves spatial aliasing problems, while increasing the sampling rate (i.e., re-

ceiver bandwidth or number of phase encoding steps) eliminates temporal aliasing

[78].

• Metallic and other foreign bodies that may be encountered on and in patients’ bod-

ies frequently generate artifacts. Following the proposal of Krupa et al. [75], these

can be grouped into three main groups:
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– Group A - foreign bodies that are known and possible to remove: these are

the most common and straightforward to identify and eliminate, frequently

associated with clothing or body jewellery, hair ties and clothing labels, but

also with medical equipment, such as hearing aids. Cosmetics can also cause

substantial magnetic field distortion, making it difficult to examine the contents

of orbits. The presence of iron oxide in the pigments used to create dark hues

of make-up causes this distortion [79]. As for tattoos, the metallic components

in their inks distort the magnetic field, making MR imaging impossible in some

cases (Figure 2.9).

– Group B – foreign bodies that are known but impossible to eliminate, e.g., or-

thodontic implants or endoprostheses. Excessive artifacts can make nearly im-

possible to recognize important intracerebral pathologies. Such excessive arti-

facts are caused mainly by orthodontic braces, which are becoming increas-

ingly popular among not only adolescents but also adults. These implants

interfere not only with brain MRI but also with orofacial and neck imaging.

Neurosurgical clips, ventricular shunt valves and disc protheses also induce

significant artifacts in MRI.

– Group C - foreign bodies that are unknown to the MRI unit personnel because

patients forget about them, are unaware of them, or fail to report them in the

pre-examination questionnaire.
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FIGURE 2.9: Aliasing artifact (“wrap around”) on brain MRI with FOV=24×18 cm (A).
For the same patient, changing the FOV to 24x24 cm (B) eliminates this problem. Metallic

artifacts caused by orthodontic braces in T1 and T2-weighted images (C, D).

2.7 Geometric Distortion

While MRI has distinct advantages, it also has limitations, such as geometric distortions,

signal dropout, and artifacts. When MRI images are used for radiation therapy treatment

planning, geometric distortion is a significant factor [80], as it affects the original images,

which in turn impacts the delineation of the clinical tumour volume (CTV) and planning

treatment volume (PTV) [81]. Given the incorporation of MRI images in RT treatment

planning, it is very important to try to minimize the effects of their geometric distortions.

Geometric distortion is still an MRI problem that needs to be corrected [10]. This cor-

rection is important, as uncorrected geometric distortions in RT planning can create target

localization uncertainties, especially for scanners with higher magnetic field strengths, for

the reasons explained in Section 2.5. This dependency varies with the acquisition param-

eters, but it is always significant in comparisons between 1.5T and 3T scanners [82]. The

magnitude of the distortion can be affected by factors other than magnetic field strength,

such as the patient’s anatomy, receiver bandwidth and the presence of implants [4, 83].

Geometric distortion can also manifest quite differently in different sequences.
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Geometric distortion can be classified into two categories: object-dependent and system-

dependent [73, 76]. System-dependent distortions are attributed to MRI hardware, in-

cluding the uniformity of the primary magnetic field and linearity of the magnetic field

gradients. This type of distortions is more significant the further we are from the magnet

isocenter, given the increased inhomogeneity and linearity of the aforementioned fields

in these regions [10]. On the other hand, patient-dependent distortions are linked to mag-

netic properties such as chemical shift effects and magnetic susceptibility. Although the

amplitude of the patient-dependent distortion is lower than that of the system-dependent

distortion, it is more challenging to correct [84]. The following subsections will explore

these two types of geometric distortion in greater detail.

2.7.1 System-dependent Distortion

Superconducting coils are the backbone of MRI scanners. By passing a large electrical

current through them, these coils generate the magnetic field that makes MRI possible

(Section 2.4). The shape and position of the coils, as well as the current flowing through

them, determine the orientation of the magnetic field. Despite the best design efforts,

small variations in the magnetic field inside the bore will still occur, which can result in

geometric distortion of the MRI image. Therefore, optimizing coil design and positioning

is crucial to produce a uniform and homogeneous magnetic field [22].

The homogeneity of the static magnetic field (B0) generated by the imaging magnet

is critical for the geometric properties of the MR data; it can be adjusted through active

and/or passive shimming. Active shimming is achieved by inserting special shim coils

into the magnet system, making the resultant B0 magnetic field more homogeneous. Pas-

sive shimming is accomplished by wrapping pieces of ferromagnetic metal around the

magnet bore (tunnel) to produce the same result.

The three linear gradient magnetic fields utilized to spatially encode the various struc-

tures producing MR signals are created by special gradient coils introduced into the mag-

net’s bore (Figure 2.7), as explained in Section 2.4.2. It has been observed that in clinical

MRI systems with superconducting magnets, the geometric distortion resulting from gra-

dient field nonlinearity is much more prominent than that caused by static B0 field inho-

mogeneity. This is particularly true in modern MRI systems, where smaller gradient coils

are used to achieve greater gradient performance. The distortion caused by gradient field

nonlinearity can reach a maximum of 10 mm for 1.5 T systems on the peripheral regions
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of a 30 cm plane axial imaging sequence [85]. Thus, far from the center of the imaged re-

gion, this type of distortion can be ten times greater than that of the distortion caused by

B0 inhomogeneity. However, it should be noted that this is an extreme scenario in brain

imaging, where the FOV is usually 24x24 cm and centered on the region of interest.

With cutting-edge shimming technologies incorporated in superconducting magnets,

it is possible to achieve a remarkable uniformity of 1 ppm. At a magnetic field strength

of 1.5 T, this translates to a negligible maximum field deviation of 1.5 µT. Consequently,

the resulting geometric distortion, when subjected to the gradients commonly employed

in modern MRI systems (∼2 mT/m or 2 µT/mm), would be minimal, measuring less

than 1 mm [85]. However, not only is this an optimistic estimate, because not all centers

have access to cutting-edge shimming technologies, but the distortion at 3 T is greater

than at 1.5 T. This is partly due to the fact that 3 T scanners are more likely to exhibit B0

inhomogeneity-related distortions, as stated in Section 2.5. Thus, it becomes imperative to

maximize B0 uniformity and gradient field linearity, especially when using 3 T scanners.

These ”cutting-edge technologies” encompass recent developments such as the usage of

a larger number of coils [86] or the incorporation of advanced hardware and software

details that, while costly, may allow for accurate real-time distortion minimization [87, 88].

As for gradient nonlinearity (GNL) correction, there are techniques specifically tailored to

correct it [89], while shimming methods usually correct for combined influence on image

distortion by homogenizing the fields [90]. Thus, shimming systems can attenuate GNL,

but they are not specifically designed for it.

It can be concluded, especially for system-dependent distortions in commercial MRI

scanners, that their two main sources are GNL and a non-homogeneous static field. The

former factor includes the effects of eddy currents [14, 90] generated by gradient switch-

ing during image acquisition, and tends to be more significant than the latter in modern

MRI scanners [91]. These effects are reproducible for each scanner, but vary for differ-

ent field strengths and vendors [92]. Therefore, they must be examined throughout the

commissioning process.

2.7.1.1 Barrel Distortion

Barrel distortion is a type of distortion in MRI images that presents itself as a bulging

or ”barrel-shaped” appearance, mainly around their edges. Its occurrence is frequently
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associated with system-dependent causes, such as the generation and shaping of the mag-

netic field within the scanner. This distortion can be corrected using post-processing tech-

niques, as explained in Section 3.5, and the developed algorithm presented in Section 4.3

also takes this type of distortion into account.

2.7.2 Patient-dependent Distortion

The two main causes of patient-dependent distortions are chemical shift and magnetic

susceptibility effects, which will be summarized in this Section. Patient-dependent dis-

tortions usually increase at higher magnetic fields [10]. It should be noted that while the

hardware-related sources that cause system-dependent distortions can be measured and

characterized for individual systems (by using active and/or passive shimming, for ex-

ample), patient-dependent distortion depends on the imaged tissue and , as the name

indicates, on the individual. Therefore, its assessment is more complex and usually re-

quires special modeling.

2.7.2.1 Chemical Shift

Protons in adipose tissue bonded in carbon-hydrogen chains have a slightly different res-

onance frequency than protons in water. This discrepancy amounts to approximately 3.5

ppm, or 150 Hz at 1.0 T. The spatial encoding mechanism cannot discriminate between the

water and fat signals, and when the water frequency is used as the reference frequency,

the fat signal is mispositioned. It is important to note that the higher the magnetic field

strength is, the more pronounced this effect will be. This is because the readout gradient’s

bandwidth is usually insufficient to compensate for the increase (in Hz) of the chemical

shift observed at higher fields. The chemical shift difference between water and fat, for

example, is 30 Hz at 0.2 T and 220 Hz at 1.5 T [10]. For a given magnetic field, the chemical

shift, in pixels, can be obtained dividing the frequency difference by the readout gradient

bandwidth.

Chemical shift distortions may impact SRS treatment planning due to misalignment

of anatomical structures and potential inaccuracies in target delineation. In general, how-

ever, this source of distortion is not significant enough by itself to create significant anatomic

or dose errors [93]. Chemical shift artifacts can be mitigated by increasing the bandwidth,

which is usually enough for brain imaging, but fat-suppressed imaging protocols can be

used for more severe cases [94].
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2.7.2.2 Magnetic Susceptibility

The magnetic susceptibility χ of a material is a dimensionless proportionality constant

that indicates its degree of magnetization in response to an applied magnetic field. Local

field changes occur at the interface between tissues with differing susceptibilities as a

result of their different magnetizations. This causes geometric distortions in MRI because

the magnetic field at those locations will differ from the expected field intensity given by

the main, static, and gradient fields at those coordinates. The presence of these distortions

in MRI images, which are hard to predict, poses a significant challenge for standard post-

processing correction algorithms [91]. It requires meticulous attention, particularly when

these images are used as the sole source for SRS planning.

At tissue-air interfaces, such as the nasal cavities and the patient’s outline, susceptibil-

ity effects are particularly noticeable in vivo. At these interfaces, susceptibility can cause

field shifts of up to 9 ppm [95]. The assessment of susceptibility effects in MR images

is difficult, since it depends on the form of the imaged object and its orientation in the

magnetic field. Therefore, experiments conducted to evaluate the impacts of suscepti-

bility on the geometric accuracy of MR image data have very strict setup requirements,

since its conditions (shape, orientation and composition of the used phantoms) need to be

closely reproduced [10]. An analysis of recent susceptibility quantification tests [96, 97]

suggests that the anthropomorphic phantom used in this study (Section 4.1.1) could be

used for susceptibility estimation. The translation to patient data would be better for this

phantom than for the geometric phantom introduced in Section 4.2, given its anatomical

accuracy.

Susceptibility-induced distortions, like chemical shift effects, are more pronounced at

high fields and are directly related to the bandwidth of the readout gradient, Gread, which

is the frequency encoding gradient turned on during signal acquisition in GRE sequences.

A first approximation of the maximum position error due to magnetic susceptibility dif-

ferences (∆χ) is given in [95]:

∆x =
∆χB0

Gread
(2.14)

For standard values for these variables, ∆x is approximately 0.8 pixels at 0.2 T, but this

value can reach 6 pixels at 1.5 T (due to the increase in B0). However, the susceptibility

effects in vivo will frequently be smaller, since this estimate corresponds to the maximum
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position error that can be expected to occur. They can be reduced by using stronger gra-

dients, but given the lack of easily implementable post-processing correction methods for

this type of distortion, it is still considered a major issue at 3 T and above [85]. In the

context of head imaging, it is more problematic at tissue/air boundaries such as the near

the meninges and skull than in the brain itself. Regarding phantoms, this distortion can

be minimized by using materials that have susceptibilities within about ± 3 ppm from

water [10], such as acrylic (which was used in the geometric phantom designed in this

thesis).

Patients with any foreign metallic object (such as medical or cosmetic implants) in the

body are, due to their susceptibility effects, particularly concerning in MRI. This is due to

the increased susceptibility distortions that can arise in close proximity to such objects. In

fact, in some cases, these foreign objects present MRI examination contraindications [98].

Metallic dental objects, such as implants, are also a source of artifacts for brain imaging

(Figure 2.9 C, D). Its difficult to avoid the effects of metallic orthodontic implants, particu-

larly when their removal is not possible [99]. These artifacts can be easily misinterpreted

as focal lesions in FLAIR sequences, but on T1-weighted sequences such as FSPGR they

can be properly interpreted [75].

2.8 Stereotactic Radiosurgery (SRS)

In the field of radiation therapy, stereotactic radiosurgery (SRS) is an important technique,

which can treat tumours that are not accessible surgically in a non-invasive way and

without requiring the patient to stay hospitalized. It requires not only advanced imag-

ing methods but also advanced computerized planning systems. By using them, a higher

dose of radiation can be delivered with great precision to small targets that are precisely

delineated within the head, including tumours or functional lesions in the brain. Thus,

the main purpose of SRS is to deliver a substantial amount of radiation to the target area,

while minimizing the exposure of surrounding healthy tissue through a highly accurate

positioning and monitoring of the patient [100].

SRS typically utilizes a linear accelerator that produces high-energy photon beams. At

present, 6 MeV and 6 MV FFF (flattening filter free*) photon beams are the preferred beam

energy for SRS. These beams are carefully directed at the target area using a specialized

*The flattening filter in a linear accelerator is a component that helps to distribute the radiation beam
more uniformly across the treatment field by reducing the intensity of the beam’s central portion. Given the
resulting higher dose rate, it is important for high dose treatments, such as SRS [101, 102].
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collimator to shape and guide them. To maximize effectiveness, radiation is delivered

from multiple angles using conformal dose delivery, which customizes the radiation to fit

the target’s shape. It is important to mention that linear accelerators can produce electron

beams, but they are only used for targets near the skin due to their unique characteristics

of electron beams, making them unsuitable for most SRS treatments.

SRS is generally used to treat small, well-defined tumours or other lesions located in

hard-to-reach areas of the brain, or patients who are not candidates for surgery. It is also

used for treating benign or functional lesions in the brain such as arteriovenous malforma-

tions, pituitary adenoma, and trigeminal neuralgia [103]. Moreover, SRS is acknowledged

as an important technique in the treatment of brain metastases. While the SRS treatment

plan primarily utilizes CT images, MRI images are integral to precisely identify metas-

tases. This is due to the fact that most small brain lesions are not visible on CT, even with

contrast agents, but are easily seen on MRI, although for SRS patients a contrast agent is

usually used to get the best possible accuracy.

Indeed, although MR images offer good soft-tissue contrast, allowing for better de-

lineation of GTV and OAR, geometrical distortion is one of the main barriers to their

optimal use in SRS planning. Thus, CT is still widely employed to generate geometrically

precise reference images. CT scans also contain electron density information and can be

registered with MR images for geometrical distortion correction [104].

Image-guided radiosurgery is an example of an MR application whose full potential is

still limited by the presence of geometric distortion [91]. This approach currently employs

both MR and CT images. Because of the likelihood of geometric distortion in MR images,

CT is used for spatial localization in treatment, while MRI is utilized to provide better

tumour characterization previous to treatment planning [85]. This approach is inefficient,

since it is time consuming.

Moreover, in recent years, the use of structural MRI for investigating various brain

pathologies has risen significantly. Numerous studies have extensively documented cross-

sectional and longitudinal MRI findings related to epilepsy, multiple sclerosis, Alzheimer’s

disease, and other brain disorders [e.g., 105, 106, 107]. The focus of these studies is to ex-

tract valuable structural data, primarily volumes and shapes, from MRI images [85, 17].

Such data is critical for improving our understanding of the pathological mechanisms

underlying these disorders.
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However, while the broad consensus among these studies appears to converge, there

are discrepancies [85]. The diversified character of the disease or errors (both subjective

and objective in nature) associated with the derivation of the volumes from structural

MRI were assumed to be the cause of some of these disparities. Nonetheless, geometric

distortion is a potential cause of errors that has received little attention. This is most likely

owing to the lack of an adequate technique to provide a convenient and accurate measure-

ment of geometric distortion in structural MRI. Putz et al.[74] suggests that the fact that

MRI has traditionally been beyond the scope of the radio-oncologist may be another rea-

son why some of the risks associated with MRI-based radiation treatment planning have

not been totally eliminated.

In radiosurgery, spatial localization of tumours in the brain is often requires an accu-

racy of less than 1 mm. In Paulson et al. [108], for example, full consensus was reached

that geometric distortions should be no greater than 1 mm for stereotactic brain treat-

ments and 2 mm for non-stereotactic brain treatments. Despite the fact that MRI scanners

are designed to have the most homogeneous static field and linear gradient fields around

the isocentre, geometric distortion that falls within 1 mm inside a volume the size of a

human head (180 mm in diameter) is still beyond the reach of most clinical MR scanners

[85].

Thus, there have been many studies on geometric distortions in MRI scanners [e.g.,

109, 110], with particular emphasis on the effect on spatial localization in the treatment

of brain tumours. However, the majority of these investigations were conducted in two

dimensions. In other words, geometric distortion was only explored within the imaging

plane, while distortion along the imaging plane’s normal was frequently ignored [74, 111].

If the results are not carefully used in treatment planning, these incomplete measurements

may be detrimental. Thus, 3D distortion localization is also critical for radiosurgery plan-

ning. This is particularly true for peripheral locations [85] due to the fact that, in MR

systems, geometric distortion can be considerably larger in regions that are farther from

the isocentre [112].

2.9 MRI Acquisition Parameters

At the heart of MRI lie the image acquisition parameters, which determine the quality and

characteristics of MRI images. These parameters include but are not limited to, magnetic
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field strength, pulse sequence type, imaging plane, field of view, spatial resolution, rep-

etition time (TR), echo time (TE), and flip angle. These parameters are carefully chosen

to optimize the MRI acquisition process and obtain images that provide accurate and de-

tailed information about the anatomy and pathology of the imaged region. Thus, optimiz-

ing MRI acquisition parameters is a challenging task that requires a deep understanding

of the underlying physics of MRI and a keen sense of its clinical application.

One of the key parameters in MRI acquisition is the magnetic field strength, explored

in Section 2.5. Another critical parameter is the type of pulse sequence used, which affects

the contrast and spatial resolution of the images. There are various pulse sequences avail-

able, such as T1-weighted, T2-weighted, and proton density-weighted sequences, each

with its own strengths and limitations, already detailed in Section 2.3. Scanning at the

highest resolution possible is advised to increase measurement accuracy and allow the

visualization of small structures [113]. In practice, the spatial resolution is mostly limited

by the imaging time.

The imaging plane, which is the orientation of the image with respect to the body,

is another important parameter. The choice of imaging plane depends on the anatomy

of the region of interest and the specific clinical question addressed. For example, axial

images are commonly used for brain imaging, while sagittal or coronal images may be

more suitable for imaging the spine or joints. The field of view (FOV), which is the size of

the imaged region, is another crucial parameter that needs to be optimized based on the

specific clinical requirements.

The repetition time (TR), which is the time interval between successive pulse sequences,

and the echo time (TE), the time at which the MRI signal is sampled, are critical parame-

ters that affect the image contrast and signal characteristics, and were introduced in Sec-

tion 2.3. In general, images with short TR and short TE generate T1-weighted images,

while those with long TR and long TE generate T2-weighted images. Precise specifica-

tions of reference ranges are not commonly outlined; nevertheless, it is customary for

”long” TR or TE to be in a range of 3-5 times the value of T1 or T2, respectively. Con-

versely, the term ”short” implies TR or TE values significantly smaller than the respective

T1 or T2 values [114]. Optimizing TR and TE depends on tissue properties and desired

image contrast, and requires careful consideration to achieve the best results.

The flip angle, which is the angle at which the magnetic spins are tipped by the RF

pulse, is another parameter that affects the image contrast and signal characteristics. For
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spoiled sequences such as FSPGR, the MRI signal is maximized for the Ernst angle (αE),

given by αE = arccos(e
−TR

T1 ) [115]. Also, for this sequence, the flip angle should be lower

than 20° in order to get T1-weighted contrast [116].

Slice thickness in MRI represents the section of the anatomical volume that is captured

in a single image or slice in the z-axis direction. Thinner slices provide higher spatial res-

olution and better image quality, but may require longer scan times. Thicker slices may

be used in certain clinical situations where faster scan times or thicker tissue sections are

needed, but at the expense of reduced spatial resolution. The choice of slice thickness

in MRI is determined by the clinical indication and imaging protocol, aiming to balance

the need for spatial resolution with other clinical factors. An incorrect choice of this pa-

rameter can lead to significant errors. It has been shown, for example, that the error in

volumetric estimation can surpass a significant 10% when the GTV is visualized on fewer

than 5 slices, particularly in the context of small brain metastases [117]. Additionally,

partial volume effects often result in an overestimation of GTV volume when the slice

thickness is excessively high. A moderate consensus of 3 mm slice thickness for MRI sim-

ulation imaging protocols was reached in Paulson et al. [108]. Another publication, by the

National Electrical Manufacturers Association (NEMA), recommended a maximum slice

thickness of 3 mm for 2D acquisitions and 1.5 mm for 3D acquisitions [113].

Optimizing MRI acquisition parameters is not a one-size-fits-all approach. It requires

tailoring the parameters to the specific clinical question, the anatomical region being im-

aged, and the desired image characteristics. However, one must not only be mindful of

wrong software settings that, since even seemingly insignificant objects like earrings or

ear studs left inside the magnet can lead to significant unnoticed distortions [108]. This

highlights the importance of regular quality assurance measures to ensure that the im-

ages obtained are optimal for brain stereotactic radiotherapy, alongside the optimization

process. Furthermore, the field of MRI is constantly evolving with advancements in tech-

nology and research, presenting new possibilities as well as challenges.

2.10 Image Registration

Image registration, the process of aligning two or more images into a common coordinate

system, plays a crucial role in medical imaging [118], enabling the fusion of complemen-

tary information from different imaging modalities. To attain the full potential of MR
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images for target identification in radiotherapy, it is necessary to align them with the cor-

responding CT images through registration techniques [10].

MRI-CT registration is a delicate process, where differences in image contrast, res-

olution, and acquisition protocols between these two image types can pose significant

challenges. The intrinsic differences in image intensity and tissue contrast in MRI and

CT images demand sophisticated algorithms and techniques to achieve accurate align-

ment. This requires a deep understanding of the underlying image acquisition principles,

mathematical transformations, and registration algorithms.

One of the key aspects of MRI-CT registration is the selection of appropriate similarity

measures or cost functions that quantify the similarity between the two images. These

measures can range from simple intensity-based measures such as mutual information,

normalized mutual information, or correlation coefficient, to more complex measures that

incorporate anatomical information or statistical models [119, 120]. The strengths and

limitations of each similarity measure must be analysed, considering its suitability for the

specific MRI-CT registration task at hand.

Another crucial factor in MRI-CT registration is the choice of transformation model

that describes the spatial relationship between the two images. This can range from

rigid or affine transformations for global alignment to deformable models to capture local

anatomical differences [121, 122]. The selection of an appropriate transformation model

requires careful consideration of the anatomical regions being registered, the expected

deformations, and the desired accuracy of registration.

Typically, the registration methods employed assume that the scanned volume can be

treated as a rigid entity. Then, a coordinate transformation using translation, rotation,

and linear scaling of the datasets is used to correlate images from the two modalities. The

registration steps and matrices used in this work are presented in Section 4.1.1. However,

it should be noted that this rigid body assumption only holds true if we can disregard

non-linear geometric distortion of the MR data and organ motion during the MR and CT

scans [10].

To aid in the alignment process, a useful tool is to simultaneously display the CT and

MR images in an overlaid view (image fusion). This synthetic image view allows for

flexibility in varying the content of CT and MR information, ranging from 0 to 100% CT

combined with 100 to 0% MR (known as ”gray scale fusion”), or by using pseudocoloring

techniques to combine them.
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Recently, there have been significant advancements in deep learning-based registra-

tion techniques [e.g., 123, 124]. Convolutional neural networks (CNNs) and other deep

learning architectures have shown promising results in various medical image registra-

tion tasks, including MRI-CT registration. These techniques leverage the power of data-

driven learning to capture complex image patterns and deformations, potentially over-

coming some of the limitations of traditional registration approaches.

In the pursuit of accurate MRI-CT registration, one should also be mindful of the clin-

ical applications and implications. The fused images obtained through MRI-CT regis-

tration can be used for a multitude of purposes, ranging from treatment planning and

guidance to image-guided interventions and image analysis. Therefore, it is imperative

to ensure that the registered images are not only geometrically accurate but also clinically

meaningful, providing valuable information for diagnosis and treatment decisions.

Regarding clinical use of image registration in patients, the displacement of struc-

tures in MR images is most prominent along the patient’s outline. This has implications

for registration techniques that rely on external landmarks placed on the skin or surface

matching of the skin surface, or the utilization of stereotactic frames, as they can be sen-

sitive to geometric inaccuracies present in the MR data. However, bony structures can be

considered more reliable landmarks for image data registration. This is because bones, as

rigid bodies, are usually not affected by object-induced distortions and are located further

away from the patient’s outline. Therefore, the use of bony landmarks may be a more ro-

bust technique for accurate registration of MR images than the use of stereotactic frames

or external landmarks [10].





Chapter 3

State of the Art

In this Chapter, some of the phantoms used in the measurement of geometric distortion in

MRI are presented, as well as their design considerations. The main distortion correction

methods developed and their current limitations are also explained.

3.1 Methods to resolve 3T disadvantages

3T MRI is a widely used imaging modality due to its high spatial and temporal resolution,

excellent soft tissue contrast, and non-invasive nature. However, 3T MRI is not without

its disadvantages, as explained in Section 2.5. In this Section, an overview of the cur-

rent methods to resolve each previously listed 3T disadvantage is presented. Previously

mentioned solutions are revisited in greater detail, and new ones are described.

The current state of the art in 3T MRI includes various correction and mitigation meth-

ods aimed at overcoming the disadvantages of using a higher field compared to the previ-

ously ubiquitous 1.5T scanners. These methods include correction of magnetic field inho-

mogeneities, mitigation of power deposition and heating, and improvements in imaging

efficiency and speed. The continued development of these techniques is expected to pro-

vide improved diagnostic accuracy and patient comfort in 3T MRI.

3.1.1 Magnetic Susceptibility Artifacts

As mentioned in Section 2.5, magnetic susceptibility artifacts are a common problem in

MRI imaging, especially in higher field strengths such as 3T or in patients with metallic

foreign bodies such as orthodontic implants.

43
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In order to minimize susceptibility artifacts caused by metallic foreign bodies, it is

recommended to use SE sequences with a short TE [125]. The use of SE-based pulse se-

quences is highly favored over GRE sequences due to their increased robustness against

signal loss and artifacts arising from metal interference [57]. Fast SE sequences are pre-

ferred over conventional SE sequences, as they tend to produce less prominent artifacts

[126]. However, this approach may not always be feasible or significantly improve image

quality [75]. A new sequence, Iterative Decomposition of Water and Fat with Echo Asym-

metry and Least-squares Estimation (IDEAL), was developed to separate fat and water

with a high SNR, and it is insensitive to magnetic field inhomogeneity. IDEAL has been

shown to reduce metallic artifacts, especially in postoperative patients with metallic hard-

ware [127], and improve fat suppression [128]. GRE and echo-planar sequences should be

avoided as they tend to accentuate susceptibility artifacts [129]. However, in some cases

where this is not possible, a TE reduction in a GRE sequence can still be helpful, as was

done in this thesis and in other studies with a focus on precision.

In addition to these approaches, there are also hardware solutions that can be used

to minimize susceptibility artifacts in MRI. These solutions include the use of special-

ized coils and shielding materials to reduce the effects of magnetic field inhomogeneities.

Additionally, the use of high-performance gradient systems can help to reduce gradient-

induced distortions and improve image quality [55, 56].

3.1.2 Increased Acoustic Noise

A major challenge in MRI with higher field strengths is the increase in acoustic noise

generated during image acquisition. This increase in noise is due to an increase in several

factors, including the magnetic field strength, radiofrequency power, and gradient fields.

This noise can be disturbing for the patient and can cause physiological responses such

as hearing damage, tinnitus, and increased stress levels, even at 1.5T [130]. Therefore,

minimizing acoustic noise is crucial in MRI to ensure patient comfort and safety. There

are several possible approaches to achieve this goal, which can range from reducing the

noise the scanner produces to reducing the noise that reaches the patient’s ear canal.

In MRI, the gradient system is the primary source of acoustic noise. This noise arises

from the rapid fluctuations of electrical currents within the gradient coils, which, when

combined with strong magnetic fields, lead to significant Lorentz forces exerted on the
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coils [131]. These forces cause the coils to knock against their formers, generating acous-

tic noise that can impact patient comfort and potentially disrupt the imaging process by

causing patient motion, for example.

As the gradient input changes, so does the nature and intensity of the audible noise

generated during MRI. Generally, reducing slice thickness, FOV, and TE is expected to

increase acoustic noise levels. Studies have shown that the simultaneous use of different

gradients, such as in three-dimensional acquisitions, as well as gradients with rapid rise-

times (fast imaging) or switching times (echo-planar-type imaging), result in the highest

levels of acoustic noise [21, 131].

One approach to reducing acoustic noise in MRI is to use gradient hardware with op-

timized acoustic properties. Adaptations designed to block the coil’s resonance frequency

result in a sound pressure level reduction of up to 10 dB [132]. Additionally, the use of

special acoustic padding and insulation materials around the scanner can help to absorb

and reduce the noise level.

Another strategy to mitigate acoustic noise in MRI is the use of advanced pulse se-

quences that generate less noise. This includes the use of silent pulse sequences that use

lower gradient strengths and switching rates, resulting in less acoustic noise. Heismannn

et al. [133] obtained total acoustic noise reductions of 16.8 dBA and 14.4 dBA for the

clinical-routine GRE and fast spin echo sequences, respectively, corresponding to sound

pressure reductions of 86% and 81%.

Moreover, the distinctive properties of the gradient waveform and its accompanying

vibratory effect on gradient generators yield an acoustic noise that exhibits a pseudo-

periodic behavior. Therefore, the use of headphones with active noise cancellation is an-

other alternative. While the concept of using antiphase acoustic noise to reduce MRI

noise is not new, it presents an advantageous prospect, particularly with the recent de-

velopments in AI models. This approach provides substantial noise reduction without

compromising the performance of the MR system’s gradients or pulse sequences [131].

The successful implementation of this technique necessitates substantial amounts of rapid

processing, but developments in digital signal processing technology have made these

demands more affordable and accessible.

Furthermore, to minimize the negative effects of acoustic noise, patients are often pro-

vided with earplugs or headphones to reduce the noise level. However, some patients

may not tolerate these methods, and healthcare workers may not be able to effectively
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communicate with the patient during the scan [134]. The latter can be solved by using

MRI compatible headset/microphone combinations.

The exposure of operators to acoustic noise in MRI is an important issue in interven-

tional MRI procedures. Noise levels generated by rapidly switched gradient magnetic

fields can exceed 100 dBA, which is well above the occupational exposure limits in many

countries. Permanent hearing loss may occur with daily exposure greater than 80dBA

[135]. Therefore, auditory protection should also be provided to interventional radiolo-

gists, since interventional MRI will otherwise pose a real risk of significant hearing loss

due to the accumulative acoustic exposure of the operators.

Finally, it should be noted that there is ongoing research in ultrashort TE methods,

as well as potentially silent gradients. These methods produce MR images that are al-

most silent [136], with acoustic noise levels comparable to ambient room noise values.

Although not yet financially viable when compared to solutions such as using disposable

earplugs, they hold promise as potential ”near-perfect” solutions. Toshiba, for example,

has recently developed the Pianissimo acoustic noise solution [137], which uses the results

of Katsunuma et al. [138] to increase attenuation to ∼30dB.

3.1.3 T1 Contrast Decrease

At higher magnetic field strengths, T1 contrast between tissues can decrease due to shorter

T1 relaxation times at higher magnetic fields, reducing signal differences between tissues

and diagnostic accuracy. However, advanced techniques can be used to improve T1 con-

trast and enhance image quality.

One such technique involves the use of specialized contrast agents, such as Gadolinium-

based contrast agents, which can increase T1 contrast by shortening the T1 relaxation time

of specific tissues. Advanced techniques such as Magnetization Transfer Contrast (based

on the application of off-resonance radio-frequency pulses and subsequent observation

of their effects [139]) and Chemical Exchange Saturation Transfer (based on applying a

frequency-selective saturation pulse to mobile protons and observing the exchange trans-

fer of signal loss [140]) can also be employed to improve T1 contrast between tissues with

similar T1 values.

Another technique to improve T1 contrast is to use specialized pulse sequences. Spoiled

Gradient Echo sequences (such as FSPGR, introduced in Section 2.3.2 and used as the ex-

perimental imaging sequence in Section 4) can generate T1-weighted images with high
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tissue contrast, while Inversion Recovery sequences can null the signal from specific tis-

sues, enhancing contrast between the remaining ones.

Additionally, there are a host of advanced image processing techniques that can be

employed to improve image quality in MRI, such as image reconstruction. The process of

image reconstruction involves utilizing tomographic images acquired at various angles

around the patient in order to mathematically construct a complete image. Through this

process, significant enhancements to image quality have been observed, making it a crit-

ical component of modern imaging technologies [141]. Post-processing algorithms can

also be used to improve the contrast between tissues, rendering even subtle differences

more visible. Moreover, the use of parallel imaging and multi-channel coils has proven

particularly advantageous in enabling faster imaging and higher spatial resolution, lead-

ing to better differentiation between tissues with similar T1 relaxation times.

3.1.4 Patient Body Temperature Increase

Another important area of research in 3T MRI is the mitigation of power deposition

and heating. At higher magnetic field strengths, one of the paramount difficulties is the

propensity to increase patient body temperature during imaging due to resistive losses.

Since the SAR is proportional to B2
0, its value at 3T will be 4 times larger than the SAR at

1.5T [63]. The primary contributor to this power deposition is the absorption of radiofre-

quency energy by the patient’s body, which can result in tissue heating and consequent

thermal damage. Thus, it is critical to manage and closely monitor patient body temper-

ature during MRI to ensure patient safety.

Advanced RF coil designs represent a promising approach to regulate body tempera-

ture during MRI. These RF coils are designed to limit the amount of RF energy absorbed

by the patient’s body, thereby minimizing the amount of heat generated. They also opti-

mize the coil performance, in order to reduce its peak RF power [142]. This is especially

important for patient with deep brain stimulation implants, who are sometimes not im-

aged using MRI due to heating concerns. Sophisticated cooling systems, including water

cooling, can further aid in removing excess heat from the RF coils, preventing thermal

injury. B1 shimming has also been shown to significantly reduce SAR, even at magnetic

fields up to 7T [143].

Another method to manage body temperature during MRI involves the use of spe-

cialized pulse sequences and acquisition parameters that restrict the amount of RF energy
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absorbed by the patient’s body. Prost et al. [144], for example, examined three techniques

to reduce RF power deposition: increasing pulse width while reducing RF peak ampli-

tude, using gradient echoes instead of spin echoes, and diminishing the flip angle of the

phase reversal pulse. Out of these methods, utilizing gradient echoes was found to be the

most efficient in both minimizing the power transmitted to the body and attaining swift

data acquisition. Additionally, using reduced phase reversal pulses was identified as an

effective strategy to obtain quick T2-weighted images while decreasing the power deliv-

ered to the body by roughly 40%. Wheaton et al. [145] used an approach that employed

a partial k-space acquisition for T1,ρ-weighted MRI sequences that also reduced the SAR

by 40%, in human brain images. In general, shorter sequences, or those with higher TR

(which reduce the frequency of energy deposition and allow for thermal relaxation be-

tween pulses) are preferred in order to minimize the SAR [63].

The emergence of parallel transmission techniques, notably multi-transmit, merits a

brief discussion for their potential to regulate RF energy distribution within the patient’s

body [146]. Multi-transmit is an MRI technique that leverages multiple RF coils to trans-

mit the signal, thereby enhancing image quality, minimizing artifacts, and improving the

magnetic field uniformity. This technique can overcome imaging challenges in specific

anatomical regions. However, multi-transmit usage requires careful configuration, since

the technique uses more RF coils and may cause injuries due to increased peak power

deposition. This risk is complex and dependent on the patient’s anatomy [147]. Never-

theless, parallel transmission techniques can hasten imaging while reducing the necessary

RF waves [63]. At 3T, such techniques are particularly beneficial since the higher SNR al-

lows for more optimization options. In fact, the resulting small loss in SNR, such as the

2% loss reported by Wheaton et al. [145], can be considered negligible compared to the

substantial SAR reduction (almost 50%, in that study).

In addition to the aforementioned factors, continuous monitoring of patient body tem-

perature throughout the MRI examination is essential to guarantee patient safety. This

may be achieved through the use of temperature monitoring devices, such as thermo-

couples [148] or fiber optic probes [149], which may be inserted into the patient’s body

or placed on their skin (although superficial sites such as the forehead, axilla, and groin

are widely utilized due to their accessibility, they are subject to a multitude of external

factors that can affect their accuracy, including perspiration, ambient air circulation, hu-

midity, use of blankets, and peripheral vasoconstriction). These devices enable real-time
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monitoring of patient body temperature and allow MRI technologists to take timely and

appropriate action in the event that temperature levels exceed safe thresholds.

3.1.5 B1 Artifact

Artifacts due to the RF magnetic field pulse (also known as B1 field) are a well-known ob-

stacle in MRI at higher field strengths, such as 3T. These artifacts arise due to fluctuations

in the B1 magnetic field, leading to inconsistencies in signal intensity and suboptimal im-

age quality. However, several techniques can be implemented to overcome these artifacts

and enhance the image quality in MRI.

One of the ways to mitigate B1 artifacts is through the use of advanced pulse se-

quences, such as adiabatic pulses [150], designed to compensate for B1 magnetic field

variations, and generate a more uniform signal intensity across the image. Adiabatic pulse

sequences are designed to maintain the magnetization of the tissue being imaged, regard-

less of variations in the local magnetic field. These pulses are often used in challenging

imaging scenarios, such as imaging near metal implants [151], where conventional RF

pulses can lead to image distortions, signal loss and excessive heating. Moreover, de-

signing pulse sequences that allow for shorter repetition times can reduce B1 artifacts and

enhance image quality.

RF shim coils are another effective method for counteracting B1 artifacts. Positioned

on the patient’s body, these coils act as regulators for the B1 magnetic field, minimizing

any variances and producing a more uniform signal intensity. Despite the difficulties in

applying this technique to higher fields, recent designs demonstrate significant promise

by providing great homogeneity and operating within prescribed SAR guidelines [152].

Moreover, multi-channel RF coils offer an excellent solution for B1 field homogeneity

by enabling a more precise control of the RF field. At higher fields, Larmor frequen-

cies create shorter wavelengths and introduce interference effects that can impair field

homogeneity. Multi-channel RF coils provide precise field control and are particularly

advantageous at higher fields [153].

Advanced image reconstruction techniques, such as B1 mapping [154, 155], are useful

for correcting B1 artifacts during post-processing. These methods measure the B1 mag-

netic field and enable compensation for any signal intensity variations across the image.

TrueForm technology [156], by modulating the excitation phase in order to create more
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homogeneous excitations in large imaging volumes [63], provides a correction for this

issue.

Finally, careful subject positioning within the MRI scanner is another practical method

to reduce B1 artifacts [157]. By adjusting the subject’s position within the scanner, it is

possible to minimize B1 magnetic field variations and improve image quality.

3.1.6 B0 Inhomogeneity-related Distortions

The main magnetic field, B0, is subject to variations that can cause image artifacts and

distortion (Sections 2.4.1 and 2.7.1). However, a number of techniques exist to surmount

these obstacles and improve image quality.

One promising approach to managing B0 inhomogeneity-related distortions is the use

of specialized shimming techniques. The concept of shimming is rooted in adjusting the

inhomogeneity of the magnetic field by introducing small magnetic fields to counteract

variations in the main magnetic field (through the use of special shim coils into the mag-

net system), as well as by varying the amount of electric current passing through the

shim coils that make up the room-temperature shim set [158, 10]. Hardware-based shim-

ming is one approach, for example, with passive shimming using magnetic shim plates,

whereas software-based shimming is another, utilizing dynamic shim updating with real-

time feedback (Section 2.7.1).

Altering the pulse sequence, as well as their individual specifications, can be used to

manage distortions related to B0 inhomogeneity. In particular, imaging techniques uti-

lizing gradient echoes (such as Echo Planar Imaging) and other applications with lim-

ited bandwidths are particularly vulnerable to B0 imperfections [159], thus their use is

restricted at higher fields. Advanced parallel imaging methods, such as sensitivity encod-

ing [160], can also be used to reduce the effect of distortions caused by B0 inhomogeneity

on the quality of images.

It has been observed that B0 field inhomogeneities seem to shift when the polarity of

the readout gradient is reserved, whereas gradient distortions stay constant. This implies

that the distortion caused by Gradient Non-Linearity (GNL) can be isolated by calculating

the average distortion of two scans with reversed polarity [57]. Although many MRI scan-

ners allow polarity switching through the clinical interface, certain scanners may require

access to research or service mode to enable this functionality.



3. STATE OF THE ART 51

In addition, post-processing methods for correcting distortion associated with B0 in-

homogeneity can be used. Such methods may require additional image data acquisition

using different encoding directions. Various techniques presently available or under in-

vestigation for distortion correction are presented in Section 3.5.

3.2 Advantages and Disadvantages of FSPGR

IPO-Porto has made the informed decision to use the FSPGR sequence for brain imag-

ing in SRS treatment planning due to its specific advantages in this context. Specifically,

the high spatial resolution of FSPGR allows for precise localization and delineation of

small target volumes, such as brain tumors, facilitating accurate treatment planning. The

short acquisition time of FSPGR is particularly beneficial for SRS patients, minimizing

the potential for motion artifacts and ensuring efficient treatment delivery. The superior

contrast and multiplanar capability further contribute to confident target volume identi-

fication and evaluation. While FSPGR does have certain limitations, the benefits it offers

align well with the requirements of SRS treatment planning at IPO-Porto. It has been

shown to perform well compared to its alternatives [161] and is commonly used, having

been included in standard brain imaging protocols [162]. This is very advantageous, as it

provides numerous benchmarks and standardized documents for IPO-Porto to compare

its performance with, as well as for optimization procedures.

While FSPGR is a suitable choice for brain imaging in SRS treatment planning, alterna-

tive MRI sequences can also perform effectively. One such sequence type are 3D-turbo-SE

sequences, such as T1-SPACE [74, 91], which provides excellent intracranial volume de-

lineation. Some studies suggest that, in this regard, the T1-SPACE sequence is superior to

the FSPGR [163, 164]. However, it provides less contrast between grey and white matter

[161] and it has a longer imaging time, being a SE sequence.

Additionally, the Fluid-Attenuated Inversion Recovery (FLAIR) sequence can aid in

the detection and delineation of lesions with high sensitivity [14]. Its application in SRS

has been the subject of various studies [165, 166] and it is used in some institutions [167,

74]. The main advantage of this sequence is the possibility of CSF suppression, which

can help localize and identify smaller lesions that could be obscured by CSF in other

sequences [168]. However, the contrast between white and grey matter is poor, and it has

a longer imaging time than FSPGR, mainly due to longer TE [169].
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A quick note on clinical workflow and vendor-hospital communication is now mer-

ited, as these factors are also important in the final sequence choice and clinical imple-

mentation methods. Indeed, regarding SRS planning, it should be observed that brands

such as GE and others do not seem to be overly concerned with geometric distortion. This

can be attributed to the fact that they primarily sell scanners for Radiology, specifically for

diagnostic purposes. In the context of diagnosis, a certain degree of distortion is consid-

ered inconsequential, as the parameters of interest are SNR and CNR. Consequently, it

becomes the responsibility of the hospital staff, utilizing appropriate phantoms, to mea-

sure the distortions. Often, the only guarantee of the manufacturer is that this sequence

is suitable for brain imaging, without specifically mentioning SRS or other specific ap-

plications that might need further optimization. The decision to adopt this sequence for

planning purposes is then usually made by the physicians at the hospital, based solely

on its suitability for brain imaging. Consequently, it becomes the responsibility of the

Medical Physics staff to measure the distortions, using appropriate phantoms.

3.3 GE Signa Scanner

Since the distortion profiles and their correction depend on the scanner, this Section presents

an overview of the used scanner, the GE Signa 3.0T HDxt, highlighting its inherent tools

that contribute to the reduction of geometric distortion.

One key attribute of this scanner is its high gradient amplitude of 50 mT/m. This gra-

dient amplitude enables the acquisition of images with lower TE values, resulting in faster

imaging and reduced motion artifacts. Faster imaging is particularly important for insti-

tutions with high patient loads, as is the case of IPO-Porto. High gradient strengths not

only reduce motion artifacts, but also provide better spatial resolution, which is particu-

larly advantageous for SRS treatment planning, where precise visualization of anatomical

structures is of utmost importance.

Although it has been observed that the GE Signa 3.0T HDxt scanner may generate

slightly more heat compared to equivalent Philips models [170], this thermal effect does

not pose a significant concern, even for magnetic dental attachments, which are the most

common type of medical implant. Thus, clinicians can confidently employ this scanner

without compromising patient safety or the integrity of dental implants such as orthodon-

tic braces. However, these can still cause metallic artifacts, as was explained in Section 2.6,

and the scanner does not offer any method specifically tailored to reduce this problem.
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It is worth noting that the GE Signa 3.0T HDxt scanner has been reported to exhibit

higher distortion levels when compared to the Signa HDxt 1.5T model [171]. This is to be

expected since, as mentioned in Section 2.5 this is the main disadvantage of using higher

magnetic field strengths, and it increases the importance of applying distortion correc-

tion techniques, either in post-processing or during sequence optimization and protocol

definition.

This scanner uses parallel-imaging acceleration techniques. These techniques expe-

dite the imaging process, thereby reducing overall scan time. Moreover, parallel imaging

techniques aid in compensating for susceptibility artifacts, a crucial factor to consider for

FSPGR sequences utilized in SRS treatment planning.

Electromagnetic interference reduction is a critical feature of the GE Signa 3.0T HDxt

scanner, with a reduction rate of 99%. This reduction minimizes the impact of external

electromagnetic sources on image quality, ensuring reliable and precise imaging results.

In particular, it minimizes any effects of the eddy currents mentioned in Section 2.7.1,

which could cause significant susceptibility artifacts and lower the SNR of the images.

The scanner allows for a minimum slice thickness of 0.5 mm in a 2D acquisition, of-

fering exceptional spatial resolution. This capability is particularly valuable for SRS treat-

ment planning. It also allows the testing of the effect of compensating lower slice thick-

nesses by using lower bandwidths (Section 4.4).

Finally, the GE Signa 3.0T HDxt scanner demonstrates very good long-term stability,

with a rate of less than 0.1 ppm per hour of continued operation, sustained for up to 24

hours. This stability ensures consistent performance and reliable image quality during

prolonged scanning sessions, reinforcing the scanner’s suitability for SRS treatment plan-

ning. This is important in the particular case of IPO-Porto, given its long operating hours

and high patient load.

A final note should be presented regarding direct methods for distortion and artifacts

correction. GE (and other vendors) mention them in their brochures and websites, but no

concrete information is presented, and in some cases, such as for this scanner, not even

the full technical sheet is publicly available. Although the justification for this is probably

tied to economical and competitive reasons, the lack of information regarding many of

the hardware components in this and other MRI scanners hinders the numerous studies

which could benefit from this information.
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This lack of transparency from vendors and MRI centers has actually been the object

of various studies, such as Karakuzu et al [172], who mentioned that this hinders the

reproducibility of the published developed techniques and presents a roadblock in the

deployment of standardized sequences. Unfortunately, this is not the only case where

business-related interests interfere with scientific progress in the field of MRI, as vendor-

specific naming conventions, for example, also pose a problem in cross-comparison stud-

ies and those who use automatic multi-vendor data extraction [173].

3.4 Phantoms for Measurement of Geometric Distortion in MRI

Phantoms are indispensable both in assessing the performance of MRI and in measuring

its geometric distortion. Recent years have witnessed remarkable progress in phantom

development and application, particularly for the latter purpose.

The fundamental concept behind the design of geometric phantoms for measuring

geometric distortion in MRI is elegantly simple. Geometric phantoms typically incorpo-

rate a set of reference points, or features, that are easily identifiable in MR images. For

convenience, the position of these reference points, or ”control points”, are known and

defined by the phantom’s geometry. This correspondence allows for the measurement

of geometric distortion in the distorted MR image against a CT scan of the phantom or

against another reference image [85]. Notably, some of the developed phantoms define

control points only in 2 dimensions, distinguishing them as 2D phantoms, in contrast to

those with control points defined fully in 3 dimensions, aptly termed 3D phantoms.

The grid phantom is one of the most prevalent phantoms for measuring geometric dis-

tortion in MRI [84]. It consists of a grid pattern of intersecting lines or tubes that serves as

a known spatial reference for measuring geometric distortion. Each intersection between

the mesh lines can be considered a reference point, allowing for reproducible geometric

distortion tests. Grid phantoms are cost-effective and easy to produce [they can even be

3D printed, such as in Jafar et al. 174], making them a popular choice for assessing distor-

tion in MRI.

Spherical phantoms are also commonly used for measuring geometric distortion in

MRI. They are made up of one or more spherical objects that provide a known spatial

reference for the measurement of geometric distortion [e.g., 175]. These phantoms are

highly reproducible and can evaluate the distortion in MRI images over a range of spatial

frequencies, as well as minimizing the phantom interaction with the magnetic field, as can
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happen in sharp corners [113]. A tissue-equivalent spherical phantom (MATROSHKA-R)

was used to study the characteristics of space radiation in the ISS [176, 177]. Its shape

makes spherical phantoms particularly suitable for radial distribution studies, such as

the aforementioned ones. However, grid phantoms are also capable of providing radial

distribution data, while often being easier to stabilize during imaging and to manufacture.

Anthropomorphic phantoms have recently garnered increased attention for the mea-

surement of geometric distortion in MRI. These phantoms replicate the geometry and

properties of human tissues and organs, resulting in a more precise and realistic represen-

tation of the MRI environment [e.g., 178]. Anthropomorphic phantoms can be tailored to

evaluate the performance of MRI systems for specific applications, such as brain [179, 180]

or breast imaging [181, 182, 183], and can be created using various materials, including

polymers, gels, and plastics.

The thickness of the walls in phantoms holds a significant place in the design con-

siderations. Interfaces between air and phantom walls can cause susceptibility-induced

distortions in the magnetic field. To mitigate these errors, one can increase the thickness

of the walls, which in turn increases the distance between the air/phantom wall inter-

face and the volume producing MR signal [113]. This approach can effectively minimize

susceptibility-induced errors and enhance the accuracy of magnetic resonance measure-

ments. To reduce the influence of slice curvature, the phantom is also recommended to be

at least twice as thick as the slice thickness utilized in the measurement [184].

The progress in the measurement of geometric distortion in MRI has been partly due

to new phantom designs, but the development of advanced imaging and analysis tech-

niques has also contributed significantly. The incorporation of these techniques, described

in Sections 3.1 and 3.5, in tests done with new phantoms, has resulted in more precise

quantifications of distortions present in MRI images. Other techniques, such as the use of

fiducial markers or magnetic field probes, can measure the magnetic field gradient in the

MRI scanner, thus also enhancing the accuracy of geometric distortion measurements.

The phantoms used in medical imaging tests can have various characteristics, accord-

ing to their purpose and design priorities. The dimensional parameters of the phantom

and its grids are particularly dependant on the desired studies in which it will be used.

An overview of the characteristics of commercial phantoms that can be used to measure

MRI distortion is presented in Table A.1. A 3D printed design proposed by [185] is also
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included, since this type of design, due to its ease of construction and cost efficiency, may

become the standard in the future.

As for the shape, it can be seen that most of the phantoms shown are cylindrical, with

two exceptions (the GRID 3D Quasar is cubic, and the CIRS MRI Head is anthropomor-

phic). Compared to the other two major design types presented in this Section (anthro-

pomorphic and sphere), the cylinder has the advantage of being both easy to fabricate,

unlike the former, and being easy to insert in the gantry for imaging, unlike the latter.

Moreover, they are useful for minimizing phantom induced field distortions [113], and

the fact that cylindrical phantoms have a uniform thickness along its entire length is im-

portant for calibration and quality assurance. In the case of geometric distortion studies, it

ensures that each plane can have the same number of reference points. Anthropomorphic

phantoms, such as the 603-GS, are more expensive and harder to build, given their com-

plexity, but they provide unique advantages. The fact that their shape is similar to that

of a patient allows, for example, studies of high distortion areas deriving from patient

anatomy, such as air-cavities in the sinuses and eyes [186].

It can also be inferred from Table A.1 that the most common material used in phantoms

is acrylic, which is justified by its unique properties and advantages. Firstly, acrylic is

biocompatible and non-toxic, ensuring its safety in medical applications without causing

any adverse effects or tissue reactions [187].

Furthermore, acrylic is radiologically transparent, meaning it does not significantly

attenuate X-rays or other imaging modalities. This characteristic makes acrylic an op-

timal choice for building phantoms as it does not introduce any additional artifacts or

distortions into the images, ensuring accurate and reliable results. In addition to its radi-

ological transparency, acrylic is known for its durability and longevity. It is resistant to

wear and tear, making it suitable for repeated use, cleaning, and sterilization. This dura-

bility ensures that acrylic-based phantoms can withstand rigorous and prolonged usage,

maintaining their integrity and functionality over an extended period.

Moreover, acrylic is easy to shape, allowing for precise customization of phantom ge-

ometries. It can be cut, drilled, and molded into complex shapes, making it convenient

for building phantoms with specific designs or configurations to meet diverse imaging

requirements. Lastly, the cost-effectiveness of acrylic makes it a viable option for con-

structing phantoms. Compared to other materials such as metals, acrylic is relatively
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low-cost, making it a cost-efficient choice for building phantoms without compromising

on quality and performance.

3.4.1 Phantom Fillings

The use of liquid-filled phantoms in medical imaging is motivated by the need to replicate

the characteristics of human tissues regarding the specific imaging mechanism. Human

tissues are predominantly composed of water, making liquid-filled phantoms the pre-

ferred choice in mimicking tissue characteristics. Additionally, just like air, liquids con-

form to the shape of their containers, making them easy to shape, even in geometrically

complex phantoms.

In addition, the stable density of liquids makes them ideal for phantoms used in qual-

ity assurance and calibration procedures. The density of liquids remains consistent over

time, allowing for precise control and monitoring of phantom density during calibration

and quality assurance processes, ensuring accuracy and reliability.

3.5 Distortion Correction Methods

Geometric distortion correction in MRI is a crucial step in obtaining accurate and reliable

images, particularly in clinical applications such as SRS and functional MRI. Methods for

correcting magnetic susceptibility and B1 artifacts, as well as B0 inhomogeneity-related

distortions at 3T, were presented in Section 3.1. This Section is thus dedicated to covering

the remaining topics regarding the state of art of distortion correction methods, in a more

general manner.

The current state of the art involves the use of various techniques to mitigate image

distortions caused by magnetic field inhomogeneities [e.g., 23, 188]. A common approach

is image registration, which uses mathematical algorithms to align the distorted image

with a reference image acquired with a correction technique or a different pulse sequence.

However, the efficacy of these algorithms can exhibit variability dependent on the specific

image under consideration. This observation implies that the universal adoption of a

non-adaptive algorithm for all image types may not be prudent, particularly in scenarios

necessitating utmost precision, as exemplified in SRS [23]. To elaborate on this point, let

us denote the positions of control points, as determined by the phantom’s geometry, using

the Cartesian coordinates (x, y, z), while the primed coordinates (x’, y’, z’) symbolize their
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corresponding locations within the distorted image space [85]. With these representations,

the comprehensive characterization of geometric distortion can be succinctly conveyed

through the following correspondence:


x ←→ x′

y←→ y′

z←→ z′

 (3.1)

Thus, the geometric distortion within the effective volume of the phantom can be

fully characterized by positional deviations along the three orthogonal axes at the con-

trol points present in the phantom, by analysing the differences:

dr′i,j,k = ri,j,k − r′i,j,k (3.2)

This way, the undistorted image space can be recovered from the distorted image

space by adding to it the geometric distortion correction factors at each control point,

and using an interpolation method for the remaining points, as suggested by Wang &

Doddrell [85]. They continue by expanding this concept to global mapping functions,

which provide a complete 3D correction via functions of the form x′ = fx(x, y, z) for each

of the distorted image space coordinates. However, as pointed out in that study, the use

of global functions in the modeling of geometric distortions in MRI brings about some

drawbacks. Among them the issue of identifying the ideal terms that should be included

in a particular modeling problem. Incorporating higher-order terms may result in a more

accurate fit to the source data, yet it does not always provide the best modeling solution,

and may introduce overfitted models. Moreover, global functions sometimes lack ”spatial

flexibility”, making it difficult to satisfactorily model local features.

Regarding other ways to quantify geometric distortion, Liu et al. [81] used the Eu-

clidean distance formula to quantify their 3D distortion values, which could then be opti-

mized by its minimization:

Distortion =
√
(x− x′)2 + (y− y′)2 + (z− z′)2 (3.3)

Another approach for geometric distortion correction is the use of field maps [10],

which provide information about the magnetic field inhomogeneities in the imaging vol-

ume and can be used to correct distortions in the images. Field maps can be acquired
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using different pulse sequences, and the choice of pulse sequence is typically guided by

the specific imaging application and desired correction accuracy [188].

The correction of 3D GNL distortion provided by vendors is the bare minimum that

should be applied, according to Paulson et al. [108]. A detailed analysis of vendor-

supplied correction algorithms in some clinical MR systems can be found in Wang et al.

[189]. However, it is important to note that despite these corrections, residual distortions

on the order of several millimeters may persist. Thus, it is crucial to characterize them

independently, without relying solely on vendor-provided methods, which have some

limitations and may only account for first-order nonlinearity of the gradients [85, 10]. In

some cases, additional corrections utilizing 3D deformation vector fields may be neces-

sary, especially for large FOV images [190]. Alternatively, innovative techniques such as

the ”step-and-shoot” approach [191] or acquisition during continuous table movement

[192] have been proposed as potential methods to reduce these distortions. In ”step-and-

shoot” techniques, the MRI scanner acquires individual slices of the body one at a time,

with a pause or ”step” between each slice. The patient remains still during the acquisition

of each slice, and the table does not move during image acquisition. On the other hand,

with continuous table movement acquisition, the MRI scanner acquires images while the

patient continuously moves through the scanner bore on the table. The table moves at a

constant velocity, and images are acquired continuously without any pauses or steps.

Deep learning algorithms have also displayed encouraging potential in enhancing the

precision and resilience of geometric distortion correction, particularly in complex imag-

ing scenarios where conventional techniques often fall short, using convolutional neural

networks (CNN). A key advantage of these algorithms lies in their adaptability, enabling

their application across various image types. This adaptability effectively addresses the

limitations of non-adaptive algorithms, which often exhibit inconsistent performance. Re-

cent breakthroughs involve the use of new CNN architectures to dynamically predict B0

inhomogeneities generated by patient motion [77]. However, ongoing research in this

area still aims to develop more accurate, robust, and efficient correction methods [193].

It is worth noting that, although MRI scanners are equipped with algorithms designed

to correct hardware-related distortions, residual geometric distortion generally remains

[112, 4]. As mentioned before, the magnitude of geometric distortion is influenced by

various factors, such as MRI machine brand, magnetic field strength, gradient type, pulse

sequences, and patient scanning parameters [194, 186].
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Recent studies have demonstrated that the issues of static field inhomogeneity, mag-

netic susceptibility, and chemical shift distortions can be mitigated by alternative meth-

ods based on the amplification of the gradient field strength, such as by increasing the

readout bandwidth [195]. A commonly followed guideline to mitigate distortions is to

set the readout bandwidth to twice the fat-water shift, such as 440 Hz at 1.5 T and 880

Hz at 3 T [196]. Despite its effectiveness in mitigating distortions, this approach also re-

sults in a minimum reduction of 30% in SNR. Thus, many radiology departments opt for

lower bandwidths in order to minimize imaging time while preserving a favorable SNR.

However, when it comes to MRI for radiotherapy planning, a divergent approach is war-

ranted. In this context, higher bandwidths are preferred to mitigate the adverse effects of

B0 inhomogeneities on image distortions [74]. Notably, it has been observed that gradient

nonlinearity errors are not influenced by the gradient strength and remain independent

of its magnitude [10, 57].

Glide-Hurst et al. [57] also present an equation to obtain the readout bandwidth

required to reduce geometric distortion to permissible ranges, given a permissible shift

along the readout direction, that depends on the imaging workflow and type of treatment

(for SRS, for example, a maximum shift of 1 mm is deemed acceptable [74]):

Bandwidth

(
Hz

pixel

)
=

Max∆B0(ppm) ∗ f0(MHz) ∗ FOV(mm)

Shi f t(mm) ∗MatrixSize(pixel)
(3.4)

where f0 is the system frequency, and the FOV and matrix size govern the spatial

coverage and resolution of the image. This method of tailoring the readout bandwidth

setting for a specific scanning protocol, field strength, and body region, while mitigating

excessive loss in SNR, has been shown to be effective. It is important to note, however,

that the upper limit on readout bandwidth may be constrained by the gradient system

available on the scanner (which limits the first term of the numerator). Likewise, the

lower limit on readout bandwidth should be carefully determined to minimize chemical

shift, such as water-fat shift, to less than 1 pixel for a given field strength (e.g., 220 Hz at

1.5 T and 440 Hz at 3 T).

Once the readout bandwidth has been optimized for a specific disease site, several

strategies were proposed by Glide-Hurst et al. [57] to recover any lost SNR. One ap-

proach is to increase the number of averages or excitations. However, increasing the

number of averages by N will result in an increase in acquisition time by a factor of N,
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but the improvement in SNR will only be proportional to the square root of N. Alterna-

tive approaches may include switching to 3D acquisitions and utilizing phase and slice

oversampling, although these strategies may also result in increased scan times. Careful

consideration of these strategies is warranted to strike a balance between SNR recovery

and scan time, depending on the specific imaging requirements and constraints of the

study.

Experimental data shows that the distortion is least at the center of the scan volume

and gradually increases toward the radial borders [81, 197, 4]. Even for head scans with

a small field of view, the maximum distortion can reach 3 mm [198, 57]. Therefore, the

development of more effective correction methods remains a high priority in the MRI

research community to ensure accurate and reliable MRI image quantification.

Indeed, even studies using comprehensive parameter optimization along with geo-

metric distortion correction methods may yield only slight improvements. Taghizadeh et

al. [91] had MR images with deviations between 0.4 mm and 1.2 mm before correction,

compared to CT images used for SRS coordinate definition. After geometrical correction,

they observed a maximum deviation of 1.1 mm and minimum deviation of only 0.3 mm.

Although the initial deviations were already relatively small, the improvements only im-

proved the maximum and minimum deviations by 0.1 mm.

On the other hand, there are examples of studies that utilized correction methods to

great effect. The group at German Cancer Research Center in Heidelberg in 1992 [7] or

1994 [199] are historical examples. The latter used a stereotactic localization frame during

MR imaging and irradiation. Afterwards, system-dependent distortion correction meth-

ods reduced the error in the position of the stereotactic frame coordinates from about 2-3

mm to 1 mm, which was the lower distortion limit, given the pixel size. The group didn’t

use patient-dependent correction methods, choosing instead to minimize the impact of

this type of distortion by appropriately choosing the imaging parameters.





Chapter 4

Materials and Methods

4.1 Phantom Filling Solution Tests

The choice of filling material for geometric phantoms is a critical factor that can signif-

icantly impact the accuracy and reliability of MRI geometric distortion studies. In this

Section, the tests performed to determine the optimal filling material for the geometric

phantom will be explained.

To begin our study, we carefully selected four candidate materials for testing: min-

eral oil, gadolinium, copper sulfate, and nickel chloride. These materials were chosen

based on their properties, including their magnetic characteristics, toxicity, and potential

similarity to contrast agents used in patients. Gadolinium has already been presented in

Sections 2.2.4 and 4.2, and it is a rare earth metal whose high magnetic moment makes it

interact strongly with magnetic fields, as desired. Gadoteric acid, the substance used in

this study, has been deemed safe to use in patients. In particular, the gadolinium contrast

solution used in IPO-Porto is Dotarem®, which has been extensively researched regarding

safety and efficacy in humans [e.g., 200, 201].

Mineral oil is a clear, odorless, and non-toxic liquid whose relevance stems from the

fact that it has similar physical properties to human tissue (particularly its T1 and T2

times). It is usually a mixture of diverse hydrocarbons, drawn forth from unprocessed

petroleum by means of refining methodologies. The precise configuration can exhibit

deviations contingent on the origin and deliberate application of the mineral oil [202].

Moreover, mineral oil is non-reactive and allows plastics to remain dimensionally stable

over time unlike water, for example, which causes plastics to swell. Its dielectric constant

63
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is much lower than water, mitigating the effect of dielectric resonance and its related ar-

tifacts. Mineral oil is also economical and has shown promising results in previous tests

done by the Medical Physics staff at IPO-Porto (private communication).

As for copper sulfate and nickel chloride, they are blue and green-coloured salts, re-

spectively, which have magnetic and metallic properties that can be used to purposefully

create susceptibility differences and image distortion. Copper sulfate has been used in

many studies, such as Bettiol et al. [203], Keenan et al. [204] and Thangavel et al. [205],

each with a slightly different concentration and solution mix, as well as in the commercial

Maghpan phantoms, whose 820 model was presented in Section 3.4. Nickel chloride is

used in the ACR MRI phantoms, also mentioned in Section 3.4.

A brief note regarding safety measures is merited. Indeed, the MR environment presents

unique risks to both patients and staff, and there have been instances of injuries and even

deaths as a result, although these are very rare [206]. Therefore, MR experiments re-

quire careful consideration of safety measures to protect everyone involved [57]. Thus,

throughout this and every step in the study, strict safety protocols were followed, accord-

ing to IPO-Porto’s internal protocols (e.g., exclusion of all ferrous objects from Zone IV),

and AAPM Report 20 [207].

4.1.1 Preliminary Study in Anthropomorphic Phantom

We conducted a series of CT and MRI scans on the ”RANDO” male anthropomorphic

phantom (Figure 4.1) using the four candidate materials for the filling of the geometric

phantom. This phantom contains a human skull, which provides the bone asymmetry

normally found in patients, molded in tissue-equivalent material [208]. The phantom is

cut in 2.5 cm cross sectional slices [209]. The internal volume of each acrylic insert is 0.103

ml [210]. The phantom was positioned in a manner that mimicked a typical clinical MRI

setup, and imaging was performed using a standard clinical MRI protocol (Section 4.4).

The phantom has been shown to be compatible with MRI imaging in previous studies

conducted at IPO-Porto [210].

For this first test, the 2nd and 3rd slices of the phantom from the top were chosen, and

20 inserts (5 of each solution) were distributed as shown in Figure 4.2, with 10 inserts in

each of the slices.

The distribution was chosen in order to guarantee that each of the tested filling sub-

stances had equivalent testing conditions, in order for direct comparisons to be drawn.
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FIGURE 4.1: ”RANDO” head phantom used in this study.

FIGURE 4.2: Distribution of the inserts in the tested ”RANDO” head phantom.

This means, specifically, that each substance has 3 inserts in one of the slices and 2 in the

other, and that their radial positions are as balanced as possible, with matching overlaps

when possible, to minimize any potential interference.

TABLE 4.1: Concentration of Solutions (mmol/L). The solutions were diluted in 0.9%
saline solution. The mineral oil (brand ”Radex”, exact chemical composition not avail-

able) was not diluted.

Solution Concentration (mmol/L)
Copper Sulfate 4.26
Gadolinium 1
Nickel chloride 10

The resulting images were carefully analysed to assess the geometric distortions in-

duced by each filling material, by comparing the MRI images with the corresponding CT
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ones, which were considered to be the ground truth. This comparison involved a regis-

tration process that is detailed in Figure 4.3 and which will be explained below.

FIGURE 4.3: Registration process for MRI coordinates in the ”RANDO” phantom tests.

After extracting the MRI and CT coordinates from the slice being studied (Figures A.1

and A.2), the first registration step was a translational one, using the values given by the

software used in IPO-Porto for registration and radiotherapy treatment planning, Eclipse

(Varian Medical Systems). The new coordinates (xn,yn,zn) were given as a function of the

translation values given by the software (xtr,ytr,ztr) by:


xn

yn

zn

1


=


1 0 0 xtr

0 1 0 ytr

0 0 1 ztr

0 0 0 1




x

y

z

1


←→


xn = x + xtr

yn = y + ytr

zn = z + ztr

(4.1)

The second step was to add the rotational registration of the same software for x and

y, with angles θ1 and θ2, respectively. The rotation in z was considered to be negligible

(≈ 0.1°). Thus, the new coordinates were given by applying rotational matrices, so that

r⃗′ = Ry(θ2)Rx(θ1)⃗r, or written in full:


x′

y′

z′

 =


cos(θ2) 0 −sin(θ2)

0 1 0

sin(θ2) 0 cos(θ2)




1 0 0

0 cos(θ1) sin(θ1)

0 −sin(θ1) cos(θ1)




xn

yn

zn

 (4.2)

The final step consisted of a final transformation to ensure that the MRI and CT coor-

dinates were in the same reference system, to allow for direct comparisons. This was done
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by measuring the coordinates of the central insert and matching them. Thus, the differ-

ences yielded the total distortions for each insert, given by
√
(xCT − xMRI)2 + (yCT − yMRI)2.

The results of this test are presented in Section 5.1.1. Based on our comprehensive anal-

ysis of the experimental results, we concluded that gadolinium was the optimal filling

material for our geometric phantom. Despite its significant distortion characteristics, it

provided valuable insights into the effects of the filling material on MRI geometric distor-

tions. Moreover, its similarity to patient contrasts and relatively low toxicity profile made

it a suitable choice for our research purposes.

4.1.2 Optimal Solution Concentration Tests

After the tests performed on the anthropomorphic phantom RANDO, an additional test

was performed to determine the best solution and concentration for the phantom filling.

Thus, we studied the effects of the gadolinium concentration on MRI average pixel inten-

sity and on CT Hounsfield Units (HU). The latter is defined as:

HU =

(
µmaterial − µwater

µwater

)
× 1000, (4.3)

where µ is the CT linear attenuation coefficient. Therefore, at standard pressure and

temperature conditions, water has a value of 0 HU, while air has -1000 HU, due to its null

attenuation coefficient value.

The motivation behind this investigation lies in the fact that exceedingly high Gd con-

centrations may not be discernible in MRI images, whereas overly low concentrations

may not be distinguishable in CT scans, particularly when compared to acrylic materi-

als (with approximately 92 HU). This issue was previously discussed in Kim et al. [211],

which also served as inspiration for employing a 10% Gd concentration in saline solution.

However, this concentration has proven to be costly and not compatible with real clinical

scenarios, where Gd concentrations are typically lower. Furthermore, MRI signals for wa-

ter and healthy biological tissues exhibit signal intensities ranging from approximately

2400 to 4000, whereas metastases (marked with Gd) display variable signal intensities,

which generally hover around 8000. These pixel intensity units are the ones defined and

measured in the image processing software ImageJ, obtained by summing the gray values

of all pixels in the selection area, divided by the number of pixels [212]. Therefore, it was
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imperative to establish a concentration of Gd with a signal intensity closely resembling

that observed in actual patients.

Additionally, we wanted to study the effect of using the blue colourant FCF. It was

selected to make the visualization of the phantom fillings easier, especially in order to

confirm which inserts of the geometric phantom were filled. Therefore, the use of blue

colourant was helpful both during the filling process and, afterwards, to assess potential

changes in the liquid distribution in the phantom inserts and the presence of air bubbles.

For this test, two vertically adjacent rows of test plaques were placed in a PMMA con-

tainer and submerged in water, in order to simulate physiological conditions and mini-

mize MRI artifacts detected in a previous test made without them. The top layer was the

control layer, while the colourant was added to the plaques in the bottom layer, for two

different gadolinium solution concentrations, as well as for the copper sulfate concentra-

tion used in the previous test (Figure 4.4). Various gadolinium (1 mmol/L) and saline

solution control points were set up on adjacent vertical plaque layers to ensure that the

test result variations were solely attributed to the tested variables. The mean intensity

results for each tested solution are shown in Section 5.1.2 (Figure 5.3). The solutions were

prepared using an analytical balance from the Nuclear Medicine Department at IPO-Porto

with a readability of up to 0.001 g.

FIGURE 4.4: Experimental setup for concentration and colouring test. Upper row: solu-
tions without colourant. Lower row: equivalent solutions with colourant.
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4.2 Design of New Phantom for Geometric Distortion Measure-

ment

In this Section, the design and construction of the geometric phantom are explained. The

phantom was designed by our team, and built in the workshop of the Faculty of Sciences

of the University of Porto (FCUP), under the careful supervision of a staff member, to

ensure its accuracy and integrity.

The phantom was specifically designed to be used in the MRI scanner and was built

around the dimensions of the the cylindrical outer part of a Jaszczak SPECT Phantom

[213, 214]. This ensured that the phantom fit seamlessly into the MRI scanner, allowing

for accurate and reliable imaging. IPO-Porto has a head antenna and a torso antenna

with maximum diameters of, respectively, 22 and 43 cm (Figure A.3). Thus, 43 cm was

the upper diameter limit of the phantom, if it was to fit the MRI scanner, and 22 cm if

we wished to use the head antenna for the phantom MRI images. Given that this study is

focused on SRS treatment planning, the images of interest are brain images and, therefore,

the head antenna was the one used throughout the imaging tests.

The final design of the phantom grid consists of three perpendicular square grids,

along with two axial grids at the top and bottom of the phantom. This comprehensive

grid layout was meticulously planned to ensure that all planes of interest, both close to the

isocenter and away from it, where distortion is known to be greater, could be effectively

studied. This design allowed for a thorough evaluation of the MRI scanner’s performance

across different planes and regions, providing valuable insights into potential distortions

and their impact on image quality. The frontal and superior views of one of the geometric

phantom grids are presented in Figure 4.5. An overview of the phantom design and a

photograph of the finalized phantom are shown in Figure 4.6.

FIGURE 4.5: Frontal and superior view of one of the phantom grids.

Each grid of the phantom, after intersection with the others, can be divided into four

smaller grids with 7x6 inserts, providing a total of 840 inserts throughout the phantom.



70
OPTIMIZATION OF 3T MRI IMAGE ACQUISITION FOR STEREOTACTIC RADIOSURGERY

TREATMENT PLANNING

This number excludes the central row and column, which are inaccessible by design, since

they are at the junction points with other grids. This central row and column for each grid

could have been omitted, but keeping them facilitated the phantom fabrication process,

and they could possibly be used to study the effects of air susceptibility. Further details re-

garding the dimensions and progress of the phantom construction and filling are present

in Appendix A.2.

This configuration, with 7 rows and 6 columns in each grid quarter, was chosen to

allow for a comprehensive evaluation of the MRI scanner’s performance and to ensure

that the phantom would be able to accurately simulate the anatomy of interest. In the

design of the phantom, care was taken to ensure that the separation between air and

liquid contrast media, formed by the acrylic walls and boundaries of the phantom, was

more than 6 mm. This is due to the fact that, according to Modus QA [215], significant

susceptibility distortions at the interface would otherwise be apparent.

FIGURE 4.6: Phantom design overview (left) and photograph of the finalized phantom
in CT imaging table (right).

To ensure the accuracy of the phantom, each insert in the grid was precisely drilled,

notwithstanding the slight misalignments that always may occur during a handcrafted

construction process. These misalignments were carefully accounted for during the sub-

sequent image analysis, to ensure that they did not impede the success of the study. De-

spite the challenges of the construction process, the final geometric phantom adhered

meticulously to the designed instructions, fitting snugly into the outer cylindrical part

and accurately fulfilling its intended purpose. The phantom fitting was assured by the

construction of an additional component, in the form of a sub-cover, which fits on top

of the phantom and prevents it from moving inside the cylinder. Since the inserts were
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numerous and small, their opening was tested in the workshop by applying sustained

pressure with an air compressor. Afterwards, the phantom was leak tested in IPO-Porto

laboratory using water, prior to its filling, given that a water leak would be safer and

easier to clean than a filling liquid leak.

Before the first use, we ensured that no metal machining debris remained inside the

phantom, as that could have caused significant errors [216]. Furthermore, utmost care was

taken during the handling and transport of the phantom from the Faculty to the IPO-Porto

to safeguard its integrity. The phantom was stabilized and covered in polyethylene to pro-

tect it from potential damage or contamination. Additionally, the temperature during the

entire process was controlled to ensure that no significant thermal differences exceeding

5ºC existed, as thermal expansion in the acrylic material could potentially compromise

the accuracy of the results. These measures were implemented to ensure that the phan-

tom arrived at IPO in pristine condition, ready for precise and reliable imaging studies.

The phantom was cleaned only with water, without using abrasives or rubbing alcohol,

as these could irreversibly damage the PMMA structure of the phantom.

Moreover, proper storage of the phantom throughout the period of this study was en-

sured. Firstly, the phantom was stored in a temperature and humidity controlled environ-

ment, and kept away from heating elements [217], to prevent any potential degradation

or distortion of the phantom.

Additional measures were implemented to safeguard the phantom from any detri-

mental substances, liquids, or materials that might jeopardize its constitution or modify

its characteristics. Meticulous labeling and comprehensive documentation of the filling

concentrations were also diligently upheld to secure the reproducibility of results, both in

forthcoming investigations and in the event of a potential refilling of the phantom.

During the filling process of the phantom, we tried to fill the phantom completely to

avoid introducing susceptibility artifacts caused by air bubbles. However, these could

not be completely avoided while filling the inserts, since the filling process was done by

displacing the air inside each individual insert and replacing it by the contrast solution

using a flexible syringe. Thus, although care was taken to minimize their size and number,

air bubbles did form below the intermediate axial grid after filling the lower plane inserts.

When placing the phantom in the MRI scanner, these bubbles moved and formed a single

air void at the top of the image plane, which facilitated the analysis factoring.
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The phantom inserts were filled manually with a Gd 1 mmol/L solution. A syringe

with a flexible tip was used, to allow access to the inserts closer to the axial grids, which

would be impossible to fill using a normal, rigid syringe. This decision increased the

number of inserts that could be filled, albeit with the presence of small air bubbles inside

some inserts, whose influence was reduced by careful slice selection during image anal-

ysis. Approximately 9% of the inserts were not considered in the image analysis process

due to having at least 50% of their cavity volume filled with air. The remaining 764 inserts

were enough to assure the necessary precision of the results. Moreover, their random

distribution did not risk their spatial distribution.

4.3 Algorithm for Automatic Geometric Distortion Calculation

One of the goals of this thesis is the development of an algorithm for automatic geometric

distortion calculation. In this Section, its development process is presented. For the sake

of allowing future studies to make use of the developed software, it is made publicly

available*. The overall structure of the code can be divided into three parts, which are

briefly presented before being analyzed in more detail afterwards.

• Image Registration: The registration process has been explained in the previous

Section. Given the fact that Eclipse is not an open-source software, which limits the

reproducibility of its results, an alternative software for registration was developed

(Section 4.3.1) in order not to make this study dependent on commercial software.

Given that Eclipse is fully integrated in the clinical workflow of IPO-Porto, with

direct image transfer between the MRI scanner and other computers, its registration

results were the ones used to obtain the final results.

• Insert Detection: Next, the inserts on the CT and MRI scans were separately de-

tected after pre-processing and filtering the data so that only meaningful and accu-

rate blobs were detected as inserts.

• Distortion Calculation: At this stage, after pre-processing steps related to slice

thickness and resolution differences between the CT and MRI scans, as well as regis-

tration application, the geometric distortion was calculated for each matched insert

centroid. The results were processed and visualization tools facilitated the interpre-

tation of the output results.
*https://github.com/BernardoCampilho/MSc Thesis MRI Distortion

https://github.com/BernardoCampilho/MSc_Thesis_MRI_Distortion
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4.3.1 Image Registration

The first step was the development of an image registration software in Python, which

could be run from any computer.

At first, pre-existing software such as ITK-Snap [218], 3D Slicer [219] and ImageJ [220]

were used for registration. However, the results showed differences from the Eclipse

software that were considered significant, as they were larger than the 1 mm precision

threshold. Therefore, it was necessary to develop software that could match Eclipse reg-

istry values and run on any computer.

The implemented code uses the SimpleITK library for image processing to perform

registration between CT and MRI scans. The code reads DICOM images from the spec-

ified folders and converts them to a consistent data type. The optimization process con-

sisted of testing different parameter combinations, such as the maximum number of iter-

ations, the minimum step per iteration or the type of interpolation used. The results were

then compared, namely the running time and total registration difference, to the Eclipse

results, given by
√
(∆x)2 + (∆y)2 + (∆z)2, where, for example, ∆x = xITK − xEclipse is the

difference between the registration offset given by the different software.

Therefore, the registration process aligns the moving image (chosen to be the MRI

scan) with the fixed image and outputs the transformation. Optional code for visualizing

the registration result is provided. The elapsed time of the registration process is also

measured. This code serves as a crucial step in aligning CT and MRI scans for further

analysis.

To ease the integration of the code into the IPO-Porto workflow, the code was adapted

to directly process DICOM inputs, eliminating the need for prior conversion to other im-

age formats. It should be noted that in cases where the CT and MRI images compared

had different FOVs (which is often the case in clinical settings), an additional adjustment

step had to be incorporated, which matched the value of the highest FOV modality to the

other one.

4.3.2 Insert Detection

The next step was the detection of blobs in the phantom images, corresponding to the

circular inserts in the phantom grids (Section 4.2).

The initial step of this part of the code involves converting the DICOM images to PNG

format. This conversion is necessary to facilitate further image processing and analysis.
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By reading each DICOM image using the PyDICOM library and saving them as 16-bit

grayscale PNG files, the code ensures compatibility and uniformity in subsequent opera-

tions. Additionally, the normalization of pixel values to the full range of 16-bit grayscale

enhances the quality and accuracy of the converted images. Following the conversion, the

PNG images undergo a series of processing steps to identify the blobs or inserts of inter-

est. These steps are designed to extract meaningful information and filter out irrelevant

image components.

Firstly, the application of Gaussian blur reduces noise. By smoothing out irregularities

and suppressing fine details, this procedure also prepares the images for subsequent anal-

ysis and will decrease the number of false positive detection. Next, Otsu’s thresholding

method [221] is applied to obtain a binary image. This technique automatically deter-

mines an optimal threshold value based on the image histogram, effectively separating

the background from the foreground and enhancing the contrast between them.

With the binary image in place, the code proceeds to extract contours corresponding

to the detected inserts. Contours represent the boundaries of connected components in

the image and serve as a fundamental tool for shape analysis. The contour extraction

part was adapted from code developed by Dr. Bruno Mendes for tests on IPO-Porto’s

RANDO phantom. By identifying the contours, the code gains access to the shape and

size information needed to differentiate blobs from other image features. To narrow down

the selection to relevant blobs, several criteria are considered. In particular, thresholds are

defined for contour area, distance from the center, and circularity, defined as:

Circularity = 4π
Contour area
(Perimeter)2 (4.4)

Knowing the dimensions of the phantom inserts (Section 4.2), the dimension thresh-

olds can be set in order to filter out blobs caused by air bubbles, noise or partially filled

inserts. As for the circularity, it is a useful filtering parameter, given that the inserts are all

circular, meaning that any non-circular blob (below a certain circularity threshold, defined

as 0.8) will not be relevant to this study. These thresholds provide a systematic approach

to filter out unwanted contours and retain only those that are of interest. This is important

because erroneously detected contours could compromise the accuracy of the central co-

ordinates of those inserts, used to calculate the geometric distortion of the MRI scan in the

next step. Given the 1 mm distortion threshold in SRS, it was thus considered preferable

to detect fewer inserts and make sure that the detected ones are as accurate as possible.
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Filtered contours are further assessed based on mean intensity values and an intensity

threshold, which is set to be 90% of the mean intensity of each image. This additional cri-

terion ensures that only blobs with significant intensity, namely those that did not have air

bubbles for that slice, are considered. By evaluating the mean intensity within each con-

tour using a masking technique, the code determines whether a blob meets the required

intensity threshold.

The code visualizes the filtered contours by drawing them on the grayscale image

(Figures 5.5 and 5.6). This visualization helps verify the accuracy of the blob detection

process and provides a means of assessing the spatial distribution of the identified inserts.

Furthermore, the code keeps track of the number of slices in which 15 or more inserts

are detected, along with their respective slice numbers. This information is essential for

quantifying the presence and distribution of inserts throughout the MRI scan series.

The same code is applied to both CT and MRI scans. However, some adjustments

are made to optimize it for each imaging modality, given their unique characteristics. In

particular, the CT version of the code uses a fixed threshold instead of Otsu’s thresholding

method. The CT code also uses different values for filtering criteria compared to the MRI

code. The minimum contour area, maximum contour area, maximum distance from the

center and circularity threshold are adjusted to better suit the characteristics of CT images.

These changes were justified on separate parameter optimization tests yielding different

optimal results for the two imaging methods. Moreover, given that the inserts are local

pixel intensity minima on CT scans and maxima on the MRI ones, due to the acrylic being,

respectively, white and black (Figures 5.5 and 5.6, for example), some changes were to be

expected.

4.3.3 Distortion Calculation

Before comparing MRI and CT scans for distortion calculation, several pre-processing

steps have to be taken in order to make sure that differences in slice thickness, FOV and

pixel resolution are accounted for, as well as performing image registration. It is notewor-

thy that if MRI and CT images are to be compared in order to optimize MRI image quality,

such as in this study, the FOV values should be the same, or at least similar. This is due

to the fact that different FOV values greatly hinder the comparison process, by requiring

various additional processing steps to account for the different phantom and insert sizes

in the images.
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• Accounting for Slice Thickness and Image Resolution Variations

One significant challenge in directly comparing MRI and CT scans lies in possible

differences in their slice thickness and image resolution (in mm/pixel). Using infor-

mation from the DICOM scan files, these problems are preemptively addressed, to

ensure the slice comparisons are correct.

Thus, to address this issue, this first step of the distortion calculation code calculates

slice thickness ratios by dividing the CT slice thickness by the MRI slice thickness.

This approach ensures a consistent basis for comparing corresponding slices and

mitigates potential distortions arising from differences in slice thickness.

Next, the code incorporates pixel-to-mm conversion factors for both CT and MRI

scans. These conversion factors facilitate seamless conversion between pixel units

and millimeters, ensuring that distortion assessment is expressed in physical units

that are easier to interpret and are not dependent on pixel resolution. Also, having

the final result in mm is important in order to compare it to established thresholds,

such as maximum desired distortion threshold of 1 mm for SRS.

• Translational Registration Parameters

The MRI and CT scans need to be registered before their comparison. Thus, the

code incorporates translation parameters, using the rigid registration output of the

Eclipse software or by the code presented in Section 4.3.1. These parameters account

for the necessary adjustments in the x, y directions to properly align the images.

As for the slice alignment (z direction) in these axial scans, it uses the value from the

registration software to assign a corresponding MRI slice number to each CT slice:

SliceMRI = SliceCT ×
STCT

STMRI
+

zregistration

STMRI
, (4.5)

where STCT, STMRI are the slice thickness values of the CT and MRI scans, respec-

tively. Thus, the first term of the second member aligns the slice numbers based on

the fact that the CT and MRI scans may have different thickness values, while the

last term applies the registration using the software value (in mm) and converting

it to a slice number registration value.

• Matching Inserts and Adjustments
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Once the initialization and parameter setup is complete, the code proceeds to match

inserts between the CT and MRI scans. This step involves iterative analysis of each

MRI slice to identify corresponding CT centers, as detailed in the next step. In order

to have sufficient matches in the studied slices to draw meaningful conclusions, only

MRI slices with 15 or more detected inserts were considered. In cases where no CT

centers are found for a particular CT slice number, the code skips that slice to ensure

sufficient data for accurate comparison.

• Comparison and Evaluation

The coordinates of insert centers were stored and linked to their corresponding slice

numbers. The code proceeds to compare each CT center with the translated MRI

centers to identify matched inserts. The comparison is performed by calculating the

Euclidean distance between each pair of points, taking into account the respective

pixel-to-mm conversion factors. If the minimum distance falls below a predefined

threshold, the CT center is considered matched, indicating alignment between the

two imaging modalities. This also ensures that the code works correctly when a

different number of inserts are detected for a given corresponding slice, in the CT

and MRI scans. This may happen due to different slice thicknesses or due to the two

imaging modalities having different inherent contrasts.

The maximum distortion threshold was set to 5 mm, which is the diameter of each

insert, in order to filter out erroneous matches. Through this comparison and eval-

uation process, the code generates a distortion map that allows the visualization of

the MRI scan distortion for each of the studied slices. For each slice, information

about the coordinates of the matched inserts, their distortion value and distance to

the isocenter is stored, to allow for retrospective analysis.

• Visualization and Output

The visualization part of the code generates a distortion map that illustrates the

magnitude and direction of distortion between corresponding CT and MRI slices.

The MRI slice image is displayed as the background of the plot, and the distortion

map is created by overlaying the matched MRI centers on the image, with different

colors representing distortion magnitude. Arrows are drawn from each center to

indicate the direction and magnitude of distortion.
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The software outputs the insert coordinates, its distance to the isocenter, and the

distortion values (in x, y and absolute value) for each matched insert, grouping the

data by their MRI slice numbers. This allows for retrospective study of each tested

sequence, whose results are shown in Sections 5.2 and 5.3.

4.4 Optimization of 3T MRI Image Acquisition for SRS Treat-

ment Planning

This Section focuses on the optimization of MRI acquisition parameters through a series

of experimental tests conducted with the geometric phantom. The primary objective of

these tests is to identify the most suitable MRI sequences and associated parameters that

would enhance image quality while minimising distortions. By systematically varying

key acquisition parameters such as slice thickness, flip angle or sequence selection, for

example, we aim to optimize the MRI acquisition process, particularly for SRS treatment

planning. Hence, given the scope of this study, when we mention optimization of the MRI

acquisition process and the resulting images, we mean a combination of higher SNR and

contrast, as well as a reduction in distortion and image artifacts, if present, while keeping

imaging times clinically feasible. This will be further analysed in Section 5.3.

The tests conducted at IPO’s Signa HDxt 3.0T MRI scanner are shown in Table 4.2.

Some of the originally planned tests weren’t feasible, after consulting the MRI technolo-

gists, either due to high imaging times or hardware limitations. However, to avoid any

subsequent errors or mix-up during processing of the DICOM images, the original test

names were kept. Some of the tests involved manually changing the TR and TE values,

which isn’t possible in this scanner, as it automatically optimizes them for a given MRI

sequence in terms of the other parameters. Thus, we focused on the optimization of the

remaining parameters.
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TABLE 4.2: 3T MRI image acquisition optimization tests. The gray row is the current imaging protocol used at IPO-Porto for SRS treatment
planning using a FSPGR 3D sequence. Parameters in red are the tested ones, for each test.
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The pixel bandwidth refers to the difference in MR frequencies between adjacent pix-

els [222], and was defined as:

Pixel bandwidth(Hz/pixel) =
Bandwidth(Hz)

Matrix size(pixel)
(4.6)

Given the high patient load at IPO and the continuous utilization of MRI scanners, the

testing window for optimization tests was limited. Consequently, a strategic approach

was adopted to carefully select tests that would encompass a wide range of variables,

with priority being given to testing multiple parameters, sometimes simultaneously, over

exhaustive exploration of a few. This decision was made to ensure efficient use of ma-

chine time, as methodically changing each variable multiple times would require several

days’ worth of scanning, which may not be feasible within the constraints of the clinical

schedule. Thus, the rationale behind each test is explained hereafter:

• ”FSPGR 3D Optimized”:

In the first of these tests, we applied the parameters outlined by Silva et al. [210]

in an optimization study also conducted at IPO-Porto, in 2022, using the ”RANDO”

phantom and different processing methods. We wanted to study how this optimiza-

tion of the slice thickness and bandwidth would work in this study, and compare it

to subsequent tests.

The resulting image was reconstructed in a coronal orientation, which is possible

for the used MRI scanner if the original acquisition type was 3D. This reconstruc-

tion was done to test its usefulness in providing additional information to help the

distortion calculation. Since it can be done after the patient has left, it allows for

retrospective studies, has no effect on the imaging time, and can reduce the need for

repeated scans. The trade-off is that 3D acquisition takes longer than a 2D acquisi-

tion, generally.

• Test 1 – Slice Thickness and Pixel Bandwidth Evaluation:

The aim of this test was to investigate whether reducing the slice thickness to 0.6

mm, while reducing the bandwidth to 41.67 kHz as a trade-off to keep a similar

imaging time, would have positive results in terms of image quality.

In fact, as described in Section 2.9, slice thickness plays a crucial role in determin-

ing the spatial resolution of MRI images, with thinner slices enabling the visual-

ization of finer anatomical details. However, reducing the slice thickness typically
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increases the amount of data that needs to be acquired, potentially prolonging the

imaging time. To address this challenge, the bandwidth was adjusted as a trade-off

to maintain a similar imaging time.

• Test 2 – Flip Angle Variation:

In this test, we examined the effects of using a higher flip angle (18°) in the MRI

sequences.

By increasing the flip angle, we aimed to enhance the SNR, leading to improved

image quality and better visualization of target structures. The higher flip angle

offers increased magnetization, resulting in a stronger signal response. Moreover,

elevating the flip angle can also enhance T1 contrast, emphasizing the differences in

tissue relaxation times and aiding in accurate target delineation for SRS treatment

planning.

However, higher flip angles have potential drawbacks, such as increased SAR (in-

troduced in Section 2.5). Therefore, we carefully assessed the trade-off between the

desired benefits of enhanced SNR and T1 contrast and the potential risks associ-

ated with increased SAR, ensuring that patient safety remains a top priority in SRS

treatment planning.

• Test 5 – Shimming Options:

In this particular test, our focus was on evaluating the use of manual shimming

techniques specifically tailored to the phantom volume, as opposed to applying au-

tomatic shimming across the entire FOV. By unchecking the ”Automatic Shimming”

option and selecting ”Manual Shimming”, we were able to customize the shimming

parameters to specifically target the region of interest corresponding to the phan-

tom’s volume.

The rationale behind this approach stems from the importance of achieving optimal

image quality within the precise area of interest, which in this case is the phantom

volume. By narrowing the focus of shimming to the specific region of the phantom,

we aimed to enhance the accuracy and clarity of the acquired images.

• Test 7 – Bandwidth and Excitation Evaluation:

This test aims to assess the trade-off between reducing distortions and potential

decreases in SNR. Specifically, the focus is on evaluating the use of a bandwidth that
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is as close as possible, within the hardware constraints of the scanner, to twice the

fat-water shift to minimize distortions. This approach is motivated by Task Group

284 [57], who estimate that while this approach may reduce distortions, it also may

result in a potential decrease in SNR, estimated to be around 30%.

To compensate for this decrease, the number of excitations can be increased. How-

ever, increasing the number of excitations leads to an increase in acquisition time.

In general, this increase is proportional to the number of excitations, but this is not

always the case, and is another aspect to study in this test. As for the SNR increase

with the number of excitations, it generally follows its square root. Therefore, in this

test, the effect of utilizing 2 excitations is evaluated as it strikes a balance between

maintaining reasonable imaging time and achieving improved SNR.

• Test 10 – SPGR Sequence optimization (Claude):

This test focused on evaluating the performance of an optimized SPGR (Spoiled

Gradient Echo) sequence developed by Dr. Claude Sirlin from UCSD (University

of California, San Diego). The sequence optimization was presented by Dr. Car-

men Caruana in 2020 as representative of the European Federation of Organizations

for Medical Physics (EFOMP). The primary objective of this test is to assess the se-

quence’s performance and potential advantages in the context of our research.

It should be noted that while there are differences between SPGR and FSPGR se-

quences, the main distinction lies in the imaging time, as FSPGR sequences are de-

signed to provide faster imaging through the use of advanced imaging techniques

such as parallel imaging. However, apart from the imaging time variation, the two

sequences share several similarities in terms of their underlying principles and ac-

quisition parameters. As a result, the optimization parameters presented in the

aforementioned SPGR sequence can still hold relevance to our study, which utilizes

FSPGR sequences.

It was highlighted in the presentation that this SPGR sequence, optimized for ab-

dominal imaging, showed promising results, particularly when utilizing a flip angle

of 10°. It is important to note that sequence optimizations are typically tailored to

the specific scanner, imaging goals, and other factors unique to the hospital, such as

the employed coils. As a result, a direct translation of the presented optimization
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parameters was not expected. Nevertheless, given the positive outcomes demon-

strated in the abdominal imaging context, it is deemed worthwhile to explore the

potential applicability and benefits of this optimized sequence in our SRS-focused

research.

• Test 12 – Multi-echo GRE Sequence (Somayeh):

In this test, we explore the potential relevance of the 2D acquisition multi-echo GRE

sequence from Somayeh et al. [91] for SRS treatment planning optimization, specif-

ically in the context of field map reconstruction. Although field map reconstruction

was not performed in this study, the investigation holds importance from an op-

timization standpoint. By using the multi-echo GRE sequence, B0 field distortions

can potentially be explored and characterized, allowing for the correction of image

distortions caused by magnetic field inhomogeneities.

• Test 13 – Additional Parameter Testing:

In this test, we investigate the impact of changing the phase encoding direction to

anterior-posterior (AP). By modifying this parameter while keeping other settings

consistent with the protocol sequence, we aim to evaluate its potential benefits in re-

ducing geometric distortion and artifacts in the acquired images. The main reason

why brain images are usually acquired using either PA or AP phase-encoding di-

rections is to make the distortions symmetrical between cerebral hemispheres [223],

which can be useful when correcting them.

The AP phase encoding direction is of particular interest, given that it may reduce

susceptibility-induced distortions and improve anatomical delineation [224]. There

is even a distortion correction method, known as blip-up blip-down method, that

takes advantage of the fact that distortions will have opposite directions in images

acquired with PA and AP phase encoding directions, which can be used to eliminate

them [225]. However, as of now, this method is not clinically feasible, mainly since

it would essentially double the imaging times.

For the SAR calculation, the default patient weight suggested by the American College

of Radiology of 90.718 kg (200 lbs) was used [226]. The isocenter was calculated using

the Eclipse software, in order to maintain a parallelism with IPO’s clinical practice. The

SNR was calculated in the usual way for MRI images [227], by dividing the mean pixel

intensity in the signal region by the standard deviation of the background:
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SNR =
µsignal

σbackground
(4.7)

Here, the signal region was defined as the phantom volume, since it was the studied

object. Thus, an adaptation of the developed software was made to automatically detect

the phantom, and any point within it was considered signal, while any point outside of it

was considered the background.

As for the CNR, it is now considered to be complementary to the SNR [228]. In fact,

it is necessary for thorough analysis of image quality, since it provides a way to measure

the differentiation of different tissue types [229]. An image may have minimal noise but

significant image bias [230]. Thus, an image with high SNR may not allow for tissue

differentiation, which is a key issue in SRS treatment planning. In the present study, the

CNR is then an important indicator meant to safeguard against over-reliance on the SNR,

providing additional information to ensure the validity of the interpretations regarding

what the optimal sequences are.

The CNR introduces an additional factor by subtracting the mean pixel intensity of

region of interest within the signal region. In this case, it was defined as:

CNR =
|µsignal − µROI |

σbackground
, (4.8)

where the signal and background regions were defined the same way as in Eq. 4.7

and the region of interest was taken to be the detected inserts for each slice. This is a

meaningful metric, as the inserts were precisely what we tried to differentiate from the

rest of the phantom throughout the development of the insert detection software.

In order to quantify the optimal sequence, based on these results, 2 weighting factors

were introduced, since clinical feasibility depends not only on the geometric distortion

values, but also on other parameters such as imaging time or SAR. If these values are

deemed too high for a certain sequence, for example, it would never be clinically imple-

mentable in vivo. Thus, these factors are meant to be a quantitative help in interpreting

the obtained results globally, weighting them in a way that keeps accuracy as a goal, but

takes clinical feasibility factors into account. They were defined such that high values

are optimal, and were normalized by the maximum value to facilitate interpretation, as

the values themselves do not have inherent physical meaning, and their importance lies

on relative comparison between the tested sequence results. The rationale behind each

weighting factor is now explained:
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• λ Factor: This factor weighs the acquisition parameters by assigning them one of

three priority classes. In the first priority class are the acquisition time and the

mean distortion (squared weighting). The former is essential for clinical applicabil-

ity, while the latter is critical for lesion localization, as in the case of SRS treatment

planning. Next are the SNR, CNR and number of detected inserts (linear weighting).

The first two are important to quantify the image quality, as explained before, but,

unlike the first priority class parameters, are not enough to invalidate a sequence’s

feasibility by themselves, except in extreme cases. As for the number of detected

inserts, it provides meaningful information, as a sequence in which the inserts are

hard to detect may mean that metastasis are also hard to detect, for example. In this

factor, the number of detected inserts was normalized by dividing them by the total

number of inserts.

Finally, the SAR and maximum distortion are assigned to the third priority class

(fractional linear weighting). The SAR is important, but it only becomes a limiting

parameter at approximately 2 W/kg [231] and all SAR values were below 0.5 W/kg.

Thus, its weight in Equation 4.9 is defined so that λ = 0 if SAR = 2 W/kg. Regarding

the maximum distortion, while it helps to quantify the worst-case scenario, it may

also represent an outlier value, so the mean distortion is more important. Its factor

is defined so that λ tends to zero as the maximum distortion approaches 10 mm,

which is one order of magnitude bigger than the desired threshold. Thus, the λ

factor is defined as:

λ =
SNR× CNR

(Time)2 × (µdist)2 ×
(

1− SAR
2

)
× Ninserts,norm ×

(
2− Maxdist

5

)
(4.9)

• β Factor: This factor was determined using a different approach. This approach

used a simpler formula that entailed multiplying all acquisition parameters together,

each weighted by an integer that ranged from 1 to 10 (with division for ”negative”

parameters such as average distortion or acquisition time). Each one was assigned a

separate weight, and the challenge was to determine seven weights that were both

meaningful and yielded the desired values (i.e., ensuring that the sequence 12 was

not the best, for instance, given its unrealistic imaging time). To address this, a brute

force optimization algorithm from the Python library ”Itertools” was utilized. This

program exhaustively tested all possible combinations of integer weights within
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a specified range of 1 to 10. These combinations were subject to constraints (e.g.,

the weight for average distortion being the largest, SAR being small, etc.). The

resulting combinations that satisfied the desired criteria and exhibited meaningful

weights were filtered and retained, resulting in three final candidate sets of param-

eter weights. These will be presented and analyzed in Section 5.3.



Chapter 5

Results and Discussion

In this Chapter, the results of the experimental tests and software development described

in the previous Chapter are presented. Their discussion is focused on qualitative and

quantitative analysis, keeping in mind the goals of this thesis.

5.1 Phantom filling tests

5.1.1 Preliminary Study in Anthropomorphic Phantom

Discussion: Our findings revealed that gadolinium exhibited significant distortion charac-

teristics, making it an ideal candidate for our study (Figures 5.1 and 5.2). While distortion

is typically considered undesirable in clinical MRI, for our research purposes in this test,

it was actually advantageous, as it allowed us to thoroughly investigate and quantify the

distortion effects induced by the filling material, as they happen with patients.

FIGURE 5.1: Distortion results of the ”RANDO” studied inserts (slice 2) as a function of
their distance to the isocenter and of the substance used. The indications ”No”, ”Na” and
”Int” refer, respectively, to the fact that the insert in question is closer to the nose, nape
or is the intermediate one, in the case of there being 3 inserts of that substance in this
slice. The abbreviations ”Gd”, ”Cu”, ”Oil” and ”Ni” refer, respectively, to ”Gadolinium”,

”Copper Sulfate”, ”Mineral Oil” and ”Nickel Chloride”.

87
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Furthermore, we considered other crucial factors such as toxicity and similarity to

patient contrasts. Gadolinium, being a common contrast agent used in clinical practice,

exhibited high similarity to patient contrasts, making it a favorable choice for our research.

Additionally, it had a relatively low toxicity profile compared to other materials such as

nickel chloride, which is known to be toxic [232, 233].

The findings indicate that the distortion experienced by nickel chloride is less pro-

nounced than that encountered by the oil and gadolinium, although the sample size is

limited. This suggests that, while nickel chloride is employed as a means of distortion

correction in phantoms, it may not be an adequate surrogate for distortion in patients.

FIGURE 5.2: Distortion results of the ”RANDO” studied inserts (slice 3) as a function of
their distance to the isocenter and of the substance used.

5.1.2 Optimal Solution Concentration Tests

Upon examining the results of the optimal solution concentration test (Figure 5.3), it be-

comes apparent that the introduction of a blue FCF colourant in the lower row of plaques

does not have a significant effect on the mean intensity values. The values for the plaques

with and without the colourant are comparable. This suggests that the addition of the blue

FCF colourant does not substantially alter the radiopacity of the plaques. This test also

showed a positive correlation between Gd concentration and the resulting mean intensity

values. Moreover, although the coloured 1mmol/L plaque actually has a slightly higher

value than its non-coloured counterpart, for the other two plaque pairs the introduction

of the colourant results in a decrease in the mean intensity values.

After consideration, the preference for gadolinium over copper sulfate is justified by

its lower toxicity (particularly important for the phantom filling process, since it was done

manually) and clinical relevance, as explained in Section 4.1.1. Additionally, when deter-

mining the optimal concentration for the phantom solution, it is important to consider the
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FIGURE 5.3: Experimental setup for concentration and colouring test. The mean pixel
intensity and HU value results are shown for each test plaque.

concentration directives provided by regulatory bodies such as the U.S. Food and Drug

Administration (FDA) and the Portuguese government. These directives recommend a

maximum Gd concentration of 0.1 mmol/kg [234], with the European Committee having

recently suggested that this upper limit should only be reached when deemed necessary

[235].

Taking into account that the average weight in Portugal is about 72.65 kg [236, 237],

this would correspond to 7.265 mmol of Gd. This value would be lower for a patient

sample from an oncological treatment institution such as the IPO, due to the weight loss

that is prevalent in oncologic patients [238]. As for the test concentrations used, assuming

that the average adult blood volume is about 5 L [239] and that the samples correspond

to a uniform patient concentration distribution, they would correspond to 5 mmol for the

1mmol/L concentration and 10 mmol using the 2 mmol/L one, with the former being

slightly closer to the average patient administered dose. Therefore, from a clinical stand-

point and in adherence to these guidelines, the 1 mmol/L Gd concentration becomes more

clinically relevant. It should be noted that in reality, the concentration distribution of CA

is a complex subject that is not straightforward to model [240], so the aforementioned

calculations were approximations.
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Furthermore, it is noteworthy that the mean intensity values obtained for the 1 mmol/L

Gd concentration plaque (8594) align more closely with typical patient values (≈7000).

This finding implies that the 1 mmol/L Gd concentration is more clinically relevant when

considering radiopacity in medical imaging applications. Given these results, the chosen

final solution and concentration for the geometric phantom was Gd 1 mmol/L.

5.2 Distortion Calculation Algorithm

A preliminary distortion map of the intermediate plaque was made by calculating the

squared absolute difference of the image pixel intensities in the MRI and CT images at

each point in the scanner’s FOV, after co-registration (Figure 5.4). Inherent differences

were taken into account (the fact that the acrylic is white in the CT scans and black in

the MRI, for example). Qualitatively, it can be seen that there is a correlation between

the distortion values and the distance from the isocenter, as expected. The distortion

is not radially uniform, and the characteristics of the distortion map are unique to each

scanner, due to inherent or acquired equipment inaccuracies, such as regarding the B0

field homogeneity.

FIGURE 5.4: Initial test - global distortion map. The points with the lowest distortion
are color coded in blue, while high distortion regions are color coded in red. Due to

limitations of the used software, no color bar is provided.

This is not the most rigorous way of studying the distortion values, as a more accurate

way of doing so, made possible by the developed insert detection software, is to match

each insert point separately instead of doing a global difference. The evolution of the

results of the insert detection software, for the CT scan, are shown in Figure 5.5. The
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initial result was not detecting enough inserts, as well as detecting the air bubble on top as

an insert. After introducing new intensity thresholds, filtering and a maximum distance

from the center threshold, those problems were eliminated.

FIGURE 5.5: Progress of the insert detection software for CT scans: initial (left), interme-
diate (middle) and final (right).

In the intermediate result (middle image in Figure 5.5), every insert is detected, but

this is still not ideal; the middle grid corresponds to the inserts where different plaques

were glued during the phantom’s construction, and so could not be filled. Those inserts,

plus the ones with air bubbles, should ideally not be detected in order to get the most

precise results, even if less inserts are detected in the final version. Moreover, the grid

itself was detected as an insert, which was corrected by introducing a maximum area

threshold.

The results for two MRI slices are shown in Figure 5.6. The process was similar to

that of the CT scan, but some modifications had to be done, particularly due to the lower

resolution of the MRI scans done for this phantom.

FIGURE 5.6: Insert detection software results for two MRI slices.
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Although not all inserts are detected, this actually leads to more accurate overall re-

sults. In fact, detecting every insert would be possible by simply relaxing the circularity

and intensity threshold criteria. However, this would result in partially air-filled inserts

being detected (with consequent loss of centroid coordinate accuracy, as well as increased

susceptibility artifacts), but it would mean that slightly circular noise patterns in interme-

diate slices would be erroneously detected as being inserts. Thus, given that more than

120 inserts were detected for each of the central grid slices, it was considered better to pri-

oritize accuracy over further detection, due to the aforementioned reasons and the strict

1 mm distortion threshold we wished to compare the results to.

As for the distortion part of the software, which calculates distortion after co-registration

and CT and MRI insert matching, the results for two slices are presented in Figure 5.7.

This visualization tool can intuitively show distortion values and patterns in the image,

before data analysis is conducted. For these two slices, each corresponding to a different

sequence test, a slight dependence on the distance to the isocenter can be seen, which will

be quantitatively analyzed together with the results from other slices for image acquisi-

tion optimization (Section 5.3).

As for the global distortion results, meaning joining every studied slice in the phan-

tom, the results for the ”Protocol” sequence are shown in detail in Figure 5.8. The distor-

tion dependence on the distance to the isocenter is again perceptible, both for the global

and individual components, although the correlation is not strong enough (Pearson r =

0.27) to reliably build a linear model for distortion prediction. This is due to the various,

complex factors causing geometric distortion, which justify the need for data analysis soft-

ware, such as in this study, for distortion quantification. The global results for all tested

sequences are shown in Figure 5.9. These will be further discussed and interpreted in the

next Section.

Given that for many sequences the distortion results were low in the majority of the

test points, the resulting differences would be of the order of less than 5 pixels, result-

ing in a discrete range of results. Thus, for these cases, the images were upscaled using

bicubic interpolation. This method was preferred over others (such as bilinear or near-

est neighbour interpolation) to mitigate interpolation artifacts due to its ability to provide

smoother results and preserve more details in the upscaled image. By considering a larger
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FIGURE 5.7: Visualization and distortion plots for central slices of Test 1 (left) and Test
2 (right). For purposes of visualization, the arrows on the right figure were increased 15

times, to allow perception of the distortion direction.

neighbourhood of pixels and utilizing a higher-degree polynomial approximation, bicu-

bic interpolation offers smoother transitions, reduced blocky artifacts, and better preser-

vation of fine details, while keeping a feasible running time [241, 242]. Even so there is

an inevitable degree of discretization, particularly in the x and y distortion plots in Figure

5.8, due to inherent image limitations regarding their finite resolution, and further image

upscaling could jeopardize the accuracy of the results.
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FIGURE 5.8: Global distortion results for the ”Protocol” sequence (top), together with
their individual components (bottom).
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FIGURE 5.9: Distortion results for each tested sequence, as a function of the distance to
the isocenter.
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5.3 Optimization of 3T MRI Image Acquisition for SRS Treat-

ment Planning

In this Section, the results of the MRI acquisition optimization tests are presented.* The

overall results are shown in Table 5.1.

TABLE 5.1: Results of the sequence parameter tests.

To compare the average distortion values among multiple sequences, a one-way anal-

ysis of variance (ANOVA) test was used. The one-way ANOVA can be used to test if there

are statistically significant differences in the means of three or more groups (in this case,

between the 9 tested sequences). Thus, the mean distortion differences were all deemed

significant within a significance level of α = 0.001.

In the following, a detailed analysis of the tested sequences is presented. Then, in

Section 5.3.3, global correlations are tested.

The results shown in Table 5.1 suggest that the current sequence used by the IPO, la-

beled as ”Protocol”, exhibits a relatively short acquisition time, compared to the remain-

ing tested sequences, of 4.80 minutes, making it efficient for an institution with heavy

patient load. It also demonstrates a moderate SAR of 0.291 W/kg, indicating acceptable

levels of energy deposition in the patient’s body. However, the ”Protocol” sequence sacri-

fices location accuracy for overall image quality. Indeed, although its SNR is high (19.212),

* Test 13 MRI sequence video.



5. RESULTS AND DISCUSSION 97

the mean and maximum distortion values are the highest among the tested sequences. In

particular, the mean distortion is above 1 mm, which was considered the threshold for

SRS treatment planning.

In this regard, the ”Optimized”, ”Test 7” and ”Test 13” sequences were the only ones

that achieved sub-millimetric mean distortion values. However, ”Test 7” had an imaging

time of 18.30 minutes, which is clinically unfeasible, given the current 4.80 minutes of the

”Protocol” sequence. Thus, only the ”Optimized” and ”Test 13” sequences are eligible

as candidates for significant improvements over the ”Protocol” sequence (analyzed in

Section 5.3.2). We will first analyze the sequences that did not perform as well, trying to

understand the reason and its practical significance:

• Test 1: This test sacrificed imaging time (by lowering the slice thickness) in order to

achieve better image quality and lower distortion values. Although it shows slight

improvements compared to the protocol sequence in most tested parameters, the

improvements are not significant enough to justify the increased imaging time. In

particular, the 18% increase in imaging time is only compensated by a 6% distortion

reduction.

• Test 2: This sequence involved increasing the flip angle from 12° to 18°. A larger

flip angle means that the spins are tipped more, resulting in a greater excitation

of the nuclear spins and higher signal intensity in the acquired image. However,

a larger flip angle requires a higher RF power deposition to achieve the desired

excitation. Thus, the increase in SAR was theoretically expected. Although it is

not ideal, this is not a limiting factor by itself, given that, as previously mentioned,

the value is still within the safety range. This sequence actually performs better

than the protocol one overall, with a similar imaging time, but the 9.22% distortion

reduction is still not enough to place its mean distortion below 1 mm, as is the case

for the ”Optimized” and ”Test 13” sequences.

• Test 5: This test involved using manual shimming techniques instead of the default

automatic ones. Although this sequence showed a 7.22% distortion reduction com-

pared to the protocol one, it sacrificed image quality (SNR and CNR) to do it, by

7.41% and 9.82%, respectively. This may actually be a worthwhile trade-off, but this

sequence is not further considered as an improvement over the protocol one because

other sequences achieved better distortion results without this trade-off.
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• Test 7: This sequence used 2 excitations for each repetition, as well as an increased

bandwidth in order to achieve sub-millimetric distortion values. However, not only

does it reduce SNR and CNR by almost 50%, it also increases the imaging time to

18.30 minutes. As explained before, this is a limiting factor, as it renders it clinically

unfeasible. In short, the trade-off is a 24.83% reduction in distortion for a ≈ 50%

decrease in SNR and CNR, and a 281.25% increase in imaging time.

• Test 10: This time, the flip angle was lowered to 10°. This has the opposite effect,

regarding the SAR, of Test 2, and a slight SAR decrease is indeed verified. However,

this sequence performs worse than the protocol one in terms of the SNR, CNR and

the number of detected inserts, which compromises its use, given the comparatively

small (8.46%) distortion reduction.

• Test 12: This multi-echo GRE sequence showed interesting results. In fact, not only

is it significantly faster than the other ones (34.38% compared to the protocol one),

the SAR is also the lowest by far and the maximum distortion is also the lowest,

implying a more homogeneous distortion profile. However, the average distortion

is still considerably high (6.61% reduction compared to the protocol) and the SAR

is reduced by ≈ 50%. Moreover, the number of detected inserts is very low, which

means that this sequence may have difficulty in reliably identifying small lesions

such as brain metastasis.

5.3.1 Weighting factors

After the brute force process for definition of the parameter’s weights, the final three

candidate weighting sets resulting from the optimization algorithm designed to define

the β Factor (Section 4.4) are presented in Figure 5.10. After analyzing these options,

”Factor 1” was chosen as the β factor, since its parameter weights are more appropriately

balanced, particularly those that pertain to image quality. The other two factors were

discarded.

FIGURE 5.10: Final weighting set candidates.
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Thus, the λ and β factors assigns different importance to different parameters, having

been defined using two different methods (Section 4.4). Indeed, there is no unique way

to quantitatively determine the ”best” sequence, given the subjective and complex nature

of this determination. In the following, given that the λ factor is the most comprehensive

one, and we have all the necessary factors, λ will be considered the default quantification

metric. Table 5.2 presents the full, color-coded results, including the λ and β factors.

TABLE 5.2: Full color-coded results of the sequence parameter tests, including the λ and
β factors. Green and red are used to highlight, respectively, sequence parameter results
that were significantly better or worse than the average for all tested sequences, in order

to facilitate its analysis.

The weighting parameter values of ”Test 13” and ”Test 2” are the highest, with ”Test

13” being a clear standout. It is interesting to note that both weighting parameters show

general agreement in the results and sequence quality ordering, although the α factor

favours sequences with high SNR and has a smaller result amplitude. Thus, the λ factor

separates the sequence results more distinctively. On the other hand, it assigns a higher

importance to the acquisition time, as can be seen by comparing the results for the ”Pro-

tocol” and ”Test 1” sequences (Table 5.2. Thus, as previously mentioned, these weighting

factors offer complimentary qualitative information, and the choice of which one to use

must be made according to the priorities and clinical applications of the institution in

question.

The plots illustrating the general results are shown in Figure 5.11. Out of these, the

”Optimized” and ”Test 13” sequences show great potential, and will be analyzed in the

next Section.
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FIGURE 5.11: Mean distortion (top), SNR and CNR (middle), and weighting factors (bot-
tom) values for all tested sequences.

5.3.2 Sequences that showed improvements over the ”Protocol” sequence

As previously mentioned, the two sequences eligible to bring significant improvements

over the protocol one are the ”Optimized” and ”Test 13” sequences, mainly due to the fact

that they can achieve sub-millimetric contrast without great imaging time increases, as re-

flected from their higher weighting parameter values (Table 5.2). The pattern of distortion

reduction with distance to the isocenter can be seen in Figure 5.12.
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FIGURE 5.12: Comparison between the distortion values of the ”Protocol” sequence and
the two best performing sequences in terms of mean geometric distortion (”Optimized”

and ”Test 13”).

However, a detailed comparison of these two sequences shows that the ”Optimized”

one falls significantly short of the ”Test 13” sequence. Indeed, it reduces the mean dis-

tortion by 25.60%, but it sacrifices image quality to do so (23.01% and 16.34% for SNR

and CNR, respectively), while also increasing the acquisition time by 19.17%. These re-

sults are positive, as no single parameter is reduced by more than what the distortion is

reduced by, but the combined results of 3 parameters being sacrificed for distortion re-

duction worsens its potential. Still, it could be an alternative worth considering for SRS

treatment planning, were it not for the fact that the ”Test 13” sequence does not sacrifice

any parameter.

Indeed, the ”Test 13” sequence emerges as a clear improvement over the protocol se-

quence. It is similar in the acquisition time, SAR, SNR, CNR and detected inserts, while

significantly lowering the mean and maximum distortion (by 44.27% and 15.65%, respec-

tively). This test reversed the phase-encoding direction to AP instead of PA.

There was no theoretical a priori reason for the improvement brought upon by this

sequence. In fact, while some distortion correction methods involve acquiring two sets

of images with reversed phase-encoding directions [243], this sequence did not included

any extra set of images, in order not to double the imaging time. Therefore, the cause

of this very positive result cannot be confidently ascertained, as no published research

was found to delve into this particular topic. Metal artifacts have been shown to depend

on the phase-encoding direction in some cases [244], but the phantom used contained no

metal, being made of acrylic. On the other hand, the gadolinium used in the contrast

solution is a metal, and although its concentration was low, it is still possible that it is

the reason for this behaviour. Given that gadolinium is the most commonly used CA in

patients for brain imaging, this might mean a direct translation for human patient results.
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However, without further exhaustive testing and research, it is not possible to make a

definite conclusion regarding the cause of this improvement, as it might have to do with

any of the used equipment parameters (including the scanner itself), as well as with any

eliminated artifact, possibly specific to this sequence or field strength and thus relatively

unexplored.

Therefore, an idea for future work, before any potential clinical implementation, would

be to run these tests on different 3 T scanners, before proceeding to conduct tests on vol-

untary patients to check if this behaviour is matched on humans. In the next Section,

we analyze correlations detected during the data analysis stage, with the goal of finding

statistical patterns that could help explain the obtained results.

5.3.3 Correlation tests

We conducted Spearman’s rank correlation coefficient results for mean distortion, to an-

alyze any correlation between the mean distortion and other parameters. This method

was preferred over Pearson’s product-moment correlation for three main reasons: firstly,

the associations may not be linear; secondly, because of its robustness to outliers; finally,

because some of the variables, such as the SAR or acquisition time, show skewed distri-

butions, and thus may not be assumed to follow a normal distribution. This last reason

is important, as rank-based significance tests are preferred when the data cannot be as-

sumed to follow any particular distribution [245], as in this case. A more subtle reason is

that we are more interested in ranking the tested sequences more than in the precise na-

ture of the correlations, so that the outcome (mean distortion) can be treated as an ordinal

variable. The results are shown in Table 5.3.

For the studied sample, there were no significant correlations between the mean dis-

tortion and other parameters using a significance level α = 0.05, although we can briefly

look into two which are significant for α = 0.1: TE and the maximum distortion. The latter

is clear, implying that sequences with higher maximum distortion values also have higher

mean distortion values. As for positive correlation between mean distortion and TE, it is

also theoretically sensible. It can be due to many factors, such as the fact that with longer

TE, there is more time for dephasing to occur, resulting in increased distortions in the ac-

quired images. Moreover, longer TE values can lead to more pronounced distortions due

to the longer period during which the magnetic field inhomogeneities can influence the

phase of the acquired signal.
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TABLE 5.3: Spearman’s rank correlation coefficient results for mean distortion. Correla-
tions values whose absolute value is greater than 0.25 are highlighted. Significant corre-
lations at α = 0.1 and those with p > 4 α (low correlation significance) are highlighted in

green and red, respectively.

It is also interesting to note that there was no correlation found between the mean

distortion and parameters such as the slice thickness, bandwidth or the acquisition time,

for the studied sample. It may only be relevant to FSPGR sequences, but it implies that

any optimization attempts should not particularly focus on slice thickness or bandwidth

alterations. It also means, within the confines of this study, that longer sequences are not

necessarily better in terms of geometric distortion results.

Next, we analyze, using the same method, significant correlations found in this study

for other parameters, using α = 0.05, as shown in Table 5.4. As this work involved pars-

ing through a high volume of data, these statistical tests serve both as verification steps

for expected behaviour, as well as a way to look for patterns that could explain the ob-

tained results. In fact, most of these correlations are a byproduct of the MRI sequence

design principles. For example, the first negative correlation (Slice Thickness vs Acqui-

sition Time) is expected, as thinner slices require more acquisitions to cover the desired

anatomical volume, leading to increased acquisition time.

Thus, the correlations which provide new information are the ones regarding the num-

ber of detected inserts. The results suggest that, for the presently studied sample, it is

beneficial for sequences to have lower TE values and higher bandwidth values in order

to improve insert detection. This increase in bandwidth carries a corresponding increase

in the SAR value (these two variables were perfectly matched in the rank test) which, al-

though not desirable, may be an acceptable trade-off as long as the SAR values do not

exceed the safety regulatory limits. The correlation between the λ and α factors verifies

the aforementioned fact that the overall ordering provided by the two weighting factors
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TABLE 5.4: Spearman’s rank correlation coefficient for other results deemed significant
using α = 0.05.

is similar, without being identical.



Chapter 6

Conclusion

In this thesis, the challenge of geometric distortion in MRI for SRS treatment planning was

addressed. The presence of geometric distortion poses significant concerns, especially

in scenarios where stringent accuracy requirements demand distortion thresholds of no

more than 1 mm, as is the case with SRS treatment planning. The research focused on

optimizing MRI sequence parameters and quantifying distortion values within the FOV

of a 3 T GE Signa MRI scanner used for SRS treatment planning at the IPO-Porto.

To achieve these objectives, a custom geometric phantom to accurately assess geomet-

ric distortion was designed and built. Through preliminary investigations in an anthro-

pomorphic phantom, we found gadolinium to be an ideal candidate for our study, as

its distortion characteristics closely resembled those observed with patients. Distortion

quantification software that automated the detection and matching of phantom inserts

between MRI and CT scans was developed, enabling accurate calculation of distortion

values. The software also presented the distortion vectors at each matched insert.

Additionally, the MRI image acquisition process was optimized by systematically ex-

ploring different acquisition parameters, aiming to reduce geometric distortion while con-

sidering factors such as acquisition time, SAR, SNR and CNR.

The results revealed important findings regarding sequence optimization and distor-

tion reduction. Among the tested sequences, the ”Test 13” sequence, which involved

reversing the phase-encoding direction, demonstrated significant improvement over the

existing ”Protocol” sequence used at IPO-Porto. It achieved a remarkable reduction in

the mean distortion values without compromising imaging time or image quality. The

cause of this improvement remains to be definitively determined and warrants further

investigation on different scanners and in voluntary patients.

105
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The outcomes of this research may have significant implications for MRI-based treat-

ment planning for SRS at the IPO-Porto. By addressing the challenge of geometric distor-

tion, we have contributed to improving the accuracy and reliability of MRI scans, particu-

larly in the context of SRS. The findings highlight the potential for optimized sequence pa-

rameters to achieve sub-millimetric distortion values while maintaining acceptable imag-

ing time and image quality.

Additional future work focused on reproducing and analysing the cause of the clear

improvement in geometric distortion verified when inverting the phase encoding direc-

tion is merited, as well as an expansion of the distortion quantification software to incor-

porate the z-axis component, thereby giving 3D distortion information.

The developed distortion quantification software and the insights gained from our

study can be applied not only to the specific MRI scanner at IPO-Porto but also to other

MRI systems. This research builds upon previous studies and advancements in MRI-

based SRS treatment planning, and may be used as a foundation for future ones, always

keeping in mind the final goal of enhancing patient outcomes in radiotherapy. As the

magnetic field strength of the scanners used in MRI centers increases, so too will the need

for better compensating distortion correction techniques.



Appendix A

Experimental Details - Additional

Figures

A.1 Phantom filling tests

FIGURE A.1: MRI (left) and CT (right) scans of slice 2 of ”RANDO” head phantom, along
with the studied insert points (images displayed not to scale).
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FIGURE A.2: MRI (left) and CT (right) scans of slice 3 of ”RANDO” head phantom, along
with the studied insert points (images displayed not to scale).

A.2 Phantom Design Details and Results

FIGURE A.3: Head (left) and torso (right) antennae considered in this study. Only the
head antenna was used.

Given the 10.75 cm radius of the cylindrical phantom enclosure that existed in the IPO

already, the square grids were made to fit them perfectly. Thus, the side of the maximal

square that could fit that circle was calculated using the formula l = r
√

2, where l is the
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TABLE A.1: Characteristics of some of the phantoms used for measurement of geometric
distortion in MRI.
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FIGURE A.4: Maximal square in a circle

square side and r is the circle radius (Figure A.4). Thus, the square side was determined

to be 10.75
√

2 = 15.20 cm.

FIGURE A.5: Photographs of the construction and filling process of the geometric phan-
tom: construction at the faculty workshop and background filling, including colourant
addition (top left); insert filling (bottom left); finalized phantom in CT imaging table

(right).
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177:59–73, 03 2001. [Cited on pages 4, 5, 22, 30, 31, 33, 34, 35, 40, 41, 50, 58, 59, and 60.]

[11] Vincent S Khoo, David P Dearnaley, David J Finnigan, Anwar Padhani, Steven F Tanner, and Martin O

Leach. Magnetic resonance imaging (mri): considerations and applications in radiotherapy treatment

planning. Radiotherapy and Oncology, 42(1):1–15, 1997. [Cited on page 4.]

[12] Quentin Gibaru, Christophe Inguimbert, Pablo Caron, Mohamed Belhaj, Mélanie Raine, and Damien
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[111] Christian P Karger, Angelika Höss, Rolf Bendl, Valer Canda, and Lothar Schad. Accuracy of device-

specific 2d and 3d image distortion correction algorithms for magnetic resonance imaging of the head

provided by a manufacturer. Physics in Medicine & Biology, 51(12):N253, 2006. [Cited on page 37.]

[112] Amy Walker, Gary Liney, Peter Metcalfe, and Lois Holloway. Mri distortion: Considerations for mri

based radiotherapy treatment planning. Australasian physical & engineering sciences in medicine / sup-

ported by the Australasian College of Physical Scientists in Medicine and the Australasian Association of Phys-

ical Sciences in Medicine, 37, 02 2014. [Cited on pages 37 and 59.]



BIBLIOGRAPHY 121

[113] NEMA Standards Publication MS 12-2016. Quantification and mapping of geometric distortion for

special applications. 2016. [Cited on pages 38, 39, 55, and 56.]

[114] Wolfgang R Nitz and P Reimer. Contrast mechanisms in mr imaging. European radiology, 9:1032–1046,

1999. [Cited on page 38.]

[115] Richard R Ernst and Weston A Anderson. Application of fourier transform spectroscopy to magnetic

resonance. Review of Scientific Instruments, 37(1):93–102, 1966. [Cited on page 39.]

[116] Jinghua Wang, Lili He, Hairong Zheng, and Zhong-Lin Lu. Optimizing the magnetization-prepared

rapid gradient-echo (mp-rage) sequence. PloS one, 9(5):e96899, 2014. [Cited on page 39.]

[117] John W Snell, Jason Sheehan, Matei Stroila, and Ladislau Steiner. Assessment of imaging studies

used with radiosurgery: a volumetric algorithm and an estimation of its error. Journal of neurosurgery,

104(1):157–162, 2006. [Cited on page 39.]

[118] Mohammed AQ Al-Saleh, Noura A Alsufyani, Humam Saltaji, Jacob L Jaremko, and Paul W Major. Mri

and cbct image registration of temporomandibular joint: a systematic review. Journal of Otolaryngology-

Head & Neck Surgery, 45(1):1–7, 2016. [Cited on page 39.]

[119] Gary E Christensen and Hans J Johnson. Consistent image registration. IEEE transactions on medical

imaging, 20(7):568–582, 2001. [Cited on page 40.]

[120] Amir Pasha Mahmoudzadeh and Nasser H Kashou. Evaluation of interpolation effects on upsampling

and accuracy of cost functions-based optimized automatic image registration. Journal of Biomedical

Imaging, 2013:16–16, 2013. [Cited on page 40.]

[121] Medha V Wyawahare, Pradeep M Patil, Hemant K Abhyankar, et al. Image registration techniques: an

overview. International Journal of Signal Processing, Image Processing and Pattern Recognition, 2(3):11–28,

2009. [Cited on page 40.]

[122] Francisco PM Oliveira and Joao Manuel RS Tavares. Medical image registration: a review. Computer

methods in biomechanics and biomedical engineering, 17(2):73–93, 2014. [Cited on page 40.]

[123] Koen AJ Eppenhof, Maxime W Lafarge, Pim Moeskops, Mitko Veta, and Josien PW Pluim. Deformable

image registration using convolutional neural networks. In Medical Imaging 2018: Image Processing,

volume 10574, pages 192–197. SPIE, 2018. [Cited on page 41.]

[124] Bob D De Vos, Floris F Berendsen, Max A Viergever, Marius Staring, and Ivana Išgum. End-to-end
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[205] Kalaivani Thangavel and EMİNE ÜLKÜ SARITAŞ. Aqueous paramagnetic solutions for mri phantoms

at 3 t: A detailed study on relaxivities. Turkish Journal of Electrical Engineering and Computer Sciences,

25(3):2108–2121, 2017. [Cited on page 64.]

[206] S Keevil. Safety in magnetic resonance imaging. Med Phys, 4(1), 2016. [Cited on page 64.]



BIBLIOGRAPHY 129

[207] Michael J Bronskill, Paul L Carson, Steve Einstein, Michael Koshine, Margit Lassen, William Pavlicek

Seong Ki Mun, Ronald R Price, and Ann Wrightn. Site planning for magnetic resonance imaging

systems. AAPM report, (20), 1986. [Cited on page 64.]

[208] Jeffrey H Kleck, James B Smathers, F Eugene Holly, and Lee T Myers. Anthropomorphic radiation

therapy phantoms: a quantitative assessment of tissue substitutes. Medical physics, 17(5):800–806, 1990.

[Cited on page 64.]

[209] Larry A DeWerd and Michael Kissick. The phantoms of medical and health physics. Springer, 2014. [Cited

on page 64.]

[210] S. Silva, S. Pinto, P. Conde, J. Lencart, E. Machado, and J.A.M. Santos. Optimization of the 3t mri ac-

quisition for radiosurgery patients using a customized head phantom. In FÍSICA 2022 – 23ª Conferência
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