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Abstract
In todays Radiotherapy Treatment Planning, RTP, it is common to use
Computed Tomography, CT, together with Magnetic Resonance Imaging,
MRI, where CT provides electron density information and a geometrical
reference, and where MRI provides superior soft tissue contrast. To simplify the workflow and improve treatment accuracy, research groups have
demonstrated how to exclude CT and use a MRI-only approach. In this
thesis, a method for spatial distortion analysis, ultimately enabling quality assurance, QA, of the spatial accuracy of MRI, was defined, tested and
evaluated.
A phantom was built to cover the entire clinical Field Of View, FOV,
and 6mm-diameter fluid filled paintball markers were placed in a well-defined
geometrical pattern within the phantom, and used as positive contrast. The
phantom was imaged with a 3D Fast Gradient Echo sequence and a 3D Fast
Spin Echo sequence. The markers were identified in the image data by a
MATLAB-algorithm, and the location of the center of mass was calculated
for each marker and compared to a theoretical reference. The location error
was defined as the spatial distortion - a measurement of the spatial accuracy.
Imaging parameters were altered and the effect on the spatial accuracy was
analyzed.
The spatial distortions were successfully measured within the entire
(maximal) clinical FOV. It was shown that high readout bandwidth reduced
distortions in the frequency encoding direction. These distortions could thus
be attributed to B0 -inhomogeneities. It was also determined that increasing
the readout bandwidth to the maximum value reduced the maximum distortions in the frequency encoding direction to the same level as the maximum
distortions in the other two phase-encoding directions of the 3D acquisitions.
The voxel size had a very small effect on the spatial accuracy, enabling large
voxelsize to be used when imaging the phantom, to decrease the scan time.
The method was deemed capable of serving as a basis for QA of the
spatial accuracy of large FOV MRI, which is needed in future MRI-only
RTP approaches.

Sammanfattning
Inom strålterapiplanering är det vanligt att använda datortomografi,
DT, tillsammans med Magnetresonanstomografi, MR, där DT ger information om vävnadens elektrondensitet samt fungerar som en geometrisk referens. MR används för att avbilda vävnaden med överlägsen mjukdelskontrast
i jämförelse med DT. För att förenkla vårdflödet och öka strålbehandlingens
noggrannhet, har forskargrupper föreslagit ett tillvägagångssätt där man
exkluderar DT ur strålterapiflödet, och istället använder enbart MR. Då
MR är behftat med system-beroende artefakter så krävs det att den spatiella
noggrannheten hos MR valideras och kvalitetsäkras för att kunna användas
som bas för strålterapiplanering.
Ett stort fantom byggdes som täckte hela det kliniska Field Of View:et,
FOV:et, och småvätskefyllda kulor (paintball-markörer) med en ytterdiameter på 6mm placerades i ett noggrant föreskrivet geometriskt mönster. Fantomet avbildades sedan med en 3D Fast Gradient Echo-sekvens, samt med
en 3D Fast Spin Echo-sekvens, och där pulssekvensparametrar varierades för
att avgöra dessas inverkan på den spatiella noggrannheten. Kulorna identifierades i bilddatat med en MATLAB-algoritm, och varje kulas masscentrum
registrerades och jämfördes sedan med en teoretisk referens. Skillnaden i position definierades som den spatiella distorsionen, vilket är ett mått på den
spatiella noggrannheten.
Distorsioner i bilddatat kvantifierades över hela det (maximala) kliniska
FOV:et. Distorsioner i frekvenskodningsriktningen minskade då utläsningsbandbredden ökades. Dessa distorsioner kunde därför bestämmas ha orsakats av B0 -inhomogeniteter. Då utläsningsbandbredden var maximal minskade de maximala distorsionerna i frekvensodningsriktningen till de nivåer
som observerades i de två andra riktningarna, faskodningsriktningarna, för
3D-akvisitionen. Voxelstorleken hade endast en liten effekt på den spatiella
noggrannheten, och det var därför möjligt att använda stor voxelstorlek vid
avbildning av fantomet, för att minska scantiden.
Mätmetoden fungerade väl för kvantifiering av den spatiella noggrannheten hos MR, och kan med fördel användas som en metod för kvalitetssäkring
av den spatiella noggrannheten hos MR inom t.ex. strålterapiplanering.
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1

Introduction
Since the introduction of Magnetic Resonance Imaging, MRI, in the late
70’s, MRI has become the gold standard modality for soft tissue imaging.
Due to unique contrast mechanisms, MRI enables visualization of high contrast between soft tissues, like white and grey brain substance. MRI is the
modality of choice for imaging neurodegenerative diseases such as Parkinson’s Disease and Multiple Sclerosis. Furthermore, image formation in MRI
is accomplished without the use of ionizing radiation. In contrast to Computed Tomography, CT, MRI is also capable of producing images in arbitrary
imaging planes. In addition to anatomical imaging, physiological and functional imaging is also possible with MRI, such as studies of flow, diffusion,
perfusion, and functional MRI, f-MRI. Such studies can be used to classify tumor malignancy, and to determine boundaries between healthy- and
pathological tissues based on physiological parameters, rather than anatomical, for example.
Radiotherapy Treatment Planning, RTP, is the process of planning how
to distribute ionizing radiation within a patient, to kill pathological tissues
such as tumors. For dose calculations, the tissue electron density needs to
be known, which can be provided by CT data, why CT usually serves as the
basis of the RTP. For soft tissue tumors, it is beneficial to also include MRI
data into the RTP workflow, because of its superior soft tissue contrast, so
that tumor borders and organs at risk can be properly defined and delineated. Unfortunately, errors are introduced when the MRI-data is fitted to
the CT data, so called co-registration errors. More errors are introduced if
the patient is not positioned exactly the same during the CT and MRI exams, and the radiotherapy treatment session itself. To increase the accuracy
of the treatment planning, it has therefore been suggested to use a MRI-only
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approach. Using such an approach, co-registration errors and errors due to
different patient positioning between the MRI-exam and CT-exam can be
eliminated.
Unfortunately, MRI suffers from systematic artifacts; system-based artifacts caused by imperfections in the system hardware, and patient-induced
artifacts. These artifacts distorts the MRI data, and for the purpose of
RTP, such distortions must be controlled and quantified. Moreover, tissue
electron density is not possible to derive from the MRI data, which presents
further problems for the MRI-only approach. Nevertheless, research groups
have successfully demonstrated how to fully utilize a MRI-only approach to
RTP [1][2]. MRI-only RTP is gold standard for stereotactic radio surgery,
using the Gamma Knife (Elekta Instrument AB, Stockholm, Sweden), which
is possible due to the fact that when using a small imaging plane, such as
when scanning axial slices of the human head, system-based distortions in
MRI are very small. When instead using a large FOV, system-based distortions become a problem for the MRI-only approach. In this thesis, a
method for spatial accuracy quality assurance of large FOV MRI is defined,
tested and evaluated, to be able to quantify such distortions. Derivation
of electron densities from MRI data and the patient positioning aspects are
out of scope for this thesis.
In this chapter, the role of MRI in large FOV RTP is defined, and the advantages and problems it presents are discussed. Finally, the thesis problem
formulation is presented.
Because RTP of the prostate/pelvis regions in general requires large FOV
MRI data to fit the entire body contour within the FOV, prostate/pelvis
RTP is used as an example of an application of large FOV MRI-only RTP
throughout the thesis, and research within the area is presented and reviewed.

1.1

Radiotherapy Treatment Planning

RTP is the process of planning how to distribute ionizing radiation to a
known area of pathology, such as a tumor, with the intent of invoking maximal cellular damage to pathological tissue while sparing the healthy tissue.
This is possible due to fractioning of the dose, i.e. where irradiation is
performed at multiple treatment sessions. This enables healthy tissue to
recover from the radiation damage until the next treatment session, while
pathological tissue will remain damaged and eventually die, due to its higher
radiosensitivity [3].
The type of radiation may be varied and one can irradiate the patient
with high energy photons, electrons, protons or other ions. The source of
the radiation can be located either outside the patient, as in external beam
radiotherapy, or inside the patient, as in brachytherapy. For the purpose of

1. INTRODUCTION

3

this thesis, we are concerned with external beam radiotherapy.
In external beam radiotherapy, it is required that the entire anatomy
which is subjected to radiation is imaged, i.e. the entire body contour, and
that electron density of the anatomy is known, to enable dose calculations.
For the entire body contour to fit within an image, the Field of View,
FOV, i.e. the size of the imaging plane, must be large. Figure 1.1 shows an
axial image of the pelvis region of a healthy volunteer, a man, 95kg, imaged
using a FOV of 46x46cm. The body contour measures, approximately, a
width of 42cm and a height of 22cm. Thus, in this example, a FOV of at
least 42x22cm must be used.

Figure 1.1: Measurements of the body contour of a healthy volunteer, on an
axial image of the pelvis (prostate) region.
In a process called delineation, the tumor is delineated together with
organs at risk, possible microscopic spread of the tumor, and possible uncertainty due to organ motion. Delineation is performed on an image with
sufficient tumor contrast. For soft tissue tumours the delineation is performed on MRI data, because of its superior soft tissue contrast[4].

1.2

CT- and MRI-based RTP

The CT is capable of producing large FOV images which encompasses the
entire body contour of the patient, and provides tissue electron density infor-
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mation. It also serves as a geometrical reference, since it is not subjected to
system-based and patient-induced artifacts, as is the case with MRI. Since
CT has poor soft tissue contrast, a fact attributed to that soft tissues have
similar x-ray attenuation coefficients, i.e. similar electron densities , it is
common to use MRI in conjunction with CT. Tissue electron densities are
not, in general, possible to derive from the MRI data. However, in CT data,
the gray scale value for each pixel is referred to as a Houndsfield unit, HU,
which is defined as
HU (x, y, z) =

µ(x, y, z) − µwater
µwater

(1.1)

where µ(x, y, z) is the linear x-ray attenuation coefficient of the imaged
volume element, the voxel, at (x, y, z) [3].
Since the linear x-ray attenuation coefficient of a CT voxel is related to
the tissue electron density, it is possible to use CT data for dose calculations.
Studies indicate that when prostate tumor delineation is performed on
MRI images instead of CT images there is a significant decrease in the
delineated prostate volume toward a more correct value, and a decrease in
intraobserver variability [5][6]. Thus, an approach where MRI is used for
prostate tumor delineation is beneficial because of the possibility to reduce
the target volume, and thus spare healthy tissue to a greater extent [7][8].
MRI is incorporated into the CT-based RTP workflow via the process
of image co-registration, or simply registration. The target is drawn on the
MRI data, and the registration process transfers the delineated anatomy to
the CT data, taking differences in geometries into account. Thus, the spatial
alignment between the MRI- and CT data is determined, and the target is
transferred to the CT data in accordance with the geometrical deviations in
the spatial domain between the MRI and the CT data [9].
It has been shown that the registration process introduces errors, referred to as co-registration errors, which affects the treatment accuracy. In
a literature review by Nyholm et al. [10], it was concluded that the registration uncertainty, i.e the co-registration error, was 2 mm for prostate
MRI/CT registration. Also, prostate delineation uncertainty was investigated between three physicians, based on there analysis of 18 prostate cancer patients. The delineation uncertainty was determined to 1.8mm in the
right-left (RL) and anterior-posterior (AP) directions and 2.8 mm in the
superior-inferior (SI) direction [10].

1.2.1

Patient Positioning

To minimize co-registration errors and thus improve the treatment accuracy,
the patient set-up should ideally be exactly the same during the different
imaging and treatment sessions. The similarity of the patient set-up of the
MRI and the CT examinations will therefore reflect on the co-registration
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errors, which in turn will affect the planning accuracy, the dose distribution
within the patient and ultimately the treatment outcome.
Because of this, it is common to fixate the patient to the patient table of the imaging device and the treatment device, respectively, using
MRI-compatible fixation devices, where the same fixation devices are used
throughout the planning and treatment. For high reproducibility, it is common to use a flat table top on all imaging and treatment devices [11][12][13].
An approach where the patient remains fixated while moved from the MRI
scanner to the treatment device, to minimize errors caused by differences in
patient positioning, have been described by Karlsson et al. [1].
To align the patient with the treatment system, it is possible to derive
Digitally Reconstructed Radiographs, DRRs, from the CT data. The DRRs
are similar to images which can be obtained by the treatment device in the
treatment position, using so called portal imaging. Portal imaging is the
imaging of the patient in the treatment position with the treatment device,
thus similar to planar x-ray images, but not necessarily acquired with xray energies. By comparing the DRRs to the portal images taken by the
treatment device, patient positioning can be monitored and thus optimized
[14]. Other methods to track and verify patient positioning include external
lasers, skin markers, fiducial markers and stereotactic frames for stereotactic
radio surgery.

1.3

MRI-only RTP

If it would be possible to exclude the additional CT exam from the CT- and
MRI-based RTP workflow, the workflow would be simplified, costs would be
reduced and co-registration errors would be eliminated, and errors due to
differences in patient positioning would decrease, since one modality were
to be excluded. The dose delivered to the patient would also decrease if
CT was to be excluded. However, exclusion of the CT data leads to i) a
lack of electron density information for dose calculation and DRR generation and ii) a lack of a large FOV geometrical reference. Research groups
have demonstrated various solutions to these problems, some of which are
presented below.

1.3.1

Electron Density Information

A popular approach described in the literature to get the tissue electron
density without the CT data, is to segment the anatomy from the MR
data into bone, air and water, and to assign bulk electron densities to the
segmented regions [1][5][15][16], thus enabling dose calculations based on
MRI-data only. Other approaches described in the literature includes deriving CT-substitutes from MRI images acquired with ultrashort echo time,
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TE, pulse sequences (UTE). By using ultrashort TE pulse sequences, it is
possible to acquire signals from cortical bone, where the x-ray attenuation
is high, compared to soft tissues where the attenuation is lower and similar
to that of water. CT substitutes are derived from the UTE MRI-data by
relating image intensity in the UTE image data to tissue electron density
[17][18].
Other approaches have been described where the signal intensity of T2∗ weighted images acquired with a non-UTE gradient echo sequence has been
shown to be related to the HUs of pelvic bone [19], thus enabling generation
of so called pseudo CT data from MRI data.
It has also been shown that it is possible to generate DRRs from such
pseudo-CT data (derived from MRI-data), thus enabling verification of patient positioning between the imaging system and the therapeutic system
[4][17][19][20].

1.3.2

Geometrical Reference

The geometrical reference that was provided by the CT data it is no longer
available when using an MRI-only approach. Also, the large FOV that is
required further complicates the process, since the distortions in the MRI
data in general increases with the size of the FOV, or more specifically, the
distance from the magnet isocenter.
MRI suffers from system-based and patient-induced distortions, where
system-based distortions include errors attributed to main magnetic field
inhomogeneities, and to gradient non-linearities. Patient-induced distortions
are distortions attributed to differences in magnetic susceptibility of tissues,
to chemical shifts, flow, movement and eddy currents.
To be able to use MRI as geometrical reference, all distortions in the
image data must be minimized, or at least controlled. System-based artifacts
are possible to measure using a phantom which has a known geometry.
Distortions in the MRI image data of the phantom geometries represents
a measurement of the degree of system-based artifacts. Patient induced
distortions are possible to mitigate in the protocol design, however this is
out of scope for this thesis, and focus is instead put on testing and evaluating
a method for measurement of the spatial accuracy of the MRI data.

1.3.3

Distortion Correction Techniques

It is not possible to design a gradient coil of which has a perfectly linear
gradient field distribution, something which is only attributed to a purely
theoretical, ideal coil. Because of this, all vendors must correct for gradient
non-linearities.
GE scanners uses the Gradwarp (GE Healthcare, Waukesha, WI, USA)
algorithm to correct for gradient non-linearities, and which is enabled by de-
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fault within the imaging slice, and in the slice-direction for 3D acquisitions,
or 2D volumes without slice-gaps. Gradwarp is based on the theoretical
modelling of the gradient field distribution, using models based on spherical
harmonics expansion of the gradient fields. An example of a 1-dimensional
non-linear gradient field distribution is demonstrated in Figure 1.2. As can
be seen the non-linearity of the gradient field distribution increases with
distance from magnet isocenter (the origin, i.e. where G(0) = 0). Also note
that for a small FOV, the gradient field distribution is almost perfectly linear. Although the illustration is only an example, similar behaviour can be
expected in practice.

G(x)
Ideal gradient
(perfectly linear)

x
Non-linear gradient

Figure 1.2: 1D representation of an ideal, perfectly linear gradient field
distribution (dashed line) and a non-linear gradient field distribution (solid
line). G(x) is the gradient field strength and x is the spatial dimension.
A consequence of using Gradwarp, visible to the user, is that the edges
of the corrected image data may appeared curved, and a hour glass shape
or similar may be observed, which is caused by the warping of the image
data according to the gradient field distributions derived from the spherical
harmonics expansion model of the (non-linear) gradient fields. To create
such a model, knowledge of the gradient coil design must be known, why
such information is usually proprietary to the vendor.
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Imaging Sequences

Table 1.1 presents pulse sequences used in MRI-only approaches to prostate
RTP. As mentioned, the pelvis region must be imaged with a large FOV to
fit the entire body contour, as needed in MRI-only external beam RTP, and
why prostate RTP serves as a good example of an application of large FOV
RTP, for the purpose of this thesis.

Exam purpose

Sequence
name

Sequence
family

Weighting

Bandwidth
(kHz)

FOV
(cm)

Matrix
size

Reference(s)

Body contour

LAVA Flex

3D GRE

T1

90.9

42x42

428x448

[19][2]

(Dixon)
Tumor contrast

Cube

3D FSE

T2

62.5

22

256x256

[19][2]

Tumor contrast

FSE-XL

2D FSE

T2

-

20-22

-

[21][16]

Body contour

FSE-XL

2D FSE

T2

-

Sized to fit
entire pelvis

-

[21][16]

Body contour

TSE

3D FSE

T2

39.5

45-50

256x256

[22]

Body contour
& tumor contrast

SPACE

3D FSE

T2

227.4

Sized to fit
entire pelvis

384x384

[10][15]

Body contour

FLASH

3D GRE

T1

62.5

42-50

256x256

[5]

Table 1.1: List of pulse sequences and parameters used in MRI-only approaches to prostate RTP . ”-” indicates the information was not provided
in the article.
Two different approaches was observed for MRI-only prostate (large
FOV) RTP imaging.
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Kapanen et al. [2] used an approach where one sequence was used to image the entire the body contour for dose calculations, using a large FOV
of 42x42cm, and a T1-weighted gradient echo sequence utilizing Dixons
method (LAVA Flex, GE Healthcare, Waukesha, WI, USA). A second second sequence was used for prostate imaging, a 3D Fast Spin Echo (Cube,
GE Healthcare, Waukesha, WI, USA) which had T2-weighting for optimal
prostate tumor contrast, and which was acquired using a smaller FOV. Such
a methodology require MR-MR registration, i.e. the small FOV image where
the tumor is delineated must be registered to the large FOV image which
encompasses the entire body contour of the patient.
An alternative approach was developed by Karlsson et al. [1] and Nyholm
et al. [10], using the SPACE (Siemens Healthcare, Erlangen, Germany)
3DFSE sequence to image both the body contour and the target, i.e. the
area to treat with radiotherapy. Lee et al. [5] used a similar approach, but
where a FGRE sequence was used instead of a FSE sequence. Dowling et al.
[21] and Lambert et al. [16], used an approach similar to that of Nyholm et
al. [10], i.e. where the same pulse sequence was used for imaging of the body
contour, and for tumor contrast, for delineation. Because the body contour
and the target were imaged separately, MR-MR registration was required.
MR-MR registration introduces another source of error; registration errors similar to those encountered in CT-MR registration. However, many
algorithms for registration are based on Mutual Information, MI, i.e. similarities within the image data [23]. With an increased similarity between
the image data, by using MR-MR registration instead of MR-CT registration, registration errors are likely to decrease, implying that an MRI-only
approach is advantageous over approaches where MRI and CT are combined.
To set the optimal bandwidth, Kapanen et al. [2] increased the readout bandwidth to a level where no artifacts were visible, in an approach to
maximise SNR (low bandwidth) but minimize artifacts (high bandwidth).
Nyholm et al. [10] used a high readout bandwidth of 592Hz per pixel,
which corresponded to a readout bandwidth of 227.4kHz over the entire
FOV, if using 384 frequency encoding steps, as described in other articles
by the same research group [15][24]. A high readout bandwidth minimizes
artifacts caused by off-resonance effects, such as B0 inhomogeneity, susceptibility differences and chemical shifts. Thus, the spatial distortions caused
by properties inherent in the system design, are to some extent possible to
control with imaging parameters.

1.4

Problem Formulation

Research groups have demonstrated how to utilize an MRI-only approach
for external beam RTP of the male pelvis region. Large FOV MRI data was
used to image the body contour of the patient, to enable dose calculations,
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as is needed in external beam RTP. If MRI data is to be used as a source of
tissue electron density, and also used for tumor delineation, the demand for
high spatial accuracy MRI data is evident.
In the literature, little emphasis has been put on determining the spatial
accuracy over a large FOV of the MRI data in the case of large FOV MRIonly RTP, something which is necessary due to the inherent system-based
artifacts in MRI, due to decreased B0 homogeneity and gradient linearity in
the outer parts of the FOV.
Although most patient induced artifacts can be mitigated with proper
protocol design, gradient non-linearities cannot in general be compensated
for by the imaging protocol, and additional correction algorithms are needed.
Data on the performance of the correction algorithms are usually not available from the vendor, and needs to be investigated to assure proper functionality and sufficient performance, especially when using the MRI data only
as a basis for RTP. The influence of B0 inhomogeneities in the outer parts of
the FOV must also be determined. Moreover, the influence of certain pulse
sequence parameters also needs to be investigated to determine their overall
effect on the spatial accuracy of the MRI data.
Consequently, the aim of this thesis was to define, test and evaluate a
method for quality assurance of the spatial accuracy of large FOV MRI, by
measuring the distortions in the MRI image data using a phantom which covered a large FOV, by using a software developed by GE Healthcare (Waukesha, WI, USA).

2

Theory
2.1

Magnetic Resonance Imaging

~ = B0 ẑ, they
When protons are placed in a strong external magnetic field B
align with the main magnetic field either parallel (also referred to as spinup) or anti-parallel (also referred to as spin-down), due to the quantum
mechanical phenomenon Zeeman Splitting. The spin-up state has lower
energy, and is thus more probable according to the Boltzmann distribution
of statistical mechanics, and why there will be a small excess of spin-up
protons. The angular frequency of the rotation, ωL , is called the Larmor
Frequency, defined by
ωL = γB0

(2.1)

where γ/2π = 42.58M Hz/T for protons.
A large collection of protons will causes a macroscopically detectable net
~ to appear in the direction of the magnetic field B
~ = B0 ẑ,
magnetization M
because of the small excess of spin-up protons. The transverse component
~ is equal to zero due to complete phase decoherence among the spin-up
of M
protons.
~ using radio frequency pulses, referred to
It is possible to manipulate M
~
as B1 . If RF energy is transmitted from an electromagnetic coil with the
frequency of 42.58MHz, for protons in a magnetic field of 1T, transitions of
the excess protons in the low energy state (spin-up) state, to the high energy
state (spin-down) will occur. The RF pulse introduces a phase coherence
~ flipping away from the axis of B0 , as a
among the protons, resulting in M
result of the transition from the spin-up to the spin-down state, and rotating
down toward the transverse plane (the xy-plane) in a spiral trajectory, due
to the Larmor angular frequency of the protons.
~ flips away from B0 , the so called flip angle, is
The angle by which M
defined by the integral of the RF-envelope, B1e (t):

11
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Z

τp

θ=γ

B1e (t)dt

(2.2)

t=0

which is true for on-resonance excitations, i.e. when ωrf = ω0 , and for
small flip angles [25].
Following the excitation, which occurs during the application of the RF
~ with
pulse, is the relaxation process which is defined by the rotation of M
~
the larmor frequency around the z-axis, back to equilibrium, i.e. where M
is aligned with the external magnetic field. If an electromagnetic coil is
wrapped around the sample, and is tuned at the Larmor frequency, the ro~ xy , will induce
tating transverse component of the net magnetization, i.e. M
a voltage in the coil, in accordance to Faraday’s law of induction, resulting in a (macroscopically) measurable signal. This signal is called the Free
Induction Decay, FID.
The relaxation process is described by the Bloch equations, a set equations named after the Swiss physicist and Nobel laureate Felix Bloch, and
~:
which describe the complete time evolution of M
~
dM
~ × B~1 − Mx x̂ + My ŷ + (M0 − Mz )ẑ
= γM
(2.3)
dt
T2
T1
The constants T1 and T2 are tissue specific, and define the regrowth of
the longitudinal magnetization (T1) and the decay of the transverse magnetization (T2), following an excitation.
If a second RF pulse is applied, but with flip angle θ = π, the de-phasing
of the individual magnetic moments will be reverted, and the magnetic moments will instead approach a phase coherence, resulting in a new signal, an
echo. The π-pulse is also referred to as a 180◦ -pulse or a refocusing pulse.
This particular echo is called a spin echo and it is characterized by an excitation pulse, usually a 90◦ -pulse, followed by a 180◦ -pulse. The time between
the first excitation pulse of such an excitation scheme, and the first echo, is
called the echo time, TE. If the pattern is repeated, the time between each
90◦ -pulse is referred to as the repetition time, TR. If multiple 180◦ -pulses
are applied after a single excitation pulse, not necessarily a 90◦ -pulse, the
scan time will decrease but the value of TE will differ for each echo.
Simply put, the possibility to form an echo is essential for MRI since
this allows for modifications of the phase and frequency components of the
collections of protons in between echoes, which allows for spatial encoding
of the MRI signal.

2.1.1

Signal Properties

When the signal, the FID, is received, it is common to first demodulate the
signal, i.e. to remove the Larmor frequency component from the signal [25].
The demodulated signal, detected using quadrature detection immediately
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after the application of the RF pulse (i.e. at time t = 0+ ), can be expressed
as
Z
S=
Mxy (~r, 0+ )e−t/T2 e−iω(~r)t d~r
(2.4)
object

where Mxy (~r, 0+ )e−t/T2 is the transverse magnetization following immediately after the RF pulse. The complex valued exponential function
~ xy around ẑ with the angular frequency ω.
corresponds to the rotation of M
We now introduce a spin density function ρ(ω) such that
Z ∞
ρ(ω, ~r)dω
(2.5)
M (~r) =
−∞

where ρ(ω, ~r) can be regarded as the spin density of the sample, i.e. the
distribution of magnetic moments or protons, likewise.
If we further omit the e−t/T2 term (which is valid under the assumption
t << T2 ), and assume ω(~r) has the same value over the entire sample,
equation (2.4) can be re-written as
Z
S(t) ∝
ρ(~r)e−iω(~r)t d~r
(2.6)
object

Looking at the implications of equation (2.6), we see that the signal is
proportional to the Fourier transform of the spin density function. This
result will be discussed further in the upcoming section.
To spatially encode the sample, additional magnetic fields are applied
so that the gradient of the total magnetic field (in the strict mathematical
sense) is non-zero, i.e. the field strength varies with spatial location. By
applying such gradient fields, it is possible to create a relation between
precessional frequency, phase and spatial location. This is referred to as
spatial encoding.
Gradient fields were introduced by the late Prof. Paul C. Lauterbur of
University of Illinois, and further implemented by Sir. Peter Mansfield of
University of Nottingham, in the early seventies. Their combined work was
recognized as the basis of MRI, for which they were awarded the Nobel Prize
in Medicine of Physiology in 2003 [26].

2.1.2

Gradient Fields

~ where
The three-dimensional gradient field is denoted G,
~ = Gx x̂ + Gy ŷ + Gz ẑ
G

(2.7)

Furthermore, the gradient field will add to the main magnetic field according to
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~ tot = Gx x̂ + Gy ŷ + (B0 + Gz )ẑ
B

(2.8)

~ tot , the Larmor freDue to the varying total magnetic field strength, B
quencies of the collections of protons within a sample will be different along
~ resulting in a relationship between the spatial position and the Larmor
G,
frequency of different, spatially separated collections of protons. Such different collections of protons are referred to as isochromats. An isochromat
has a certain frequency bandwidth, i.e. the collection of protons within the
isochromat will rotate with a certain frequency range.
The 3-dimensional distribution of different Larmor frequencies are related to the spatial domain via the Fourier Transform.

2.1.3

Phase Encoding

If an RF pulse is followed by the application of a gradient with a short
duration time t in the ŷ-direction, the Larmor frequency of the isochromats
will be different along the direction of the gradient according to
~ tot
ω0 = γ B

(2.9)

which results in that isochromats separated in the ŷ-direction will rotate
with different angular frequencies during the application of the gradient. After the gradient is turned off, all isochromats in the sample will again rotate
with the same angular frequency, ω0 . What happens during the application
of the gradient is that isochromats positioned at different locations along ŷ
accumulates a different phase.
The resulting phase difference, given in radians, at the end of the application of the gradient is given by
Z t
φ(y, t) = yγ
Gy (t0 )dt0
(2.10)
0

Here, the high frequency component, the Larmor frequency, has been
removed, i.e. the signal has been demodulated.
If the phase encoding gradient Gy is applied between the 90◦ and the
180◦ -pulse of the spin echo pulse sequence, the resulting echo will become
phase encoded, relating phase of an isochromat to spatial location.

2.1.4

Frequency Encoding

Frequency encoding follows the exact same principle as phase encoding, but
instead of applying a short gradient pulse to create a phase decoherence,
the frequency encoding gradient is applied usually perpendicular to the axis
of the phase encoding gradient during the echo, or readout, since the echo
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usually is the signal we want to register. The result is that spins that already
have a different phase along the direction of the phase encoding gradient, will
now also differ in angular frequency along the frequency encoding direction.
Thus, the resulting echo will now be spatially encoded in two dimensions.
The phase dispersion introduced by the frequency encoding gradient is
given by
Z t
φ(x, t) = xγ
Gx (t0 )dt0
(2.11)
0

As can be seen, the principle is identical to that of phase encoding.

2.1.5

k-Space

The so called k-space formalism was introduced in the beginning of the 80’s
by Ljunggren [27] among others, and it simplifies the description of signal
acquisition in MRI substantially.
To properly introduce the k-space formalism, we start by looking back
at the demodulated FID signal from a single isochromat [28]:
Z
S(t) =
ρ(~r)e−iωt d~r
(2.12)
object

If we further assume that a phase encoding gradient have been applied
in the y-direction for example, thus introducing a phase shift, ∆ω, the signal
takes the following form
Z
S(t) =
ρ(~r)e−i∆ωt d~r
(2.13)
object

Where
Z
∆ω = φ(y, t) = yγ

t

Gy (t0 )dt0

(2.14)

0

The signal can now be expressed as
Z
Rt
0
0
S(t) = ρ(y)e−i(yγ 0 Gy (t )dt ) dy

(2.15)

If we also add a frequency encoding component to the signal, as in two
dimensional spatial encoding, the signal takes on the following expression
Z Z
R t1
R t2
0
0
0
0
S=
ρ(x, y)e−i(yγ 0 Gy (t )dt +xγ 0 Gx (t )dt ) dxdy
(2.16)
If one introduces a vector ~k such that ~k = (kx , ky ) and where
Z t
kx = γ
Gx (t0 )dt0
0

(2.17)
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and
Z
ky = γ

t

Gy (t0 )dt0

(2.18)

0

equation (2.16) is simplified to
Z Z
S(t) =
ρ(x, y)e−i(xkx +yky ) dxdy

(2.19)

which is equal to
Z
S(t) =

~

ρ(~r)e−i(~r·k) d~r

(2.20)

object

where ~r = (x, y), d~r = (dx, dy) and ~k = (kx , ky ) for the 2-dimensional
case, and where the same analogy applies to the 3-dimensional case.
k-space is the complex vector space where ~k is confined. As can be
seen from formulas 2.17 and 2.18, the integrals of the phase- and frequency
encoding gradients are proportional to the k-value (by a factor γ). If one
considers the time evolution of ~k when the frequency encoding gradient
is applied, ~k follows a trajectory which is a straight line in k-space if the
gradient amplitude is constant. If the k-space trajectories are straight lines,
the sampling is called rectilinear or cartesian.
The k-space sampling trajectory is defined by the MRI pulse sequence,
which in turn is defined by the applied RF- and gradient pulses and their
timings, respectively. Realizing this, and recognizing formula (2.20) as a
Fourier Transform (FT), and looking back at formulas 2.17 and 2.18, we
can conclude the following:
• RF and gradient amplitudes and timings determine the k-space sampling trajectories.
• The MRI signal is the Fourier Transform of the spin density.
• The spin density, i.e. the MR image, can be recovered from the signal
via Inverse Fourier Transformation (IFT). In practice, this corresponds
to a Discrete IFT of k-space, where the spatially encoded MRI signals
have been stored at locations determined by unique combinations of
frequency and phase encoding gradient amplitudes.

2.2

Imaging Parameters and SNR Considerations

Imaging parameters are parameters which, in general, are possible for the
MRI system operator to change.
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Readout Bandwidth

Generally, when speaking about bandwidth in MRI, it is the readout or receiver bandwidth that is meant. The bandwidth of the MR signal, however,
is defined by field strength of the applied frequency encoding gradient and
the physical extent of the object from where the MR signal originates, i.e.
the excited volume.
The receiver bandwidth can be limited so that only a narrow frequency
range of the MR signal is received and processed, making it possible to
exclude signals from objects which extends outside the FOV. Increasing the
readout bandwidth while maintaining a constant FOV requires the readout
gradient field strength to be increased, which is demonstrated in Figure 2.1.
G(x)
G1(x)

+A

G2(x)

+B

x

-B

-A
FOV (frequency)

Figure 2.1: The relationship between FOV, BW and gradient field strength,
G1(x) and G2(x) with amplitudes ±A and ±B respectively, and where A >
B.
In Figure 2.1, gradient field strength is ±AmT /m for G1(x) and ±BmT /m
for G2(x), with absolute values of 2AmT /m and 2BmT /m respectively. The
corresponding bandwidths of the MR signals, BW1 and BW2 equals
BW1 = 2A ·

γ
γA
=
[Hz]
2π
π

(2.21)
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γ
γB
=
[Hz]
(2.22)
2π
π
A major advantage with increasing the readout bandwidth while keeping the FOV fixed, is that the effective bandwidth per pixel becomes larger,
which suppresses shifts caused by chemical shifts, susceptibility differences
and B0 inhomogeneities. For example, if using an acquisition matrix of 256
elements and setting the receiver bandwidth equal to BW1 , the corresponding bandwidth per pixel would be
BW2 = 2B ·

γA
[Hz]
(2.23)
256π
The fat/water chemical shift is 440Hz at 3T, and in order to eliminate
chemical shifts a bandwidth per pixel larger than 440Hz must be used. If
using an acquisition matrix of 256x256 elements, the minimum BW over the
entire FOV would have to be 440Hz ∗ 256 = 112.64kHz to eliminate such
chemical shifts.
Doubling the gradient field strength will increase the frequency range of
the MR signal by two, and the receiver bandwidth needs to be increased
as well, otherwise the FOV will be halved. Unfortunately, increasing the
frequency range of the receiver will increase the noise. Thus, high bandwidth
is related to low SNR.
BW1,px =

2.2.2

Voxel Size

To be able to determine a spatial shift in the image data, the spatial shift
need o be larger than the voxel size. The voxel size determines the resolution
of the image data, and is defined as the size of the FOV in the frequency-,
phase- or slice-encoding direction, divided by the size of the acquisition matrix in each corresponding direction. For 3D acquisitions, the slice-encoding
direction is replaced by a third phase encoding direction and for rectilinear
sampling, these are all mutually perpendicular.
The native resolution of the image data, i.e. the ability to separate two
adjacent objects, is inversely proportional to the voxel size; the smaller the
voxel size, the higher the resolution. To increase the resolution in the image
data, the acquisition matrix size need to be increased, and as a consequence
scan time is usually increased, and SNR decreases.

2.3

System-dependent Artifacts

Artifacts are often classified as system-dependent or patient induced. The
fact that MRI suffers from system inherent and patient induced artifacts, is
well known. Although we were not concerned with patient induced artifacts
in this thesis, since no human scanning was performed, such artifacts must
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be accounted for in MRI-only RTP approaches, why some sources of such
artifacts are presented below.
System-dependent artifacts are those attributed to inhomogeneities in
the main magnetic field and to gradient non-linearities. The large FOV
requirement of MRI-only RTP puts high demands on the control of such
artifacts, since they increase with the distance from the isocenter, i.e. with
the size of the FOV. To be able to control such artifacts, their root causes
must be known.

2.3.1

B0 Inhomogeneity

To increase B0 homogeneity, the MR750W GEM is passively shimmed to the
specified homogeneity of ≤12ppm (peak-to-peak) over a 45x48cm elliptical
volume, which is the largest shim volume. Passive shimming is an iterative
process where a field map is acquired with a set of spatially separated coils
(external to the system), each containing a water sample, over the surface of
the wanted volume, and where ferromagnetic shims are placed into drawers
inside the the magnet bore, to increase homogeneity.
A shift ∆x in the spatial domain caused by a B0 inhomogeneity of ∆B
ppm in a 3T field, can be described by
∆x[m] =

∆B[ppm] · 42.58[M Hz/T ] · 3[T ]
BW [Hz]/F OV [m]

(2.24)

An inhomogeneity of 12ppm, using a 50cm FOV (largest clinical FOV for
the MR750W system) in the frequency encoding direction and the maximum
receiver bandwidth ±250 kHz, results in a spatial shift of
∆x =

12 · 42.58 · 106 · 3
m = 1.53 · 10−3 m = 1.53mm
500 · 103 /0.5

(2.25)

On the contrary, if using a 40cm FOV in the frequency encoding direction, the inhomogeneity is much smaller, and specified as less than 4ppm
for a 40cm Diameter Spherical Volume, DSV. Consequently, the slightly decreased imaging volume reduces the spatial shift by a factor 3, to 0.51mm.
To conclude, spatial shifts due to B0 inhomogeneities can be eliminated
by reducing the FOV and/or increasing the receiver bandwidth, which corresponds to increasing the readout gradient field strength. Spatial distortions
caused by B0 -inhomogeneities will scale with FOV/BW.

2.3.2

Gradient Non-Linearities

Perfectly linear gradients cannot be manufactured practically. Because of
this, compensation for gradient non-linearities is necessary. The linearity
decreases with the size of the FOV, and since a large FOV must be used to
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fit the entire body contour in MRI-only RTP, compensations for gradient
non-linearities are necessary. Moreover, the non-linearities of the gradients
does not in general scale with the gradient field strength, why errors due to
non-linearities are constant for all rectilinear sequences, and thus possible
to correct for [29].

2.4

Patient Induced Artifacts

Patient induced artifacts are those attributed to unaccounted differences in
Larmor frequencies, i.e. off-resonance spins, resulting in spatial shifts in the
image domain. Such artifacts are caused by chemical shifts and differences in
magnetic susceptibility within the patient, and is evident especially around
air cavities such as the sinuses or the rectum. Artifacts attributed to offresonance effects can be minimized and even suppressed, if using sufficiently
high readout bandwidth.
Other patient induced artifacts include those caused by eddy currents;
current that are induced inside the patient by the rapidly oscillating gradient
fields, causing magnetic field distortions, and blurring of image data. Patient
induced artifacts also include motion- and flow artifacts, which appear in
the phase-encoding direction.
Although we are not concerned with patient induced artifacts in this
thesis, such artifacts must be accounted for in MRI-only RTP approaches.

3

Methods
To measure the distortions in the MRI data, a large phantom containing
known geometries was imaged with MRI, and the distortions of the phantom
geometries were analyzed. The analysis was performed in Matlab (The
MathWorks Inc., Boston, MA, USA), with an algorithm developed by GE
Healthcare (Waukesha, WI, USA).

3.1

The MRI System

The imaging was performed on a GE Healthcare 3T MR750W GEM MRI
system, displayed in Image 3.1 (a). The system had a 70cm wide magnet
bore, to increase patient comfort and also to make space for fixation devices
such as those used in RTP. Slew-rate of the gradients were 200mT m−1 s−1 ,
the maximum gradient field strength was 44mT m−1 and the maximum readout bandwidth was ± 250kHz [30]. The system had a flat table top with
a built in posterior array coil and an optional table top insert, compatible
with numerous patient positioning devices, possible to use throughout the
RTP workflow.

3.2

The Large-FOV Phantom

A large-FOV phantom, with signal carriers covering an area of 45x45cm at
most, was used for imaging. The outside of the phantom measured approximately 55x55x35cm. The phantom was machine built at a local plastic
manufacturing company. The material of the phantom was heat expanded
(foamed) Polyvinyl Chloride, PVC, which had a slight inhomogenous density, but which was very rigid compared to styrofoam or tooling foam for
example, while maintaining an overall density of around 30% that of water.
No MRI signal was observed from the PVC plastic when imaged with MRI.
The phantom is displayed in Figure 3.1.
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(a)

(b)

Figure 3.1: (a) Phantom positioning inside the GE MR750W GEM MRI
system.(b) The large-FOV phantom
The phantom used positive contrast in the form of commercially available
paintball markers, with a diameter of 6mm. The markers are displayed in
Figure 3.2.

(a)

(b)

Figure 3.2: (a) A phantom plate with visible signal carriers (b) The signal
carriers, the paintball markers, and a measurement tape with [cm] scale.
The phantom was constructed out of 14 layers of 25mm thick plates, of
varying width with holes drilled for the markers, as demonstrated in Figure
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3.2 (a). The diameter and depth of the holes were equal to 6mm, thus
providing a slight press on markers which had a slightly different shape than
the ideal spherical shape. The plates were fixated from top to bottom with
four 10mm-diameter threaded acrylic rods and eight acrylic nuts. A rigid
plexiglass plate, approximately 10mm thick, was used to fixate the sides of
the 14 plates, to ensure that no skewing would occur between plates when
the phantom was lifted or moved. It was concluded that it was sufficient to
fixate only one side of the phantom since fixation markers were many (28
total, two acrylic screws for each plate), and the plexiglass plate was very
rigid compared to the foamed PVC plates.
The innermost parts of the phantom contained a coarse marker distribution, with in-line markers distancing 50mm from each other, while the
outermost parts of the phantom contained a fine marker distribution, with
in-line markers distancing 25mm from each other. This was done because
gradient linearity and magnet homogeneity are very high close to the magnet isocenter, making it possible to reduce the amount of measurements in
that region because the amount of distortion does not vary as much as in
the outer regions (standard deviation of the mean distortion increases with
distance from isocenter).
The layout of all the plates are displayed in Figure 3.3, where the images
are coronal reformats of the phantom, imaged with a 3DFGRE sequence
using a readout bandwidth of ±250kHz.

3.3

Phantom Imaging

The phantom was imaged using a 3D Fast Gradient Echo sequence, 3DFGRE, and the Cube (GE Healthcare, Waukesha, WI, USA) 3D Fast Spin
Echo sequence, Cube 3DFSE.
All scanning was performed using the built in body RF coil, which had
an inner diameter of 70cm. The MR750W system uses dual RF transmit
channels (usually referred to as I and Q for quadrature transmit) throughout
the entire RF transmit chain, which enables compensation for dielectric
effects which may cause inhomogenous excitation fields in 3T. SNR may be
affected by such phenomena, but not the spatial accuracy.
Prior to imaging, careful phantom positioning was performed.

3.3.1

Phantom Positioning and Alignement

Prior to all scanning, the phantom was positioned carefully according to a
certain procedure to align the phantom with the gradient coordinate system.
The phantom was repositioned five times total, where each unique time was
defined as an exam. For each exam, several series were acquired in order to
be able to vary imaging parameters.
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Figure 3.3: Coronal reformats of phantom plates 1-14 imaged with the 3DFGRE sequence using a readout bandwidth of ± 250kHz. Distances are 25mm
between the closely spaced markers, and 50mm between the coarse spaced
markers. As can be seen in the images, the phantom is symmetric in the
Up-Down and Right-Left directions.
The phantom was positioned in three different ways:
1. Using the first method for phantom positioning, the phantom was
positioned so that the center marker of the 11th plate, counting from
the top to bottom of the phantom, was positioned as close as possible
to the magnet isocenter (< 2mm).
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2. Using the second method for phantom positioning, the phantom was
positioned 25mm lower than with the first method, i.e. toward the
patient table. Using this method, there was no marker located in the
magnet isocenter.
3. Using the third method for phantom positioning, the phantom was
positioned 50mm lower than with the first method (toward the patient
table). Using this method, the center marker of the 9th phantom plate,
counting from top to bottom, was positioned as close as possible to
the magnet isocenter (< 2mm).
The differences in positioning was thought to affect the amount of spatial distortion, since distortions due to magnet inhomogeneities and gradient
non-linearities increase with the radius from the magnet isocenter. Consequently, distortions were thought to be highest for positioning method 1
where the top of the phantom was located the furthest away from the isocenter, and lowest for positioning method 3, where the top of the phantom was
located closest to the magnet isocenter of all three approaches.
To verify positioning and as a guidance for adjusting the positioning,
3-plane localizer images were acquired and the axials, coronals, and sagittal
images were used to align the phantom with the gradient coordinate system.
A grid was applied when viewing the localizer images, to verify horizontal
and vertical alignment of the phantom with the gradient coordinate system.
When acquiring images for the spatial distortion analysis, the axial imaging
plane was used. Thus, the z-gradient was dedicated for phase encoding in
the slice-direction, since all series acquired were 3D acquisitions. Frequency
direction was varied between Right-Left, R-L (right-left within the magnet
bore), where the x-gradient was used for frequency encoding, and AnteriorPosterior, A-P (up-down within the magnet bore), where the y-gradient was
used for frequency encoding when acquiring the axial image data.

3.3.2

The 3D Fast Gradient Echo Sequence

The 3DFGRE sequence is a fast, RF spoiled gradient echo sequence which
has very short TE (< 3ms) and TR (< 5ms), thus heavily T1-weighted.
In a gradient echo sequence, errors due to off-resonance effects propagate
throughout the signal acquisition since no refocusing pulses are applied.
To avoid such behaviour, the 3DFGRE sequence is RF spoiled by using
a certain phase-cycling scheme of the RF pulse, which removes remaining
transverse magnetization between each TR, which also improves SNR since
the spatial uniformity of the excitation increases [25]. If no such spoiling is
performed, the magnetization may reach a steady state, which is useful for
certain applications, but which are out of scope for this thesis.
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The maximum readout bandwidth was ±250kHz, and the bandwidth was
varied between the maximum and the half maximum, ±125kHz for phantom
imaging.
Acquisition matrices were varied from 256x256x512 elements (freq x
phase x slices) to 512x512x512 elements. Acquisition matrices smaller than
512x512 were zero-filled to 512x512 elements to give image data of 512x512
pixels, for consistency between image data from different series/exams.
The phantom was also imaged with the Cube 3D Fast Spin Echo, Cube
3DFSE, sequence for comparison. The Cube 3DFSE sequence have been
used in multiple MRI-only prostate RTP approaches (see Table 1.1), why it
was determined as suitable for comparison.

3.3.3

The Cube 3D Fast Spin Echo Sequence

The Cube 3DFSE sequence is a 3D Fast Spin Echo sequence which uses
variable flip angles on the refocusing pulses, which enables longer echo trains
to be used compared to when using fixed angle refocusing pulses. Because
of the spin echo nature of the sequence, very short TE and TR, like those
used in the 3DFGRE sequence, cannot be used. TE and TR was however
minimized to 30ms and 160ms respectively, to reduce scan time and to obtain
similar contrast weighting as with the 3DFGRE sequence.
The highest possible BW with the Cube sequence was ±125kHz, which
was used. The largest possible acquisition matrix, 256x256x256 elements,
was used, corresponding to an isotropic voxel size of approximately 7.5mm3
for the 50cm cubic FOV. The acquisition matrices were zero-filled to obtain
512x512x512 voxels in the image (DICOM) data.
Because little emphasis was put on SNR optimization when using the
Cube FSE sequence, only markers within a 225mm radius were analyzed
for spatial distortion, corresponding to a 45cm Diameter Spherical Volume,
DSV.
The Cube sequence did not have an option to increase the size of the
FOV from a 50cm cubic FOV to 61.5cm cubic FOV (extended FOV), and
therefore the phantom had to be lowered by 25mm to fit into a FOV of
50cm.

3.4

Varying Imaging Parameters

An extended FOV of 61.5cm in all directions was used in Exams 1 and 2.
Exam 3 and 4 used a 50cm FOV, since 50x50x50cm is the maximum size
of a clinical FOV, as well as the FOV limit for the Cube 3DFSE sequence,
which does not have an option to increase the size of the FOV.
To be able to fit the phantom inside a 50cm FOV centred around the
magnet isocenter on the axial slices, the phantom had to be lowered by
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25mm, corresponding to phantom positioning approach #2. To further investigate the effect of lowering the phantom, the phantom was lowered by an
additional 25mm and the spatial distortions were analyzed, corresponding
to phantom positioning approach #3.
Table 3.1 presents the different exams, series and imaging parameters
used when imaging the phantom.

Exam &
Series

Ex1, Se1
Ex1, Se2
Ex1, Se3
Ex1, Se4
Ex1, Se5
Ex2, Se1
Ex2, Se2
Ex2, Se3
Ex3, Se1
Ex3, Se2
Ex3, Se3
Ex4, Se1
Ex4, Se2
Ex4, Se3
Ex4, Se4

Imaging
Sequence

FOV
(square, cm)

Acquisition matrix
(freq/phase)

BW
(±, kHz)

Freq. Enc.
Direction

Positioning
Approach

3DFGRE
3DFGRE
3DFGRE
3DFGRE
3DFGRE
3DFGRE
3DFGRE
3DFGRE
3DFGRE
3DFGRE
Cube 3DFSE
3DFGRE
3DFGRE
3DFGRE
3DFGRE

61.5
61.5
61.5
61.5
61.5
61.5
61.5
61.5
50
50
50
50
50
50
50

512/512
256/256
256/256
512/256
256/512
256/256
256/512
512/256
256/256
256/256
256/256
512/512
512/512
512/512
512/512

250
250
125
250
250
250
125
125
125
125
125
125
125
250
250

R-L
R-L
R-L
R-L
R-L
R-L
R-L
R-L
R-L
R-L
R-L
R-L
A-P
R-L
A-P

1
1
1
1
1
1
1
1
2
2
2
3
3
3
3

Table 3.1: Imaging parameters for the phantom imaging, defined for all series
within all exams. R-L = Right-Left, A-P = Anterior-Posterior. Directions
defined for supine, head first positioning. All acquisition matrices were
zero-filled to correspond to 512x512x512 voxels in the image domain. The
phantom was acquired in 512 slices except when acquired with the Cube
sequence, which instead used 256 slices, but which was zero-filled to 512
slices.

3.4.1

Voxel Size

To test the performance of the center-of-mass calculation with respect to different voxel sizes, images were acquired using a FOV of 61.5cm for the 3DFGRE sequence, and the matrix size was varied from 512x512x512 (isotropic

3. METHODS

28

voxel size), as for Exam 1, Series 1, and to 256x256x512, as for Exam 1,
Series 2. This corresponded to an isotropic voxel size of 1, 73mm3 and a
non-isotropic voxel size of 6, 93mm3 respectively.
When using acquisition matrices smaller than 512x512x512, the matrices
were zero-filled so that there were 512x512x512 pixels in image domain for
all series. so called k-space zero-filling causes the number of pixels in the
image to increase, causing images to appear smoother and more appealing
to look at, although the native resolution does not increase. Also, when kspace zero-filling is used, the physical magnitude of chemical shifts and other
off-resonance effects will remain the same. For example, a chemical shift of
1 pixel in an image with 256x256 pixels, will be of 2 pixels in the 512x512
image reconstructed from a zero-filled (256x256 to 512x512) k-space matrix.
Because pixel size is halved however, the magnitude of the shift (in units of
mm’s for example) will remain the same. On GE scanners, in-plane zerofilling up to 512x512 elements is done by using the ZIP512 (GE Healthcare,
Waukesha, WI, USA) imaging option. Similar zero-filling can also be performed in the slice direction, using the ZIPx2 (GE Healthcare, Waukesha,
WI, USA) imaging option, resulting in 512 slices in image domain.
If a 2x2 k-space matrix is zero-filled to a 4x4 matrix, the following operation is performed:

1 2
3 4

> ZIP >

0
0
0
0

0
1
3
0

0
2
4
0

0
0
0
0

(3.1)

For the purpose of this thesis, it was of interest to determine the effect
on the spatial distortion measurements of increasing/decreasing the number
of elements in the acquisition matrix, thus decreasing/increasing the voxel
size, respectively, since there is an inverse proportionality between the two
(that is, assuming constant FOV). The effect on the spatial distortion of
zero-filling was not investigated, and was assumed to be zero.

3.4.2

Readout Bandwidth

To determine how changes in the bandwidth affected the spatial accuracy,
the bandwidth was varied for the 3DFGRE sequence between the maximum,
±250kHz = 500kHz BW and the half maximum, ±125kHz = 250kHz BW.
For the Cube 3DFSE sequence, which was only used for comparison with
the 3DFGRE sequence, the bandwidth was ±125kHz = 250kHz BW.
For the purpose of this thesis, we were concerned with suppression of
B0 inhomogeneities primarily, which applies to the exact same analogy as
suppression off-resonance effects, which scales with FOV/BW.
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Gradwarp

The Gradwarp (GE Healthcare, Waukesha WI, USA) algorithm was enabled during all phantom imaging, to decrease the influence of gradient
non-linearities. Gradwarp is enabled by default on the GE scanner, and can
be turned off by the operator by manually changing the user defined Controllable Variable, CV, ”nograd” from ”nograd=0”(Gradwarp on, default)
to ”nograd=1”(Gradwarp off). Gradwarp only corrects for distortions inplane, and to correct for distortions in the slice-direction the imaging option
”3D Geometry Correction” was also activated during all phantom scanning.
3D geometry correction is possible to enable for 3D acquisitions and for 2D
acquisitions without slice gaps.
To demonstrate the effect of using Gradwarp, the phantom was imaged
with and without Gradwarp and 3D Geometry Correction enabled, using
the 3DFGRE sequence, positioning approach #1, and the highest readout
bandwidth (±250kHz). Corresponding Exam/Series is not listed in Table
3.1.

3.4.4

Hard/Soft RF

To determine the effect of using a hard (non-selective) RF pulse, instead of
a soft (selective) RF pulse, which was default for the 3DFGRE sequence,
both methods were tested and the resulting image data was inspected for
differences in SNR. The data was not analyzed with respect to spatial accuracy, and the series/exams are not listed in Table 3.1, since the image data
was only inspected visually. The large distortions present in the image data
acquired without Gradwarp activated had distortions which were so severe
that spatial distortion analysis was not possible.

3.4.5

Number of Excitations, TE and TR

Number of Excitaions, NEX, also referred to as Number of Averages, indicates the amount of oversampling of k-space. NEX> 1 was used when the
SNR was too low for the algorithm to detect the markers in the image data,
i.e. the markers in the images, as was the case when using 512x512x512
imaging matrices and a readout bandwidth of ±250kHz, which required
NEX = 2. Using a high NEX (a large number of signal averages) when
imaging biological objects may help to reduce some minor patient induced
artifacts, although increasing NEX is done primarily to increase SNR. When
scanning the phantom, NEX was used exclusively to increase SNR, since
no patient induced artifacts were assumed to be present when imaging the
phantom.
With the described 3DFGRE sequence, it was not possible to choose
TE freely. However, it was possible to choose from Minimum TE, where a
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fractional echo is used to minimize TE, Minimum Full TE or MinFull TE
which samples a full echo but with minimum TE, In-Phase TE, which uses
a TE where water and fat are in phase, and finally, Out-Of-Phase TE where
fat and water are out of phase by 180 degrees. For the 3DFGRE sequence,
TE = Minimum Full was used since this provided the shortest scan time
without reducing the SNR, as is done with Minimum TE.
With the Cube 3DFSE sequence, it was possible to choose TE and TR
freely. Using imaging matrices of 256x256x256 and a 50cm FOV, TE and
TR were set to minimum: TE/TR = 30/160ms, thus providing T1-weighted
data.

3.5
3.5.1

Spatial Distortion Analysis
Analysis Software

The spatial distortion analysis software was a Matlab software developed by
GE Healthcare (Waukesha, WI, USA). The software development was not
a part of this thesis, nor was the software developed by the author of this
thesis.
Analysis was performed on a 2013 MacBook Pro laptop, and it took
approximately 5 minutes to analyze one series. The results from the spatial
distortion analysis was analyzed and compared in Matlab. The output from
the algorithm consisted of Matlab objects such as matrices containing the
locations of the identified markers and the corresponding errors.
The spatial distortion analysis identified the markers in the image data
by using an intensity threshold value method, followed by a center of mass
calculation for each identified marker. For each marker, the calculated center
of mass, i.e. the position or location, was compared to a theoretical reference,
a binary template file describing the ideal center of mass location, displayed
in Figure 3.4 (a). The difference in center of mass positions between the
~ The
reference and the measured data was defined as the location error, E.
~ i.e. the location error of the i:th
i:th component of the location error E,
found marker, was defined as
~ i = (xi , yi , zi )mes − (xi , yi , zi )ref
E

(3.2)

where i is an integer.
The theoretical reference which was used throughout the thesis in all
experiments, is displayed in Figure 3.4 (a), and the corresponding axial slice
of the phantom is displayed in Figure 3.4 (b).
Axial, sagittal and coronal coronal reformats of the phantom were produced by the algorithm, together with locations of i) markers which were not
matched to a reference marker ii) correctly identified markers and iii) the
corresponding reference markers. Examples of the reformats are displayed
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(a)

(b)

Figure 3.4: (a) The phantom template (theoretical reference) and (b) The
corresponding axial slice, imaged with MR.
in Figure 3.5, which all came from the analysis of Exam 1, Series 1. For each
reformat, and for each marker, the reference marker position was indicated
by four small black squares, and the centers of mass of the identified markers
were represented by a white cross, as displayed in Figure 3.5 (d). Ideally,
if the measured marker had the exact same position as the reference, the
white cross was placed in the center of the four black squares. If a marker
was found in the image data set, but without being properly matched to a
reference marker, it was indicated by a small white circle (not seen in Figure
3.5). This, however, enabled the user to verify that the algorithm did not
identify markers erroneously.

3.6
3.6.1

Reproducibility Considerations
Phantom Positioning

To properly align the image data with the gradient coordinate system prior
to analysis, a translation and rotation was performed automatically by the
algorithm.
To verify the reproducibility and consistency of the amount of translation
and rotation performed by the algorithm, it was recorded for all exams, i.e.
when the phantom had been re-positioned. Translation and rotation magnitudes were also compared for all series within one exam, i.e. where the
phantom had not been moved or re-positioned, to investigate how the translation and rotation magnitudes were affected when using different imaging
parameters rather than different positioning.
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(a)

(b)

(c)

(d)

Figure 3.5: Axial (a), sagittal (b) and coronal (c) reformats of the phantom
as outputted from the spatial distortion analysis and where (d) represents
the upper right corner of the coronal image.

3.6.2

Spatial Distortion Measurements

The reproducibility of the spatial distortion measurements was investigated
by comparing the amount of spatial distortions of two series acquired with
equal imaging parameters, but where the series were from two different
exams. Exam 1, Series 2 was compared to Exam 2, Series 1. Results were
assumed to be similar if the equal sequence and imaging parameters were
used, and although differences were thought to be visible in the translationand rotation magnitudes between different occasions, spatial distortions were
thought to be similar.
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Identification of Sources of Distortion

From the underlying theory of distortions in MRI, presented in the Theory
Chapter, it is evident that for measurements like those performed over a
large FOV phantom, distortions of the phantom geometries are caused by
system-dependent factors; gradient non-linearities and B0 -inhomogeneities.
In an attempt to separate such artifacts from each other, the frequency
encoding direction, Right-Left, was swapped with the phase encoding direction, Anterior-Posterior, the readout bandwidth was varied, and the x-, y-,
~ (as described by Equation 3.2) were
and z-components of the error vector E
analyzed.
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4

Results
~ = (Ex , Ey , Ez ) for all
The Matlab algorithm calculated the location error E
~ were
identified and correctly matched markers. All three components of E
plotted separately with respect to the distance from the isocenter of the corresponding marker, thus enabling visualization of the distortions along the
frequency, phase, and slice-encoding direction, respectively. The right-hand
orientated gradient frame of reference defines the direction of the three mutually perpendicular spatial encoding directions: ± x corresponds to rightleft, R-L, ± y corresponds to anterior-posterior, A-P, and ± z corresponds
to superior-inferior, S-I, for supine head first patient (phantom) positioning.
The Matlab algorithm also calculated the mean location error and corresponding standard deviation for all unique Diameter Spherical Volumes,
DSVs, i.e. for all markers located at the same radius from the isocenter, the
mean distortion and corresponding standard deviation was calculated and
plotted, which was done for all unique radii. The plot also contained the
maximum error found at each unique radius. This was shown useful since
the distortion did not only vary with distance from isocenter, but it also
varied based on physical location of the markers within the magnet bore.

4.1

Spatial Distortion Analysis

The mean location error of Exam 4, Series 3, are presented in Figure 4.1
~ are
(a). In Figure 4.1 (b), the x-, y- and z-components of the Error vector E
plotted as a function of distance from isocenter, and where ±x corresponds
to right-left, ±y to anterior-posterior (up-down within the magnet bore) and
±z to superior-inferior (in-out of the magnet bore) directions, respectively,
assuming head first supine patient positioning. The frequency encoding
direction was R-L.
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Figure 4.1: Output data from the 3DFGRE-sequence in Exam 4, Series 3,
which showed the least amount of distortions of all exams/series from Table
3.1.

4.2
4.2.1

Varying Imaging Parameters
Voxel Size and Readout Bandwidth

As can be seen from Figure 4.2, the voxel size, determined by the size of
the acquisition matrix and the FOV, had only a minor effect on the overall
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spatial accuracy. The Exam- and Series enumerations corresponds to those
of Table 3.1.
Mean Errors (solid lines) +/− SD (dashed lines)
10
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Figure 4.2: The effect on the mean distortion of changing the voxel size by
changing the acquisition matrix size. BW = ±250kHz and FOV = 61.5cm.
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Figure 4.3: The effect on the mean distortion of changing the readout bandwidth from ±250kHz to ±125kHz. FOV = 61.5cm.
Figure 4.3 (a), demonstrates the effect of changing the readout band-
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width from ±250kHz to ±125kHz, using otherwise equal imagine parameters, as presented in Table 3.1. As can be seen, the distortions decreased
with higher readout bandwidth. Thus, high spatial accuracy was shown to
be related to high readout bandwidth.

4.2.2

Frequency Encoding Direction

Figures 4.4 a)-b) and Figures 4.5 a)-b) demonstrates the effect of changing
the axis of the frequency encoding gradient, using bandwidths of ±125kHz
and ±250kHz, respectively. When the frequency encoding direction was
shifted from the x-axis to the y-axis, from R-L to A-P respectively, the
most severe distortions in the outer part of the FOV, located at a radius
from the isocenter larger than approximately 200mm, shifted to the new
frequency encoding axis. Also, more severe distortions were observed in
the outer part of the FOV when frequency encoding was performed R-L
(see blue markers in Figures 4.4 a) and Figure 4.5 a)) than A-P (see green
markers in Figures 4.4 b) and Figure 4.5 b)). Despite the visible changes
in distortion in the outer part of the FOV, the mean distortions were not
affected, as demonstrated by Figures 4.6 (a) and (b). An increase in SD of
the mean distortion was observed in the outermost part of the FOV when
using 125kHz readout bandwidth and R-L frequency encoding. This is in
accordance with the higher degree of distortion in the outer part of the FOV,
as demonstrated in Figure 4.4 a).
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Figure 4.4: Changing frequency encoding direction; R-L (x-axis, blue dots)
in (a) for Exam 4, Series 1, and A-P (y-axis, green dots) in (b) for Exam 4,
Series 2. BW = ± 125kHz
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Figure 4.5: Changing frequency encoding direction a) R-L (x-axis, blue
dots), Exam 4, Series 3 b) A-P (y-axis, green dots), Exam 4, Series 4. BW
= ± 250
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Figure 4.6: The effect on the mean distortion of swapping phase- and frequency encoding axis for images acquired using positioning approach #3
and a bandwidth of ±125kHz for (a), and ±250kHz for (b).
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Gradwarp

One series was acquired with Gradwarp and 3D Geometry Correction turned
off, to demonstrate the effect on the images. By looking at the reformatted
coronals from scanning the phantom without using the geometry correction,
one can easily understand that analysis of the image data is impossible, since
distortions are so severe, especially close to the bore openings (upper and
lower side).
The effect on the image data of using Gradwarp is demonstrated in
Figure 4.7.

(a)

(b)

Figure 4.7: Gradwarp ON (a), and Gradwarp OFF (b). 10mm thick coronal
reformats of phantom plate #11 counting from the top. The center marker
of the phantom was positioned within 2mm of the magnet isocenter, verified
by three mutually perpendicular localizer images. The same window level
was used on both images. Note how the warping increases with the distance
to isocenter.

4.2.4

Hard/Soft RF

When comparing images from using soft/hard RF pulses, the outermost
axial slices located 225mm away from the magnet iso enter (those closest to
the magnet bore openings) did have a visible difference in signal intensity,
as can be seen in Figure 4.8, indicating that the hard RF pulse excited a
larger volume than the soft RF pulse.
Although it may seem like the image acquired with the soft RF pulse has
gotten a distorted slice profile, it is instead the signal which has disappeared,
and not been mismapped, as is the case with distorted slice profiles. This
present no problems to spatial accuracy, but is relevant since it can be
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(a)

(b)

Figure 4.8: The effect of using a hard, non-selective, RF pulse (a) and a
soft, selective, RF pulse (b). Images are 6mm reformats of the outermost
phantom axial slice, distanced 225mm from the isocenter. The same window
level was used in both images. Exam/Series are not displayed in Table 3.1.
misinterpreted as spatial distortions rather than loss of signal.

4.3

The Cube 3D Fast Spin Echo Sequence

The spatial distortions of the 3DFGRE sequence was compared to those of
the Cube 3DFSE sequence, as displayed in Figure 4.9.
Because of poor SNR outside a radius of 225mm, distortion measurements from that region were excluded. The spatial distortions were very
similar to those of the 3DFGRE sequence. It can be seen that for small distances from the magnet isocenter, spatial distortions are low (Mean Error
+ SD <2mm) for both the 3DFGRE and Cube 3DFSE sequence within a
radius of 225mm from the magnet isocenter.

4.4
4.4.1

Reproducibility Considerations
Phantom Positioning

The amount of translation and rotation of the MR image data, as performed
by the algorithm, was compared for all series and exams, and are presented
in Table 4.1. Results show that the translation and rotation magnitudes
were very similar within the same exam, i.e. where the phantom had not
been repositioned, and that translation and rotation magnitudes differed
between different exams, i.e. where the phantom had been repositioned.
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Figure 4.9: Spatial accuracy of the Cube sequence, compared to two identical
3DFGRE series, all using positioning approach #3.

4.4.2

Spatial Accuracy Measurements

If phantom positioning approach was different, the amount of spatial distortions changed as well, as demonstrated in Figure 4.10.
If the phantom was not moved and the readout bandwidth remained unchanged, results of the distortion analysis were very similar, as demonstrated
in Figure 4.2.
Moreover, as demonstrated in Table 4.1, the amount of translation and
rotation performed by the algorithm only changed marginally within one
exam, and each exam showed unique combinations of translation and rotation magnitudes. Exam 2, Series 2, showed a discrepancy in the translation
along, and the rotation around the y-axis. The reason for this is unknown.
Differences in translation and rotations were clear between different exams, implying phantom positioning was similar, but not the same.
Figure 4.11 demonstrates how the spatial accuracy measurement showed
robustness to a slightly different phantom positioning, i.e. positioning where
the goal was to obtain the exact same positioning, but where small differences can be assumed to have been present. The spatial distortion of Exam
1, Series 2 and Exam 2, Series 1 were equal, although the amount of translation and rotation differed, as can be seen in Table 4.1.
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Exam &
Series
Ex1, Se1
Ex1, Se2
Ex1, Se3
Ex1, Se4
Ex1, Se5
Ex2, Se1
Ex2, Se2
Ex2, Se3
Ex3, Se1
Ex3, Se2
Ex3, Se3 (Cube)
Ex4, Se1
Ex4, Se2
Ex4, Se3
Ex4, Se4

x
-0.04
-0.03
-0.05
-0.04
-0.03
-0.00
-0.04
-0.03
0.06
0.07
0.07
-0.42
-0.45
-0.42
-0.48

Rotation
(degrees)
y
-0.09
-0.10
-0.10
-0.10
-0.10
-0.02
-0.07
0.23
0.02
-0.01
0.01
-0.00
-0.04
-0.02
-0.05

x
0.09
0.09
0.03
0.06
0.10
0.08
-0.03
0.03
0.06
0.07
0.05
0.08
-0.08
-0.07
-0.08

Translation
(mm)
y
0.21
0.20
0.17
0.18
0.24
0.19
0.23
0.17
0.18
0.19
0.22
0.15
0.17
0.16
0.20

Exam &
Series
Ex1, Se1
Ex1, Se2
Ex1, Se3
Ex1, Se4
Ex1, Se5
Ex2, Se1
Ex2, Se2
Ex2, Se3
Ex3, Se1
Ex3, Se2
Ex3, Se3 (Cube)
Ex4, Se1
Ex4, Se2
Ex4, Se3
Ex4, Se4

Positioning
Approach
z
-0.06
-0.09
-0.05
-0.10
-0.08
-0.01
-0.05
-0.00
-0.19
-0.22
-0.21
0.43
0.42
0.42
0.32

1
1
1
1
1
1
1
1
2
2
2
3
3
3
3
Positioning
Approach

z
0.04
0.04
0.07
0.07
0.05
0.01
-0.00
0.02
0.08
0.03
-0.02
0.04
0.07
0.06
0.07

1
1
1
1
1
1
1
1
2
2
2
3
3
3
3

Table 4.1: Magnitude of rotation and translation for Exam 1-5, as performed
by the spatial distortion algorithm. Imaging parameters as in Table 3.1.
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Mean Errors (solid lines) +/− SD (dashed lines)
10
Ex1, Se3, Positioning approach #1
Ex3, Se1, Positioning approach #2
Ex4, Se1, Positioning approach #3

9
8

location error [mm]

7
6
5
4
3
2
1
0

0
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200
distance from isocenter [mm]
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Figure 4.10: Spatial accuracy compared for the three different positioning
approaches. All used ±125kHz BW and R-L frequency encoding direction.
Mean Errors (solid lines) + SD (dashed lines)
10
Ex1, Se2, 256x256x512, +/− 250kHz
Ex 2, Se1, 256x256x512, +/− 250kHz
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Figure 4.11: Comparing the spatial distortion of two different exams, where
equal imaging parameters have been used.
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Numerical Presentation of the Distortions in
the Image Data

Table 4.2 presents the Mean Error ±SD over four different Diameter Spherical Volumes (DSVs). The exams presented are those which had unique
combinations of imaging parameters which were shown to influence the spatial accuracy of the MRI data; readout bandwidth, and phantom positioning. Other imaging parameters which were shown to have less influence on
the mean spatial accuracy have been excluded, specifically the voxel size,
as demonstrated in Figure 4.2. The corresponding imaging parameters are
displayed in Table 3.1.
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3DFGRE

3DFGRE

3DFGRE

Cube 3DFSE

3DFGRE

3DFGRE

3DFGRE

3DFGRE

Ex1, Se1

Ex1, Se3

Ex3, Se1

Ex3, Se3

Ex4, Se1

Ex4, Se2

Ex4, Se3

Ex4, Se4

50

50

50

50

50

50

61.5

61.5

FOV

250

250

125

125

125

125

125

250

BW

A-P

R-L

A-P

R-L

R-L

R-L

R-L

R-L

Freq. Enc.
Dir.

3

3

3

3

2

2

1

1

Positioning

Mean Error
± SD

45cm
DSV

1.21 ± 0.79
1.29 ± 0.82
1.14 ± 0.76
1.10 ± 0.74
1.08 ± 0.79
1.16 ± 0.81
1.09 ± 0.78
1.18 ± 0.80

40cm
DSV

0.69 ± 0.38
0.72 ± 0.40
0.67 ± 0.35
0.63 ± 0.35
0.62 ± 0.33
0.67 ± 0.36
0.63 ± 0.34
0.70 ± 0.38

1.81 ± 1.21

1.72 ± 1.22

1.83 ± 1.26

1.77 ± 1.31

—

1.80 ± 1.10

2.01 ± 1.20

1.93± 1.16

47.7 cm
DSV

Table 4.2: The mean spatial distortions and corresponding standard deviations listed for all unique combinations of positioning approaches, readout bandwidths and frequency encoding directions for four different measured DSVs.

Pulse
Sequence

Exam &
Series

2.10 ± 1.40

2.00 ± 1.41

2.17 ± 1.50

2.09 ± 1.55

—

2.13 ± 1.29

2.42 ± 1.41

2.30 ± 1.34

50cm
DSV
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Discussion
5.1
5.1.1

Varying Imaging Parameters
Voxel Size

It was shown that the voxel size, which is inversely proportional to the size
of the acquisition matrix for a fixed FOV, did not have a large effect on the
spatial distortions, as seen in Figure 4.2. This was attributed to the fact
that the algorithm used a center of mass calculation to locate the center
of each marker, and the fact that the voxel size did not have a large effect
on the spatial accuracy demonstrated sufficient performance of the center of
mass calculation. Because of this, smaller acquisition matrices may be used
when imaging the phantom, to decrease scan time. Nevertheless, for RTP
it is likely that a small voxel size must be used, since high spatial resolution
may be wanted to be able to identify microscopic spread of tumor tissues
etcetera.

5.1.2

Readout Bandwidth

The readout bandwidth was shown to be one of the imaging parameters
which had the largest effect on the spatial accuracy, as predicted in the
Theory chapter, because of the fact that spatial distortions scales with
FOV/BW. By increasing the readout bandwidth, spatial distortions in the
frequency encoding direction decreased.A high readout bandwidth suppresses
the influence of patient induced artifacts - chemical shifts and differences in
susceptibilities - but also B0 inhomogeneities. Because no biological sample was investigated, spatial shifts were attributed to B0 inhomogeneities
and gradient non-linearities, i.e. system-dependent artifacts. Increasing
the readout bandwidth while maintaining a constant FOV corresponds to
increasing the readout gradient field strength, something which has been
shown to have only a little or no relation at all to the linearity of the gradients [29]. However, increasing the readout bandwidth leads to decreased
49
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SNR, something which may compromise the clinical value of the MR images.
Thus, the tradeoff between spatial accuracy (in the frequency encoding direction for rectilinear sequences) and SNR has to be optimized for proper
clinical use.

5.1.3

Gradwarp

As can be seen in Image 4.7, spatial distortions due to gradient non-linearities
are large also for small radii from the magnet isocenter, when Gradwarp is
disabled. This can be explained by the fact that gradient non-linearities are
inherent in the gradient coil design and the shorter the gradient coil, and
the larger the diameter of the gradient coil, the more non-linear is the field
distribution. Gradient non-linearities scale with the gradient coil length-todiameter ratio [31].
On the other hand, narrow and long magnet bores are much less comfortable for the patient, why such configurations are not used today, and
why correction for non-linearities are an absolute necessity.
For the purpose of MRI-only based RTP, it is of great importance that
the gradient non-linearity correction algorithms, like Gradwarp, has sufficient performance. The method presented for spatial distortion analysis is
capable of determining the performance of such correction algorithms.

5.1.4

Hard/Soft RF

The increased signal intensity in the outer parts of the FOV on the axial
slices located 225mm from the magnet isocenter, when using a hard (nonselective) RF pulse can be attributed to two things:
1) A selective RF pulse uses a slice selection gradient to selectively excite
only the slice which is to be imaged. Because of the large distance from the
magnet isocenter, the slice selection gradient presents non-linear behaviour,
which leads to unwanted volumes being excited, or wanted volumes not being
excited, where the latter applies to the observed scenario since no signal is
observed in the outer parts of the FOV when looking at the axial reformats.
This is not a problem when using a hard RF pulse, which non-selectively
excites the entire volume.
2) The ideal RF pulse shape in the frequency domain, when using a
soft (selective) RF pulse, is a RECT-function. However, a perfect RECT
function is defined as the Fourier Transform of a SINC-function with infinite
extent in the time-domain. For obvious reasons, an RF pulse with infinite
duration cannot be used in practice, and the RF pulse is truncated in timedomain. As a consequence, the excitation profile becomes non-rectangular,
typically. Such so called runcation effects can be partially compensated for
by the application of an apodization window function to the RF envelope,
such as a Hamming window function, which sharpens the excitation profile
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[25] in the frequency domain. When using a hard RF pulse, the bandwidth
of the RF pulse is much wider than for a soft RF pulse, which makes it
possible to excite the entire object to be imaged at once. For human imaging
however, the hard RF pulse may cause unwanted anatomies, located outside
the FOV, to become excited and fold into the image data.

5.1.5

Number of Excitations, TE and TR

The number of excitations, NEX, or the number of signal averages, was
increased when it was necessary to increase SNR. The minimum SNR required by the spatial distortion analysis algorithm was obtained when using
the 3DFGRE sequence with an acquisition matrix of 256x256x512 elements
(512 slices), ±250kHz readout bandwidth and NEX=1. Increasing the size
of the acquisition matrix (decreasing voxel size) to 512x512x512 elements required NEX to be increased to NEX = 2, for the signal from the markers to
reach the required signal threshold value which was need for the algorithm
to perform the spatial distortion analysis.
For the Cube 3DFSE sequence, NEX=2 was required even though the
size of the acquisition matrices were small (256x256x256) and the bandwidth
was ±125kHz. This can be attributed to a poor choice of TE and TR, since
no emphasis was put on optimizing TE and TR of the Cube 3DFSE sequence.
Emphasis was instead put on decreasing the scan time.
The very short TE of the 3DFGRE sequence minimizes the influence of
off-resonance effects. Although, what should be considered for the purpose
of MRI-only RTP is that short TE together with short TR leads to heavily
T1-weighted images, which may not present useful in prostate imaging, as
indicated by Table 1.1. T2-weighted image data has long TE and long TR.
Because of this, gradient echo sequences are not suitable for T2-weighted
image data since off-resonance effects increase with increased TE for gradient
echo sequences. Because of the presence of refocusing RF pulses in spin
echo pulse sequences, such off-resonance effects are reduced. Thus, for T2weighted data, spin echo pulse sequences are preferred over gradient echo
pulse sequences.

5.1.6

Swapping Frequency- and Phase-Encoding Directions

Looking at Figures 4.4 and 4.5, the following was observed:
1) The most severe errors prolonged along the frequency encoding direction which was verified by swapping frequency encoding and phase encoding
directions, which caused the most severe errors to prolong along the new
frequency encoding axis.
2) The most severe errors in the frequency encoding direction were possible to suppress by increasing the readout bandwidth from ±125kHz to
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±250kHz, resulting in that maximum errors reached the same level as in the
two phase-encoding directions.
Under the assumption that no patient induced artifacts were present in
the image data of the large FOV phantom, the above described errors in the
frequency encoding direction were attributed to B0 inhomogeneities primarily, since errors were possible to decrease by increasing the readout bandwidth (not possible with errors caused by gradient non-linearities). Moreover, the most severe errors prolonged with the frequency encoding axis,
verified by swapping phase- and frequency-encoding axis, and thus, these
errors cannot have been caused by gradient non-linearities, since such errors
are constant in any arbitrary direction.
For the purpose of MRI-only RTP, this implies that high readout bandwidth should be used, to suppress the effects of B0 inhomogeneities to the
highest possible extent. Unfortunately, as mentioned, this will cause SNR
to decrease.

5.2
5.2.1

Spatial Distortion Analysis
Identification of Sources of Distortions

Vendors usually specify the magnet homogeneity over certain DSVs. For
the 750w MR system, the inhomogeneity is specified in Hz, measured peakto-peak, and presented in ppm of the center frequency (Approx. 127,7Mhz).
Using Formula 2.3.1, it is possible to calculate the error in the image data attributed to B0 -inhomogeneities only, using a certain FOV (DSV) and bandwidth.
Table 5.1 displays Maximum Inhomogeneity as specified by the vendor,
the Maximum Distortion, calculated from the Maximum Inhomogeneity using Formula 2.3.1, and the Measured Distortion, here presented as the Mean
Error ±SD for a certain radius (DSV), which was given by the spatial distortion analysis and presented in Table 4.2.

5.2.2

System-Dependent Artifacts

The distortions in the image data - the location errors of the markers - were
a result of B0 inhomogeneity and gradient non-linearities.
Although, since the Mean Error −SD ranges below the specified maximum inhomogeneity, as demonstrated in Table 5.1 it can be concluded that
for some (local) regions within the DSV, i.e. on the surface which constitutes the DSV, the measured error was lower than what could be attributed
to the inhomogeneity of the magnetic field. Since the measurement was
based on MR-data, errors from gradient non-linearities were also present,
why it can be concluded that for some (local) regions on the DSV surface,
gradient non-linearities does not cause errors larger than what the specified
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Elliptical
48 cm x 45 cm
(x̂ x ŷ)
Spherical
48 cm DSV
45 cm DSV
40 cm DSV
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Maximum
Inhomogeneity
Specification
Peak-to-peak (ppm)

Maximum
Distortion
Derived from ppm
Spec. (mm)

Measured
Distortion
Mean ± SD
(mm)

Actual Measured
Volume

≤ 12

≤ 1.50mm (48cm)
≤ 1.40mm (45cm)

2.00 ± 1.41

50cm DSV

Not Specified
Not Specified
≤4

(≤ 1.5mm (48cm))
(≤ 1.4mm (45cm))
≤ 0.41mm

1.72 ± 1.22
1.09 ± 0.78
0.63 ± 0.34

47.7cm DSV
45cm DSV
40cm DSV

Table 5.1: Specification of Magnet Homogeneity of the MR750W, as specified by the vendor, compared to the Mean Error ±SD of Exam 4, Series 3,
as listed in Table 4.2. R-L = Right-Left and S-I = Superior-Inferior, as in
head first supine patient positioning. All radii were not available, since the
marker distribution was not continuous, and since no interpolation of data
was performed, for regions in between measured radiis. x̂ and ŷ refers to
the gradient coordinate system, where ẑ is in the direction of B0 .
magnet inhomogeneity does. Although, as can be seen on the Mean Error
+SD measurements for all DSV surfaces, all are higher than the maximum
error which would be caused by the specified inhomogeneity. Because of
this, the most severe distortions when using the highest readout bandwidth,
±250kHz, were attributed to gradient non-linearities, which has also been
confirmed by previous studies [31].
This is especially interesting for the purpose of RTP, since it indicates
that it may be of interest to investigate local distortions to optimize where
in the FOV to place the object (patient) to be imaged, to minimize distortions. From the spatial distortion analysis results, it is possible to derive and
interpolate results to any arbitrary geometry (imaging plane), thus making
it possible to analyze the local distortions within the image data, attributed
to system-dependent artifacts.
From the results it is clear that off-resonance effects were reduced greatly
by increasing the readout bandwidth. Such off-resonance effects were caused
by inhomogeneities in the main magnetic field, which is valid under the assumption that no patient induced artifacts were present. In human imaging,
however, patient induced artifacts must be accounted for, why different aspects of such artifacts are discussed below.
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Patient Induced Distortions

When imaging humans, large variations in tissue susceptibility and chemical
shifts, i.e. different kinds of off-resonance effects, causes image artifacts.
When imaging the phantom, such artifacts were not present, but if the fluid
within the paintball markers would have been a fat/water mixture, like real
human tissue, the fat would appear shifted away from the water in the image
data, as a result of the fat/water chemical shift. Susceptibility artifacts were
not present either, if, however, the phantom would have been constructed
out of a water-filled geometry with small air-filled cavities, thus providing
negative contrast, susceptibility artifacts would cause the area close to the
air cavities to become distorted.
When imaging humans, or human-like substances, such effects can be
compensated for by using a high receiver bandwidth, which unfortunately
comes at the cost of a decrease in SNR. To maximize SNR while keeping
spatial distortions due to off-resonance effects at a minimum, it is possible
to use certain imaging sequences, which partially, or fully compensates for
distortions in the frequency- and phase-encoding directions, without having
to use a high readout bandwidth.One imaging method is where a reversedgradient polarity method is used, which samples two echoes per TR, but
with opposite readout gradient polarity. In the reconstruction, spatial shifts
due to off-resonance effects are averaged out and ideally completely removed.
If it is also difficult to fully immobilise the patient, sequences can be
used which samples k-space like propeller blades, like the PROPELLER
(Periodically Rotated Overlapping ParallEL Lines with Enhanced Reconstruction) sequence (GE Healthcare, Waukesha, WI, USA), where multiple
lines are sampled in k-space for each blade, and where frequency- and phase
encoding directions changes for every propeller blade so that frequency shifts
(off-resonance effects) and phase shifts (patient movement, flow) are averaged out across the image, resulting in a slight blurring of the image data,
rather than spatial distortions.
Moreover, short TE and TR helps to reduce the effect of patient movement and physiological flow, which manifests as ghosting artifacts in the
phase encoding direction of the images, for sequences which samples k-space
in a rectilinear manner.

5.3

Reproducibility Considerations

Differences in phantom positioning caused magnitudes of the rotations and
translations to differ, as can be seen in Table 4.1, where the phantom positioning was changed between every exam. For series within the same exam,
i.e. where the phantom positioning was not changed, translation and rotation magnitudes were very similar for all series. This indicated that the
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algorithm had high reproducibility, since the amount of translation and rotation varied only slightly within one exam even though the spatial accuracy
was highly influenced by changing the readout bandwidth, as demonstrated
in Figure 4.3.
The spatial distortion analysis provided similar results between different
exams, when using the same imaging parameters, although the amount of
rotation and translation changed between exams, indicating that the spatial
distortion measurements also showed a high degree of reproducibility, as can
be seen in Figures 4.9 and 4.10. In Figure 4.9, Exam 3, Series 1 and 2 were
acquired using identical imaging parameters.
When the phantom positioning was changed by lowering the phantom,
the spatial distortions decreased. This can be explained partially by the fact
that the top of the phantom was positioned closer to the magnet isocenter
when it was lowered, where the magnet homogeneity and gradient linearity
were higher. Because images acquired using positioning approach #1 had a
larger FOV (61.5cm) and images acquired using positioning approaches #2
and #3 had a smaller FOV (50cm), and because of the fact that distortions
due to off-resonance effects are proportional to the FOV, the decreased distortion when using positioning approach #2 and #3 are also be attributed
to the smaller FOV.

5.4
5.4.1

Limitations of the Study
SNR Conciderations

The spatial distortion analysis depended on the principles of finding markers
using a threshold value method to identify the signal from the markers in
the image data, thus, there is some SNR aspects that should be considered
for phantom imaging.
To improve SNR, TE and TR could have been optimized to give maximal
signal from the paintball markers, especially when using the Cube 3DFSE
sequence. To increase SNR without changing voxel size and/or readout
bandwidth, NEX could have been increased further. This was avoided because of the prolonged scan time it would have resulted in.
To obtain more SNR; larger paintball markers could have been used, assuming that the larger size indicates a larger amount of fluid (signal carrier).
Although, it can also be intuitively understood that the accuracy of the center of mass calculation increase when the size of the markers decrease, thus
larger markers would have resulted in lower accuracy of the center of mass
calculation.
An approximation of the volume of fluid within the phantom can be
obtained by approximating the thickness of the shell of the 6mm-diameter
marker as 1mm, and the rest of the content as fluid. The total volume for
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1633 markers would than equal
4π(2 ∗ 10− 3)3 3
m = 0.0547L
(5.1)
3
which is a very small amount of fluid in a MRI experiment, compared
to when imaging a human subject, and why low SNR can be attributed to
the low volume of fluid (water).
As for the spatial distortion analysis, if markers would have been mismapped, giving false results, it would have been a problem. Such behaviour
could be controlled by verifying the axial-, sagittal- and coronal reformats
produced by the spatial distortion analysis, displayed in Figure 3.5 (a) (c), where a mis-mapping would have been visible as a white cross in the
proximity of the reference position, but where where no physical marker
was visible. Fortunately, such mis-mappings were not observed, and the
SNR limitation of the phantom MR data only gave a PASS/FAIL indication;
either SNR was sufficient and the analysis was possible to perform, or the
SNR was insufficient, and the analysis failed.
1633 ·

5.4.2

The Large-FOV Phantom

To avoid SNR problems, the phantom could also have been designed to
provide negative contrast instead, i.e. a fluid filled phantom with air-filled
rods, or using positive contrast in the form of fluid filled rods, surrounded by
air/plastic structures. Such a phantom would give more signal, especially
the negative contrast version, but susceptibility artifacts would be much
more severe for sequences using rectilinear sampling. The 3D center of mass
approach provided with the current phantom and algorithm would not be
possible if rods were used. The 3D center of mass approach enable measurements of distortions much smaller than the voxel size, as demonstrated.
If using rods instead of small spherical markers, distortions in the directions of the rods would have been difficult to measure, and the center of mass
approach would only have been trivial for the imaging plane where the cross
sections of the rods were imaged. Using a center of mass approach would
thus require the rod-phantom to be placed in three mutually orthogonal positions. With the current phantom and algorithm, a 3D spatial distortion
map is obtained for 1633 markers, distributed symmetrically in right-left
and inferior-superior directions within the magnet bore, without having to
move the phantom.
As a consequence of the big size of the phantom, and due to the choice
of material, foamed PVC plastic, the phantom was heavy, weighing approximately 25kg. Nevertheless, the foamed PVC was very hard and rigid
compared to, for example, styrofoam, and the holes for the paintball markers
could therefore be drilled with very high accuracy (sub-millimetre). Holes
drilled with high accuracy decreases the need for high tolerance in marker
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shapes, since equally sized holes provides a slight press on markers with
irregular shapes.
The paintball markers were assumed to not dry out or alter their shape
in other ways during the experiments. It is however reasonable to assume
that the markers in fact do dry out over a long period of time which will
alter their shape. Because the phantom imaging in this thesis was conducted
over a period of three months, such effects have been assumed to have no
influence on the measurements.
Because the inner region of the phantom was filled with a coarse marker
distribution, the number of measurement points were few in the regions
close to the magnet isocenter, making the phantom more suitable for large
FOV measurements because of the larger amount of measurement points.
Nevertheless, in the regions close to the magnet isocenter, for example within
a 10cm radius, distortions were shown to be very small (< 1mm).

5.4.3

The Template Reference

A theoretical reference, in the form of a template file was used during all
analyses. Because of this, errors due to imperfections in the phantom construction were not accounted for, why the measured distortions were thought
to be somewhat higher than what was measured.
To account for inaccuracies in the phantom construction, CT could have
been used as a reference, rather than the phantom template file. The algorithm which was used allowed for CT data to be used as reference, but
this option was not used, to simplify the measurements and decrease the
analysis time.

5.4.4

Scantime

Since only one receive channel was available when using the body coil, parallel imaging algorithms were not available, which can be used to accelerate
the scan time. However, because of the sensitivity of the algorithm for low
SNR, it may not be appropriate to use parallel imaging since acceleration
always is accompanied by a decrease in SNR.
Depending on the size of the acquisition matrix and NEX, scan time varied between approximately 8-35 minutes when imaging the phantom with
the 3DFGRE sequence, which should be an acceptable time frame for analysis if using the phantom at a radiotherapy clinic, for example.

5.5

Recommendation for Future Studies

• Develop new methods for presentation of the spatial distortion maps,
as provided by the spatial distortion analysis. Create an algorithm to
transfer a spatial accuracy map to an arbitrary imaging plane.
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• Investigate the effect of using the reversed gradient polarity method,
as used in the LAVA-Flex sequence (GE Healthcare, Waukesha, WI,
USA) for example, compared to using high readout bandwidths only,
to determine the severity of the off-resonance effects compared to effects of gradient non-linearities.
• Investigate how non-cartesian pulse sequences like 2D Propeller and
2D/3D Radial sequences perform in a spatial accuracy sense.
• Clinically determine the highest possible readout bandwidth which
provides sufficient SNR for certain sequences/protocols, so that bandwidth can be maximized in clinical scanning to obtain the lowest possible distortions due to off-resonance effects.
• Develop system specific field maps for the B0 -field and the gradient
fields.
• Compare spatial accuracy between different MRI systems, where different gradient systems and different magnets are used.
• Use CT data as reference to account for inaccuracies in the phantom
construction.

6

Conclusion
A method for quality assurance of the spatial accuracy or large FOV MRI has
been described, tested and evaluated. The method enabled quantification
of the spatial accuracy of MRI by measuring distortions in the image data
using a phantom of known geometries, and comparing the image data to a
reference. The spatial accuracy, i.e. the degree of distortions in the MR
data, of the 3DFGRE sequence was evaluated, and the effects on the spatial
accuracy of changing certain imaging parameters were determined. Spatial
accuracy increased when centering the phantom around the magnet isocenter
and maximizing the readout bandwidth. The voxel size was shown to have
only a very small effect on the overall spatial accuracy, and it was possible
to increase the voxel size to increase scan time when imaging the phantom.
The magnet homogeneity and gradient linearity varied over the FOV,
and also over different locations within the magnet bore, but located at
the same radiis. Because of this, it may be beneficial to investigate which
region or imaging plane that has the highest spatial accuracy, to minimize
distortions.
The spatial accuracy of the Cube 3DFSE sequence was also analyzed,
which verified that the method can be used to measure the spatial accuracy
of other sequences than the 3DFGRE sequence. It was also shown that
the spatial accuracy was very similar between the two sequences within a
225mm radius from the magnet isocenter.
Results were reproducible, and the spatial accuracy measurements gave
similar results when using the same phantom positioning approach and readout bandwidth. The algorithm was able to identify how the phantom was
positioned, to be able to perform small translations and rotations of the image data, to increase the accuracy of the alignment of the phantom with the
gradient coordinate system, a process which was shown to have very high
reproducibility.
The method for spatial distortion analysis described in this thesis enables
analysis of the performance of Gradwarp, gradient non-linearity correction,
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and similar algorithms. It also enables new methods for correction of gradient non-linearities to be tested and evaluated, or to optimize and improve
current methods.
The method was shown to be capable of serving as a basis for quality
assurance of the spatial accuracy of large FOV MRI, as required in MRI-only
radiotherapy treatment planning.
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