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ABSTRACT
Radiotherapy is one of the main methods used to treat prostate cancer. Radiotherapy
treatment relies on accurate planning and simulation before any radiation is
administered. Currently this is mainly based on CT (computed tomography) imaging,
although MR (magnetic resonance) imaging provides superior soft-tissue contrast and is
therefore often used to assist with accurate organ delineation. The overall treatment
planning workflow and performance can be improved if the entire workflow is solely
performed using MR images. In order to achieve such MR-only treatment planning, three
main challenges need to be overcome: 1) the geometric accuracy of MR images needs to
be assured, 2) the MR simulator needs to be commissioned and evaluated, 3) electron
density information required for dose calculation needs to be generated from MR
images. This thesis examines each of these challenges.
First, a pelvic shape phantom was used to quantify the geometric distortion arising in
prostate treatment. The CT image was acquired as the gold reference and the distortion
of the MR image was corrected with the vendor’s built-in algorithm. Using the image
registration method, the maximum geometric distortion was reduced from nearly 8 mm
to within the radiotherapy tolerance level.
Second, commercial radiotherapy-dedicated equipment was implemented on the
Siemens Skyra 3 Tesla MR scanner. This involved a hard flat tabletop which mimicked
the flat radiotherapy treatment table, and coil mounts to lift the MR coil above the
patient’s body and minimise coil-induced disagreement between the MR planning and
treatment geometry. A reduction in image quality was observed on the MR simulator,
but no clinically significant difference was found in the accuracy of organ delineation.
Furthermore, use of the MR simulator eliminated patient positioning error associated
with conventional MR scanner design and thus reduced the systematic dosimetric error.
The entire workflow of MR-based planning was tested using an anthropomorphic
phantom and no significant difference was found between MR- and CT-based plans.
Finally, substitute (also known as synthetic or pseudo) sCT images were generated
from MR images using a multi-atlas local weighted voting method. Validation was
conducted on 39 patients and the sCT images were in high level agreement with the CT
images.
In summary, MR-based radiotherapy planning for treating prostate cancer has been
thoroughly tested and evaluated in this study. This may provide an important stepping
stone for the future clinical implementation.
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1. INTRODUCTION
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1.1 OVERVIEW
According to the Globocan 2012, International Agency for Research on Cancer (IARC),
cancers claimed 8.2 million deaths worldwide in 2012. This number is expected to rise
to 22 million within the following 20 years [1]. In Australia, 30% of deaths were related
to cancer in 2010 [2]. The worldwide leading death-inducing cancers are in order lung,
liver, stomach, colorectal, breast and oesophageal cancer. Besides normal aging and
genetic factors, the three main causes of cancer are physical (e.g. ionizing radiation),
chemical (e.g. tobacco consumption) and biological carcinogens (e.g. certain virus
infections like hepatitis B virus). In Australia, the most diagnosed cancers for people by
85 years of age are prostate (20%), bowel (10%), lung (7.7%) and skin (7.1%) in males;
while breast (12.5%), bowel (6.7%), lung (4.5%) and skin (4.3%) are the top four
cancers for females [2]. More than 30% of cancer mortalities can be prevented by
lifestyle improvements such as avoiding obesity, increasing physical activity and fruit
and vegetable intake. Commonly used cancer treatment methods include surgery,
chemotherapy and radiation therapy [3]. The treatments aim to eliminate the disease or
prolong patient life.
Traditional surgery is the most direct method to remove a local tumour, but is
invasive. The surgeon removes the tumour by excising the cancerous tissue from the
healthy tissue [4–7]. The limitation of surgery is that it can only remove the local tumour
to prevent local spread. Once the cancerous cells reach the lymph nodes, the cancer may
spread into a distant organ. To solve this problem, lymphadenectomy is a common
process in surgical oncology, removing nearby lymph nodes in order to minimise the
tumour spread. For example, axillary dissection is a common method used for breast
sites [5,7], while total mesorectal excision is used for rectal cancer [6]. Another
limitation of surgery is that any residual cancerous cell may divide again and form
another tumour at the same site. To avoid this recurrence, specimens near the tumour
need to be examined to determine the amount of tissue to be removed. Systematic errors
during specimen selection may cause excessive or insufficient removal of tissue.
Compared to surgery, chemotherapy is less invasive. In chemotherapy, a cytotoxic
drug is used to interrupt the division of cells. The drug targets the fast dividing cells in
the body, because most cancerous cells duplicate faster than normal cells [8]. As a result,
the drug is able to inhibit the spread of cancerous cells in general. However, some
normal cells in the body, such as the intestinal epithelium and hair growing cells, have a
relatively high replacement rate. They will also be strongly affected by the cytotoxic
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drug, so side-effects include hair loss and induced vomiting in patients, causing patient
discomfort.
Unlike surgery and chemotherapy, radiation therapy is not invasive. It uses ionising
radiation to interrupt the DNA replication of cancer cells, in turn to eliminate malignant
cancerous tissue. The goal of radiotherapy is to achieve the maximum therapeutic
benefit by delivering a high dose to the target while at the same time keeping the healthy
tissue side effects at an acceptable level [9–11]. To maximise treatment efficiency, a
patient is often treated by radiotherapy combined with surgery or chemotherapy
[5,7,12,13].

1.2 PURPOSE OF THE RESEARCH
There are many different techniques used for radiotherapy, such as 3D conformal
radiotherapy, intensity modulated radiotherapy, volumetric arc radiotherapy, etc. In
order to deliver the radiation dose accurately to the treatment target, a 3D
reconstruction image of the patient anatomy is commonly used for treatment planning
purposes. Images such as orthogonal x-ray images are also used for patient positioning
purposes.
Currently, computed tomography (CT) is predominantly used for radiation treatment
planning. Not only are the organs of interest contoured on the CT image, but also the
treatment plan is calculated using the CT image. Compared to CT imaging, magnetic
resonance (MR) imaging is able to deliver better soft tissue contrast, so the organ
contouring can be more accurate. However, an MR image does not provide electron
density information which is essential for dose calculation. Current use of MR imaging in
treatment planning is mostly as a tool for organ delineation; a CT image is still required
for dose calculation. The organs are contoured on the MR image and then applied to the
CT image by registration based on rigid structures, such as bone, before the dose is
calculated on the CT image. One drawback of this procedure is that anatomical
differences between MR and CT images are inevitable, so the registration results in
geometric error which in turn will cause dosimetric error. Therefore, planning solely
based on MR images may improve the treatment outcome.
This work focuses mostly on treatment of prostate cancer. Therefore, in the next few
sections, prostate cancer, radiotherapy and the imaging modalities and processes used
in radiotherapy planning will be reviewed in detail.
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1.3 PROSTATE CANCER
Normal tissue cells divide and self-eliminate to maintain tissue homoeostasis. Damage
to the cell is in the form of apoptosis. Once apoptosis happens, the dead cell is replaced
by new cells in normal tissue. If the progress of normal cell division and replacement is
interrupted by mutation of the genetic material, carcinogenesis (creation of cancer cells)
happens [10,11,14]. As the cancerous cells accumulate, a tumour forms. There are two
types of tumour differentiated by invasion behaviour: benign and malignant. A benign
tumour, such as a mole, contains itself. It is not generally considered life threatening,
unless its mass starts to increase and compress the nearby vital organs. In contrast, a
malignant tumour is able to spread into adjacent critical organs in a process called
metastasis (Figure 1-1). Due to its aggressive behaviour, it is essential to prevent the
growth of a malignant tumour and to stop its spread if it exists already.

Figure 1-1. Process of cancerous cell formation. After stage G2, a cancer cell undergoes
the transformation and metastasis process [11].
The prostate gland is one part of the male reproductive system. It has a size around
that of a walnut and weighs around 15-20 grams in the young population. It contains
two main lobes surrounding the urethra. The gland can be divided into four zones:
periurethral, transition, central, peripheral zones (from region closest to urethral
outward, see Figure 1-2) [15]. Prostate cancer often occurs at the peripheral zone in the
prostate gland [16]. Prostate cancer is the second most diagnosed cancer in western
culture [17–20] and almost one million cases of prostate cancer were reported around
the world in 2010 [20]. In Australia prostate cancer is the second most common cancer
for all ages [21–23], and the most common cancer for a male over the age of 52 [21].
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Figure 1-2. Simplified schematic diagram of prostate gland showing the major zones:
peripheral, central and transition zones (in the inward order). The periurethral zone
(the region between the transition zone and the urethra) is not shown in this diagram.
(http://www.cancer.ca/en/cancer-information/cancer-type/prostate/anatomy-andphysiology/?region=on)
Although the risk of getting prostate cancer increases with age for all males, a link has
been between observed prostate cancer susceptibility and ethnic group. In the United
States, for example, African descendants have a higher risk of developing prostate cancer
compared to Caucasian descendants [24]. It has been found that a single nucleotide
polymorphism (SNP) named rs1447295 in the 8q24 chromosome has a significant
association to prostate cancer occurrence [25,26]. By conducting a genome-association
study, Yeager et al discovered a second SNP named rs6983267 within 8q24 to be related
to the susceptibility of prostate cancer [27]. Based on their study, the new SNP has a
greater association to prostate cancer risk (more than twice the risk) compared to the
previously found SNP.
The likelihood of nodal or distant metastic spread can be indicated in tables which
identify the level of prostate specific antigen (PSA), histological grade and clinical stage.
Two systems to define the stage of prostate cancer are the tumour-node-metastasis
(TNM) system and the Gleason score [28–31].
The TNM system classifies the prostate cancer by the status of primary tumour,
regional lymph nodes and distant metastases [23]. Details of the status of each part can
be found in the Prostate Cancer Staging guide published by the American Cancer Society
[32]. Four stages of prostate cancer classified by TNM system are listed in Table 1-1.
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Table 1-1. The TNM prostate cancer stage definition system.
score
Description
T1

Invisible on image

T2

Tumour confined within prostate

T3

Tumour extends through the prostatic capsule

T4

Tumour invades to nearby organs, such as bladder neck, rectum and
pelvic wall

The Gleason score was developed by Donald Gleason and is used to indicate the
evaluation of prognosis of prostate cancer [28]. The score is evaluated by a pathologist
after a sample of prostate tissue has been extracted from patient's body during a biopsy
process. By observing the most and the second most common pattern from the tissue
sample, scores from 1 to 5 are given and summed. This score is used to evaluate the
aggressiveness of the prostate tumour, with a higher score indicating a more aggressive
prostate tumour. The summed Gleason score indicates the prognosis, with a score of 10
being the worst prognosis.

1.4 RADIOTHERAPY
Radiotherapy is a clinical technique that uses ionising radiation to treat cancer. It
includes external beam radiation treatment and internal radiation treatment (or
brachytherapy) [33]. An external beam radiation treatment is usually delivered by a
linear accelerator (Linac), which is controlled by a computer system for treatment
planning and delivery. Figure 1-3 shows the main components of a general radiation
therapy facility. Inside the treatment room, the Linac is mounted to a stand and the
gantry rotates around the central axis to deliver high energy radiation beams to the
patient from any gantry angle [34–37]. The patient lies on the treatment table, which has
a hard flat table-top. Accessories, such as a laser and integrated kV and MV imagers, are
often used to re-position the patient accurately between treatment fractions [38–40].
Knee supporting and ankle fixation foams are used to minimise anatomy variation due to
intra-fractional patient movement and inter-fractional patient positioning error. All the
hardware is located inside a shielded bunker to prevent staff and public being irradiated
by the high energy treatment beams [9].
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Figure 1-3. A birds-eye-view of a radiotherapy bunker consisting of a Linac (a) which is
mounted to a stand (b), a treatment table (c) where the patient lies, and a maze-design
bunker which shields the high energy radiation inside the treatment room. The dashed
horizontal line indicates the axis of Linac rotation and the treatment beams are
represented by red arrows.
A general radiation treatment cycle includes the following steps: 1) acquisition of the
initial patient image, 2) delineation of the critical organs and generation of the treatment
plan, 3) patient positioning and treatment delivery, 4) treatment evaluation. Because
organ delineation is based on the initial image acquired, image quality is critical. Image
quality here is not only limited to the usual image technical properties, such as signal-tonoise ratio, but also includes the biological properties of human anatomy, such as the
soft tissue contrast. More details on the different imaging modalities and a comparison
of these can be found in the next section.
INTENSITY MODULATED RADIOTHERAPY (IMRT)
Conventionally, the external radiation beam from the Linac is shaped by a multileaf
collimator (MLC) based on organ geometry at a given beam incidence angle (Figure
1-4). However, when organs at risk (OAR) are located close to the target, simple beam
shaping is no longer suitable [33]. Intensity modulated radiotherapy (IMRT) is able to
achieve a more conformal dose distribution by modulating the beam intensity [41]. In
prostate treatment, OARs such as bladder and rectum are usually located close to the
target (Figure 1-5). By modulating the beam intensity, the radiation dose deposited to
the OARs can be minimised while the target can still receive a sufficient dose. In order to
modulate the beam intensity, the MLC can be used to form multiple beam shapes at each
beam gantry angle and the sum of all the beam shapes will generate the intensity profile
(Figure 1-5).
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In Figure 1-5 four beam shapes are presented for modulation. In order to determine
the intensity profile plan optimisation is conducted [42,43]. By increasing the number of
beam shapes, the degree of freedom of the IMRT planning can be improved and the
resultant intensity profile can be more complex [41,44,45]. However, increasing the
degree of freedom complicates and increases the time required for treatment planning
and delivery. Alternative delivery methods for IMRT include sliding window where the
MLC aperture varies continuously during the irradiation, and VMAT where the aperture
is varied during continuous gantry rotation about the patient.

Figure 1-4. The MLC (rectangular segments) can be shaped to the cross-section of the
target (red) shape at a certain beam angle.

Figure 1-5. The beam intensity profiles are modulated in IMRT in order to reduce the
dose to OARs, and each modulation is achieved by changing the MLC shapes [46,47].
With the increasing availability of imaging, such as CT and MR scans and even conebeam CT (CBCT), the patient anatomy can be updated more frequently [48–57]. The
treatment is then guided by the structural images, hence this is called image guided
radiotherapy (IGRT). On a daily basis, OBI devices are used to position the patient
according to the planning position [50–53], while CT or MR are used for checking interfraction organ anatomical variation [55,57–59]. As stated previously an MR image has
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better soft tissue contrast than a CT image. Therefore, MR is more suitable for
monitoring the inter-fraction anatomical organ variation (e.g. prostate site) [58,59].
In this study, the use of MR imaging modality in prostate radiotherapy planning will
be investigated. Several challenges to implement MR-based planning will be discussed
and studied. Some practical issues of MR-based planning will also be studied.

1.5 IMAGING MODALITIES FOR PLANNING
Patient anatomy information used in the treatment planning process can be provided
by planning images. There are generally two types of image: structural and functional
[60–62]. A structural image shows the patient’s anatomical details. Computed
tomography (CT) and morphological magnetic resonance (MR) images can be classified
as structural images. On the other hand, a functional image specifies the physiological
properties of a specific organ rather than the geometry of the organ. Nuclear medicine
imaging, such as single photon emission computed tomography (SPECT), positron
emission tomography (PET) and functional MR imaging are functional imaging
modalities. A functional image is often used for diagnostic purposes, but it can also be
registered to the structural images to improve confidence and contouring accuracy for
the oncologist during target organ delineation [63–70]. This thesis only concerns
structural image types. In the next two sections, the two main structural imaging
modalities, CT and MR, will be introduced in detail and in the subsequent section will be
compared in terms of their role in the treatment planning process.

1.5.1 COMPUTED TOMOGRAPHY (CT)
CT PRINCIPLES
CT (computed tomography) is a non-invasive medical imaging modality used to
provide multiple axial slices of the patient’s anatomical information. The working
principle of a CT scanner is similar to that of conventional 2D x-ray radiography: the xray beam from a radiation source penetrates the patient and the transmission images
onto a detector located at the opposite side of the patient. The difference is that a CT
scanner acquires more than one 2D x-ray image: as the x-ray source and detector
coincidently rotate around the patient at high speed images of the patient at different
angles are continuously acquired (Figure 1-6). For instance, if the detector takes a
patient image at every half degree interval, there will be more than 600 images in one
rotation.
Initial CT scanner designs used pencil beam sources and single detectors [60,61]. Such
a design reduces the beam scatter effect, since the scattered signals miss the detector
[60,61]. However, this design has low efficiency, so a fan beam source with multiple
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detectors was developed [71,72]. In the fan beam design (Figure 1-6), a wide radiation
distribution is received by an array of detectors. However, a ring-shaped artefact will be
present on the image if one of the detectors has slightly different sensitivity from others
[60,61,73]. To overcome this artefact, some designs use a circular stationary array of
detectors and only allow the source to rotate around [60,61,73]. To further increase
efficiency, the modern CT scanner has not only one array but several arrays of detectors
meaning multiple axial slices can be simultaneously acquired [74].
Using a computer, these images can be reconstructed to give a three dimensional
voxel matrix of x-ray attenuation coefficients of the patient tissues. Although the
radiation dose deposited to the patient is higher in CT than chest 2D x-ray radiography,
the 3D information is vital for accurate diagnosis and organ delineation purposes. The
source-detector rotation speed can be as fast as two cycles per second for a multi-section
CT [74], so this increases the continuity of the image and allows shorter image
acquisition time. As a result, the patient’s radiation exposure is reduced and at the same
time the hospital’s patient throughput can be increased. However, the most important
advantage of the short acquisition time is that it minimises imaging artefacts due to
patient movement. Detailed discussion on the acquisition speed and comparison to other
modalities appears in Section 1.5.3.

Figure 1-6. A schematic diagram of a CT scanner. Radiation is generated from the source
and penetrates through the patient to an array of detectors. Both source and detector
arrays rotate around the patient coincidently at high speed.
HU CALCULATION
After the CT signal is acquired and reconstructed to a set of axial images, the intensity
of each pixel is a floating point number that corresponds to the attenuation coefficient of
the tissue at that position. Each pixel on the image needs to be normalised to an integer
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to display the clinical image. The pixel intensity is quantified based on the attenuation
coefficient of the tissue relative to the attenuation coefficient of water. The pixel
intensity is referred to as the Hounsfield Unit (HU) and is calculated using the following
equation [60,61,75]:
𝐻𝑈 = 1000 ×

𝜇 − 𝜇𝑤𝑎𝑡𝑒𝑟
𝜇𝑤𝑎𝑡𝑒𝑟

Eq. 1.1

where 𝐻𝑈 is the HU of a given pixel on the axial CT image, 𝜇 is the attenuation
coefficient of tissue at that pixel location (also the floating point number given at that
location after the image reconstruction), and 𝜇𝑤𝑎𝑡𝑒𝑟 is the attenuation coefficient of
water at the scanner energy.
By definition, water has a zero HU value. Other common tissues are listed in the
following table [60].
Table 1-2. Hounsfield units of some common tissues.
Material

HU

Air

-1000

Water

0

Muscle

40

Soft Tissues

100-300

Bone

700-1000

IMAGE QUALITY
A high quality CT image is able to provide details of each structure in the field of view,
but unfortunately the image quality is also related to the radiation dose. A proportional
relationship between the radiation dose and the image quality is expressed in the
following equation [60]:
𝐷∝

𝑆𝑁𝑅 2
Δ3 𝑇

Eq. 1.2

where D is the radiation dose, SNR is the signal-to-noise ratio of the CT image, Δ is the
pixel size on the axial image and T is the slice thickness. In order to obtain an image with
high SNR, smaller pixel dimensions and thinner slices, the patient’s radiation exposure
has to be extended. Techniques such as using a multi-section detector array are able to
reduce the slice thickness without increasing the radiation dose to the patient [74].
The geometric information from CT has good agreement with actual physical
geometry [76–80]. However, artefacts do exist on CT images. Besides the ring artefact
stated previously, there are other artefacts, such as due to a beam hardening effect.
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For a polychromatic (multiple energy level) radiation source, the lower energy
photons are absorbed by tissue located closer to the source, leaving higher energy
photons to penetrate the rest of the tissue [81–84]. This causes the image intensity to
appear darker after the beam has penetrated an organ which is relatively denser than
the surrounding tissue (e.g. bone or metallic implants as opposed to soft tissue).
Although such an artefact is a physical phenomenon that cannot be eliminated, modern
CT scanners come with sophisticated post-processing software to correct these.
Another disadvantage is that a CT image delivers low contrast between different soft
tissues. As shown in Table 1-2, the relatively narrow band of the HU range of soft tissues
makes it very difficult to distinguish one soft tissue type from another.
Advantages of CT include bone structure emphasis, electron density information for
dose calculation in the treatment planning process and the relatively lower cost. Because
of these advantages, there has been a significant increase in CT usage for medical
diagnosis and treatment planning purposes [85].

1.5.2 MAGNETIC RESONANCE (MR)
HISTORY AND BASIC PHYSICS

A magnetic resonance imaging (MRI) scanner is non-invasive equipment to provide
the patient image (Figure 1-7). The principle of the MRI technique was first outlined by
Paul Lauterbur in the early 1970s [86]. However, it was not until the late 1970s that the
first human MR image was made available [87,88].

Figure 1-7. A photo of the 3 T MR scanner used at the Calvary Mater Newcastle Hospital.
The main magnet (a) and the scanning table with a flat tabletop (b) are shown. For
patient treatment positioning purposes, a laser mount (c) was installed. The head coil
(d) used for cranial scan is also displayed on this photo.
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The MR scan uses the existence of water inside living body tissue and the fact that
each water molecule consists of two hydrogen nuclei. There is one proton in each
hydrogen nucleus and it is able to precess around the angular frequency axis freely and
randomly in a normal situation (or the thermodynamic equilibrium state). When
applying an external magnetic field, the random spin orientation of a proton will be
unified based on the field direction (as shown in Figure 1-8). At this moment, spin is
either pointing with or against the direction of the external magnetic field, but the
number of nuclei with spin parallel with the external field direction is larger than the
number with spin antiparallel. This induces in a net magnetic moment aligned along the
direction of the external magnetic field. Note that all the spins are not necessarily in
phase with each other.

Figure 1-8. In the thermodynamic equilibrium state, the spins of protons are randomly
directed (a). Once a homogeneous external magnetic field presented, the proton spins
align either along or against the field direction (b). There are more protons with spin
along the field resulting in a net magnetic moment in the same direction as the external
magnetic field.
For individual spin, there are two types of magnetisations: transverse and longitudinal
magnetisation. Longitudinal magnetisation is defined as being in the same direction as
the B0 field, while transverse magnetisation is perpendicular to the B0 field (Figure
1-9a).
When a radio wave (or radiofrequency pulse) with a certain frequency is applied to
the hydrogen nuclei within the external magnetic field, the net magnetic moment of the
protons can be in flipped 90 degrees into the transverse plane in phase with each other
spinning at this resonance frequency. When this external radio wave is turned off, all the
spins tend to return back to their normal alignment with the B0 field. This process is
called relaxation.
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The precession frequency, 𝜔, for a given magnetic field strength can be calculated by
the Larmor equation shown below, where γ is the gyromagnetic ratio, and B0 is the
external magnetic field strength.
Eq. 1.3

𝜔 = 𝛾 × 𝐵0
For example, hydrogen has a gyromagnetic ratio of 42.58MHz/T.

As shown in Figure 1-9b, once a proton starts to precess around the B0 direction with
the external resonance frequency, the magnitude of the longitudinal magnetisation
decreases while the transverse magnetisation grows. Once the external radiofrequency
pulse is turned off and the spin attempts to return to its equilibrium state, each spin will
gradually regain longitudinal magnetisation. This process is called the T1 relaxation. The
T1 relaxation recovers exponentially (Figure 1-9c) as described by Eq. 1.4, where M0 is
the initial longitudinal magnetisation at the thermodynamic equilibrium state, T1 is the
time a proton takes to recover 63% of the initial longitudinal magnetisation, and 𝑀𝑧 (𝑡) is
the longitudinal magnetisation at certain time t.
𝑀𝑧 (𝑡) = 𝑀0 (1 − 𝑒

−

𝑡
𝑇1 )

Eq. 1.4

In contrast, the radiofrequency pulse increases the transverse magnetisation and once
the radiofrequency pulse is turned off, the transverse component of precession on the
xy-plane decreases exponentially (Figure 1-9d). This process is called the T2 relaxation.
It is described by Eq. 1.5, where 𝑀0 is the initial transverse magnetisation, 𝑇2 is the time
a proton takes to decay to 37% of the initial transverse magnetisation, and 𝑀𝑥𝑦 (𝑡) is the
transverse magnetisation at certain time t.
𝑀𝑥𝑦 (𝑡) = 𝑀0 𝑒

−
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𝑡
𝑇2

Eq. 1.5

Figure 1-9. A 3D illustration of proton spin along the direction of the external magnetic
field (a). An external radio-frequency (RF) pulse is sent to the system to excite the spin
and the change in proton spin is demonstrated in (b). Once the external RF pulse is
turned off, longitudinal magnetisation (c) re-grows while transverse magnetisation (d)
decays. (http://pubs.rsc.org/en/content/articlehtml/2012/cs/c1cs15248c)
Comparing the T1 and T2 terms in the above equations, the T1 recovery constant is
generally longer than the T2 decay constant. The two constants have slightly different
values for different tissue, so can be used to characterise tissue. Some common tissue T1
and T2 constants are listed in the following table [60]:
Table 1-3. T1 and T2 relaxation constants of common tissues at 1.5 T field strength.
Cerebrospinal fluid (CSF).
Tissue

Fat

Muscle

White matter

Grey matter

CSF

T1 (ms)

260

870

780

900

2400

T2 (ms)

80

45

90

100

160

Two further terms relate to the pulse sequence: echo time (TE) and repetition time
(TR). TE is the time between sending the radiofrequency pulse and the signal sampling
where the maximum signal is achieved. TR is the time between two radiofrequency
pulses. By applying different combinations of TE and TR, the MR image can be weighted
towards either a T1- or T2-weighted image.
The genius of MR imaging is that it can emphasise a specified tissue using a particular
sequence and the contrast between two tissues-of-interest can also be highlighted using
a particular sequence. For example, fatty tissue appears brighter than CSF on a T1-
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weighted image and vice versa on a T2-weighted image (Figure 1-10). If the physician
wants to maximise the contrast between the fatty tissue and CSF on the brain, a TR of
around 500 ms would be a good choice for the T1-weighted image because the signal
intensity between the two is largest around that range (Figure 1-10a). Similarly, a TE of
around 150 ms will maximise the contrast between the two tissues on the T2-weighted
image (Figure 1-10b). In relation to the project of this thesis, cancerous tissues of the
peripheral zone of the prostate gland often appear as a hypo-intense region in a T2weighted MR image [89].

Figure 1-10. Graphs of longitudinal (a) and transverse (b) relaxation of the four tissuesof-interest (fat, CSF, water matter and grey matter). The horizontal axis represents the
time in ms and vertical axis represents the signal along the 𝑀𝑧 and 𝑀𝑥𝑦 directions.
(Graphs plotted based on the values from [61,62])
An external magnetic field is essential for a high quality MR image, but it is impossible
to determine the localisation of each individual signal since all signals will be identical
within the field for a perfectly homogeneous applied field. In order to distinguish the
spatial information of each signal, a magnetic field gradient is usually used [60,62]. A
magnetic field is generated through a closed wire loop once an electrical current passes
through it, as given by Ampere's Law. Using the same principle, wire coils positioned in
different orientations are used to generate the magnetic field gradient inside the
homogeneous external magnet field. Linear magnetic field gradients in three orthogonal
directions (x, y, z) are given by√𝐺𝑥2 + 𝐺𝑦2 + 𝐺𝑧2 , where G represents the magnetic field
gradient along each direction. For each individual direction of field gradient, a proton
precesses at a relatively higher frequency at the higher magnetic field gradient end
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compared to the lower end. This is guided by the linear relation of the Larmor equation
shown above. Localisation of signal can be achieved using this information.
MR IMAGE QUALITY
An MR image can be characterised by qualities such as spatial resolution, signal-tonoise ratio (SNR), image contrast and the scanning time [60,90]. These image qualities
correlate to each other. A higher spatial resolution increases the ability to distinguish
small objects but along with other parameters has an influence on the SNR of the MR
image. The parameters that define the SNR can be expressed in the following
proportional equation [60]:
𝑆𝑁𝑅 ∝ 𝐼 × 𝑣𝑜𝑥𝑒𝑙 ×

√𝑁𝐸𝑋
√𝐵𝑊

× 𝑓(𝑄𝐹) × 𝑓(𝐵) × 𝑓(𝑆𝐺) × 𝑓(𝑅𝐴)

Eq. 1.6

where I is the intrinsic signal intensity based on the pulse sequence, voxel is the voxel
size defined by the field of view, image matrix size and slice thickness, NEX is the number
of excitations, the repeated signal acquisition at the same voxel, BW is the frequency
bandwidth, f(QF) is the quality factor of the coil, f(B) is the function of magnetic field
strength, f(SG) is a function of the inter-slice gap effect and f(RA) is the reconstruction
algorithm function.
The above equation characterises the relationship between the acquisition of the MR
image and the MR image quality. An inverse relationship between the SNR and spatial
resolution of the image is shown. For treatment planning organ contouring purposes,
one requires high SNR to identify the organ of interest correctly while at the same time a
finer voxel size provides more precise contouring. Therefore, a higher spatial resolution
image cannot be achieved without compromising the signal-to-noise ratio of the image.
Additionally, the bandwidth of the resonance frequency has an inverse square root
proportionality to the SNR. For example, halving the bandwidth can increase the SNR by
about 40%. However, the bandwidth has an inverse relation with the signal sample time,
consequently the SNR may be improved by 40% but the signal sample time has to be
doubled. Another time which relates to the SNR is the data acquisition time, expressed in
the number of excitation (NEX) in the above equation. A 40% improvement in signal-tonoise ratio results in a doubling of data acquisition time.
In terms of image contrast, an MR image is able to deliver better soft tissue contrast
than a CT image. For different clinical purposes, different MR pulse sequences can be
used to improve the image contrast in order to help a radiation oncologist to evaluate
the target size accurately (Figure 1-10). There are more techniques for improving the
contrast for the specific purpose, such as time-of-flight angiography to emphasise blood
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flow, which will not be introduced in this thesis but whose details can be found in many
textbooks, e.g. [60–62].
Besides the image acquisition parameters, MR image quality can also be influenced by
image artefacts. These are discussed next.
MR ARTEFACTS
Like other imaging modalities, MR images also suffer from image artefacts. Known MR
artefacts include but are not limited to the following: geometric distortion, chemical
shift, aliasing, truncation, motion-induced ghosting, crosstalk, moiré fringes and
susceptibility artefacts [91,92]. Some of these artefacts are important to the work of this
thesis, so will be discussed in detail. For other artefacts, MR textbooks [60–62] and
publications [91,92] are recommended for further detail. Due to the correlation between
some artefacts, each artefact will be introduced by context rather than the above order.
Geometric distortion artefacts on MR images can be classified as scanner-induced and
subject-induced artefacts. The magnetic field of the scanner’s main magnet should be as
homogeneous as possible inside the scanner. Any magnetic field inhomogeneity causes
an uneven T2 relaxation and results in image geometric distortion which causes spatial
error on the image. Another element of scanner equipment that causes geometric
distortion artefacts is the gradient field coil. Localisation of the signal within the
scanning body is achieved by applying a linear magnetic field gradient inside the main
stationary magnet. When non-linearity of the field gradient occurs (the linearity
decreases further away from the isocentre, see Figure 1-11), the signal position will be
mis-localised and cause geometric distortion [60–62,91,92].
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Figure 1-11. The ideal magnetic field strength (Bz) is linearly related to the distance
from the isocentre (dashed line) to give the desired magnetic field gradient. In reality,
the linearity of the gradient degrades moving away from the magnetic isocentre (solid
line), and such non-linearity causes geometric distortion. Geometric distortion is
therefore more severe towards the edge of the FOV (field of view). (Graph regenerated
from [62])
There are also artefacts caused by the scanned object. Three of these (foreign object,
chemical shift, susceptibility and motion) will be introduced here.
First, the scanned subject may cause perturbation and hence degrade the overall
magnetic field homogeneity and induce geometric distortion.
Another cause of subject-induced geometric distortion is chemical shift. The
resonance frequency of fat is about 71.4 Hz [93] and 220 Hz [62] lower than for water at
0.5 T and 1.5 T magnetic field strength, respectively. At the interface of fat and water, the
chemical shift causes spatial error of the fatty tissue due to this resonant frequency
difference [62,92]. This can be regarded as a form of geometric distortion. Such artefacts
influence the anatomical spatial accuracy, particularly where large amounts of both
tissues are present, for example in a brain scan where fatty tissue (grey and white
matter) and water (cerebrospinal fluid) are the majority components and located close
to each other. From the Larmor equation, the resonance frequency linearly depends on
the magnetic field strength. The chemical shift may be reduced by minimising the
magnetic field strength used, but this is not desirable since the image SNR is
proportional to the magnetic field strength. Since the chemical shift artefact is inversely
proportional to the receiver bandwidth [92], increasing the receiver bandwidth can
potentially reduce the chemical shift artefact. However, the inverse relation between the
receiver bandwidth and SNR prevents much reduction in receiver bandwidth. One
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method to balance this problem is to apply a high receiver bandwidth while using a
shorter radio-frequency pulse to acquire the image so that the acquired signal can be
maximised [92].
Another subject-induced distortion is caused by the susceptibility artefact. The
magnetic susceptibility of an organ characterises the level of organ magnetisation inside
an external magnetic field. A slight difference in the organ-induced magnetisation causes
a reduction in the signal near the interface, which in turn affects the spatial accuracy of
organ representation on the image [62]. Because the extent of the susceptibility artefact
depends on the difference in the magnetic susceptibility of two adjacent organs, such an
artefact is significant at the interface of soft-tissue (relatively higher magnetic
susceptibility) and much lower magnetic susceptibility tissue such as bone and air
capsules [91]. In the presence of a clinical metallic implant, the susceptibility artefact
will become even more severe since the magnetic susceptibility of the metallic implant is
normally significantly higher than for soft-tissue [92].
Another artefact which degrades the image geometric accuracy is due to motion.
Involuntary movement such as breathing and the subject’s random voluntary movement
during the scan causes a ghosting artefact. The MR image acquisition involves a phase
encoding and a frequency encoding step. The signal is sampled simultaneously during
the frequency encoding step, so motion has less effect along the frequency encoding
direction. However, the signal sampled during the phase encoding step is separated by
the TE interval. As a result, the phase encoding step is the most vulnerable to patient
motion [60–62]. Due to such motion, faded ghost images appear along the phase
encoding direction, so this artefact is also called the ghosting artefact. The ghosting
artefact not only affects the external body contouring accuracy, but also reduces the
internal anatomical geometric accuracy (Figure 1-12). To reduce the ghosting artefact
caused by patient random voluntary movement a short scanning time is necessary.
Additionally, a gating technique during the scan [60,62,94,95], which assumes that the
breathing pattern of the subject is periodic with the same frequency, is useful to
minimise the ghosting artefact due to respiratory motion. The MR scan can be
accompanied by an electrocardiogram (ECG), which monitors the breathing pattern of
the patient, to synchronise the image acquisition with the ECG signal [94,95]. In some
other cases, a breath holding technique is also useful [96,97].
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Figure 1-12. Several anatomical size examples show the ghosting artefact [60]. Based on
the ghosting artefact, one can distinguish the frequency encoding gradient (FEG)
direction from the phased encoding gradient (PEG) direction.
Additionally, the selection of image acquisition method also influences the reduction
in artefacts due to motion. For example, a 2D acquisition method is more vulnerable to
intra-acquisition motion compared to a 3D acquisition method (Figure 1-13). In this
study, a 2D acquisition method was used during the initial trial run at the beginning of
this study. The intra-acquisition motion has not only induced external body contour
variation (Figure 1-13b), but also causes the same effect for internal organs (the effect
is visible at the anterior region of the bladder on Figure 1-13b). This effect not only
reduces the accuracy of the organ delineation, but also increases the difficulty in
synthetic CT image generation (more details appear in later chapters). Another
advantage of the 3D acquisition method is that true isotropic data can be acquired [98].
By achieving equal slice thickness and pixel size, this also reduces the difficulty of image
registration.
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Figure 1-13. CT (a and c) and MR (b and d) images of two patients in this study. CT and
MR images were aligned based on the external markers (indicated by blue arrows) to
show the comparison. In the initial trial scan (b), a 2D acquisition method was used and
the zig-zag effect (red arrows) is visible at both external and internal anatomies. Not
only the bladder surface is affected, but also the intensity oscillation is visible inside
bladder. However, such effect is eliminated by implement 3D acquisition method (d).
(Images from the patient data in this study)
When the imaging FOV is set smaller than the scan subject, the region outside the FOV
tends to be wrapped back to the image [60–62,91,92]. This is called an aliasing artefact
(Figure 1-14). This artefact is mainly caused by either gradient non-linearity or
frequency under-sampling [60]. In the latter case, if the sampling rate is lower than the
Nyquist sampling limit, then the Fourier transform is unable to discriminate data with
frequency higher than the Nyquist sampling frequency. Consequently, a lower frequency
will be allocated [60]. This artefact can potentially reduce the usability of the image,
since the aliased region degrades the internal anatomical geometry. However, if the
aliasing region is not wrapped onto the organ of interest then the image may be still
usable [91]. Another consequence of incorrect FOV assignment directly relates to the
treatment planning. For a prostate treatment plan as an example, a large FOV is essential
to represent the true whole body contour so that the dose deposited to the target can be
accurately calculated.
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Figure 1-14. Aliasing artefact usually appears at the opposite side of the FOV where the
region is excluded [92]. Here aliasing of the posterior part of the skull appears at the
anterior part of the skull.
An MR image may also suffer from the Gibb’s artefact. Such an artefact usually appears
as a high/low signal oscillation near the interface of a high signal region and a low signal
region (Figure 1-15). The cause of the Gibb’s artefact is due to the MR image
reconstruction algorithm. MR image reconstruction uses the inverse Fourier transform
and since the transformation uses a discrete method to approximate the continuous
function [99], the approximated function only approaches the expected function at the
signal difference boundary when infinite terms are used. The goodness of the
approximation depends on the number of data samples, but the available scanning time
restricts this. Therefore, the Gibb’s artefact is inevitable in MR acquisition (Figure 1-15).
When the data is under-sampled the Gibb’s artefact appears more severe and may
influence the contouring of smaller organ structures. One approach to the Gibb’s artefact
is to increase the data sampling (reduce the image pixel size), but the pixel size cannot
be infinitely reduced since such action degrades the SNR and increases the acquisition
time [60–62,91,92].
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`
Figure 1-15. An MR image with an object (dark band) with significantly lower MR signal
compared to the surroundings (insert). A profile (red line) was sampled to give the
signal profile (blue) shown in graph. Signal oscillation due to the reconstruction
algorithm can be observed near the intensity interface. (The image and sampled profile
are part of study of this project)
Another artefact is called the standing wave artefact. It results in oscillation of the
high/low water signal within the scanned object [100]. It usually occurs when the size of
the scanned object is approximately the same as the hydrogen resonant frequency
wavelength at a field strength of 3 Tesla (Figure 1-16a). This artefact was important in
the current project, because the size of the pelvis shaped phantom used in this research
was close to the hydrogen resonant frequency wavelength. To overcome this artefact
(Figure 1-16b), water was replaced by mineral oil (dielectric constant~2.2 [101]).

Figure 1-16. The standing wave artefact which appears on the MR image when the
phantom is filled with water (a). The artefact can be eliminated by filling the phantom
with a lower dielectric constant material (e.g. mineral oil). (The images are the pelvic
shape phantom from this study)
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1.5.3 COMPARISON OF MODALITIES
Comparing MR to CT scans, each modality has its own benefits relative to the other.
This section compares the two in the following aspects:
1. Image quality
2. Acquisition time
3. Scanner physical size
4. Safety
5. Cost
6. Availability to radiotherapy planning
IMAGE QUALITY
For a CT image, the spatial distortion is smaller than for an MR image, as described in
the previous sections. This advantage reduces the systematic organ delineation error.
Karger et al investigated the spatial distortion of CT, MR, PET (positron emission
tomography) and SPECT (single photon emission computed tomography) images for
stereotactic radiotherapy [102]. They used a phantom constructed with four linear tubes
and five target points positioned at distances from the central line of the cylinder case
(length of the phantom was 230 mm with 180 mm diameter). The stereotactic
coordinates of these objects of interest were determined on each image. The CT mean
radial distortion was 0.4±0.2 mm, whereas the spatial distortions on the MR images
were as large as 1.4±0.5 mm [102].
However, the MR spatial distortion can be minimised by careful selection of the
sequence parameters. Additionally, the spatial distortion on the image acquired by
modern MR scanners can be minimised to submillimetre levels by applying distortion
correction algorithms [103–107].
Because the penetration coefficients differ insignificantly between different soft
tissues, the soft-tissue contrast on a CT image is poor. In contrast, an MR image has a
superior soft-tissue contrast. Thus, an MR image enables clinicians to delineate soft
tissues with higher accuracy [58,59,108]. This advantage makes MR imaging superior to
a CT image in prostate treatment planning, because the ability to accurately define the
organ volume is one of crucial requirements in the treatment planning and critical
organs which appear in the prostate treatment (e.g. prostate, bladder and rectum wall)
are soft-tissues. Additionally, CT imaging is vulnerable to high density object streaking
artefact due to the beam hardening effect. When high density objects (such as gold
fiducials) are present on the image, the streaking artefact reduces the accuracy of
delineating these objects.
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ACQUISITION TIME
A shorter acquisition time minimises intra-scanning patient motion effects on the
image, so the planning margin added to the organ contour can be reduced. The
acquisition time for a CT scan (less than a minute) is shorter than the MR acquisition
time (tens of minutes upwards depending on the sequence). For MR imaging, although
the longer acquisition time makes it more vulnerable to the motion effect, the superior
soft-tissue contrast reduces the organ delineation error on MR image comparing to CT
image. Additionally, methods are available to reduce the motion effect on the image,
such as employing the 3D isotropic acquisition sequence (Figure 1-13d).
SCANNER PHYSICAL SIZE
The MR scanner is designed to achieve magnetic field homogeneity inside the bore.
This requires a long bore depth as the magnetic field diverges away from the magnetic
isocentre. This longer bore depth creates an illusion to the patient of being scanned in a
contained space, so may be uncomfortable to patients with claustrophobia. In contrast,
the CT scanner bore is much shorter.
SAFETY
A CT scanner irradiates the patient with ionising radiation to acquire the image, while
an MR scan is ionising radiation free. Sodickson et al estimated the cumulative radiation
exposure by a CT scan to the adult patients [109]. With a sample size over 200,000
patients in total, they found that half of the sample received a cumulative effective dose
over 100 mSv [109]. The mean and maximum of the lifetime attributable risk (LAR)
were 0.3% and 12%, respectively, for cancer incidence and 0.2% and 6.8% for cancer
mortality [109].
On the other hand, there are also several safety precautions related to MR scanning,
including temperature increase in the patient and limitation of the eligible patient group.
As an RF pulse in the radio wave band is constantly emitted to the patient (like heating
process used in a microwave oven), part of the energy is absorbed by the patient’s body.
The absorbed energy by the body needs to be quantified and limited in order to prevent
significant temperature increase in the patient’s body. This can be calculated using the
specific absorption rate (SAR), which quantifies the RF power absorption per unit of
mass by the scanned subject [60–62,110–112]. Secondly, some patients cannot be
scanned in an MR scanner for safety reasons. For a patient with metallic implants or a
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pacemaker, the MR scan may become dangerous [113–116]. However, for some modern
pacemaker designs, MR can be conducted for certain sites [117]. Although these may not
be life threatening factors for CT scan, the high density objects like these will always
degrade the CT image quality.
In general, the MR scanner is a safe modality for patients and danger can be prevented
by careful pre-scan screening processes. Current MR scanners have a main magnetic
field strength ranging from less than 1 T to 1.5 T and 3 T. The field strength at this level
is vastly higher than Earth’s magnetic field strength (25-65 μT). Therefore, it is essential
to investigate the possible health effect of such high strength on living objects. Many
studies have been conducted to investigate possible health-related effects of such
magnetic fields, but adverse health effects have not been found [118–122].
COST
The scanner room designs are different for the two modalities: the MR room needs to
minimise interference from background RF signal noise (e.g. radio station or cellphone
signals), because the receiver coil requires minimum background radiofrequency noise.
Therefore the scanner has to be isolated in a well-shielded room whose design is
generally based on a Faraday cage [60,62,123]. In contrast, the CT scanner emits ionising
radiation, so the scanner has to be shielded within a bunker to minimise the radiation
doses transmitted to the medical staff.
The cost of the two machines differs significantly. MR scanners are generally 3-22
times more expensive than CT scanners, depending on the brand and functionality. A
modern 3 T MR scanner may cost over three million dollars plus accessories, which can
significantly add to the cost. Since a magnet is involved, any equipment used (e.g. table
and headphones) have to be non-ferromagnetic, while there is no such restriction for CT
scanners. For superconductor magnet MR scanners, the cooling system needs to be
turned on all the time while CT scanner can be turned off after hours. Additionally, the
MR scanner has a higher ongoing cost for machine maintenance. Although the MR
hardware and fixed costs cannot be reduced, the cost effectiveness of MR can be
improved by increasing the patient throughput [124,125]. Golding proposed several
strategies to increase the patient throughput: 1) streamline the standardised scan
protocol, 2) reduce the scan time by all means (e.g. minimise sequence number, use
faster imaging sequence, etc.), 3)improving radiographers’ practical skills in order to
increase the patient setup efficiency, 4) group similar site scans so that coil changes can
be minimised, 5) extend scanner operation time [125]. It is essential to minimise the cost
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of the MR scan and increase the patient throughput while retaining the superior image
quality over CT scan [124].
AVAILABILITY
CT has been long used for radiotherapy purposes [126–128], such as treatment
planning and simulation. In contrast, MR imaging was mainly used as a diagnostic
modality and occasionally as a guide for organ delineation due to its higher soft tissue
contrast [79,129–133]. The idea of using MR as the sole imaging modality for
radiotherapy treatment has existed for many years [31,80,90] and research is underway
in this regard. Because of its advantages in the treatment planning, this project will
investigate several aspects of the MR-based treatment planning for the prostate site.
In summary, it is feasible and beneficial to MR scan patients on a weekly (or even
daily) basis over CT scans because of two reasons: 1) the soft-tissue contrast on an MR
image is superior over a CT image. Organ volume change can be reflected more
accurately on the MR image to provide insight on the organ inter-fractional variation. 2)
The MR scan is free of ionising radiation, which eliminates cancer induction risk caused
by image acquisition.

1.6 IMAGE REGISTRATION
Because image registration will be used as an independent method to quantify the MR
distortion in this study, some background will be reviewed in this section. There are two
main types of registration: rigid and deformable. Rigid registration applies the
translation, rotation and reflection to the object but keeps the original shape and size of
the object the same. Compare the two registration types, rigid is more appropriate for
phantom registration as the physical change of the phantom is minimal, while the
deformable registration is more appropriate for patient cases.
During image registration, a geometric transformation is used to align two images
based on their common features. In clinical practice image registration is sometimes also
known as image fusion. The main aim is to combine two or more images (usually
different modalities) in order to obtain the features of each image. There are different
uses for image registration in clinical practice. Each image modality has its own
advantages over others; for example, the CT image provides better bony structure
information while an MR image delivers higher soft tissue contrast. Therefore,
registering the different modality images can improve organ contouring accuracy
[58,59]. In addition, fusing CT or MR images to a functional image such as PET (positron
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emitting tomography) assists the clinician to diagnose the disease and defines the target
geometry [134,135]. A further use of image registration is to help the clinician to
monitor the progress of treatment, including the target size, shape and position. Based
on this information, it helps clinicians to guide the treatment [51,136,137]. Another use
of the image registration is for image-guided therapy during which the pre-treatment
image and the patient anatomy on the treatment day are correlated [55–57].
Image registration is a process of geometric transformation. This is illustrated in
Figure 1-17, where each point on the object in space A is mapped to the object in space
B by a transformation, T.

Figure 1-17. Registering the object in space A to space B using a transformation T.
The detailed image registration framework for intensity-based registration is shown
in Figure 1-18. There are usually two images involved: fixed and moving images. For
example, when registering the patient MR image to a planning CT image, the CT image is
the fixed image while the MR image is the moving image. Every image has spatial and
intensity information. Image registration can be considered to have two main steps: 1)
mapping the spatial information between the two images and 2) mapping the intensity
information between the two images. The moving image undergoes a transformation
process in order to map the point on the moving image to the same point on the fixed
image. After the geometric transformation, pixel intensities are calculated by the
interpolator at the newly moved position. Once both spatial and intensity information
have been calculated in the new image, the new image is then compared to the fixed
image using a certain metric to evaluate the goodness of the registration. A quantitative
result is usually calculated from the metric and this value is fed into an optimiser. The
transformation parameters are continuously changed with different parameters and a
quantitative value is calculated after each loop. The whole process can be considered as
an optimisation procedure in which the loop stops when the quantitative value reaches
an established criterion.
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Figure 1-18. The image registration framework. A certain transformation (Transform)
is applied to geometrically align the points on the Moving Image to the same points on
the Fixed Image. The intensity of each point on the Moving Image is assigned using the
Interpolator and then the newly created image is compared to the Fixed Image based on
certain Metric. A quantitative value (Quant. Val.) is calculated from the specific Metric
and then fed into the Optimiser which changes the transformation parameters (Trans.
Para.). This process runs in a loop until the optimal parameter settings are found so that
the Quant. Val. reaches the optimisation criterion.
There are mainly three types of transformation: rigid, affine and deformable
registration. Rigid registration only involves two types of transformation: translation
and rotation, so the original shape of the object remains the same. The advantage of this
type of registration is its use to register bony structure, such as the skull, because there
is minimal anatomical variation in such structure. Affine registration also includes
scaling and shearing transformations, so the original object shape can be changed. Such
registration can be used when the size of the object swells or shrinks on different days.
In reality, anatomical changes are non-uniform, such as bladder size, so affine
transformation is not sufficient for image registration. In this case, deformable image
registration (DIR) is necessary in order to map the two images with higher agreement.
Free form deformation (FFD) has been used for deformable registration [138,139].
The FFD technique performs the deformation not directly on the object itself but on a
virtual grid frame. A grid frame with a specified number of control points (l+1, m+1 and
n+1 in each direction) is created around the object. One advantage of this technique is
that it provides the user with freedom on the spatial resolution of registration. The
coordinate system is set up obeying the following equation:
𝑿 = 𝑿𝟎 + 𝑠𝑺 + 𝑡𝑻 + 𝑢𝑼

Eq. 1.7

𝑿 is any point within the coordinate, 𝑿𝟎 is the coordinate origin, 𝑺, 𝑻 and 𝑼 are the
three orthogonal coordinates of the global coordinate system and 𝑠, 𝑡 and 𝑢 are the
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coordinates of the local lattice space, with value within (0, 1). The local lattice space
allows pixels within the control points to deform in order to improve the smoothness.
The control points located on the lattice can be guided by the following equation,
where 𝑖 = 0. . 𝑙, 𝑗 = 0. . 𝑚 and 𝑘 = 0. . 𝑛.
𝑖
𝑗
𝑘
𝑷𝒊,𝒋,𝒌 = 𝑿𝟎 + 𝑺 + 𝑻 + 𝑼
𝑙
𝑚
𝑛

Eq. 1.8

The deformed location of 𝑿′ can be calculated by the trivariate Bernstein polynomial,
𝐵, as follows:
𝑙

𝑚

Eq. 1.9

𝑛

′

𝑿 = ∑ ∑ ∑ 𝑷𝒊,𝒋,𝒌 𝐵𝑖 (𝑠)𝐵𝑗 (𝑡)𝐵𝑘 (𝑢)
𝑖

𝑗

𝑘

This project has are two main aims: 1. To implement radiotherapy-dedicated
equipment to the MR scanner, validate the equipment and investigate the effect of such
equipment on image quality and dose delivery; 2. To use weekly MR images to generate
CT-like images and verify the quality of this image generation.
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2. RESEARCH DESCRIPTION
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2.1 MOTIVATION & AIMS
MR imaging has long been used clinically at various sites to improve planning
accuracy [129–135,140–144]. Because of its better soft tissue contrast compared to a CT
image, an MR image provides superior accuracy in soft tissue organ delineation
[58,59,108,145–147]. As a result, organs are usually contoured on an MR image and then
registered to the CT image for dose calculation and patient positioning [129,135,144].
The rigid registration of the two imaging modalities is usually guided by a common
object that has relatively small geometric variation, such as bony structure or fiducial
markers implanted into the prostate [129–135,140–144].
Although the concept of solely using the MR image to plan the prostate treatment has
been proposed for years, several critical challenges need to be resolved in order to use
MR-based prostate treatment planning with confidence:
1. The geometric distortion of the MR image needs to be quantified and must satisfy
the prostate planning criterion [103–105,148–152].
2. Development, commissioning and quality assurance (QA) of the MR simulator is
essential [153–155].
3. An MR image lacks electron density information for the dose calculation
[75,90,156–163].
The general aim of this project is to investigate the use of MR images as the sole
planning modality for prostate radiotherapy treatment planning.
As for a complete statement, there is another worthy aim: the investigation of MR-only
guidance radiotherapy. However, due to the lack of time this investigation was not
performed in this thesis, but will be a future study.

2.2 RESEARCH QUESTIONS
This project has investigated each of the key challenges stated above in detail. The
research questions are listed below.
1.

Because of the existence of geometric distortion (details see next chapter), one
needs to quantify the spatial accuracy of the MR image before using it as the sole
image modality for organ delineation. The first questions to be asked are
therefore: a) what is the magnitude of the geometric distortion in the pelvis on the
clinically used MR image? b) What is the magnitude of the geometric distortion
near the organs of interest within the pelvic region on the clinically used MR image?

2.

The physical shape of the conventional MR scanner table top is different from
that used by the treatment machine. This induces anatomical differences in
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planning and treatment. The coil (placed on the patient’s abdomen) used during
MR scanning causes additional disagreement between the two anatomies. In
order to improve the agreement between planning and treatment anatomies,
radiotherapy-dedicated equipment will be used in this research and it is
necessary to ask: a) what is the image quality degradation in the pelvic size scan, b)
how is the image quality degradation affected if the MR coil is also lifted above the
scanned body; and c) how can the target dose agreement between the planning and
treatment be improved after using such equipment?
3.

Once the MR simulation is achieved, a QA protocol is necessary for routine MR
scanner performance monitoring. There is no particular MR scanner QA routine
at the Calvary Mater Newcastle Hospital, where this research was performed,
except the vendor scheduled semi-annual machine checks. Therefore, a routine
scanner QA protocol using third-party equipment is useful to ensure machine
performance monitoring. Additionally, a manual QA process is time consuming
and user operation mistakes are not uncommon. Therefore, one may ask a)
whether the manual process can be replaced by an automatic QA program in order
to improve efficiency; and b) if it can be achieved, then whether the automatic
results will be comparable to the manual results.

4.

Before applying MR-based treatment planning to humans, it is necessary to
perform trials on a phantom. Such an end-to-end test of the MR-based planning
workflow can be useful to answer the questions, a) whether or not it is possible to
implement the MR-based planning and b) what errors and at what level of these
errors will be encountered during the process.

5.

The pixel signal on the MR image depends on the imaging sequence and the
sequence parameter setting (e.g. time of echo and time of repetition). In order to
calculate dose for treatment planning, one needs to correlate the MR signal to the
electron density [77,164–166]. Therefore, the MR image needs to be converted to
a CT-like image for dose calculation. It is necessary to ask a) whether the CT-like
image can be generated from the MR image, b) how the CT-like image differs from
the actual CT image and c) how the plan quality is affected by using the CT-like
image.

2.3 RESEARCH LAYOUT
This thesis examines each challenge of MR-based prostate planning. First, the MR
scanner’s geometric distortion is quantified, then the impact of using radiotherapy
dedicated equipment on the MR image quality and dosimetry is investigated. Next, the
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development of an MR scanner QA program for use in the Calvary Mater Newcastle
Hospital to monitor scanner performance is described. An MR-based prostate planning
workflow is then described and tested on a pelvic shape phantom. Finally, the MR-based
planning is applied to clinical data.
Results of this work are accordingly separated into six chapters.
Chapter 4: MR geometric distortion quantification
Chapter 5: MR simulator equipment image quality effect (phantom study)
Chapter 6: MR simulator equipment image quality and dosimetric effect (volunteer
study)
Chapter 7: MR simulator QA program development
Chapter 8: MR-based prostate planning end-to-end testing
Chapter 9: Synthetic CT image generation from MR images
Work described in Chapters 5-9 has been published or accepted for publication in
peer reviewed journals. In addition, some of the work has been presented in several
conferences. In order to provide context, Chapter 3 provides a review of relevant
literature and previous work.

2.4 ORIGINAL CONTRIBUTIONS OF THESIS
In this section, the original contributions of this thesis will be expressed in order of
appearance in the next few chapters. The significance of the work will only be briefly
introduced here and details can be found in the literature review chapter and the
relevant chapters.
1. Geometric distortion:
There are three novelties of this work in terms of phantom design, distortion
quantification method and distortion quantification of organs of interest.
a) Previous studies mainly used a cubic phantom to quantify the distortion
[103,105–107,149–151,154,167–169]. A pelvic shaped phantom was used in
this study to quantify the geometric distortion, especially for prostate
planning.
b) Previous studies defined the control points at the grid sheet intersection when
performing the distortion quantification [78,104–107,154,170]. This method
is limited by the physical size of the phantom and the grid sheet. The
deformable image registration method was used in this study. Because the
number of control points can be predefined in the registration method, the
spatial resolution of the distortion quantification can be adjusted to be less
dependent on the phantom physical dimensions.
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c) The MR spatial distortion is expected to increase further away from the
scanner isocentre. When quantifying the spatial distortion, previous studies
considered only a large field of view [78,103–107,154,170]. However, because
the image is used for prostate planning purposes, it is useful not only to know
the largest geometric distortion of the image but also to have insight on the
geometric distortion near the organs of interest, such as prostate or bladder.
An anthropomorphic phantom was used in this study to quantify the
geometric distortion around those organs of interest.
2. Image quality and dosimetric assessment of the MR simulator (phantom &
volunteer):
The MR scanner at the Calvary Mater Newcastle Hospital has a large bore (70 cm
diameter). Compared to a smaller bore size (e.g. 60 cm) scanner, our scanner is
more vulnerable to image quality degradation. Therefore, it is essential to evaluate
the image quality effect caused by radiotherapy dedicated equipment used on the
MR scanner. There are two novelties of this work, by using phantom and volunteer
image data.
a) In order to maximise the agreement between the MR image and the treatment
geometry, radiotherapy dedicated equipment is useful. This work not only
systematically investigated the image quality effect of the equipment setup
using the phantom but also on 10 acquired volunteer images. It also
investigated the optimised setup for the equipment.
b) With the volunteer images acquired with the conventional scanning setup and
MR simulator setup, prostate treatment plans were created and the dosimetry
differences examined.
3. MR simulator QA:
The ACR (American College of Radiology) MRI QA phantom was purchased at the
Calvary Mater Newcastle Hospital in early 2013 [171]. This phantom has not only
been the MR scanner quality credentialed in North America but also has been
widely used around the world [92,172–176]. The QA procedure for this phantom
is well documented [171], which makes it a convenient candidate over other
commercial phantoms. That documentation makes the QA procedure independent
of commercial software. As a result, only the phantom is necessary for a Centre
and no extra expenses are required for additional commercial software. However,
the manual QA procedure for the ACR phantom is tedious and time-consuming. In
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order to increase efficiency at our hospital and minimise costs, a Matlab code was
developed.
a) The code replaces the manual measurement procedure so that the QA time
and human error can be reduced.
b) The code was made open source, so anyone can access and use the code but
also have the freedom to modify or improve it for particular needs.
4. End-to-end MR-based planning workflow test:
Once the image quality effect due to the use of radiotherapy dedicated equipment
on the MR scanner has been investigated, the entire workflow needs to be studied
before application to clinical research. In this study, we used a physical pelvic
phantom to test the MR-based prostate planning workflow for the first time.
a) The MR geometric distortion was quantified for different image acquisition
methods. The images acquired without geometric distortion correction were
compared with images acquired with vendor provided 2D and 3D distortion
correction algorithms. This will help us to find the optimal image acquisition
method for clinical research.
b) The phantom was CT (reference) and MR scanned. The organs of interest were
delineated independently on both images. In order to minimise the effect of
Hounsfield Unit (HU) assignment uncertainty of the MR image on the final
dose calculation, the HU on both images were overwritten by the same bulk
density. The IMRT plan was generated on the CT reference image and then
copied on to MR image. The plans were then compared and evaluated.
c) DRRs (Digitally Reconstructed Radiographs) were generated from both
images, and were used to position the phantom on the Linac in order to
determine the positioning error due to use of the MR image.
5. sCT (synthetic CT) development:
Since an MR image does not provide the electron density which is essential for
dose calculation, this has been one of the main challenges of the MR-based
planning [75,90,156–163].
a) sCT images were generated using the method developed by Dowling [157–
159]. In this study, the planning and seven weekly MR images of 39 patients
were used to generate sCT images. The multi-atlas local weighted voting
method was used for sCT generation. Unlike the bulk density assignment
method, the multi-atlas method is more realistic in clinical cases because
clinically the organ density is not usually uniform.
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b) The validation of the sCT was conducted through three perspectives: 1) direct
CT/sCT image comparison, in which the voxel intensities were compared; 2)
plan quality comparison, in which the dose delivery was compared; and 3)
automatic contour accuracy, in which the contours were automatically
segmented during the sCT generation and then compared to the manual
contours on the MR image. The third point does not directly relate to the
quality of the sCT image generation, but it is an essential validation method to
test the quality of the automatic organ segmentation, which can be one
necessary part of the MR-based treatment planning.
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3. LITERATURE REVIEW
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This chapter reviews the relevant literature for this project and provides an
introduction on the current state of development of relevant topics. Accordingly, this
chapter concentrates on MR distortion, the evaluation of image quality for MR scanners,
essential equipment for MR simulation, electron density for MR imaging and MR-based
treatment plan workflow.

3.1 MR DISTORTION QUANTIFICATION
Although the high soft-tissue contrast provided by MR images makes them superior
than CT images for accurately distinguishing organs, the spatial fidelity of MR images
provides challenges. It is one of major obstacles that prevents MR-alone treatment
planning.
Different research groups have studied the effect of MR geometric distortion on
spatial accuracy and radiotherapy treatment planning [e.g. 148,167,168]. For example,
by comparing specified points on brain CT and MR images, Dong found that the MR
image results in a spatial error as large as 9 mm due to geometric distortion [167]. By
scanning a simple 3D grid phantom in an open 0.23 T MR scanner, Mah et al found that
without any distortion correction, the radial geometric distortion could exceed 30 mm at
locations more than 200 mm away from the scanner isocentre for scales larger than the
brain [149,154]. In 2004, Wang designed and scanned a cubic phantom in a 1.5 T
scanner and found that over the 240×240×240 mm3 volume the maximum geometric
distortion was up to 10 mm [105–107,151,169]. Later Baldwin scanned a cubic phantom
with similar dimensions in a 3 T scanner and found that the distortion was nearly 7 mm
over a 260×260×200 mm3 volume [103]. All these results indicate that the spatial error
of an MR image is unacceptably large for treatment planning for typical sites such as
pelvic and even head and neck, where the image distortion tolerance is less than 1 to 2
mm [177].
Regardless of the different field strength of the scanner and the different approaches
to determine the distortion vector, it has been shown that an MR image without
distortion correction is unsuitable for treatment planning purposes. Correction of
geometric distortion on the MR image is essential before use for treatment planning.
Before such correction is possible, however, one needs to be able to quantify the spatial
distortion introduced by the scanner. Therefore, the following two subsections review
the previous phantom designs used for this, and the distortion quantification algorithms
used.
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3.1.1 PHANTOM DESIGNS
A phantom is usually used to quantify the system-induced distortion. The phantom
case is often made of polymethyl methacrylate (PMMA), commonly known as Perspex,
because of its hardness and light weight [178]. The phantom is either filled with oil or a
chemical solution (such as NiCl2, NaCl) in order to simulate the conductivity of the
human body [179]. Various multi-purpose commercial phantoms can be used to quantify
the scanner distortion. For example, the ACR (American College of Radiology) phantom
(Figure 3-1), which is widely used for machine commissioning and quality assurance
[180], has a 2D plastic grid inserted to the axial plane of the phantom. This grid provides
the operator with visual feedback on the scanner’s geometric fidelity.

Figure 3-1. A photo of the ACR phantom (a) with spirit levels (yellow) for phantom
positioning and the 2D axial grid image of the ACR phantom (b). (Both photo and image
were acquired from the ACR phantom purchased at the Calvary Mater Newcastle
Hospital)
Researchers also design their own phantoms for specific requirements. For example,
Mah and his colleagues used a simple 3D phantom, 12×12 arrays of 2.5 mm thick
cylinders with 0.7 cm diameter (Figure 3-2), to quantify the MR distortion [149,154].
Later Tanner et al developed a more sophisticated 3D phantom, which was also used by
Doran's group for a distortion correction study [148,170]. This phantom was called the
linearity test object (LTO) and was constructed of three orthogonal arrays that penetrate
each other. This phantom improved previous ones in being constructed with a volume
large enough (440×270×360 mm3) to simulate the human pelvic region, and in providing
more control points in all planes. There are 110 and 84 control points on the transverse
and sagittal planes, respectively [148]. These control points are used to correlate spatial
information on the MR image and a reference image such as a CT image. This is
discussed further in the next section.
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Figure 3-2. 2D image of the phantom used by Mah et al [149].
Wang's group designed a cubic phantom of 310×310×310 mm3 size (Figure 3-3a),
thus able to provide an even larger 3D geometric distortion map with more than ten
thousand control points over an effective volume of 257×259×261 mm3 [105–
107,151,169,181]. This phantom has a cube case, inside which 15 plastic grid sheets
(each containing 19 rows and columns) were positioned parallel to each other [105]. A
similar cubic phantom was later used in a separate study to characterise and correct the
geometric distortion for the 3 T MR image [103,104].
For different scanner field strengths, the phantom needs to be filled with different
materials. Mah’s group wanted to emphasise the phantom cylinder and grid from the
background (zero signal), so they filled these objects with CuSO4 and NaCl solutions to
give higher signal [149,154]. For the 1.5 T MR scanner, the phantom can be simply filled
with water as recommended by AAPM (American Association of Physicists in Medicine)
[105–107,148,169,170,182]. For a scanner with 3 T field strength, the phantom needs to
be filled with material with a lower dielectric constant than water, such as mineral oil, in
order to reduce the standing wave artefact [100,103,104,182,183]. More detail on this
artefact and the choice of phantom filling material appear in Chapter 4.

3.1.2 QUANTIFICATION ALGORITHM

The quantification of distortion is the first step for correcting geometric distortion on

an MR image. The fundamental basis of the MR distortion qualification algorithm is to
compare the spatial information of known physical objects on the MR image to a
reference. The reference could be the physical dimension of the object obtained from the
phantom design blueprint, but since manufacturing variation always exists the reference
usually needs to be defined from other means. Since a CT image has clinically negligible
spatial distortion, this has been used as the reference image in many studies.

- 46 -

For the LTO rod-constructed phantom, Doran et al defined the control points at the
centroid of each rod that is perpendicular to each orthogonal plane [148]. During image
processing, the image was thresholded by a single thresholding intensity value and then
a binary image (i.e. pixel intensity higher than a thresholding value set to be 1, otherwise
0) was generated to determine the centroids. A program was written to identify the
centroids on CT and MR images. For an image without distortion, all the centroids lie on
the same axial image. Since MR distortion occurs three dimensionally, some of the
centroid points in practice lie outside the MR axial image. To overcome this problem,
part of the point determination process requires manual attention [148]. Such a process
is highly labour intensive and could require some hours [148].
For the cubic phantom designed by Wang [105], the axial coordinates of the control
points were defined as the grid intersections on each grid sheet. The third coordinate of
the control points was defined based on the thickness of the grid sheet. Wang et al
employed the 3D Prewitt operator during the process of control point determination
[105]. Later, Baldwin et al followed the same algorithm [103]. In 2010, Stanescu et al
modified the phantom originally designed by Wang’s group and also improved the
control point determination algorithm [104].
The original method proposed by Wang is to use the 3D Prewitt operator, a type of
edge detection filter [184–186]. The edges of the grid were determined using the filter
first and then convolved with a crossing-shape logic matrix (Figure 3-3b) to the axial
image to identify the grid intersection region [105]. The control point on the axial plane
is defined as the middle point of the grid intersection [105–107,169]. The intensity
profile was used to determine the middle point of the grid. Because the grid is made of
plastic while the phantom was filled with liquid, the grid intensity is lower than the
surrounding region. The half-way point is given by the first derivative of the intensity
profile [105].

- 47 -

Figure 3-3. A photo of the cubic phantom designed by Wang et al (a) and the crossingshape logic matrix used by Wang et al to identify the intersection of grids [105].
After modifying this cubic phantom, Stanescu optimised the work flow of the control
point determination [104]. Instead of directly applying the 3D Prewitt operator, he used
an unsharp mask filter to remove lower frequency spatial information. This process
emphasises the grid pattern on the image. Then a threshold was applied to the image to
reduce the background noise. The threshold was automatically defined by the median
intensity on the image histogram, so the final result is less influenced by the intensity
inhomogeneity of the MR image along the longitudinal direction. Instead of using the
first derivative, he applied a 1D Gaussian blurring kernel along the horizontal and
vertical directions. By summing the two resultant images, the intersection of two
orthogonal grids is found. Then he used the watershed transformation to separate the
intersection from the rest of the image. The control point is finally defined by finding the
centre of mass of the intersection region [104].
Once the geometries of the common objects have been determined on both MR and
reference CT images, the MR distortion can be quantified and a distortion map can be
obtained for future geometric correction. Commonly the distortion map is expressed in
Cartesian coordinates as follows [104,105]:
𝛿𝑥 = 𝑥𝑀𝑅 − 𝑥𝐶𝑇

Eq. 3.1

𝛿𝑦 = 𝑦𝑀𝑅 − 𝑦𝐶𝑇
𝛿𝑧 = 𝑧𝑀𝑅 − 𝑧𝐶𝑇
𝛿𝑟 = √(𝛿𝑥)2 + (𝛿𝑦)2 + (𝛿𝑧)2
where x, y and z represent measurements on three orthogonal planes and r represents
the vector sum of the distortion.
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Once the geometric distortion map has been determined, the MR image can be
corrected by applying a spatial transformation. The correction process can be based on
the following general matrix equation expression [105], where 𝑀 is the spatial
transformation:
𝑥𝐶𝑇
𝑥𝑀𝑅
𝑦
𝑦
[ 𝑀𝑅 ] = 𝑀 × [ 𝐶𝑇 ]
𝑧𝐶𝑇
𝑧𝑀𝑅

Eq. 3.2

Baldwin et al used the National Library of Medicine Insight Segmentation and
Registration Toolkit (ITK) software to register MR and CT images using the elastic body
spline (EBS) kernel. They only corrected the MR image in two dimensions, but claimed
that a full 3D distortion correction is feasible with their method [103]. For the cubic
phantom they used, the mean distortion was reduced from 2.43 mm to 0.28 mm [103].
Once the image distortion has been corrected, further image interpolation can be
applied to increase the image quality, such as the image intensity uniformity. This is
appropriate because the individual voxel intensity level may be altered after the
distortion correction resulting in intensity inhomogeneity across the image. For
example, Doran et al applied a Jacobian scale factor to the image to further correct such
intensity inhomogeneity [148].
By knowing the physical difference of the control points on the MR and CT images, the
geometric distortion on the MR image can be corrected. Stanescu et al used the
distortion map to correct the patient’s cranial MR image (Figure 3-4).

Figure 3-4. The uncorrected MR image of a patient’s brain (a), corrected MR image using
the distortion map (b) and the difference between the two images (c) [104].

3.2 EVALUATION OF IMAGE QUALITY FOR MR SIMULATORS
Beside geometric accuracy, the signal-to-noise ratio (SNR), contrast-to-noise ratio
(CNR) and intensity homogeneity are important factors affecting image quality for any
imaging modality. As mentioned in Section 1.5.2, MR images are vulnerable to a number
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of artefacts. Therefore, it is essential to evaluate the quality of an MR image before using
it for treatment planning. Moreover, since unconventional equipment will be used for
the MR simulation image acquisition in our study, it is necessary to investigate the effect
of equipment on the image quality. Therefore, these factors will be discussed in the
following sections.

3.2.1 SIGNAL-TO-NOISE RATIO (SNR)

SNR characterises the ability of an image to indicate the desired signal over unwanted

background noise. SNR has been defined differently for different purposes. For example,
it can be expressed as a logarithmic equation, as shown, for signals with a wide dynamic
range [187,188].
𝑆𝑁𝑅 = 10 × 𝑙𝑜𝑔10

2
𝐼𝑚𝑒𝑎𝑛
𝜎2

Eq. 3.3

where 𝐼𝑚𝑒𝑎𝑛 is the mean intensity and σ is the intensity standard deviation.
Two methods have been proposed for measuring the SNR on MR images, depending
on the image acquisition methods (dual image acquisition and single image acquisition).
For dual image acquisition, two sequential images are taken and the standard deviation
of the subtraction of two images is defined as the noise [182,189]. The SNR is then
defined in the following equation, where the coefficient √2 is the correction factor for
the subtraction image [190].
𝑆𝑁𝑅𝑑𝑢𝑎𝑙 = √2

𝐼𝑚𝑒𝑎𝑛
𝜎1−2

Eq. 3.4

The limitation of this method is that it assumes that the performance of the scanner is
consistent so that image intensity variation is not influenced by the uniformity of
different images but only due to random noise of the image [191].
The single acquisition method requires only half of the acquisition time as the dual
acquisition process and has half of the data requirement. In this method, the SNR is
defined as the ratio of mean intensity of a certain region to the standard deviation of a
region that does not give an MR signal (such as air) [190,192–194]:
𝑆𝑁𝑅𝑠𝑖𝑛𝑔𝑙𝑒 =

𝐼𝑚𝑒𝑎𝑛
𝜎

Eq. 3.5

This method has reduced work load for the medical physicist and is independent of
image uniformity alteration between sequential images, so it is better suited to an
unstable scanner [191]. However, common MR image artefacts may influence SNR
results found by the single acquisition method [195]. For example, the ghosting artefact
along the phase encoding direction can shift the region of interest away from the original
position and places shadows of that region to the surrounding area. This artefact may
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affect the value of the noise term in Eq. 3.5 if the region of the non-signal is not carefully
selected [191]. In contrast, the ghosting artefact has less influence on the dual
acquisition method since the noise is calculated by subtracting two sequential images.
An investigation conducted by Firbank et al showed that both methods have good
correlation with each other as long as the background region is selected carefully
(avoiding artefacts such as due to ghost effect). The study concluded that the dual image
acquisition method can be substituted by the single image acquisition method [191].
There have been further developments in SNR calculation as well as noise
determination [196–199]. Because magnitude on the MR image follows the Rician
distribution [200,201], the image noise variance needs to be estimated by following this
distribution [196]. The noise variance can be determined by the following equation,
where 𝑀 is the pixel variable of the magnitude image:
1
𝜎̂2 = 〈𝑀2 〉
2

Eq. 3.6

For unbiased noise estimation on MR images, the estimation needs to be done at the
background region [200,202]. However, this method requires manual definition of the
background regions.
Sijbers et al proposed a less labour intensive method which uses the double image
acquisition method [196]. Two images were acquired in their method, where an
individually single image is denoted as 𝑀𝑠 . Then the images are averaged to give an
averaged image, 𝑀𝑎 . The spatial average of each image can be defined by the following
equations, where 𝐴 is the mean value of the imaginary data from the image:
𝑁

𝐸[〈𝑀𝑠2 〉]

1
= ∑ 𝐴2𝑛 + 2𝜎 2
𝑁

Eq. 3.7

𝑛=1

𝑁

𝐸[〈𝑀𝑎2 〉] =

1
𝜎
∑ 𝐴2𝑛 + 2( )2
𝑁
√2

Eq. 3.8

𝑛=1

The rationale of this method is that since the two images were acquired with the same
acquisition parameters and the same conditions, the estimation of noise variance can be
solved by the above two equations. The noise variance can be calculated by the following
equation:
𝜎̂2 = 〈𝑀𝑠2 〉 − 〈𝑀𝑎2 〉

Eq. 3.9

The disadvantage of this method is the prolonged image acquisition length due to the
double acquisition. Furthermore, movement of the scanning subject has to be limited to
minimise the imaging difference between the two image acquisitions.
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The advantages of their proposed method include: 1) less labour intensive, 2) because
the method uses double acquisition, as long as the two images were acquired with the
same systematic error, then this method is insensitive to the systematic error, 3) the
precision of the noise variance estimation is increased because all the data points are
included in the calculation, 4) this method can be used for the SNR calculation of any
image.

3.2.2 CONTRAST-TO-NOISE RATIO (CNR)
Another important factor in image quality is the contrast that defines the ability of the
image to distinguish two objects, especially when they are close to each other. This
image quality is particularly critical on a pelvic MR image, because the intensities of the
peripheral zone of the prostate and the surrounding fatty tissue are similar. Tumours
mostly likely occur in this peripheral zone [16], so the distinguishability between the
tumour region and normal tissue is critically important.
Generally, contrast is defined as follows, where 𝐼1 and 𝐼2 are the mean intensity of two
objects of interest [187,188]:
𝐶𝑜𝑛𝑡𝑟𝑎𝑠𝑡 =

𝐼1 − 𝐼2
𝐼1 + 𝐼2

Eq. 3.10

Medical images usually are complicated by noise, which needs to be taken into
account when determining the object distinguishability [199,203]. Similar to the SNR
calculation, contrast-to-noise ratio (CNR) is the ratio of the mean intensity difference
between two objects relative to the noise. The following equation is a general CNR
calculation [204], where 𝜎 is the background noise:
𝐶𝑁𝑅 =

|𝐼1 − 𝐼2 |
𝜎

Eq. 3.11

Similar to SNR, the noise variance in the CNR calculation can be determined using Eq.
3.9.

3.2.3 INTENSITY HOMOGENEITY

Another frequently used image quality term is the intensity homogeneity. It

characterises the uniformity of the intensity that represents material with the same
magnetisation property across the MR image. Due to random noise in the MR image,
slight intensity deviation occurs across the image. In addition, the inhomogeneity of the
stationary magnetic field and the imperfection of magnetic field gradient also
contributes to the intensity variation [205,206]. Modern superconductor scanners
reduce the inhomogeneity with improved hardware and integrated intensity uniformity
correction software [207–209], but it is still necessary to evaluate the image
homogeneity before clinical use [92,179,182]. It is essential to correct the intensity
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homogeneity when the critical structure is significantly affected by the inhomogeneous
intensity (Figure 3-5). A general uniformity equation can be written as follows:
𝑈𝑛𝑖𝑓𝑜𝑟𝑚𝑖𝑡𝑦 = 1 −

𝐼𝑚𝑎𝑥 − 𝐼𝑚𝑖𝑛
𝐼𝑚𝑎𝑥 + 𝐼𝑚𝑖𝑛

Eq. 3.12

where 𝐼𝑚𝑎𝑥 and 𝐼𝑚𝑖𝑛 are the maximum and minimum intensities across the MR image
[182].

Figure 3-5. An axial T2 MR image of a male pelvis showing the bladder (bright region).
Note the intensity drop at the anterior region inside bladder. Such intensity nonuniformity diminishes the ability to accurately distinguish the bladder from the
surrounding tissue. (This is a volunteer image acquired in this project)
A nonparametric non-uniform intensity normalisation method was developed by Sled
et al [210]. The method is independent of both tissue type and MR pulse sequence. As a
result, it can be applied to the MR image without any tissue model and it can be used for
MR images acquired with any sequences.
Their method started with the following equation, where 𝑣 is the intensity measured
at position 𝒙, 𝑢 is the actual intensity of the scanned subject, 𝑓 is an unknown bias field
or the blurring function that caused the intensity inhomogeneity, and 𝑛 is the white
noise that is independent of 𝑢 [210]. The term 𝑛 can be considered zero in a noise-free
case.
𝑣(𝒙) = 𝑢(𝒙)𝑓(𝒙) + 𝑛(𝒙)

Eq. 3.13

Based on the assumption that 𝑢 and 𝑓 are independent variables, the probability
densities, 𝑉, 𝑈 and 𝐹 of 𝑣, 𝑢 and 𝑓 have the following relationship:
𝑉(𝑣) = 𝐹(𝑣) ∗ 𝑈(𝑣) = ∫ 𝐹(𝑣 − 𝑓)𝑈(𝑓)𝑑𝑓

Eq. 3.14

The intensity inhomogeneity diminishes the high frequency region in the 𝑈 function.
Sled et al corrected the inhomogeneity by finding the smooth, slowly varying and
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multiplicative field to recover the higher frequency region in 𝑈 [210]. For a given bias
distribution 𝐹, and the measured distribution 𝑉, the actual distribution 𝑈 can be
estimated by using a deconvolution filter, where ∗ is the complex conjugate, 𝐹̃ is the
Fourier transform of 𝐹, Z is a constant term that limits the magnitude of G:
𝐺=

𝐹̃ ∗

Eq. 3.15

2

|𝐹̃ | + 𝑍 2

𝑈 ≈ 𝐺𝑉

Eq. 3.16

By using the correction method proposed by Sled et al, the intensity inhomogeneity
was reduced significantly on MR images (at the 99% confidence level). Their corrections
of a gradient echo sequence image and of a surface coil image are shown in Figure 3-6.

Figure 3-6. Intensity inhomogeneity correction of a T1 image (a-c) and a surface coil
image (d-f). The original images (a & d) have been corrected by the estimated fields (b &
e) to provide more uniform images (c & f) [210].

3.3 ESSENTIAL EQUIPMENT FOR MR SIMULATORS
By measuring the distance from the isocentre to skin at eight treatment angles on 39
patients’ CT images (flat tabletop) and MR images (curved tabletop), Lambert et al found
that the mean distance difference reached more than 1 cm [163]. The maximum distance
difference occurred at the two posterior angles (135° and 225°), and the mean
systematic difference (and variation) of 39 patients were 1.49 cm (1.27 cm) and 1.03 cm
(1.22 cm), respectively [163]. The contour difference occurs not only from the posterior
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direction, but also the anterior direction. In the same study, the distance difference
between the CT and MR image along 0° was 0.50±0.70 cm [163]. The distance
differences caused 1% dose calculation difference [163]. These differences resulted from
the different tabletops and patient positioning protocols used on the conventional MR
scanner and the CT simulator (and treatment machine).

3.3.1 FLAT TABLETOP

It is important to recognise and correct for any extrinsic deformation of the patient’s

body due to the equipment used on the conventional MR scanner. For diagnostic
purposes, MR scanners are usually equipped with a curved tabletop (Figure 3-7a). This
curved design increases the ability to scan large sized patients. In contrast, the tabletop
used on the Linac machine is hard and flat. In order to achieve MR simulation, the
tabletop used on the MR scanner has to be consistent with the treatment tabletop.
Because the flat tabletop used by Linac has already been standardised widely, it is more
reasonable to adapt the MR scanner tabletop to Linac tabletop rather than the other way
around.
The most direct solution is to insert a flat panel to the curved tabletop and this has
been done by McJury et al and Kapanen et al [155,211]. The flat panel was able to
eliminate the posterior body deformation induced by the inconsistent tabletop shape
(Figure 3-7b).

Figure 3-7. The conventional tabletop commonly has a curved shape (a), while McJury
et al inserted a flat panel (b) beneath the patient in order to provide consistency
between the planning anatomy and the treatment anatomy [155].
However, because the RF coil is embedded into the original tabletop, the distance
between the scanned subject and the coil will be increased after inserting the flat panel
(the increased distance, D, in Figure 3-7). By scanning a cylindrical phantom using both
setups, McJury et al illustrated that adverse image signal degradation will occur near the
posterior region of the phantom, see Figure 3-8. Both quantitative and qualitative
assessments were performed. On average, McJury et al found there was 14.2% SNR
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reduction after inserting the flat panel [155]. Six patients were scanned with both
setups, and two consultant radiologists were asked to blindly assess the image quality.
Using a scoring system (0=not visible to 3=well visible) to judge the visibility of the
prostate, seminal vesicle and nodes, no significant qualitative difference were found
between the images acquired with the two setups [155].

Figure 3-8. A cylindrical phantom was scanned with the conventional setup (a) and with
flat panel insertion (b). The subtraction method was used for the SNR calculation. The
averaged images are shown in (c) and (e). The subtracted images are shown in (d) and
(f) [155].

3.3.2 COIL MOUNT
Another factor that induces body deformation is the MR coil. In order to maximise the
SNR of the image, the coil needs to be positioned at the patient’s abdomen during the MR
scan (Figure 3-8). In practice, the coil is strapped on the patient and attached to the
table top. However, no such device is present during the radiotherapy treatment.
Kapanen et al not only inserted a flat panel to the MR scanner, but also they fixed the
coil to a homemade coil mount (Figure 3-9) in order to reduce contact between coil and
patient’s body [211]. They found that the body contour difference between CT and MR
images was reduced to within 2 mm after using both the flat panel and coil mount [211].
No further investigations on the effect of the anterior body deformation on the dose
delivery were found in the literature. Therefore, we have conducted two studies (in
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Chapter 5 and 6) to systematically investigate the impact of the body deformation from
both anterior and posterior directions on the image quality and dose delivery.

Figure 3-9. The coil mount used by the Kapanen team [211].

3.4 ELECTRON DENSITY FOR MR IMAGE
Once an anatomically accurate image has been acquired, the radiation dose deposited
within the patient can be calculated. The aim is to accurately calculate the radiation dose
deposited to certain locations within the body within a reasonable time frame
[46,127,128]. The calculation has two prerequisites: 1) the image needs to truly
represent the patient’s anatomical geometry and all the organs along the treatment path;
2) an accurate correlation is required between image intensity of each organ and its
electron density [51]. The first prerequisite has been discussed in the previous
geometric distortion section, and the second prerequisite is discussed in this section.
When calculating dose deposition in a water phantom, one needs to know the
attenuation coefficient and the dose deposition kernel in water [212]. However, since the
human body is a non-homogeneous object, it is essential to include a heterogeneous
correction [212]. This requires knowledge of the electron density of different tissues.
The CT image has long been used for dose calculation purposes [73,128,213,214]. As
introduced in Chapter 1, the intensity level (or HU) of a CT image correlates to the linear
attenuation coefficient [73,213–215]. This relationship can be expressed using Eq. 1.1.
Based on this equation, each organ can be assigned an image intensity relative to water,
which is zero [213]. Because the Compton effect dominates at higher energy levels, the
HU relates to mass and electron densities. Figure 3-10 illustrates the relationship
between these quantities.
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Figure 3-10. Graph of mass (solid blue) and electron (dash red) densities vs. HU for
some common organs. Both mass and electron densities were normalised based on the
value of water. (Created using values from [33,61])
Unlike a CT image, the intensity level on an MR image does not directly relate to
electron density, which is essential for dose calculation. Furthermore, the intensity of the
same material changes even on the same scanner if the image acquisition parameters are
altered during the MR scan. Therefore, a universal conversion between MR intensity and
electron density is difficult to achieve. However, the fact that an MR image is able to
produce much better soft-tissue contrast than CT image encourages researchers to seek
a solution to this problem.
Early proposals for employing MR images in radiotherapy included the following: 1)
delineating the organ contours beforehand by exploiting the high soft-tissue contrast of
the MR image and then assigning the electron density to each organ segment; 2) only
delineating the organ on the MR image and then registering the MR and CT images [90].
The challenge of the first approach is that one needs to know the appropriate electron
density for various organs, while the challenge of the second approach is the anatomical
variation between MR and CT images.
The second approach has been studied by several researchers
[129,130,132,133,144,216]. Because of the anatomical geometric variation caused by
two independent scans (CT and MR), the registration method works better for sites such
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as cranium where less organ deformation is expected [129,133,144]. Hill et al registered
35 patient cranial CT and MR images and found the registration accuracy was 1-2 mm
[129]. Error at such level seems small enough to be neglected, but the total error
(including other errors, i.e. organ delineation error) is in fact larger. Compared to the
cranial site, other sites such as thorax or pelvis, are not confined within a rigid space,
and the external body deformation induces even larger registration disagreement
between the two separated scans. Although organ contours can be delineated accurately
on an MR image, the organ contour on an MR image does not necessarily represent the
one on a CT image when overlaying the two images. Consequently, the target dose
calculated after simply registering two images will be inaccurate due to the anatomical
difference [90].
In contrast, the first approach has fewer constraints: 1) only one image (the MR) is
required, so the geometric error due to separate image acquisition can be eliminated, 2)
the method is thus more appropriate in making MR-alone treatment planning possible.
An early approach was to assign bulk density to the organ contours on the MR image
[161,164,166,217–219]. In this approach, uniform electron density was assigned to
certain group of organs (Figure 3-11). For cranial treatment, the entire brain can be
assigned a homogeneous density (water density) while the skull can be assigned with a
uniform bone density. However, in the case of pelvis treatment, additional density
groups need to be considered due to the presence of pelvic bone. Typically, soft tissues
like the bladder and prostate are considered as water equivalent tissue, while head of
femurs are assigned with a uniform bone electron density.

Figure 3-11. The original CT image (left) compared to the image assigned with bulk
density (right). Three groups of bulk density were assigned: water (soft tissue), air
(rectum) and bone (bones). (Image from one patient data used in this project)
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Lee et al assigned both homogeneous density (water) and water + bone density to five
prostate patient MR images, and then the 3D conformal radiotherapy plan was created.
Compared to the dose calculated on CT image, the homogeneous density assignment
resulted in more than 2% dose difference, while the water + bone density assignment
had less than 2% dose difference [166]. This indicates the necessity of assigning bone
density group in the pelvis treatment. For the water + bone density assignment, the MR
and CT plan agreed with each other for the dose range 93%-107%.
Similar to Lee et al [166], Eilertsen et al assigned both homogeneous density and
water + bone density to prostate CT patient data to compare to the full density CT dose
[219]. Additionally, different bone densities (1.3 g/cm3 and 2.1 g/cm3) were compared
[219]. They found that bone density of 1.3 g/cm3 was more appropriate than 2.1 g/cm3.
Because of its higher density, the plan generated with 2.1 g/cm3 bone density
overestimated the attenuation and underestimated the maximum dose received by the
organs at risk by 4% [219].
The assumption of the bulk density assignment method is that the organ is a uniform
tissue, so that the density is homogeneous everywhere within the organ. However, this is
not clinically true, since tissue density varies heterogeneously [163]. One example in the
pelvis treatment case is the head of femur (Figure 3-12), which consists of both sponge
(less dense) and cortical bones (denser). Therefore, even though the bulk density
assignment method can achieve acceptable results, there is still error due to this
assumption. In order to eliminate this assumption-induced error, it is essential to apply
heterogeneous density to the MR image.

Figure 3-12. The CT image (left) and MR image (right) of the pelvis. The superior softtissue contrast of the MR image can distinguish muscles and fatty tissue from the
prostate much better than CT image. However, since cortical bone has shorter relaxation
time compared to sponge bone, less cortical bone signal is shown on the MR image (red
arrow). (Image from one patient data used in this project)
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Currently, there are two main methods for generating a CT-like image from an MR
image: 1) voxel-based regression method and 2) atlas-based method. Both methods
require pre-acquiring both CT and MR image data to build a valid model for CT-like
image generation. Both methods use statistics when building the model, so the more
image data acquired the more accurate the model becomes. Once the model is built, no
more CT imaging is necessary for treatment planning since a CT-like image can be
generated from the MR image using the model.
The voxel-based regression method aims to find the correlation between CT and MR
images and then uses this correlation to build the model for CT-like image generation.
Before performing regression, the CT and MR images are co-registered using the mutual
information algorithm [220]. This maximises the anatomical agreement between the two
images, so that the intensity correlation in later phases can be more accurate. In order to
minimise the regression analysis in later phases, the registered image is then masked so
that information outside the body, such as air, can be neglected. Although there is no
known direct physical relationship between the CT and MR image intensities, correlation
can be observed by comparing the intensities that belong to the same tissue on both
images (Figure 3-13). Regression analysis is used to compare the voxels of the same
tissue on both images [e.g. 237]. Based on the Akaike information criterion (AIC), which
is shown in the following equation [222], the fit to the data is a second order polynomial.
𝐴𝐼𝐶 = 𝑁𝑙𝑛 (∑(Δ𝑦)2 ) + 2𝑃

Eq. 3.17

In the above equation, 𝑃 is the number of fitting parameters, 𝑁 is the number of data
points and 𝑦 is the difference between the actual HU value and the predicted HU value.
The statistics of the fit error (solid line in Figure 3-13) based on 400 data points was
131±115 [512] HU using the AIC method (mean ± standard deviation [maximum error]).
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Figure 3-13. The correlation between CT intensity (HU) and MR intensity. A second
order polynomial fit is represented by the solid line [221].
Once the predicted HU values are determined by this model, the predicted value can
be compared directly to the actual HU (Figure 3-14). The ideal correlation is a linear
relationship with a gradient of one. Due to noise on the image, the data are spread
around the ideal line.

Figure 3-14. The actual HU value (Measured HU) vs. the predicted HU value (Calculated
HU). A linear correlation of gradient of one is shown by the solid line [221].
The Gaussian Mixture Model has also been used as the prediction model [220]. This
uses six initially stochastic variables (five MR images acquired with different sequences
and one CT image). In addition to the original MR images, two more images are created
for each MR image, increasing the total number of variables to 16. These two extra
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images were derived by calculating the mean and standard deviation from an increased
averaging radius (27 neighbourhood voxels around each voxel). One image is created by
averaging the voxels within 27 neighbour voxels, while the other is the standard
deviation of the 27 neighbour voxels [220]. The voxel distribution, 𝑓𝑥 (𝑥), is given by the
following equation [223]:
Eq. 3.18

𝑁

𝑓𝑥 (𝑥) = ∑ 𝑎𝑖 𝑔𝑖 (𝑥)
𝑖=1

where 𝑔𝑖 (𝑥) =

1
1
exp(− 2 (𝑥
(2𝜋)𝑘/2 |Σ𝑖 |1/2

− 𝜇𝑖 )𝑇 Σ𝑖−1 (𝑥 − 𝜇𝑖 ))

where 𝑎𝑖 is the mixing proportion, 𝜇𝑖 is the mean value and Σ𝑖 is the covariance
matrix. For the Gaussian Mixture Model the main assumption is that a number of clusters
of tissue are represented by various intensity values, although there is no direct physical
correlation between the intensities on CT and MR images. Depending on the level of
image noise, the spread of the distribution of the tissue varies. This is reflected by the
covariance matrix, Σ𝑖 [220]. The intensity correlation for various materials is shown in
Figure 3-16.
In addition to the Kapanen et al work [221], Johansson et al used a k-mean clustering
method to group different types of tissues [220]. The k-mean clustering is an
approximation method to the Gaussian Mixture Model [224,225]. The k-mean clustering
can be used to solve the radial basis function network (RBFN) type problem [225]. The
aim is to find the optimal solution to the following equation:
Eq. 3.19

𝑘

𝑚𝑖𝑛 ∑ 𝛼𝑖 𝐺(‖𝑥 − 𝑡𝑖 ‖)
𝑖=1

where 𝑥 is the input data, 𝛼𝑖 is the weight for 𝑖 𝑡ℎ item, 𝐺 is a nonlinear function,
‖. ‖denotes the norm, and the 𝑡𝑖 is the centre of the 𝑖 𝑡ℎ group of data in 𝑥.
Figure 3-15 illustrates a k-mean clustering example [223]. 200 sample points were
randomly created near the test function, 𝑓(𝑥) = sin(6.5(𝑥 − 0.5)) + 4exp(−6(𝑥 − 0.5)3 )
[223]. Around each group centre, the data were clustered into groups (Figure 3-15c).
Then the function can be estimated (Figure 3-15d).
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Figure 3-15. The k-mean clustering used to approximate a set of randomly spread data
(b) to the test function (a). The data around each centre were grouped together (c). The
estimation (d) of the function can then be determined. The mean squared error (MSE)
was 0.012 in this case. (Graphs were summarised from [223])
The method used by Johnansson et al [220] is relatively simple to use in the cranial
case, since the largest volume of the image (brain) is mostly water equivalent. This can
be seen in Figure 3-16b, where group (iii) has the smallest spread in the distribution. In
Figure 3-16a, this group represents the brain tissue (arrow 3).
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Figure 3-16. The correlation between the actual and predicted CT number (HU) is
shown in (a). Five different bands of intensity levels corresponding to five different
materials on the image are shown in (b). The numbered arrows indicate the four classes:
1: air, 2: short T2* soft tissue, 3: other soft tissues, 4: bone [220].
Korhonen et al also generated a CT-MR conversion model, but using the region of
interest (ROI) generation method [226]. On 10 patients’ CT and MR images, several
circular ROIs were generated within different tissues (Figure 3-17). The conversion
model was derived by a combination of two types of tissues: soft tissue and bone tissue.
There were 30 ROIs created within each of fat and muscle tissues, and 10 ROIs created
within each of visceral fat, urine, prostate and rectal wall [226]. For the bone tissues, 20
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ROIs were created within the spongy bone and 10 ROI within each of high and low
density bone tissues [226]. The ROI diameters within soft and bone tissues were 5 mm
and 2 mm, respectively. The smaller diameter enables ROIs to be generated within the
cortical bones.

Figure 3-17. An axial CT image with circular ROIs sampled within different tissues
[226].
Different tissues were grouped together by intensity thresholding (Figure 3-18). The
model construction methods used for soft tissue and bone tissue are linear and second
degree polynomial regression, respectively [226]. The HU difference (mean ± standard
deviation [maximum]) between the actual CT image and the generated synthetic-CT
image was 11±8 [97] HU and 99±100 [522] HU for soft tissues and bone tissues,
respectively [226]. The MR, synthetic-CT and CT images comparison are shown in
Figure 3-19.
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Figure 3-18. The CT/MR intensity correlation graphs for soft tissues (a) and bone
tissues (b). (Graphs are from [226])
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Figure 3-19. The MR (a), synthetic-CT (b) and actual CT (c) images from [226].
Another regression approach performed by Hsu et al used multiple MR sequences
instead of a single MR sequence [227]. Seven MR sequences included T1, T2, dual echo
ultrashort time of echo (UTE) with 0.06 ms and 4.6 ms TE, water suppression and fat
suppression from DIXON sequence and a sequence to separate blood flow from bone
(Figure 3-20). Their study concentrated on the brain image.
The CT and MR images were first rigidly registered to T1 MR image with mutual
information as the metric [227]. Similar to the Korhonen et al study [226], Hsu et al also
generated ROIs within different types of tissues [227]. The ROIs were generated in six
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types of tissue: bone, fat, water, white matter, grey matter and air. In order to reduce the
effect of the registration error, the bone contour was delineated on CT image with a
threshold value of 1000 HU and then manually modified on the MR images (Figure
3-21).

Figure 3-20. CT and seven MR sequences used in Hsu et al study [227].
To classify the tissues, the fuzzy c-means clustering method was used with the
following objective function [228]:
𝑐
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Eq. 3.20

𝑖=1 𝑘=1

where 𝑢𝑖𝑘 is the fuzzy membership of the kth voxel (𝑥𝑘 ) to the ith class (𝑣𝑖 ), 𝑚 is the
fuzzy membership exponent, ̅̅̅
𝑥𝑘 is a mean or median of the neighbours within a specified
kernel around 𝑥𝑘 , and 𝛼 is a weighting factor for spatial constraint.
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Figure 3-21. Synthetic-CT (a) and CT (b) images comparison from [227].
Unlike the voxel-based regression method, the atlas-based method does not compare
the intensities on the CT and MR images directly. Figure 3-22 shows the workflow of the
atlas-based method. The CT and MR images of each training patient data are registered
first so that they share the same coordinate (Figure 3-22A, Step 1). This is the only
registration between different imaging modalities in the atlas-based method. Then all
the training patient MR image data are registered onto the same coordinate to build the
atlas MR image (Figure 3-22A, Step 2). The same registration is applied to the organ
contours delineated on each training MR image. This image has superior soft-tissue
contrast over the CT image. Next, the same registration is applied to each training CT
image to generate the atlas pCT (pseudo-CT) image (Figure 3-22A, Step 3). Because the
initial CT and MR images were registered onto each other in Step 1, the atlas MR and pCT
images share the same coordinate. Any change applied to the atlas MR image has the
same influence on the atlas pCT image.
For any newly acquired MR image, only the atlas MR image needs to be registered to
the new MR image (Figure 3-22B). The same registration field vector can be applied to
the contour atlas and the atlas pCT image to generate the contour and pCT for the newly
acquired MR image.
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Figure 3-22. The workflow of the atlas-based method to generate pCT image for any MR
image [157].
Compared to the voxel-based method, the atlas-based method does not require
multiple scans to build a model or for pCT generation. Because the voxel-based method
primarily depends on the voxel-by-voxel correlation between CT and MR images, before
the correlation can be performed it is essential to know the structure type. This can be
achieved either manually or automatically. However, for bone automatic segmentation
becomes difficult, since the cortical bone provides significantly less signal than the
sponge bone (Figure 3-12). Because bony structure is the largest structure in the pelvis
delineation, this makes manual bone contouring impractical. In order to overcome this
problem, the voxel-based method requires multiple MR scans (including an ultra-short
TE or time of echo sequence to show the bony structure) to classify the tissue intensity
class [220,221,229]. Furthermore the parameters of the estimated voxel-based method
model may need to be adjusted on different sequences and scanners, because of different
scanner calibration. This prevents the development of a universal model for the voxelbased method.
In contrast, once the atlas is generated, the atlas-based method only needs a single
clinical MR image. The registration between the atlas MR image and the newly acquired
MR image can be applied to the atlas pCT image in order to get the pCT image for the
newly acquired MR image. Another advantage of the atlas-based method is that since the

- 71 -

contour atlas is available from the training MR images, no additional organ delineation is
required for new MR image. If there exists manual contours, the automatic contours
generated from the image registration can also be used to validate the accuracy of the
registration. Previous study has shown that agreement between the manually delineated
contours and the automatic contours from registration can reach a Dice similarity
coefficient of 0.82 and 0.85 for healthy and clinical data, respectively [230]. Another
study of 39 patients data showed with more than six time larger voxel volume (from
0.49/0.49/1.0 mm used in [230] to 0.86/0.86/2.0 mm used in [157]), the mean prostate
Dice similarity coefficient was able to achieve 0.70.
Two-tailed paired t-test from a previous study showed that no significant difference
between the organs (prostate, rectum, bladder and bone) mean HU calculated on the
actual CT and pCT images [157]. The biggest uncertainty of the atlas-based method
comes from the registration of the atlas CT and MR images at the initial stage. However,
this uncertainty can be reduced with more accurate registration [231].
Lastly, voxel-based technique, such as Hsu et al [227], requires the predefinition of the
organ classification. Such classification is often limited to a number of typical organs
(such as the organs classes shown in Figure 3-20). In contrast, the atlas-based method
does not have such limitation.

3.5 MR-BASED TREATMENT PLAN WORKFLOW
Compared to conventional CT-based treatment planning which incorporates the MR
image for organ contour delineation, MR-alone based treatment planning has several
advantages (Figure 3-23).
1) The CT/MR image registration error is higher than the mono-modality registration
(MR/MR) is because that the lower soft tissue contrast on CT image comparing to the
higher soft tissue contrast on MR image reduces the multi-modality registration
accuracy. Therefore, by eliminating the needs for a CT image, the error due to multimodality registration can be reduced. Additionally, Even if the patient is positioned on
the MR scanner as similarly as possible to the CT scanner, anatomical differences cannot
be eliminated completely. Causes include differences in bladder filling, rectum and
bowel filling, patient positioning error etc.
2) Because the contour atlas is available in the atlas-based method, by applying the
MR image registration to the contour atlas, the organ contour can be obtained directly
for any newly acquired image. If required, the radiation oncologist or radiotherapist can
manually adjust the resultant contour afterward. This improves efficiency.
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3) Since the CT scan is not needed, the patient will receive less radiation dose
compared to the conventional CT-based treatment planning routine. Additionally, since
fewer scans are required, patient throughput in the department can be increased. To
patient, this increases the convenience because one fewer scan is required for MR-based
planning. (It needs to be noted here that MR scans are often required even for CT-based
planning for soft tissue contouring)

Figure 3-23. The comparison of CT-based (A) and MR-based (B) prostate treatment
planning workflow [160].
Many research groups have been working on the development of the workflow of the
MR-based treatment planning [90,164,232–234]. A practical workflow (Figure 3-24)
was well summarised by Stanescu et al [233]. The MR image essentially needs to be
geometrically corrected after the image acquisition, then the relevant organs can be
delineated on the corrected image with confidence. The rest of the procedure is the same
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as the conventional CT simulated planning procedure, which includes creating the
treatment plan and evaluating the plan.
The main steps including distortion correction and synthetic CT image generation for
dosimetric calculation were reviewed in previous sections. One point needs to be added
and emphasised to this flowchart: in order to be able to use MR scan for planning, the
image needs to be acquired on an MR simulator. The details of this were also reviewed in
this chapter. Each of these points will be discussed in the next chapters.

Figure 3-24. The flowchart of the MR-based planning summarised by Stanescu et al
[233].
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4. QUANTIFICATION OF MR
DISTORTION
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4.1 AIMS
This chapter concentrates on spatial distortion of the T2-weighted MR image, which is
the main clinical image used for organ delineation in prostate treatment planning. The
spatial distortion of the MR image acquired without any correction will be determined in
order to evaluate the machine-induced distortion by the scanner. The performance of
vendor provided built-in spatial distortion correction algorithms will also be evaluated
by determining the remaining spatial distortion on images after correction.

4.2 METHOD & MATERIALS
In this part of the study, MR image distortion was quantified using a pelvic shape
phantom. The phantom was scanned on a CT as well as on an MR scanner. The CT image
was considered as the reference image, as the spatial distortion on a CT image is
significantly smaller than on an MR image [102]. To evaluate the effect of vendor
provided distortion correction algorithms, the phantom image was acquired 1) without
spatial distortion correction, 2) with 2D spatial distortion correction and 3) with 3D
spatial distortion correction. The MR images were then compared to the CT reference
image to give a distortion map which provides insight on the level of spatial distortion
on images acquired with different settings.
Two approaches have been used and compared to obtain the distortion map:
1) Control points were first identified on both the MR and CT images and then a
distortion map was generated by comparing the coordinate differences of the common
control points on both images. This method was solely conducted using Matlab (R2011b,
The Mathworks, Natick, Massachusetts, US).
2) 3D deformable image registration (DIR) was used to register the MR image to the
CT image. This method generates a deformation vector field (DVF) representing the MR
image distortion. The registration was conducted using the ITK (Insight Segmentation
and Registration Toolkit, National Library of Medicine) library and the analysis was
performed using Matlab.
The rest of this section is formatted into four subsections: phantom design, scanners
and MR sequence, control point determination algorithm, and image registration.

4.2.1 PHANTOM DESIGN
PHANTOM CASE

Unlike previously described phantoms [103–105,148,149,154,170], the phantom used
in this study was not only built with a larger case but with an external case designed to
be the average size of the male pelvis (Figure 4-1). The phantom was designed by a
previous student [235]. The dimensions of the phantom’s external pelvis surface were
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informed by a previous study conducted by Lambert et al [163,235]. The anteriorposterior maximum height is 245 mm (the average field of view for prostate treatment
planning), the superior-inferior length is 260 mm and the lateral span of the phantom is
400 mm. The phantom wall was made of 5 mm PMMA, also known as Perspex in the
commercial industry. This material was chosen for the phantom due to its light weight
and low flexibility in physical deformation [178]. The high stiffness of the phantom
ensures minimal long-term physical alteration. The construction material is also nonmagnetic which makes the phantom MR-compatible. The only drawback of the PMMA in
this research is visibility inconsistency between the CT and MR images (Figure 4-2). The
Hounsfield Unit (HU) of the PMMA (HU~122±5 HU from measurement on the acquired
CT image) is significantly different from air HU (-1000 HU). This results in a high
contrast between the two materials and makes the phantom case visible on a CT image.
However, the PMMA provides minimal MR signal due to its low magnetisation. Air also
has low magnetisation. Therefore, the surface of the phantom case cannot be
distinguished from the surrounding air. As a result, difficulty may occur when
performing CT/MR image registration and contouring. This will be discussed in detail in
the image registration section.
Orthogonal lines were carved on the phantom case surface to guide phantom
positioning on the MR and CT scanners using the in-room laser positioning system. The
intersections of the three orthogonal planes locate the centroid of the prostate structure,
which is positioned at the phantom centre. This point is also set to the isocentre of the
MR scanner during phantom positioning.
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Figure 4-1. Photos of the pelvis shaped phantom case that encloses the grid sheets.
Front view (a), side view (b) and top view (c). The grid sheets are positioned parallel to
each other from the front to back of the phantom, which can be seen in (b) and (c).
GRID-PHANTOM
The grid-phantom (Figure 4-2) was designed specifically for quantifying MR
distortion on the same scale as the human pelvis. The advantage of this phantom over
previously designed phantoms [103–105,148,149,154,170] is that it has a larger
distortion quantification coverage specifically designed for the male pelvis. Externally,
the phantom case is in a shape of pelvis. Internally, 11 plastic grids (constructed from
the same plastic material used for a light diffuser) were positioned ~14 mm apart from
each other along the phantom superior-inferior direction. All grid sheets were
positioned parallel to the phantom axial plane (or perpendicular to the scanner B0
direction). The thickness of each grid sheet is 8 mm. Each grid was constructed with
several 15 mm×15 mm square grids. The thickness of the grid wall is 1.5 mm. There are
290 grid intersections on each grid sheet. If the control points on both sides of the grid
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sheet are included, there will be 6380 control points available for distortion
quantification. The phantom was filled with mineral oil in order to eliminate the
standing wave artefact (see Figure 1-16).
The phantom setup needs to be consistent on both the CT and MR scanners. The
Siemens Skyra MR scanner is able to minimise phantom rotation in the transverse plane,
because of its flat table top. With a radiotherapy dedicated hard flat table top, this
rotation can be further reduced. The setup of the phantom in both the CT and MR
scanner rooms was determined using the mounted laser positioning system (with
accuracy of ~1 mm). Additionally, three MR compatible markers were positioned at the
intersection of these lines (one at anterior and two at lateral sides). These markers were
used as the additional setup criteria to increase the setup accuracy. The markers are also
used as the reference points for the MR/CT registration later when determining the MR
distortion vectors, because they are visible on both CT and MR images.

Figure 4-2. The CT axial (a), sagittal (b) and coronal (c) images of the grid-phantom. The
MR axial (d), sagittal (e) and coronal (f) images of grid-phantom. (A: anterior, P:
posterior, R: right, L: left, S: superior, I: inferior). The phantom case is invisible on the
MR images as opposed to the CT images.

4.2.2 SCANNERS AND MR SEQUENCE

MR images were acquired on a Siemens Magnetom Skyra 3 T MR scanner (Siemens

Healthcare, Erlangen, Germany) in the Calvary Mater Newcastle Hospital. This scanner
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has a bore size of 70 cm compared to the typical 60 cm bore (e.g. Siemens Magnetom
Prisma scanner) available at other sites. This scanner enables large sized patients to be
scanned. Another feature of this scanner is that it has an integrated flat table top instead
of the conventional curved table top. This enables the external body geometry of the
patient on an MR scan to be consistent with the flat table surfaces on both a CT scanner
and a linear accelerator treatment table. A posterior coil (Spine 32, Siemens) was
embedded into the MR scanner table and an 18 channel Body Matrix surface coil was
positioned on the anterior side of the phantom. A laser bridge from LAP-lasers (LAP
Laser, Lüneburg, Germany) was installed in the MR scanner room allowing a patient to
be setup in the same way as in the treatment room.
The scanning sequence used for this part of the study was the typical clinical MR
pelvis scanning protocol: T2 3D TSE (turbo spin echo) MR image with TR, TE and flip
angle of 5700 ms, 80 ms, and 129°, respectively. The entire phantom was covered by a
440×440×256 mm3 FOV (field of view) providing a 386×386 imaging matrix. The voxel
size of the image was 1.15×1.15×2 mm. The bandwidth was set to 220Hz. The vendor
provided both 2D and 3D distortion correction algorithms. Three phantom images were
acquired: 1) without any distortion correction, 2) with 2D correction algorithm and 3)
with 3D correction algorithm. The machine distortion and the remaining distortion after
correction are determined later in this chapter.
The structures inside the pelvic phantom and the phantom case have low
magnetisation properties, so provided minimal signal. Conversely, the filling fluid (see
next section) provides a relatively higher signal on the T2 image. This contrast enabled
the structures and surrounding detail to be distinguishable on the MR images (Figure
4-2d-f).
The CT images (Figure 4-2a-c) were acquired from a Toshiba helical CT scanner with
120kVp energy. The slice thickness was 2 mm and the axial plane pixel size was 1.2×1.2
mm2. The image matrix size was 512×512. The phantom was emptied prior the CT scan
in order to increase the intensity contrast between the grid and the surrounding region.

4.2.3 CONTROL POINT DETERMINATION ALGORITHM
Two methods were used to quantify distortion of the MR image; both involve
comparing the MR image to the reference CT image. The first method used the
determination of the control points on the grid sheet and the other method used
deformable image registration.
Similar to the method used in other studies [103–105], the MR distortion was
determined by comparing the geometric difference of the same control points on the MR
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and reference CT images. Each control point was defined at the intersection of grids on
the axial image in this work. Wang et al used the 3D Prewitt operator to detect the edge
of the grid and in turn to define the grid intersection [105,184]. The accuracy of control
point determination was claimed to be improved by Stanescu et al. [104] who removed
the low frequency spatial image information in order to increase the chance that the
algorithm correctly identifies the grid pattern before searching for the centroid of the
grid intersection [104].
In this work, a different approach was used to determine the control point locations.
The work was performed using Matlab software and its image processing toolbox. The
DICOM (The Digital Imaging and Communications in Medicine) images from both CT and
MR scanners were imported and read using a built-in Matlab function (DICOMREAD).
Matlab scripts were developed to determine the 2D coordinates of each control point on
the axial image first and then to find the third coordinate on the coronal plane image
along the B0 (superior-inferior) direction. The two coordinate results were stored in two
vectors (each having the 2D coordinate on a plane orthogonal to each other) and they
were finally combined together by using the mutual coordinate information on both the
axial and coronal plane images. A flowchart of this method for control point coordinate
extraction is shown in Figure 4-3. The three orthogonal directions are defined as
follows: x is the right-left (RL) direction, y is the anterior-posterior (AP) direction and z
is the superior-inferior (SI) direction as shown on Figure 4-2.

Figure 4-3. General flowchart for determination of the CP (control point) distance to the
centre of the phantom in 3D space.
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AXIAL PLANE COORDINATE EXTRACTION
The control point coordinates on the axial plane image were determined using two
slightly different methods compared to those in previous literature [104–107,169].
Wang et al. used the 3D Prewitt operator to detect the grid edges [105], while Stanescu
et al. applied a 1D kernel twice in two orthogonal directions to identify the grid pattern
[104]. The results from both methods result in a binary image indicating the location of
the grids on the image. The grid wall occupies several pixels (the number of pixels
depends on the image pixel size) because of its thickness, and a watershed
transformation was used in Stanescu et al's method to separate the grid intersections
from the background. Then the coordinates of a control point are located by finding the
centre of mass of the pixel cloud of the intersection [104]. The process of this method is
illustrated in Figure 4-4 using a virtual phantom.

Figure 4-4. Stanescu’s method shown using a virtual phantom. The noise on the original
image (a) is reduced by an unsharp filter (b), then a 1D kernel is applied in two
orthogonal directions (c, d) to locate the intersections of grids (e). The centroid of the
intersection is identified as the control points (f).
In this study, a simplified method was introduced to determine the control points.
This method employs mathematical morphology. First, a global threshold level is
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calculated across the axial image using Otsu's method of grey-scale image thresholding
[236]. Otsu’s thresholding method was based on the following general image variance
relationship, where 𝜎𝑡𝑜𝑡𝑎𝑙 , 𝜎𝑖𝑛𝑡𝑒𝑟 and 𝜎𝑖𝑛𝑡𝑟𝑎 are the standard deviation of total, inter-class
and intra-class intensity on the image intensity histogram [236].
2
2
2
𝜎𝑡𝑜𝑡𝑎𝑙
= 𝜎𝑖𝑛𝑡𝑒𝑟
+ 𝜎𝑖𝑛𝑡𝑟𝑎

Eq. 4.1

The following thresholding criterion determines the goodness of the thresholding
between the two classes of intensities, where k represents the thresholding intensity
level [236].
𝜂(𝑘) =

2
𝜎𝑖𝑛𝑡𝑒𝑟
(𝑘)
2
𝜎𝑡𝑜𝑡𝑎𝑙

Eq. 4.2

2
Since 𝜎𝑡𝑜𝑡𝑎𝑙
is independent of the k value, the optimal thresholding intensity value, 𝑘∗ ,

satisfies the following operation:
2
2
(𝑘∗ ) = max 𝜎𝑖𝑛𝑡𝑒𝑟
𝜎𝑖𝑛𝑡𝑒𝑟
(𝑘)

Eq. 4.3

In order to test the algorithm, a virtual phantom image was first generated in Matlab
with a lower intensity grid pattern and higher intensity surrounding to simulate a
phantom MR image (Figure 4-5a). Due to inhomogeneity of the MR image (even after
applying the vendor provided intensity uniformity filter), the image still will not be
perfectly uniform. A square matrix of the virtual phantom was generated to simulate the
inhomogeneous phantom MR image in reality (Figure 4-5b). The Matlab built-in
function, IMNOISE, was used to add noise with the variance value set to 0.0017. The
choice of the variance was based on the image uniformity results obtained from the ACR
QA test on our scanner. The mean QA test image uniformity was 89.9% (see Chapter 6
for detail), while a variance of 0.0017 gave a uniformity of 89.9% on the virtual phantom
image. Once the virtual phantom image was generated, the image was first processed by
an unsharp filter (Figure 4-5c) similar to the method used by Stanescu in order to
emphasise the grid pattern [104]. Then Otsu’s thresholding method was applied using a
Matlab built-in function (GRAYTHRESH). The thresholding level was 0.498, from the
previously processed phantom image, and a binary image was created (Figure 4-5d). Up
to this step, the grid has been identified from the background, but the grid still occupies
several pixels due to its wall thickness. Clusters of some pixels from the surrounding
were also picked up by the algorithm. From this point, a morphology process (Matlab
built-in function: BWMORPH) with erosion option was performed on the binary image to
reduce the grid thickness until the grid is represented by only a single pixel line (Figure
4-5e) [237]. Some surrounding signals still remain on the image. To distinguish the grid
signal from the surrounding signals, the image was convolved with a corner-shaped
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logical matrix, 𝑀 (see Eq. 4.4). The overlap of the intersections of the grid pattern
(control points) and the phantom image is shown in Figure 4-5f.
010
𝑀 = [110]
000

Eq. 4.4

Figure 4-5. An illustration of the method used in this study on a virtual phantom. The
uniform intensity image (a) was first generated, then noise was added to reduce the
intensity homogeneity in order to simulate the MR inhomogeneity (b). The
inhomogeneous image was first processed by the unsharp filter to highlight the grid
pattern (c), then the image was thresholded (d), and the grid thickness was reduced by
the erosion morphology method (e). The control points (which are the intersections of
grids) are identified and distinguished from the surrounding by filtering the image with
a corner-shaped logical matrix (f).
The ideal result after the erosion morphology should be similar to Figure 4-5e, but
due to geometric distortion the shape of some intersections is skewed. Using a crossshaped matrix cannot identify all the intersections, while the corner-shaped matrix is
able to maximise the chance of identifying the intersections. However, this method can
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be influenced by image artefacts, such as the image intensity inhomogeneity, and false
intersections may be defined. In order to solve this problem, a criterion was added to the
algorithm at the end to discriminate any resultant intersections clustering together as
false results. The detailed work flow of identifying control points on the axial image is
shown in Figure 4-6:

Figure 4-6. Determination of the CP on the axial plane image.
The visual difference between the CT (reference) and MR images arises not only from
spatial distortion but also from intensity contrast. The grid has higher intensity
compared to the surrounding air on a CT image (Figure 4-7a), because of the higher HU
value of plastic over air. On the other hand, because there are fewer proton spins to
provide a signal in the grid compared to mineral oil, the grid appears relatively darker
on the T2 MR image (Figure 4-7b). The simplified method presented above works
regardless of the opposite grid/surrounding intensity contrast on both images, but
caution is required when converting the grey-scale image into the binary image. Because
the morphology erodes only the object represented by 1 on a binary image and
considers the 0 pixel as the background in Matlab, the MR binary image contrast needs
to be inverted prior the morphology process.
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Figure 4-7. The axial image of the phantom CT (a) and MR (b) images. The control
points (red crosses) were found at the grid intersections using the method proposed in
this study.
CORONAL PLANE COORDINATE EXTRACTION
The axial image provides two control point coordinates. The control point position
along the z direction can be determined on either the coronal or sagittal plane. In this
study, the coronal plane image was used (Figure 4-8a). Line profiles were sampled
along the z direction on the coronal image (Figure 4-8b). The z direction coordinate of a
control point can be found by determining the edges of the grid segment (Figure 4-8c).
Once the z direction coordinate has been determined, the x direction coordinate can be
found in a similar manner. The reason for searching for the x direction coordinate is
because mutual information is required to correlate the coordinate found on an axial
image (x & y) to the coordinate found on a coronal image (x & z).
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Figure 4-8. The coronal plane images (a) were sampled for determination of each
control point’s z coordinate. Line profile (b) was sampled along the z-direction. The
peaks of the derivative of the line profile (c) define the edges.
The result representing the 3D control point coordinate is stored in a three column
vector as the pixel order. The matrix size and voxel size of CT and MR images are not
exactly the same, so in order to compare the coordinates of control points on both
images the same coordinate system is required. To unify the CT and MR image into the
same coordinate system, the centre of mass of the phantom was first defined on both
images as the reference point. For each control point, the pixel order is then converted
into the pixel distance from that point to the centre of mass. Finally, this pixel distance is
converted into the physical distance using the voxel size of that image.

4.2.4 IMAGE REGISTRATION ALGORITHM
IMAGE PRE-PROCESSING
The phantom was CT scanned before it was filled with any liquid, so that the contrast
between the inserted grids and surround can be maximised on CT image. Because the
Perspex (phantom case) has a higher attenuation constant than the air, the HU of
Perspex is higher so it appears brighter compared to the surrounding (Figure 4-2a). In
contrast, it appears darker on the T2 MR image due to its low proton density (Figure
4-2d). Therefore registration error will be introduced if the MR image is directly
mapped to the reference CT image. This error will influence the accuracy of the
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distortion quantification near the phantom edge. Therefore, the phantom case needs to
be excluded from the registration (Figure 4-9a and b). This is performed by using
manual segmentation in the ITK-SNAP software.
In the next step, the image intensity was normalised to be within the range of [0 1]
using the following equation, where 𝐼𝑛𝑜𝑟𝑚 is the normalised intensity, 𝐼𝑜𝑟𝑖𝑔 is the original
image intensity, 𝐼𝑚𝑎𝑥 and 𝐼𝑚𝑖𝑛 are the maximal and minimal intensity of the image,
respectively.
𝐼𝑛𝑜𝑟𝑚 =

𝐼𝑜𝑟𝑖𝑔 − 𝐼𝑚𝑖𝑛
𝐼𝑚𝑎𝑥 − 𝐼𝑚𝑖𝑛

Eq. 4.5

Since the intensity distributions of the same materials are different on MR and CT
images, the grid appears bright on a CT image and the background appears dark (Figure
4-9b), whereas the grid appears dark on an MR image with a bright background (Figure
4-9c). Therefore the normalised intensity on the MR image was subtracted from one to
invert the MR intensity distribution to be consistent to the CT distribution (Figure
4-9d).

Figure 4-9. Phantom masking and intensity assignment process. (a) original CT image;
(b) masked CT image to exclude the phantom case; c) masked MR image to exclude the
phantom case; d) MR image with inverted intensity to be consistent with the CT intensity
distribution.
DEFORMATION VECTOR FIELD CALCULATION
In contrast to the first method to identify the control point locations for distortion
quantification, the image registration method has fewer steps (refer to the introduction
chapter for the registration background). Rigid registration (Insight Toolkit
versorRigid3D Transform, Mattes Mutual Information metric, regular gradient descent
optimizer) was performed to align the images prior to deformable registration. Then a
deformable image registration (DIR) was performed to map the contents from the MR
image to the reference CT image. The magnitude of the resultant deformation vector
field (DVF) represents the spatial distortion on the MR image.
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4.3 RESULTS
4.3.1 SPATIAL DISTORTION CORRECTION

Three MR images were acquired in this study: 1) without spatial distortion correction,

2) with 2D spatial distortion correction and 3) with 3D spatial distortion correction. The
three orthogonal plane images are shown in Figure 4-10. Without correction, spatial
distortion is visually noticeable on the MR images. On the axial image, the image is
severely distorted towards the phantom edge. The axial image in Figure 4-10 was
sampled at the most inferior grid sheet (116 mm from the phantom centre) in the
phantom. The missing grid signal at the centre of the axial image indicates spatial
distortion along SI direction. Similar spatial distortion also can be observed at the
phantom edge on the other two planes. The spatial distortion has been corrected on the
axial plane with the 2D distortion correction, but the SI direction distortion remains as
the central grid signal is still missing (Figure 4-10). The distortion along all planes has
been corrected after the image was processed by the 3D distortion correction algorithm
(Figure 4-10).
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Figure 4-10. The MR images acquired without distortion correction (first row), with 2D
correction algorithm (middle row) and with 3D correction algorithm (bottom row). The
axial images were sampled at the most outside grid sheet. The absence of grid signal at
the phantom centre region for the first two acquisitions indicates spatial distortion along
the SI direction. This has been corrected by the 3D distortion correction algorithm. The
sagittal and coronal images only sampled the inferior half of the phantom to emphasise
the distortion towards the phantom edge. The superior half of phantom is symmetrically
identical.

4.3.2 DISTORTION MAP: CONTROL POINTS DETERMINATION ALGORITHM
Once the coordinates of control points were located, the distance of each control point
from the central reference point was calculated on the reference CT image and all MR
images. Then the distance difference was calculated between CT and MR images to give
the geometric distortion on the MR image. The maximum geometric distortion on the MR
image without correction was 7.6 mm, while the distortions were reduced to 2.7 mm and
1.3 mm on the 2D and 3D corrected images, respectively. The comparison between the
different MR images is shown in Figure 4-11. A summary boxplot graph is shown in
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Figure 4-12. The median (75% quartile) of distortion on the 3D corrected, 2D corrected
and no correction images are 0.6 mm (0.9 mm), 1.0 mm (1.4 mm) and 2.0 mm (3.7 mm),
respectively (Table 4-1).

Figure 4-11. Graph of geometric distortion vs. control point distance from the reference
point. The data includes distortion on the MR image acquired without the distortion
correction (No Corr), with 2D correction (2D Corr) and with 3D correction (3D Corr).

Figure 4-12. Boxplot graph of distortion on the MR images acquired with 3D and 2D
correction and without correction. The top of the error bar and the top of the blue box
represents the maximal distortion and the 75% quartile of the data, respectively.
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4.3.3 DISTORTION MAP: IMAGE REGISTRATION ALGORITHM
Readers are advised to refer to Chapter 8 for more detail, because most of the results
in this section have been reported in that chapter. The distortion-distance graph of
different MR images is shown in Figure 4-13. Nearly five million points were sampled
on each image for the registration, so the graph in Figure 4-13 appears as a cluster area
rather than individual points. The maximum geometric distortion on the MR image
without correction was 7.5 mm, while the distortions were reduced to 2.6 mm and 1.7
mm on the 2D and 3D corrected images, respectively. The median (75% quartile) of the
distortion on the 3D corrected, 2D corrected and no correction images are 0.4 mm (0.5
mm), 0.5 mm (0.8 mm) and 1.0 mm (1.9 mm), respectively (Table 4-1).

Figure 4-13. Graph of geometric distortion vs. control point distance from the reference
point. The data includes distortion on the MR image acquired without the distortion
correction (purple), with 2D correction (blue) and with 3D correction (red).
Table 4-1. Summary of the median distortion (75% quartile) results from the control
point and image registration methods for the three images acquired with different
algorithms.
Images
Control Point (mm)
Image Registration (mm)
Uncorrected

2.0 (3.7)

1.0 (1.9)

2D Corrected

1.0 (1.4)

0.5 (0.8)

3D Corrected

0.6 (0.9)

0.4 (0.5)
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4.4 DISCUSSION
The spatial distortion on the MR image without spatial distortion correction is visually
noticeable (maximum distortion: >7 mm), especially towards the edge of the phantom
(Figure 4-10). Comparing the MR images acquired with different algorithms, although
the 2D correction algorithm was able to reduce the maximum geometric distortion to
within 3 mm, the distortion is still visible near the phantom edges (Figure 4-10). In
contrast, the 3D correction algorithm can correct the distortion not only at near the
phantom centre but also towards the phantom edges. The maximum geometric
distortion was reduced to within 2 mm by the 3D correction algorithm for the FOV used
in our study. No visual distortion was observed (Figure 4-10).
The control point determination method used in this study is a simplified version of
the methods described previously in the literature [104–107,169]. The geometric
distortion was also estimated by the image registration method. The geometric
distortion results found by the two methods (Table 4-1) indicated that the distortion
found using the image registration method was somewhat smaller than the control point
determination method. This may be due to the phantom positioning error between CT
and MR scans. Such error was corrected using the rigid registration during the image
registration method, while not in the control point determination method.
There are four advantages of using the image registration method over the control
point determination method: 1) the number of the control points is limited by the
physical size of the grid sheet, while the number of control points can be specified in the
DIR method by pre-defining the registration grid size. 2) The localisation of each control
point can be only be specified to an individual pixel by the current morphology method,
so the precision of the control point position was one pixel size. In contrast, the DIR
method is capable of sub-pixel precision [238]. 3) The result of the control point
determination method is affected by the initially defined thresholding intensity level.
The resultant binary image is influenced by the thresholding intensity level and this
affects the morphology result. 4) The major advantage of the registration method is that
it reduces the result error due to the phantom positioning error, because a rigid
registration was performed before deformable registration.
The registration is limited by its accuracy, because it is generally conservative and
tends to underestimate displacement instead of overestimate it. In the phantom case, the
registered images were overlaid and visually compared to the reference image for check
and there was no visual difference on the registered 2D and 3D corrected images.
Residual distortion was observed on the registered uncorrected image, but only on the
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two most peripheral regions (details in Chapter 8). Such error is expected since the
distortion at those regions on the uncorrected image was the most severe.
Two lessons have been learned during this study in the following aspects: 1) phantom
design, and 2) algorithm improvement.
There are two possible improvements in the phantom design. First, the phantom seal
cap of a height of 25 mm is positioned at the phantom anterior surface. During the MR
scan, there is a gap between the MR coil and the phantom surface and this has an impact
on the image quality. The image quality degrading will be discussed in the next chapter
in detail. Secondly, there are three fiducial markers (Figure 4-14) inserted to the
prostate surrogate shell in the anthropomorphic phantom (details of this phantom
appear in Chapter 5). This does not cause much difficulty on the CT image, because the
HU contrast between the metal and plastic is sufficient to identify the marker from
background. However, both metal and plastic give a low signal on a T2 MR image, which
increases the difficulty to accurately identify the marker from background. One solution
is to position the marker inside the prostate surrogate using strings (Figure 4-14). In
this way, the contrast between metal and mineral oil on T2 MR image is large enough for
marker identification.

Figure 4-14. Prostate surrogate is a hollow plastic shell filled with mineral oil. The three
fiducial markers were inserted into the shell in the current design, but the contrast
between the markers and surrounding can be significantly increased if using strings to
position markers inside the prostate.
One limitation of this study is that the phantom size is based on the averaged male
pelvis, so the phantom cannot give the distortion near the body surface for the obese
patient. Walker et al has developed a phantom with diameter of 500 mm and a length of
513 mm [239]. A phantom with such size is able to cover wider field of view comparing
to our phantom.
The control points used in this study were a simplified version of those in previous
studies. The process is shorter than the previous method used by Stanescu [104] and it
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is easier to implement. However, there is one challenge that was faced by both methods.
Even if the intensity homogeneity of the MR images were corrected using the vendor
provided algorithm, intensity variation was still visible on the image. Because the control
point determination method uses the image intensity to determine the control points,
the intensity inhomogeneity introduces errors during this process. Such a problem was
also mentioned by Stanescu et al [104]. They filtered the low frequency intensity on the
image in order to improve identification the control points. In this study, in order to
improve the control point identification a corner-shaped binary matrix was used instead
of the cross-shaped binary matrix (Figure 3-3b) that was used by Wang et al [105]. Even
when this method was used, there were still control points missing from the algorithm
and a manual process is required to determine the missing control points. Therefore,
post-image processing is desired in order to improve control point identification by
improving the image intensity homogeneity. Such an image processing method includes
the N4ITK method developed by Tustison et al [209].

4.5 CONCLUSION
Geometric distortion is a significant issue which may prevent MRI being used as the
sole modality for treatment planning. In the scale of the pelvis, the maximum spatial
distortion can be as large as nearly 8 mm on our 3 T Siemens scanner. The distortion
becomes more severe towards the phantom edges (further away from the scanner’s
magnetic isocentre). With the vendor provided distortion correction algorithm, the
maximum distortion can be reduced to less than 3 mm (by 2D correction) and less than
2 mm (by 3D correction), respectively.
In this study, two distortion quantification methods have been applied: simplified
control point determination method and DIR method. The DIR method has several
advantages including sub pixel size precision and the freedom to specify the number of
control points.
Some phantom design improvements have been proposed in this study.
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5. MR SIMULATOR IMAGE
QUALITY (PHANTOM STUDY)
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Sun J, Pichler P, Dowling J, Menk F, Stanwell P, Arm J, Greer PB. MR simulation for
prostate radiation therapy: effect of coil mounting position on image quality, Br. J.
Radiol, 2014; 87(1042): 20140325.
Summary: This chapter investigates the effect of using the radiotherapy dedicated
equipment on the quality of MR images. Using the coil mounts to systematically change
the distance between MR coil and the pelvis shaped phantom, the optimal positioning of
the equipment was studied in order to maintain uniform image intensity across the
phantom. This is the first part of the investigation that uses phantom.
Author’s contribution: In this study, the author designed the experiment and
scanned the phantom with MR radiographers. The author also wrote the Matlab code to
analyse results and wrote and submitted the resultant journal paper.
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Abstract
Purpose: To eliminate the effects of body deformation for MR-based prostate treatment
planning, coil mounts are essential. In this study we evaluated the effect of the coil setup
on image quality.
Materials and Methods: A custom designed pelvic shape phantom was scanned by
systematically increasing the anterior body-to-coil (BTC) distance from 30 to 90 mm.
The image quality near the organs of interest was determined in order to characterise
the relationship between image quality and BTC distance at the critical organ structures.
The half intensity reduction (HIR) was calculated to determine the sensitivity of each
organ structure to the BTC distance change.
Results: As the BTC distance increased, the uniformity reduced at 3% per mm. The HIR
value indicated that the bladder signal is most sensitive to the change in BTC distance.
By maintaining a constant BTC distance setup, the intensity uniformity was improved by
28% along the B0 directions.
Conclusions: Positioning the MR coil on mounts can reduce body deformation, but
adversely degrades the image quality. The magnitude of this effect has been quantified
for prostate MR simulation scanning. The coil needs to be positioned not only with a
minimal but also uniform BTC distance in order to maximise image quality.
Advances in knowledge: A method to characterise the effect on image quality due to
the use of coil mounts was demonstrated. Coil mounts whose height can be adjusted
individually to keep BTC distance constant are necessary to maintain a uniform image
across the entire field of view.
Keywords: image quality; prostate treatment planning; phantom study
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Introduction
Compared to CT images, magnetic resonance (MR) images have superior soft tissue
contrast, which increases the organ delineation accuracy. There is growing interest in
the use of MR as the sole imaging modality for radiation therapy planning, with the
increasing installation of MR scanners in radiation therapy departments and the
development of MR linac devices [1–3]. However, several factors limit the use of MR
image as the sole modality for radiotherapy treatment planning. These not only include
spatial distortion [4–6] and lack of electron density [7–10], but also the anatomy
variation due to differences in patient positioning setup on MR scanner from the
treatment position. Khoo et al proposed that in order to apply MR scan to the
radiotherapy, patient setup on the MR scanner table needs to reproduce the one on the
treatment table [11]. For current scanners with a flat table top, patient positioning is
mainly affected by the surface coil which is conventionally attached to the patient’s
pelvis, deforming the anterior external body contour.
For the prostate scan, the anterior body deformation due to coil compression can be
eliminated by using a coil mount to lift the coil above the body. Kapanen et al.
implemented a home-made coil mount to hold the coil above the body [12]. They
assessed the effect of their coil mount on spatial distortion. To simulate a flat treatment
table, McJury et al inserted a flat panel onto the scanner in order to eliminate the
posterior body deformation [13]. They showed that by inserting a flat couch to their
curved table top, the signal-to-noise ratio (SNR) in an oil filled phantom decreased by
14% [13]. To our knowledge, no systematic study has been conducted on the effect on
image quality of lifting the coil above the scanned body using coil mounts. It is important
to understand what effect these new coil positioning devices have on image quality and
how best to utilize these devices for MR-based treatment planning to obtain optimal
image quality.
This study aims to determine the effect on image quality of using commercial coil
mounts to lift the surface coil above the pelvis for prostate radiation therapy MR
scanning. The effect of both variation in body-to-coil (BTC) distance along the B0
direction and increase in BTC distance in the anterior-posterior (AP) direction are
systematically examined using specially constructed pelvic shaped MR test phantoms.
The findings will assist with clinical implementation of these devices for MR based
planning and inform future design of these devices.
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Materials and Methods
Phantom Design
Two phantoms were custom manufactured to the shape of a human pelvis, with the
external surface made of polymethylmethacrylate (PMMA). One of the phantoms is an
anthropomorphic phantom (‘anthro-phantom’) containing all the organs of interest in
surrogate structures (Figure 1a). The location and size of these structures were based on
average results from 39 patient CT scans by Lambert et al [10]. The prostate and bladder
structures inside the anthro-phantom are shaped by hollow plastic spheres, with holes
drilled through the surface allowing liquid to fill the structure. The rectum is a
cylindrical pipe filled with air, while the head of femur (HOF) is a solid plastic sphere.
This phantom was used to estimate the image quality change near ROI (region of
interest) structures when the BTC distance varies.

Figure 1: Schematic diagrams of the anthropomorphic phantom in transverse view (a).
Larger diagram in (b) shows the sagittal view and smaller diagram shows the transverse
view of grid phantom, respectively. A photo of coil mounts (c). Two coil mount setups
are shown in (d) and (e), horizontal setup and parallel setup respectively, where the B0
direction indicates the phantom setup on scanner. A flat table was used in this study.

The second phantom (‘grid-phantom’) has the same external body dimension but with
11 plastic grid sheets positioned ~20 mm apart and parallel to each other (Figure 1b).
This grid-phantom was originally designed for quantifying the geometric distortion of a
pelvic-size MR image. In this study, the grid-phantom was used to evaluate the image
quality variation caused by different coil positioning setups. Image profiles were
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sampled at the spaces between adjacent grid sheets to give continuous image quality
variation.
Both phantoms were filled with mineral oil instead of water in order to avoid the
standing wave artefact in our 3 T scanner. Both phantoms have a 25 mm thick filling cap
mounted to the anterior surface for filling with oil. Because the cap was partially
screwed on to reduce the pressure within the phantom, the minimally achievable BTC
distance is ~30 mm.
MR sequence and scans
A Siemens Skyra 3 T MR scanner (Siemens Medical, Erlangen, Germany) was used for
scanning. The body array coil was used (18 Channel Body matrix coil, Siemens
Healthcare). The body matrix coil is a high density surface coil, with 3 clusters of 6
elements to improve the SNR and allow increased acceleration factors. It can also be
used in combination with a 32 channel spine array which yields up to 60 elements in a
single field of view. The scanner has a dedicated radiation therapy flat table top (CIVCO,
Iowa, USA). A 3D TSE (turbo spin echo) volumetric T2 weighted sequence was used and
the parameters are TR: 1200 ms, TE: 101 ms, α: 135°, bandwidth: 505Hz/Pixel, echo
train length: 61, pixel size: 1 mm, slice thickness: 2 mm, FOV: 320×320×240 mm3. The
TSE with 90° longitudinal flip-back pulse (RESTORE, Siemens Healthcare) was applied to
increase the longitudinal magnetisation, so the fluid intensity can be improved. A large
field of view was used to include the entire phantom. To minimise effects on image
quality due to factors other than the coil setup, spatial distortion was corrected using the
vendor provided 3D algorithm and the image intensity homogeneity was enhanced with
the Prescan Normalize filter (Siemens Medical, Erlangen, Germany). To achieve patient
positioning and external contour consistency between the MR scanner and the linear
accelerator treatment table, commercial coil mounts (CIVCO, Iowa, USA) were used to
hold the surface coil off the phantom (Figure 1c). The height of individual coil mount can
be adjusted independently. Details of the phantom and coil positioning are given in
following sections.
BTC distance (B0 direction variation)
In the supine position, the anterior pelvic body contour descends along the B0
direction. Unlike the home-made coil mount used by Kapanen et al [12], the commercial
coil mounts used in this study have the ability to adjust the height of the superior and
inferior individual mounts independently. This allows the body-to-coil (BTC) distance to
be more consistent along the B0 direction.
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The grid phantom was positioned as shown in Figure 1d and 1e. The coil mounts were
positioned in the following two orientations: 1) both coil mounts were kept at the same
height to simulate the setup in [12], identified as horizontal setup (Figure 1d) and 2) the
height of coil mounts were adjusted so that the BTC distance was kept as uniform as
possible along the B0 direction, identified as parallel setup (Figure 1e). There are 11 grid
sheets inside the distortion phantom, so 12 sagittal images were sampled every 20 mm
at the intermediate spaces between the grid sheets where only oil is presented. The
intensity uniformity was determined on each sagittal image, using the ACR (American
College of Radiology) procedure (a 1 cm2 circular ROI was placed at the highest and
lowest signal region) and recommended criterion (82%) as the guide [14].
Along the B0 direction, 9 transverse images were sampled every ~80 mm to give
images with slightly different BTC distances. The intensity uniformity was calculated
using formula stated in Equation (1), where𝐼𝑚𝑎𝑥 and 𝐼𝑚𝑖𝑛 are the mean signals of the
regions with highest and lowest signal, respectively [14]. Because the body coil is
invisible on the MR image, the physical BTC distance cannot be established directly. The
estimated BTC distance is the sum of the minimally achievable BTC distance (30 mm)
and the relative phantom height change (phantom height difference on two adjacent
transverse images).
𝑈𝑛𝑖𝑓𝑜𝑟𝑚𝑖𝑡𝑦 = 1 −

𝐼𝑚𝑎𝑥 − 𝐼𝑚𝑖𝑛
(1)
𝐼𝑚𝑎𝑥 + 𝐼𝑚𝑖𝑛

BTC distance (AP direction variation)
The anthro-phantom was used to provide the spatial information of the organs of
interest. The height of the coil mounts was systematically increased in increments of 20
mm to give the physical BTC distances from 30 mm to 90 mm. ROIs were contoured on
the 30 mm BTC image because of its superior image quality, and the same contours were
copied to the other images.
The SNR (signal-to-noise ratio) within the ROI was used as the image quality metric
and it was defined as the ratio of the mean ROI signal to the background noise [15]. The
SNR was then plotted against the BTC distance and the data were fitted with an
exponential regression as 𝑆𝑁𝑅 = 𝑆𝑁𝑅0 𝑒 −𝑘𝑥 , where 𝑘 is the decay rate and 𝑥 is the BTC
distance. The half intensity reduction (HIR) is calculated using the decay rate in Equation
(2):
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𝐻𝐼𝑅 =

ln(2)
(2)
𝑘

The term HIR is introduced to represent the BTC distance when the SNR in a
particular organ structure is halved. Low HIR value indicates more sensitive to the BTC
distance change.
Results
BTC distance (B0 direction variation)
Figure 2 shows the intensity distributions for both setups and the percentage
differences. As the BTC distance increased, the horizontal setup image lost as much as
50% of the intensity at the anterior region comparing to the parallel setup image. The
uniformity on the horizontal setup image was (70±6)%, which failed the ACR
recommended criterion, while the parallel setup improved the uniformity to (98±1)%.
The parallel setup uniformity remains above 95% along the B0 direction on Figure 3,
while the horizontal setup uniformity decays by 3% per mm after applying the
exponential regression.

Figure 2: Intensity map of the sagittal image acquired with horizontal setup (a) as
shown in Figure 1d and parallel setup (b) as shown in Figure 1e, and the pixel-by-pixel
based percentage intensity difference (c). The coil orientation is illustrated by the white
line.
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Figure 3: Intensity uniformity against estimated BTC distances for horizontal setup
(red) and parallel setup (blue) images. Black line indicates the recommended criterion
for the ACR MRI QA phantom. The uniformity degraded below the ACR criterion after
around 40 mm BTC distance.

BTC distance (AP direction variation)
A noticeable signal drop near the phantom anterior region is observed in Figure 4
after increasing the BTC distance. Figure 5 plots the organ structure SNR variation
against the BTC distance change. The decay rate of each organ structure correlates to the
organ geometric location. Table 1 quantifies the HIR value obtained from Figure 5. The
BTC distance has more influence on the signal at the structures close to the anterior
region (e.g. bladder) than the signal for the structures close to the posterior region (e.g.
rectum).
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Figure 4: Image acquired with 30 mm to 90 mm anterior BTC distance (all images have
the same intensity window setting). Only the bladder and rectum are shown on these
images.

Table 1: Exponential regression of the data in Figure 5. The half intensity reduction
(HIR) distance is calculated from the decay rate (k).
k (×10-3)

k

HIR (mm)

Prostate

5.1

136

Bladder

10

69

LHOF

6.9

100

RHOF

6.8

102

Rectum

1.5

462
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Figure 5: Plot of the SNR of ROIs contoured on images acquired with different BTC
distances. The exponential regression was applied to find the decay rate and HIR in
Table 1.

Discussion
In this work, we found that the uniformity within phantom reduced by 3% per mm as
the BTC distance increased. Additionally, by maintaining the BTC distance constant
along the B0 direction, the image uniformity improved from (70±6)% to (98±1)% along
the B0 direction. In order to eliminate the coil-induced external body contour
deformation, coil mounts are necessary for MR-based planning. At the same time, in
order to achieve uniform intensity images, the coil mounts should be adjusted based on
the patient’s external anatomical geometry and a constant BTC distance throughout the
B0 direction should be maintained. As the waist size of the patient increases, the
difference between the AP contour height (above the table) near the superior and
inferior ends will increase. The image quality improvement of conforming the coil to the
external body will be more important in these cases. It should be noted that the vendor,
size of the elements in the receive coil and the scan sequence will affect the image
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quality result (e.g. uniformity), thus the result may vary slightly by manufacturer or coil
selection. However, for similar pelvic scans (acquired with both posterior and anterior
surface coils), we believe that it is essential to minimise the BTC distance and to
maintain a constant BTC distance in order to improve the image quality.
One improvement of the setup is to attach a long object that is visible on the MR image
to the inside surface of the coil. This has two advantages: firstly, because the object is
attached directly to the coil, the BTC distance is minimal. Therefore, the object provides
the reference intensity along the B0 direction. This reference intensity can be used to
compare with the mean intensity at different organ of interest locations. The second
advantage is that the physical BTC distance can be established using the visible object to
give the actual image quality and BTC distance correlation.
Lastly, it would be useful to determine the image quality variation between scans and
this can be done by acquiring repetitive images. However, as this work mainly
concentrates on the image quality effect of different coil setups and these setups induce
more influence on the image quality than the scanner performance variation, the later
factor is insignificant.
In conclusion, in order to maintain a uniform image along all directions, the coil needs
to be positioned not only with minimal BTC distance but also parallel to the phantom
surface. By systematically increasing the BTC distance, we found that among all organs
of interest, the bladder is the most sensitive to the anterior BTC distance change.
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6. MR SIMULATOR IMAGE
QUALITY (VOLUNTEER
STUDY)
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Sun J, Dowling JA, Pichler P, Parker J, Martin J, Stanwell P, Arm J, Menk F, Greer PB.
Investigation on the performance of dedicated radiotherapy positioning devices
for MR scanning for prostate planning, J Appl Clin Med Phys, 2015; 16(2).
Summary: This chapter investigates the effect of using the radiotherapy dedicated
equipment on the agreement between planning anatomy and treatment anatomy, the
quality of MR images and the dosimetric accuracy of the prostate planning. Ten
volunteers were scanned using the conventional diagnostic MR setup and then using the
MR simulation setup. The external body deformation due to the conventional setup was
evaluated from the anterior direction, posterior direction and seven beam angles. The
image quality within the organs of interest (e.g. prostate) was compared. The dose
delivery to the prostate on the two setups was compared. This is the second part of the
investigation that uses volunteers.
Author’s contribution: In this study, the author designed the experiment and
scanned the volunteers with MR radiographers. The author imported the images into the
Eclipse system, contoured all MR images, generated the treatment plans and calculated
the doses. The author also wrote the Matlab code to analyse results and the subsequent
journal paper.
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Abstract: The purpose of this study was to investigate performance of the couch and
coil mounts designed for MR-simulation prostate scanning using data from ten
volunteers. Volunteers were scanned using the standard MR scanning protocol with the
MR coil directly strapped on the external body and the volunteer lying on the original
scanner table. They also were scanned using a MR-simulation table top and pelvic coil
mounts. MR images from both setups were compared in terms of body contour variation
and image quality effects within particular organs of interest. Seven-field conformal
plans were generated on the two images with assigned bulk density for dose calculation.
With the MR-simulation devices, the anterior skin deformation was reduced by up to 1.7
cm. The hard table top minimizes the posterior body deformation which can be up to 2.3
cm on the standard table, depending on the weight of volunteer. The image signal-tonoise ratio reduced by 14% and 25% on large field of view (FOV) and small FOV images,
respectively after using the coil mount, the prostate volume contoured on two images
showed difference of 1.05±0.66 cm3. The external body deformation caused a mean dose
reduction of (0.6±0.3) Gy, while the coverage reduced by (22±13)% and (27±6)% in V98
and V100, respectively. A dedicated MR-simulation setup for prostate radiotherapy is
essential to ensure the agreement between planning anatomy and treatment anatomy.
The image signal was reduced after applying the coil mount, but no significant effect was
found on prostate contouring.
Keywords: treatment planning; prostate cancer; MR-based planning; image quality;
patient positioning
PACS number: 87.55.D-, 87.61.-c, 87.57.C-
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I. Introduction
The objective of prostate radiotherapy is to accurately deliver uniform dose to the
prostate while keeping the radiation toxicity in the nearby normal tissue and organs at
risk at a minimum level. (1) The localization of organs is critical for accurate target
planning and tissue sparing. Modern structural image modalities, such as CT and MR
images are employed for the delineation of the organs of interest. As human bones have
a higher atomic number than soft tissue, CT imaging has an advantage in identifying
bony structures. However, the contrast between soft tissues is not high on CT. This
disadvantage can result in a larger planning target volume margin during the prostate
delineation and in turn reduces the normal tissue sparing. (2, 3, 4) Steenbakkers, et al.
found that the MRI generated plan was able to maintain the rectal wall dose level while
applying dose escalation to the target of 2-7 Gy. The mean dose to the bulb of penis was
also nearly 12 Gy higher on the CT-delineated plan. (3) Additional to the prostate site,
the seminal vesicles are difficult to distinguish from the prostate on CT and the
delineation of the seminal vesicles is also challenged by the nearby ductus deferens and
plexular veins. (5, 6, 7)
MR images reflect the proton density of tissues and they are hence able to better
distinguish different soft tissues. Villeirs, et al. have shown that MR images are able to
reduce the seminal vesicle volume by 10.5% comparing to CT images. The superior soft
tissue contrast of MR imaging provides a lower level of inter-observer variation (7) and
results in more consistent treatment plans with smaller volume margins. (8, 9, 10) MR
images are typically manually registered with a patient’s planning CT to enable prostate
contouring. This registration of MR to CT for treatment planning can also introduce
geometric errors into treatment planning. For example, using mutual information based
registration software, Krempien et al found the CT-MR registration mean error was 1.8
mm with a standard deviation of 0.9 mm. (11) In order to reduce the multimodality
registration error and simplify treatment workflows there has been considerable recent
interest in the introduction of MRI-simulation for prostate radiation therapy where the
treatment plan is generated using MRI data alone. (12, 13, 14, 15) However, there are
three significant challenges which need to be addressed before MRI can be used as the
sole imaging modality for treatment planning: 1) geometric distortion of the MR image
2) lack of electron density information for dose calculation 3) MR patient positioning
system differences from the treatment machine.
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MRI distortion results from both system and object-induced effects, such as magnet
inhomogeneity, gradient field non-linearity, susceptibility and chemical shift. (16)
Previous phantom studies have found that the typical distortion due to machine-induced
effects can be as high as 7-25 mm at 200-260 mm away from the magnet isocenter. (17,
18, 19) This is significantly larger than the spatial error tolerance for treatment planning
purposes (2 mm (20)) and motivates the use of MRI spatial correction before it can be
used for planning. Several phantom-based correction methods have been published (17,
18, 19, 21) which indicate that the distortion can be corrected to within a sub-millimetre
range.
Electron density is a requirement for radiotherapy treatment planning as it allows the
planning software to obtain the relevant attenuation coefficients of the treatment
energy. The electron density information can be estimated from the CT Hounsfield
Units, which provide a representation of tissue linear attenuation coefficients. (22) In
image guided radiotherapy patients receive a CT scan (CT-simulator) in the treatment
position prior to treatment delivery. In contrast to CT, the MR image intensity reflects
proton density and the value for the same tissue can vary when different scanning
parameters are used, which prevents a unique relationship between electron density
and the MR image intensity. Currently there are three main methods to convert MR
images into CT-like images (pseudo-CT): the first is to manually or automatically identify
the main tissue types in the MR image and apply bulk densities to these tissue classes
(12); the second method is to use an anatomical atlas-based method (14) which uses
deformable registration to map one or more MRI atlases to a patient’s MR image, and
then uses the deformation vectors to map a CT atlas across to the same scan. The Chisquared test showed no significant difference between plans generated by the real CT
image and the pseudo CT image. (14) The third method involves classification rather
than registration to assign voxels from the MRI with CT values. (13)
MR patient positioning is also critical for MR alone planning. Currently diagnostic MR
scanners are limited in their ability to provide accurate information for radiotherapy
treatment planning. Unlike a CT Simulator, the table top of a standard MR scanner
generally has a different shape from the radiotherapy treatment table. The curved-couch
design of the MR scanner increases the ability to scan larger sized patients, but results in
external body deformation in the posterior direction. Other MR tables with flat couch
designs feature soft cushioning which could also affect the patient contour. The MR
anterior body coil is another source of skin deformation. A surface coil is essential to
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enhance the signal-to-noise ratio (SNR) of the MR image. For typical diagnostic MR
scanning the surface coil consists of a posterior coil located underneath the scanner
table top and an anterior coil normally strapped around the pelvic region of patient.
Compared to the natural shape of the patient body on the treatment table, the MR
anterior surface coil can alter the external skin contour and cause anterior and lateral
body deformation. An analysis of data from 39 patients receiving radiotherapy for
prostate cancer comparing CT with a flat couch and MR with a plastic flat couch insert
and strapped anterior coils has been performed. The results showed that the body to
isocenter distance on the CT and MR images can be as different as 15 mm and the left
and right posterior oblique directions had the most external deformation due to the MR
positioning. (12)
A solution to this problem is to position the coil above the patient body. Kapanen, et al.
used a homemade plastic coil fixation device to scan prostate patients. (15) They
investigated the body contour and rectal wall displacement and proposed that with the
same treatment positioning mechanism that MR-simulation is suitable to replace CTsimulation. MR-simulation commercial solutions for MR scanners have recently become
available from major MR vendors. These generally include a flat radiation therapy style
hard couch and coil mounts or bridges to raise the anterior coils above the patient. Laser
bridge systems that are MR-compatible are also available. At our institution the MR
scanner was equipped for MR-simulation with dedicated radiotherapy flat couch and coil
mounts supplied by CIVCO (CIVCO, Iowa, USA) and a laser bridge from LAP-lasers (LAP
Laser, Lüneburg, Germany). These new dedicated MR devices are expensive and their
need and benefit for radiotherapy should be carefully examined. The coil mounts also
increase the distance from the patient to the coil and this may have an important impact
on the image quality for scanning.
In this study, we have investigated the benefit of MR-simulation dedicated equipment
will have for MR-based prostate treatment planning using volunteer scans. Our aim is to
determine 1) the external and internal anatomical geometry difference between the
conventional MR scan setup and the MR-simulation setup using the commercial MRsimulator devices (flat couch and coil mounts), 2) the influence on image quality after
applying the commercial MR-simulator devices, 3) the dosimetric improvement after
unifying the planning MR geometry with the treatment geometry. We are also
conducting investigations in other aspects of MRI-simulation for prostate radiation
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therapy including electron density mapping to MRI scans and distortion in pelvic MRI
sequences however these are being reported separately.
II. Methods
A. MR Scanner and Sequence
A Magnetom Skyra 3 T MR scanner (Siemens AG, Erlingen, Germany) was used for this
study. A posterior coil (Spine 32, Siemens) was embedded into the scanner table and an
18 channel Body Matrix surface coil was used on the anterior side of the pelvis. The
turbo spin echo (TSE) sequence with a relatively shorter repetition time (TR) 3D image
acquisition method was used. A large field of view (LFOV) T2 image that includes the
entire pelvis and a small FOV (SFOV) T2 image that includes only the prostate were
acquired. Because this study concentrates on clinical effects, the images were postprocessed by the clinical protocols, including using the vendor provided Prescan
Normalize (Siemens) filter to correct the intensity inhomogeneity across the image and
the geometric distortion of the image was corrected by the vendor provided 3D
distortion correction algorithm. To compare the quality of images acquired with
conventional and radiotherapy dedicated positioning methods, volunteers were scanned
with both methods using the same coils and image sequence mentioned above. The
parameters of sequences including scan time are listed in Table 1.
Table 1: MR scan sequence parameters.
Matrix

Pixel Size
(mm)

LFOV

256×256×
128

SFOV

320×320×
60

TR

TE

α

(ms)

(ms)

(°)

1.56×1.56

Time
(min)

1200

101

135

5:41

1400

97

135

3:55

×1.56
0.63×0.63
×2

B. Positioning Process and Scanning
The CIVCO coil mount consists of two arches to be clipped on the sides of scanner
table. The coil can be attached to the arches and suspended above the patient body to a
desired height (Figure 1), so that the external anatomical deformation from the coil
strapping in the anterior direction can be eliminated. Each individual arch can be
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adjusted from 30 cm minimum height to 40 cm independently. This enables the body-tocoil distance along the superior-inferior direction to be more consistent for patients with
larger waist size, thus improving the overall signal uniformity. The hard flat table top is
designed to reproduce the patient posterior external geometry at the linear accelerator
(linac) treatment table. The Three-Pin Lok-Bar accessory in conjunction with the knee
and foot support and the table top is consistent with the 14 cm Varian Exact notched
style indexing patient positioning system used on the linac treatment table.

Figure 1: Conventionally the MRI surface coil is strapped onto a patient’s pelvis using
two pairs of straps (left). The coil induced anterior body deformation can be eliminated
by fixing the coil to coil mounts (right).

Ten healthy volunteers aged below 50 (BMI: 26.9 ± 4.6, mean ± 1 standard deviation)
have participated in this study. Each volunteer was first positioned on the original
scanner table (with embedded table cushion) and the coil was strapped on top of the
body. This conventional setup protocol gives a deformed image (I_standard). Then the
scanner table was mounted with the CIVCO table top and the coil was held above the
body using the coil mount to provide an undeformed image (I_MRISim). Depending on
the volunteer physical size, the minimum body-to-coil distance varied from 1 cm to 5 cm.
C. Image Quality and Organ Delineation
The signal within the heads of femur (HOF) and bladder on the LFOV image,
peripheral zone and central zone of the prostate on the SFOV image were sampled. The
mean signals were compared for two setups. The CNR was calculated between different
zones of the prostate on the SFOV image. For each of the organs, a linear regression was
found based on the ten volunteer scans to obtain an average measure of the organ
change.
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The signal-to-noise ratio (SNR) is defined as the mean intensity of one ROI (I_mean) to
the image background noise (I_background), which is the standard deviation of a region
of air signal. (23, 24) The contrast-to-noise ratio is defined as the difference in intensity
between two ROIs (I_(ROI,1)-I_(ROI,2)) to the image background noise. (23, 24)
𝑆𝑁𝑅 = 𝐼

𝐼𝑚𝑒𝑎𝑛

𝑏𝑎𝑐𝑘𝑔𝑟𝑜𝑢𝑛𝑑

𝑎𝑛𝑑𝐶𝑁𝑅 =

𝐼𝑅𝑂𝐼,1 −𝐼𝑅𝑂𝐼,2
𝐼𝑏𝑎𝑐𝑘𝑔𝑟𝑜𝑢𝑛𝑑

(1)

Depending on the individual, a small amount of urine may enter the urethra in some
cases. This high intensity on the T2 MR image affects the mean signal calculation of the
central zone of the prostate, therefore any signal that is close to the water signal has
been excluded in the prostate mean signal calculation.
The MR images were imported into the Eclipse treatment planning software (Varian
Medical Systems, Palo Alto, CA, USA, version 8.6). The prostate was contoured on both
SFOV images (I_standard and I_MRISim) by an experienced radiation oncologist. The
geometric differences due to the different scanning setups were examined for three
aspects: 1) the posterior body deformation 2) the source-to-surface distance (SSD) along
the incident beam angles 3) the prostate volumes contoured on the SFOV image acquired
using two setups.
To measure the posterior body deformation, two horizontal lines were drawn at two
levels on the axial image corresponding to the prostate isocenter: one line at the most
posterior edge of the body contour to determine the maximum body deformation level;
the second line is drawn across the two lateral sides where the least body deformation
occurs.
E. Dosimetric effect
Three 7-field 3D conformal plans were created for each volunteer: P_standard,
P_MRISim and P_actual. P_standard was generated based on the image acquired with the
conventional scan setup (I_standard), while P_MRISim was generated on the image
acquired with the CIVCO devices (I_MRISim). P_actual was generated by copying the
beam portals and MUs from P_standard to I_MRISim. The rationale of P_actual is to find
the dosimetric error caused by planning on a deformed image where the treatment
image is actually undeformed. By comparing to P_MRISim, the difference shows the
dosimetric improvement of using an undeformed image for planning.
The treatment was planned with 70 Gy prescribed dose to be uniformly delivered in
35 fractions. At each treatment angle, the multi-leaf collimator was shaped around the
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target with a uniform margin of 7 mm from the CTV (prostate) to the PTV. The bulk
electron density method was used for the dose calculation. Since the aim of this study is
to find the dosimetric difference caused by the geometric difference, applying the same
bulk density is sufficient. The soft tissue organs were given a water-equivalent density
and the density of head of femurs was set to be 1.19 g/cm3 (HU=288). (12) D2, D50,
D95, D98, V95, V98 and V100 of the prostate were used to compare the plan outcomes.
III. Results
Image Quality and Organ Delineation Agreement
One immediate impact on the image after replacing the conventional setup protocol
with the CIVCO devices is the signal loss (Figure 2). This figure shows the I_standard and
I_MRISim scans for one volunteer on an axial slice through the prostate isocenter. The
anterior deformation from its natural shape due to the coil strapping can be seen on
I_standard. Although the scanner table is flat, the volunteer posterior contour
deformation due to the body sink on the soft cushion also can be visualized on the LFOV
image.

Figure 2: MRI Large field of view (LFOV) (top) and small field of view (SFOV) (bottom)
images acquired using conventional scanning protocol, I_standard (left) and
radiotherapy-dedicated protocol, I_MRISim (right). Both images with the same FOV were
output with the same window/level setting.
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Figure 3 shows the signal comparison between I_standard and I_MRISim on LFOV and
SFOV. The k=1 equality line represents the state when the image qualities from two
setups are the same. On average, there was 27%-32.9% mean SNR reduction within the
organs of interest (Table 2). The CNR reduction on I_MRISim was 24.4±17.4%. A
radiation oncologist contoured the prostate on the SFOV images acquired by both setups
and the mean prostate volume difference for the ten volunteers was 1.05±0.66 cm3.
Table 2: Mean and standard deviation of the percentage SNR reduction on I_MRISim
comparing to I_standard. PP: prostate peripheral zone, PC: prostate central zone.
(%)

LHOF

RHOF

Bladder

PP

PC

μ

32.9

32.4

30.4

27.0

27.3

σ

8.7

13.6

17.5

13.1

14.9

Although the HOFs were located symmetrically along the lateral direction, Figure 3
shows that the LHOF signal data has drifted away from the RHOF signal data, due to
image inhomogeneity. The mean signal ratio of the LHOF to the RHOF was 1.34±0.12 and
1.33±0.08 on the I_standard and I_MRISim images, respectively.

Figure 3: Organ signal comparison on LFOV and SFOV images acquired by the standard
setup and MRISim setup (LHOF: left head of femur, RHOF: right head of femur, PP:
prostate peripheral zone, PC: prostate central zone)
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Positioning Improvement
The SSD (source to surface distance) was determined along the clinical treatment
angles on I_standard and I_MRISim images and the SSD difference was determined
(Table 3). The positive values at 60° and 300° indicated the anterior coil compression
induces longer SSD on the I_standard image. The negative values at 100° and 260°
indicate shorter SSD on the I_standard image which may be due to the anterior coil
compression causing lateral body deformation. It should be noted that 0° angle
difference is not always as reliable as the other angles, as the penis sometimes appears
on the prostate isocenter axial image.
Table 3: Mean and standard deviation of source to surface distance (SSD) difference
(mm) along clinical treatment angles between I_standard-I_MRISim.
Angle

0

60

100

150

210

260

300

μ

1.0

2.2

-4.9

0.6

0.7

-4.8

2.8

σ

6.8

3.1

4.5

7.7

8.8

3.9

2.5

The mean weight of volunteers was 83.4±14.1 kg (ranged from 68 kg to 113 kg). The
posterior body deformation due to the body sink on the soft cushion can be visualized on
the I_standard image (Figure 2). The mean maximum posterior body deformation of the
ten volunteers was 20.7±2.7 mm.
Dosimetric Effect
Although there were differences in anatomical geometry on I_standard and I_MRISim,
the mean target dose difference between the plans (P_standard and P_MRISim) was only
0.1±0.1 Gy as both plans were normalized to the target isocenter. However, when
applying the plan created on the deformed image to the undeformed image, the mean
target dose difference between P_MRISim (reference) and P_actual for the ten volunteers
increased to 0.6±0.3 Gy. This increased dose difference is the result of the inconsistency
between the planning and treatment anatomical geometry. Figure 4 compares target
dose from P_MRISim (reference) and P_actual for one volunteer.
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Figure 4: DVH diagram of the one volunteer comparing target dose in P_actual and
P_MRISim (reference).

IV. Discussion
As outlined in the Introduction there are several important aspects to consider for
MRI-simulation including distortion in the images due to gradient non-uniformities,
patient induced susceptibility related distortions and patient positioning for simulation
at MRI. This particular work forms part of a study series investigating different aspects
of MRI-simulation for prostate therapy and has focused only on the positioning aspect.
We have also conducted investigations into the effect of distortions using a custom-built
pelvic shaped distortion phantom and are developing methods to accurately estimate
electron densities for MRI scans using atlas based methods, however these are the
subject of separate manuscripts in progress. The investigations of image quality outlined
here were performed with volunteer scan comparisons. To gain a more systematic
insight into image quality including scan homogeneity and signal-noise ratio effects due
to MRI coil mounts we have constructed an anthropomorphic pelvic phantom and varied
the scanning geometry and have reported these results separately. (25)
A unique feature of this study is that it has investigated the impact of applying a
commercial radiotherapy dedicated MR scanner device on image quality. It has also
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investigated body deformation from both posterior and anterior directions in the
standard scanning protocol and determined the dosimetric effect. This study has also
supported the necessity of applying a hard table top instead of using a soft one in order
to increase consistency between planning and treatment anatomic geometry.
In this study, the effects of using a coil mount and flat table top were investigated in
three aspects: image quality, anatomical geometry and dosimetry. As the volunteers
were positioned and scanned within a short period of time, the changes in the image
quality should only be due to the increase of the body-to-coil distance. As this distance
increases by using CIVCO devices, the image SNR and CNR were reduced on both LFOV
and SFOV images compared to the standard scanning protocol. However, the mean
prostate volume difference on I_standard and I_MRISim was only 1.05±0.66 cm3.
Body deformation can be visually observed on images acquired with the standard
scanning setup. Additionally, anterior deformation was found to be in the range of 10-17
mm depending on the location of coil compression. A posterior deformation ranging
from 15.6 mm to 23.4 mm was observed when a soft cushion table top was used rather
than a hard table top. In order to unify the external body contour on the planning image
with the contour during the actual treatment, both the MRI coil mount and hard table
top are essential.
Due to the noticeable external body geometry difference on the images acquired by
the standard MRI protocol, the actual dosimetry delivery to the target will be affected if
one plans on the externally deformed contour image. A mean difference of 0.6±0.3 Gy
was found by comparing P_actual to P_MRISim. To compare the two geometries bulkdensity electron density assignment was used. This is not a gold standard for electron
density. The density assigned to bone was based on an earlier study where the density
was optimized to match effective depths from CT scans for the planned beam angles.
(12) Other studies have found close agreement between bulk density calculations and
full density calculations. Eilertsen et al. compared bulk density assigned CT scan dose
calculation to the full density calculation for 10 patients and found an average dose
difference of only 0.2%. (26) This work does not propose the use of bulk density
assignment for MR-based radiotherapy planning due to inaccuracies and the
requirement to manually delineate bony anatomy. By applying the same bulk density to
both MR images the dose difference due to HU assignment error can be minimized and
the effect of geometric contour differences on the dose can be isolated.

- 124 -

One limitation of this study is the small number sample size because of its tedious
scanning setup procedure, but the result will be more reliable if the sample size was
increased. One improvement would be to conduct this experiment on actual patients
(with their consent).
In terms of SNR reduction, McJury, et al. found that the SNR drop in a phantom was
14% when inserting a flat table top to a curvature table top while keeping the surface
coil directly touching the phantom anterior surface. (27) In this study, the anterior bodyto-coil distance was increased by lifting the coil above the anterior body and the
posterior body-to-coil distance was also increased by inserting a hard table top. The
increases in the body-to-coil distance may be the cause of the higher SNR drop.
This study has investigated the difference in prostate dosimetry. It would be desirable
in future work to also contour the rectum and calculate dose. The commercial coil
mounts were able to eliminate the external body deformation by holding the coil away
from the patient’s body. However, a limitation of the current coil mount design is that its
minimum height (30 cm) is relatively large for a smaller size patient. As this study has
shown that the image quality drops as the body-to-coil distance increases, image quality
will be comparatively poorer for patients with a smaller waist size. Therefore,
modification of the coil mount design to reduce the minimum mount height would be
useful to enable a wider range of patient body types.
V. Conclusions
MR imaging delivers clear soft tissue contrast, allowing radiation oncologists to better
delineate organs of interest. However, patient anatomical geometry from a conventional
MR scanning protocol has been shown to be different to the natural geometry acquired
using a hard table top. Inserting soft cushions is not recommended as it will induce
posterior deformation. Due to the increase in the body-to-coil distance when lifting the
coil away from the body and inserting a hard table top, a noticeable reduction in image
quality was shown on MR-simulator images. Despite this reduction in image quality, coil
mounts and hard tables top are necessary to unify the planning and treatment anatomic
geometry. The actual prostate dose delivery was lower than the planning dose if a
standard MR acquisition protocol was used due to the reduced external body contour
deformation.
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7. SEMI-AUTOMATIC QUALITY
ASSURANCE PROGRAM
DEVELOPMENT
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Sun J, Barnes M, Dowling J, Menk F, Stanwell P, Greer PB. An open source automatic
quality assurance (OSAQA) tool for the ACR MRI phantom, Australas Phys Eng Sci
Med, 2014 Nov 21. [Epub ahead of print]
Summary: This chapter investigated the feasibility of developing and using in-house
software to automate the MR QA procedure. The software was developed in Matlab and
results from the software were compared to manual QA results to validate the software.
Then the software processing time was compared to the manual QA time. The work from
this study can be applied not only to the MR simulator but also conventional diagnostic
scanners.
Author’s contribution: In this study, the author critically reviewed the phantom
scanning documentation and directed the MR scanning (by a radiographer) of the
phantom with specific acquisition parameters. The author then developed a Matlab code
to automate QA, and compared these automated QA results to the manual QA performed
by a senior physicist. The author wrote and submitted the resultant journal paper.
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Abstract
Routine quality assurance (QA) is necessary and essential to ensure MR scanner
performance. This includes geometric distortion, slice positioning and thickness
accuracy, high contrast spatial resolution, intensity uniformity, ghosting artefact and low
contrast object detectability. However, this manual process can be very time consuming.
This paper describes the development and validation of an open source tool to automate
the MR QA process, which aims to increase physicist efficiency, and improve the
consistency of QA results by reducing human error. The OSAQA software was developed
in Matlab and the source code is available for download from
http://jidisun.wix.com/osaqa-project/. During program execution QA results are logged
for immediate review and are also exported to a spreadsheet for long-term machine
performance reporting. For the automatic contrast QA test, a user specific contrast
evaluation was designed to improve accuracy for individuals on different display
monitors. American College of Radiology (ACR) QA images were acquired over a period
of two months to compare manual QA and the results from the proposed OSAQA
software. OSAQA was found to significantly reduce the QA time from approximately 45
to 2 mins. Both the manual and OSAQA results were found to agree with regard to the
recommended criteria and the differences were insignificant compared to the criteria.
The intensity homogeneity filter is necessary to obtain an image with acceptable quality
and at the same time keeps the high contrast spatial resolution within the recommended
criterion. The OSAQA tool has been validated on scanners with different field strengths
and manufacturers. A number of suggestions have been made to improve both the
phantom design and QA protocol in the future.
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Introduction
Magnetic resonance (MR) images have superior soft tissue contrast over computed
tomography images (CT), allowing clinicians to diagnose abnormal tissue with higher
accuracy [1]. No ionising radiation is required during an MR scan. However, as a complex
imaging modality a routine quality assurance (QA) is essential to validate MR image
quality and monitor the performance of the scanner. Aspects including spatial distortion,
image uniformity, high contrast spatial resolution, slice profiles and image artefacts need
to be quantified [2,3] and the clinical scanner needs to achieve the acceptance criteria
[3–5].
In addition to the vendor provided QA phantoms, several phantoms have been
developed commercially to examine the general performance of MRI scanners. Examples
include the ACR (American College of Radiology) MRI phantom [4,5], MagIQ phantom
(Leeds Test Objects Ltd., Boroughbridge, UK), ADNI (Alzheimer’s Disease Neuroimaging
Initiative) phantom [6] and the Spin Safety Test Object (Spin Safety, Rennes, France). The
ACR MRI phantom was purchased at our institution because it is a well-established MRI
QA system [4]. It has been implemented as an accreditation standard in the United States
[5] and has been used for multi-site scanner performance in multiple studies [7–10].
The ACR MRI phantom is a cylindrical Perspex (or polymethylmethacrylate (PMMA))
object which is scanned using a head coil. The phantom is 148 mm long and has a
diameter of 190 mm. The phantom is filled with 10 mmol NiCl2 and 45 mmol NaCl water
solution to simulate human conductivity [5]. Inside the phantom there are different
structures inserted (plastic grid, counter-descending wedges, two pairs of 45° wedges,
three pairs of 31-pin-holes insertion bars, four low contrast disks) for various QA tests:
geometric distortion, slice thickness accuracy, slice position accuracy , percentage
intensity uniformity (PIU) , the percentage signal ghosting (PSG) , high contrast spatial
resolution and low contrast object detectability [4]. Phantom images and an individual
test are shown in Figure 1. Two scan sequences are recommended by the ACR scanning
protocol [11]. With the recommended scanning protocol, 11 axial slices (named S1-S11)
plus a sagittal localiser image are acquired for each sequence. Each inserted structure
can be visualised on individual axial slices for QA measurements and two axial slices (S6
and S7) with no inserted structures can be used for the uniformity and ghosting artefact
tests.
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Figure 1: Seven routine ACR QA tests: geometric distortion (a), slice thickness accuracy
(b), high contrast spatial resolution (c), slice position accuracy (d), PIU (e), PSG (f) and
low contrast object detectability (g). In (g) (zoomed-in view), the low contrast disk and
phantom water is separated by a zero-signal region (dark ring on the image). The
high/low intensity oscillation observed near the disk edge is the Gibb’s artefact and it
has reduced the distinguishability of the high intensity spokes, especially the spoke with
the smallest radius near the boundary (marked by the red circle).

The manual QA tests are documented extensively in the instructions but the process is
time consuming and observer dependent in some cases. Commercial software
(Radiological Imaging Technology, CO, USA and OnPoint Medical Diagnostics, MN, USA)
is available to perform QA tests on the ACR MRI phantom for a cost. Previous work has
described methods to automate the QA process [12–14]. Huff presents in-house
developed software which reduced several hours of manual QA time to around 20
minutes [12]. Software written by Fitzpatrick [13] reduced the QA time to about five
minutes however it exported QA results into multiple custom text files making term
scanner performance analysis difficult. Moreover, the contrast-related QA test can be
observer dependent as the vision contrast sensitivity varies over the population and the
individual monitor setting also influences this sensitivity. Therefore, such extrinsic
factors need to be quantified before conducting QA tests.
The aim of this project is to develop open-source code to automate the ACR MRI QA
process solely within the Matlab environment and automatically log and export the
results into a spreadsheet for departmental historical reporting and machine
performance analysis. A method was developed to obtain the specific observer contrast
to be used as the pass/fail threshold for the automatic contrast QA test. During software
development, several lessons have been learned on the current ACR phantom design and
scanning protocol and these are included at the end of this article as suggestions to
improve the phantom design in future.
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Methods
Overview of OSAQA
The OSAQA (open source automatic QA) project was developed in Matlab (R2011b,
The Mathworks, Natick, Massachusetts, US). The Matlab Image Processing Toolbox
(Image Processing Toolbox, version 7.3 run under Matlab 7.13.0.564 (R2011b), The
MathWorks Inc., Natck, MA, USA) is required to run the tools. The aim of the OSAQA
project is to develop free tools for various QA phantoms, including the ACR QA (OSAQAACR). In the OSAQA-ACR the ACR QA tests are processed sequentially as individual
functions. The testing of the OSAQA-ACR code has been performed mainly on MR images
acquired from the scanner (Siemens Magnetom Skyra 3 T) at our institution. The human
interaction in the OSAQA-ACR code was kept to a minimal necessary level.
The DICOM function library from the image processing toolbox is required to read the
imported MR images and the critical DICOM header values (Figure 2). A collection of
functions was developed to be used by individual QA test functions for individual
processing needs. Each test function conducts a single QA test recommended by the ACR
document [4]. The RUN.m script processes this series of test functions successively and
finally generates a log file as well as a spreadsheet report.

Figure 2: The general architecture of OSAQA-ACR and the required Matlab toolbox.

From the user’s perspective, OSAQA-ACR is able to 1) analyse all of the QA tests and
generate a QA report under a single environment; 2) eliminate human error, for example
from the length measurement; 3) generate a report log for immediate feedback and a
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final spreadsheet report for long-term scanner performance; 4) extend library
functionality to other QA phantoms for the OSAQA project. More importantly, OSAQAACR requires minimal user interaction enabling the overall QA time to be minimised
with the OSAQA-ACR tool.
OSAQA-ACR Design
DICOM images are loaded independently for individual QA tests. Where it is necessary,
certain DICOM header values such as the image pixel size (required to calculate the
object’s physical length and area) were extracted from the DICOM file during
importation. The entire QA process uses Matlab built-in functions and in-housedeveloped functions as shown in Figure 2. The inputs to the functions include the DICOM
images, the object spatial information on the image, some of the DICOM header values
and the output from the previous QA test.
The RUN.m script (Figure 2) is designed to perform QA test functions sequentially as
some of the QA tests may depend on the result of a prior function. For example, the mean
intensity of the phantom water ROI (region of interest) created in the PIU test is one of
the inputs to calculate the PSG value. The drawback of the sequential design is that the
entire workflow will be interrupted if an error appears during the run, and then the
software has to be re-run from the beginning. A run-time check is performed to prevent
duplicated calculation of tests that have already been conducted. Once all of the tests are
completed, the results are exported to an Excel file with pre-defined order and format
(to be consistent to our departmental reporting format) for reporting.
High Contrast Distinguishability
The high contrast spatial resolution test designed for the ACR phantom needs an
observer to visually identify the paired point objects (with 1.1, 1.0 and 0.9 mm
separations) with high contrast from the background. The code plots line profiles across
all objects shown in Figure 1c and searches for peak intensities. In order to let the code
know whether or not the observer can distinguish a peak from the background, the code
needs to know the threshold of the observer’s minimum contrast. The program achieves
this by initially providing a user with an image shown in Figure 3. This image allows the
user to perform a specific contrast sensitivity test in order to find the contrast threshold.
The code then compares the contrast between each peak and background to this
threshold in order to judge whether the current observer is able to identify the objects.
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Figure 3: Image designed to evaluate a user’s vision contrast sensitivity on any monitor.
The intensity contrast range (50%-0.1%) and decrement (5%) can be specified by the
user.

DICOM Image and Data Import and Export
In our workflow, once the phantom is scanned, the image is transferred from the MR
station to a physicist’s computer through the hospital internal network. The physicist
then extracts the DICOM format image from ARIA (Varian Medical, Palo Alto, CA) to a
local directory that is designated for the ACR QA tests. The image is loaded and read
using the DICOM function library from the Matlab Image Processing Toolbox. The image
data imported into Matlab is in a 2D matrix format and the DICOM header values are
extracted to a set of structure objects.
All of the QA results are calculated and saved in a Matlab structure type. Once all tests
are completed, this structure data is exported into an Excel file for reporting. A
departmental spreadsheet report was designed to interact with the ACR recommended
QA criteria. The test results that are outside the criteria are highlighted.
Automatic image identification
When an individual QA test is performed on a certain axial image, it is necessary to
locate the correct DICOM image filename. However, different MRI stations may have
different directory- and file-naming protocols. As a result, either manual selection of the
corresponding image file for each test is required (reducing the performance of an
automated system) or the file names need to be updated (which will be site dependent).
The OSAQA-ACR code addresses this problem automatically by reading the DICOM tag
value InstanceNumber (0020, 0013) of all files under each acquisition directory to
identify the physical spatial location of each image (http://dicom.nema.org/). It should
be noted that the phantom needs to be correctly positioned and the acquisition field of
view also needs to be set according to the ACR document [4,11]. This prerequisite is not
only essential to the automatic image identification process but also vital to a successful
manual or automatic QA process.

- 136 -

Visualisation
As OSAQA-ACR is script based, there is no graphic user interface (GUI). Images can be
displayed to an operator using Matlab built-in functions (e.g. IMSHOW) when necessary.
A script based approach was used to improve processing efficiency. OSAQA-ACR uses the
Matlab image processing toolbox (Figure 2), so this toolbox (with built-in functions e.g.
IMSHOW) is essential for OSAQA-ACR to run properly. Image visualisation is mainly used
for four purposes in OSAQA-ACR:
1.

To allow a user to double-check whether the image loaded is the correct

corresponding slice for a particular QA test before the test is commenced.
2.

To provide visual feedback to the user to show the QA result (e.g. phantom

diameter measurement) in order to make sure the measurement does not contain
program errors (these first two double-check functions can be turned off to increase the
QA speed).
3.

As a backup alternative to the automatic QA process (e.g. in the slice thickness

accuracy test, if an unexpected result is shown after two trials in the automatic QA test,
then the phantom image will be displayed for the operator to conduct a manual
measurement).
4.

To show the image slices allowing an operator to perform the manual contrast

tests if needed.
Testing and Evaluation
The OSAQA-ACR software was initially developed using the initial ACR MRI phantom
images acquired from our departmental scanner (Siemens 3 T Skyra). As more images
were acquired on a fortnightly QA basis, OSAQA-ACR was tested on these new images.
During this process, we achieved 3 goals: firstly we have implemented the ACR
recommended imaging protocol into our hospital and corrected some flaws in our image
acquisition process (e.g. inappropriate FOV setup). Secondly we have tested OSAQA-ACR
using images from a different scanner (include a Toshiba 1.5 T and a Siemens Prisma 3
T) and several minor bugs have been found and corrected to enable the software to
function across different MRI scanner models. Finally during the testing the software has
been optimized in order to reduce the amount of human interaction required to run the
software.
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To evaluate the OSAQA-ACR software, we used the first two months data (four sets of
images). The ACR phantom was scanned using a head coil (20 channel Siemens Direct
Connect head coil). An ACR frame was purchased for phantom positioning, but it was not
used as the frame cannot easily level the phantom in our scanner head coil. Instead, the
phantom was directly inserted into the head coil by positioning using cushion foam and
paper. A tubular spirit level was used to level the phantom along the scanner B0direction (the table moving direction) and to minimise the phantom rotation on the axial
plane.
The phantom was scanned using the ACR protocol T1-weighted and T2-weighted
sequences. The imaging parameters were set as recommended in [11], a spin echo
sequence was acquired, pixel size was 0.98 mm and the image was a square matrix with
256-by-256 elements. For both the T1-weighted and T2-weighted sequences, the images
were acquired with the vendor provided Prescan Normaliser (Siemens) filter to correct
the intensity inhomogeneity. These filters are able to enhance image quality postacquisition; however excessive use reduces the ability to distinguish high contrast
objects with fine resolution. The ACR manual recommends minimising the filter usage
during the image acquisition [4]. In this study analysis has been performed to compare
the image quality with and without the homogeneity filter in terms of percentage
intensity uniformity. The high contrast spatial resolution results are also compared from
both images to determine to what extent the homogeneity filter affects the contrast test
results.
The manual QA tests were conducted by the physicist using image processing
software (ImageJ (http://rsbweb.nih.gov/ij/) [15]) which includes length measurement,
ROI generation, ROI area calculation and mean intensity calculation functions, and these
results were entered into the departmental spreadsheet and compared to the results
obtained from OSAQA-ACR.
This paper is going to address five main components related to MR scanner QA using
the ACR phantom:
1.

A comparison of the time required between the automatic OSAQA software and a

typical manual process.
2.

An analysis of manual phantom positioning accuracy.
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3.

A comparison of ACR recommended criteria agreement between manual and

OSAQA-ACR results.
4.

An automatic contrast test using a user specific contrast evaluation.

5.

An analysis of the intensity homogeneity filter effect on the PIU and high contrast

spatial resolution results.
Results
OSAQA-ACR Performance
The software is simple to run: to execute OSAQA-ACR, a user only needs to execute the
RUN.m script within Matlab and follow the prompts. The time required for a physicist to
manually perform the ACR QA analysis was found to be approximately 45 minutes. In
contrast, the entire QA (including localiser, T1-weighted and T2-weighted images) runs in
approximately 60-120 seconds by OSAQA-ACR, before the spreadsheet report is
automatically generated to a designated directory. Among all of the ACR QA tests, the
slice thickness test is the most complicated and time consuming if performed manually
[4], however the time can be reduced to 0.04 seconds on a standard PC (Intel ® i5-3470S
2.90GHz and 8GB RAM ).
Phantom Position Accuracy
The markers on the phantom surface are used with a spirit level and lasers to position
the phantom. Even after this both the positioning error and the laser error can cause the
phantom to be rotated along the axial plane. It is relevant to quantify the phantom
rotation and determine the impact of such rotation on other QA tests. Although there is
no standard ACR recommendation on the phantom positioning accuracy verification, the
phantom rotation can be determined by measuring the rotation of the grid pattern
inserted on the S5 image. We found that the same grid line position differed by 0.5-1
pixel from one end of the grid to the other, so the phantom rotation of 0.3°±0.1°, which
leads to a length measurement error of 0.06 mm±0.05 mm for a 5 mm length
measurement. Since the geometric distortion quantification (Figure 1a) was conducted
by measuring the phantom diameter, such rotation has no influence on this result. For
the slice thickness (Figure 1b) and position (Figure 1d) tests, rotation at this level has a
negligible effect on the measurement, as the Gibb’s artefact will have more effect in these
tests, especially the slice thickness test (see next section).
ACR Criteria Agreement
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Figure 4 summarises the manual and OSAQA-ACR results in terms of the
recommended ACR criteria. The physical phantom diameter is 190 mm, while the ACR
criterion is ±2 mm. The mean diameter on T1-weighted and T2-weighted images was
calculated on the measurements from the same day (eight measurements in total). The
manual and OSAQA-ACR mean diameter agreed with each other within one pixel size
(0.98 mm), Figure 4a. The correlation coefficient (R-value) between the two
measurements was 0.918. The slice thickness accuracy test (Figure 1b) results had a
lower correlation (R=0.244) however the two measurements agreed within the ACR
criterion (5±0.7 mm), Figure 4b. The main reason for the low correlation was the Gibb’s
artefact which results in higher variability in the manual slice thickness measurement
[4], while the OSAQA-ACR calculates the mean of all the measurements as the final result
to avoid bias selection. The slice position accuracy test measures the length difference
between two wedges on S1 and S11 (Figure 1d) and results a positive value if the right
wedge is longer than left one and vice versa. Therefore, both the OSAQA-ACR and
manual measurements not only need to be within the criterion value (±5 mm) but also
need to have the same sign to have a consistent result. Graphically, all of the points (16
measurements) in Figure 4c were located within the criterion boundary and either in the
first or third quadrant of the axis. A strong correlation (R=0.979) was found indicating
good agreement between the two measurements.
The mean differences in the length results were less than half a pixel in size. The
measurement difference of PIU and PSG were performed on the image acquired with the
intensity homogeneity filter turned on. Both manual and OSAQA-ACR measurements
were within the ACR criterion (PIU≥82%, for the 3 T scanner, PSG<2.5%). The mean PIU
was 90.8% and 89.9% for manual and OSAQA-ACR measurements, respectively. The
average of PSG was 0.1% for both measurements. Compared to the scanner QA results,
the difference is not significant. The difference between manual and OSAQA-ACR
measurements is listed in Table 1.
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Figure 4: Manual vs. OSAQA-ACR results of the mean phantom diameter for the
geometric distortion test (a) and slice profile tests (b and c). The red line indicates the
ACR recommended criteria of each test. The cyan line (k=1) represents the equal
correlation between manual and OSAQA-ACR measurements. The purple lines are the
one pixel difference boundaries. The ideal measurement and physical phantom diameter
is indicated by the green plus sign.

Table 1: Mean and standard deviation of the difference between the manual and
OSAQA-ACR measurements for geometric distortion, slice thickness, slice position, PIU
and PSG.
Geo. Dis.

Sli. Thi.

Sli. Pos.

(mm)

(mm)

(mm)

(%)

mean

0.2

0.2

0.4

1.1

0.001

std

0.2

0.1

0.3

0.4

0.002
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PIU

PSG
(%)

Automatic contrast test
By implementing the user specific contrast and monitor evaluation module to the
automatic contrast QA test, the QA time required for each high contrast spatial
resolution test was reduced from around one minute (manual) to 0.04 second (OSAQAACR). The number of high intensity peaks (Figure 1c) identified manually and by the
OSAQA-ACR matched for all images that were evaluated.
Intensity Homogeneity Filter Effect
MR images can suffer from image intensity inhomogeneity partly due to the dielectric
effect within the aqueous solution of the phantom [16]. Figure 5 provides a summary of
the PIU results from the filtered and unfiltered images. It is essential to have the
intensity homogeneity filter turned on in order to obtain an image with uniform
intensity that satisfies the ACR criteria. On average, there was a 29.6% drop in the PIU
after turning off the filter. Furthermore, even this filter has the potential to degrade
spatial resolution, the filtered image was able to pass the recommended criterion.

Figure 5: The box plot comparison of the PIU results of the filtered (a) and unfiltered (b)
images. The PIU criterion is >82%.
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Suggestions for Phantom Design and QA Protocols
During the development of OSAQA-ACR a number of lessons have been learned which
may improve the phantom design and QA process. These include uniformity test slice
selection, the influence of artefacts on the contrast test and improvements to 2D
distortion quantification.
Both S6 and S7 can be used for the uniformity test, however there is no
recommendation given in the ACR documentation on the preference of the slice choice
[4]. With all the available images we have, the mean and standard deviation of the
uniformity found on S6 and S7 were 91.7%±1.1% and 92.5%±0.9%, respectively. The
mean improvement of the uniformity using S7 was 0.8%, but no significant difference
was found between the two. Compared to the recommended criterion, both slices give
pass to the uniformity test.
The Gibb’s artefact is inevitable on MR images. This artefact increases the difficulty in
object identification when the object is located near a high/low intensity interface and
when the size of the object is similar to the pixel size. There are four low contrast object
disks inserted into the ACR phantom. On each disk, there are spokes with 10 different
radii and there are three spokes located at different locations for each radius (bright
spots in Figure 1g). The disk and phantom water regions are separated by a zero-signal
region (dark ring in Figure 1g). Near the high/low intensity interface, the high/low
intensity variation (Gibb’s artefact) can be observed near the disk boundary (Figure 1g).
This reduces the ability to distinguish the spokes that are located near the disk edge.
Figure 1g shows that the spoke with the smallest radius located near the boundary
cannot be identified from the background because of the artefact (the red circle on
Figure 1g). The consequence is reduced low contrast object detectability results. One
solution is to position the spokes away from the disk boundary, so that the low contrast
object detectability test is not influenced by the Gibb’s artefact.
Finally, the ACR recommends measuring only the phantom diameter and length for
the image distortion quantification. There is a grid sheet inserted into the phantom on
slice 5, however it is unused. An enhancement would be to write code to identify the
intersections of grid lines and then compare these to the physical dimension to quantify
the 2D distortion. To overcome the possible physical manufacturing variation, the CT
image of the phantom can be used as the reference. Because the CT image of water and
the grid has low contrast an improvement would be to scan the phantom before filling
with liquid to enable the maximum image contrast between grid and surrounding air.
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One limitation of quantifying 2D distortion is the phantom positioning accuracy. The
phantom rotation has no effect on the current QA method, as the current method
measures the phantom diameter for distortion quantification. For 2D distortion, a slight
phantom rotation will induce grid intersection identification errors and the partial pixel
analysis may be required to improve the result accuracy [17,18].
Discussion
Compared to the manual process, the use of the OSAQA-ACR software can significantly
reduce the QA time. Over a two month period we have compared the length
measurements of the manual and OSAQA-ACR methods. All manual and OSAQA-ACR
results agreed with each other regarding the recommended criteria. Since the image
contrast QA test is observer and monitor dependent, a method was developed to obtain
the user’s vision contrast and the OSAQA-ACR software uses this value to perform the
automatic contrast QA test. The automatic contrast measurements provided the same
result as the manual measurement and have significantly reduced the time
requirements.
The scanner image processing filters interpolate an image to increase image qualities
such as intensity uniformity, however such interpolations may degenerate the quality
such as spatial resolution. To balance all image qualities, the ACR document
recommends minimising the use of image processing filters [4]. This study has
compared the PIU and high contrast spatial resolution results on images acquired with
and without the intensity homogeneity filter. Not only the filter has significantly
improved the PIU results by 28%, but also the image achieved the ACR recommended
spatial resolution criterion. Therefore, this work suggests that the intensity homogeneity
filter is necessary in order to obtain a uniform image while still providing an acceptable
high contrast spatial resolution.
Some benefits of using the OSAQA-ACR software include:
1.

The QA process is conducted within a single environment.

2.

Minimum human interaction is required during QA, e.g. automatic image

identification.
3.

Log files are automatically generated for immediate review and a spreadsheet of

the QA results is provided for long-term scanner performance analysis.
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4.

The software automates the image thresholding, length measurement and ROI

generation processes which significantly reduce the QA time.
5.

The software is open source and freely available (see below).

Future Improvement in OSAQA-ACR
The initial OSAQA-ACR software development started with a script style to maximise
programming productivity and minimising the performance time. However, this speed
difference may be insignificant on a fast computer and a user friendly GUI can be useful
for operators who are not familiar with Matlab. Moreover, as similar QA processes are
used by other QA phantoms, the OSAQA project aims to extend this code to other QA
phantoms in the future.
Distribution of OSAQA-ACR
The distribution of OSAQA-ACR software is freely available as open-source code on
the following website (http://jidisun.wix.com/osaqa-project/). Any contributor to
OSAQA-ACR can modify the software by following the open-source code copyright and
be responsible for their code change. Contributors are free to improve or modify the
code for their individual needs.
Conclusions
A freely available open source implementation of automatic QA has been developed
and validated in the Matlab platform for the ACR MRI QA phantom. The software can
significantly reduce QA time, while maintaining consistency with manual measurements.
A number of issues encountered during the development of this software have been
addressed in the discussion section to help improve both future phantom and QA
protocol design.
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8. END-TO-END MR-BASED
PROSTATE PLANNING
TESTING
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Sun J, Dowling J, Pichler P, Menk F, Rivest-Henault D, Lambert J, Parker J, Arm J, Best L,
Martin J, Denham JW, Greer PB. MRI Simulation: End-to-end testing for prostate
radiation therapy using geometric pelvic MRI phantoms, PMB, 2015; 60(8):3097109.
Summary: This chapter investigated the workflow of MR-based prostate treatment
planning by end-to-end testing using an anthropomorphic phantom. First, deformable
image registration was used to quantify the residual distortion on the geometrically
corrected MR image by comparing to the CT image. An IMRT plan was generated on the
CT image and then transformed onto the MR image. The target doses were calculated on
both plans and then compared. The phantom was finally positioned on the treatment
machine using the DRRs generated by CT and MR images, and the positioning error was
found. This end-to-end study tested the workflow of the MR-based treatment planning
before the patient study being conducted.
Author’s contribution: In this study, the author positioned and scanned the phantom
on the MR scanner (with a radiotherapist and radiographer). The author also CT scanned
the phantom and positioned the phantom on the treatment machine with the
radiotherapist. The author performed the deformable image registration to quantify the
MR distortion with guidance from CSIRO staff. The author analysed data in Eclipse
system, wrote Matlab code to analyse the results, and wrote and submitted the journal
paper.
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Abstract
Introduction: To clinically implement MRI Simulation or MRI-alone treatment planning
requires comprehensive end-to-end testing to ensure an accurate process. The purpose
of this study was to design and build a geometric phantom simulating a human male
pelvis that is suitable for both CT and MRI scanning and use it to test geometric and
dosimetric aspects of MRI Simulation including treatment planning and digitally
reconstructed radiograph (DRR) generation.
Methods: A liquid filled pelvic shaped phantom with simulated pelvic organs was
scanned in a 3 T MRI Simulator with dedicated radiotherapy couch-top, laser bridge and
pelvic coil mounts. A second phantom with the same external shape but with an internal
distortion grid was used to quantify the distortion of the MR image. Both phantoms were
also CT scanned as the gold-standard for both geometry and dosimetry. Deformable
image registration was used to quantify the MR distortion. Dose comparison was made
using a seven-field IMRT plan developed on the CT scan with the fluences copied to the
MR image and recalculated using bulk electron densities.
Results: Without correction the maximum distortion of the MR compared with the CT
scan was 7.5 mm across the pelvis, while this was reduced to 2.6 and 1.7 mm by the
vendor’s 2D and 3D correction algorithms, respectively. Within the locations of the
internal organs of interest, the distortion was <1.5 and <1 mm with 2D and 3D
correction algorithms, respectively. The dose at the prostate isocentre calculated on CT
and MRI images differed by 0.01% (1.1 cGy). Positioning shifts were within 1 mm when
setup was performed using MRI generated DRRs compared to setup using CT DRRs.
Conclusions: The MRI pelvic phantom allows end-to-end testing of the MRI Simulation
workflow with comparison to the gold-standard CT based process. MRI Simulation was
found to be geometrically accurate with organ dimensions, dose distributions and DRR
based setup within acceptable limits compared to CT.
Keywords: prostate cancer, radiotherapy treatment planning, MRI simulation
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Introduction
Prostate radiation therapy planning is often performed using computed-tomography
(CT) scans co-registered with magnetic resonance imaging (MRI) scans. The high
contrast MRI scan provides prostate and potentially other organ contours while the CT
scan is used for dose calculation and digitally reconstructed radiograph (DRR)
generation. There would be benefits from an MRI-only treatment planning procedure for
prostate radiotherapy. Co-registration errors of the prostate contour would be
eliminated, patient workflow would be streamlined, and scan costs reduced. It has been
estimated that spatial uncertainties would be reduced from 3-4 mm with CT-MR
registration to 2-3 mm with MRI alone planning [1]. The (albeit small) radiation dose
from CT would also be reduced. However, geometric distortions in MRI images could
lead to prostate, organ contour and external body contour inaccuracies, and hence
dosimetric errors, and errors in DRRs and patient setup. Another problem is that the
MRI image pixel values cannot be used to calculate dose, although this is being
addressed by electron-density mapping methods [2,3].
To examine and test aspects of the MRI Simulation planning process a variety of
approaches have been used. Phantoms have been used to quantify the spatial distortion
of the MRI scans compared with CT [3–7]. In general these studies have not used
phantoms of sufficient size to fully determine spatial resolution for pelvic MRI
Simulation. Comparisons have also been made between organ and external contour
dimensions on CT and MRI images for the same patients [8–10], and positions of goldmarkers identified on MRI have been investigated [11]. The accuracy of MRI generated
DRRs has been investigated by Chen [12].
This current work developed MRI compatible pelvic shape phantoms to simulate an
average patient geometry, including external contour, internal organs and gold fiducial
markers. There were two aims: 1) to quantify distortion for pelvic MRI scanning using an
improved deformable registration method; and 2) to develop end-to-end testing
procedures for the MRI Simulation process, with validation against the conventional CT
based process.
Methods
Phantom Design
A custom built pelvic shape phantom (Phant-A) was designed (25.0 cm height, 40.0 cm
width, and 26.0 cm length). Spherical and cylindrical Perspex (polymethylmethacrylate,

- 152 -

PMMA) structures representing the prostate, rectum, bladder, and femoral heads were
included in the design (Figure 1a). The external and internal dimensions and locations of
these organs were based on average values obtained from 39 patient CT scans used in a
separate study [9]. The prostate was represented by a hollow central sphere of radius
2.1 cm, which was supported by Perspex rods. The prostate has three gold seeds
attached to the outside. The isocentre or (0, 0, 0) position of the phantom is at the centre
of the prostate, which was 12.7 cm from the bottom and at the midline of the phantom
length. The same rods also supported two extra solid spheres of radius 2.5 cm spaced
17.6 cm apart along the midline to represent the femoral heads. The bladder was
represented by a large 8 cm diameter hollow sphere and was placed such that the centre
was 16.6 cm from the bottom of the phantom. The rectum was represented by a hollow
air-filled cylinder running from the front to the back of the phantom, situated
underneath the central sphere. The rectum was filled with air to simulate the possibility
of the presence of air in the rectum (rather than assuming an air equivalent density
when applying the density overrides), however it can also be fluid filled if required.
In order to obtain the distortion information, a second phantom (Phant-B) with the
same external dimensions was built which contained 11 plastic grid sheets positioned
parallel to each other. The design of the grid sheet follows that of Wang [4]. Both
phantoms were filled with mineral oil to avoid artefacts due to the dielectric effect when
scanning at 3 T field strength [13]. Both phantoms have orthogonal lines engraved on
the external surface for positioning.

Figure 1. Schematics of the pelvic MRI phantom that is structured with the organs of
interest, Phant-A (a) and the one that has parallel grid sheets inserted for the distortion
quantification, Phant-B (b). A photo of Phant-A is shown in c.
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Scan Acquisition
CT scans were performed with a GE LightSpeed RT 4-slice helical scanner (GE Medical
Systems, Milwaukee, USA), with scans performed at 2 mm slice thickness. Phant-B was
CT scanned while it was empty in order to achieve maximum grid contrast. The MRI
scanner was a Skyra 3T scanner (Siemens Medical, Erlingen, Germany) with dedicated
radiation therapy (RT) couch-top and coil mounts manufactured by CIVCO (CIVCO, Iowa,
USA). The coil mount consists of two arches or bridges that are used to position the
pelvic imaging coil above the patient skin surface so as not to distort the patient contour.
MRI sequences of the phantom were acquired using our clinical scanning parameters
listed in Table 1. These consisted of: 1) a T2 scan sequence with a field of view (FOV)
encompassing the entire phantom; 2) a T2 small FOV of 20 cm encompassing the
prostate only; and 3) a T2* sequence for imaging the gold fiducials. The phantoms were
positioned using a CT and MR room positioning laser bridge (LAP Laser, Lüneburg,
Germany).
Table 1. MRI Scan Acquisition Parameters
Matrix

Pixel Size
(mm)

TR

TE

Flip

(ms)

(ms)

angle

Time
(min)

(°)
“Planning”,
3D LFOV
Contouring,
3D SFOV
Gold seeds
2D T2*w

256×2

1.6×1.6×1.6

1200

101

135

5:41

0.6×0.6×2

1400

97

135

3:55

0.6×0.6×2

690

14

25

3:06

56×128
320×3
20×60
320×3
20×60

GRE

Distortion quantification
The vendor’s 3D distortion correction algorithm was used for the acquisition of PhantA. Phant-B was acquired three times: without distortion correction and with 2D and 3D
distortion correction. The CT image was used as the gold standard and instead of
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comparing the coordinates of only the intersection of grids in Phant-B [4,7], the
registration method was used to include sampling points between two intersections,
thus giving finer distortion measurement resolution. The MR image was originally
registered to the CT image (Figure 2a) using the entire phantom, but the external surface
intensity disagreement (Perspex does not give a strong signal in MR images) resulted in
a large error in the deformable registration. Therefore both MR and CT images were
masked initially to exclude the outer Perspex region (Figure 2b, c). Because the intensity
distribution was different on the two images (plastic appears bright on CT but dark on
MR image), the intensity on the MR image was normalised to be consistent with the
intensity distribution on CT image by reversely assigning the intensity values to different
groups of objects on the MR image (Figure 2d). The MRI scans with no distortion
correction, 2D distortion correction and 3D distortion correction applied were
registered to the CT image to quantify the distortion of the scanner and the residual
distortion after using the vendor’s correction algorithms. Rigid registration (Insight
Toolkit versorRigid3D Transform, Mattes Mutual Information metric, regular gradient
descent optimizer) was performed to align the images prior to deformable registration.
The free form deformation (FFD) was used for deformable registration [14,15]. FFD is
a technique which performs the deformation not directly on the object itself but on a
virtual grid frame. A grid structure with the specified number of control points (l+1, m+1
and n+1 in each direction) is created around the object. The coordinate system is set up
obeying the following equation:
𝑿 = 𝑿𝟎 + 𝑠𝑺 + 𝑡𝑻 + 𝑢𝑼
where X is any point within the coordinate, 𝑿𝟎 is the coordinate origin, S, T and U are
the three orthogonal coordinates of the global coordinate system and s, t and u are the
coordinates of the local lattice space, with value within (0, 1). The local lattice space
allows the pixels within the control points to deform in order to improve the
smoothness.
The control points located on the lattice can be guided by the following equation,
where 𝑖 = 0. . 𝑙, 𝑗 = 0. . 𝑚 and 𝑘 = 0. . 𝑛.
𝑖
𝑗
𝑘
𝑷𝒊,𝒋,𝒌 = 𝑿𝟎 + 𝑺 + 𝑻 + 𝑼
𝑙
𝑚
𝑛
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The deformed location of 𝑿′ can be calculated by the trivariate Bernstein polynomial,
𝑩, as follows:
𝑙

𝑚

𝑛

′

𝑿 = ∑ ∑ ∑ 𝑷𝒊,𝒋,𝒌 𝐵𝑖 (𝑠)𝐵𝑗 (𝑡)𝐵𝑘 (𝑢)
𝑖

𝑗

𝑘

The deformation field vector image gives the distortion on the MR image. Phant-B
quantifies the general distortion within the pelvic region and in order to find the
distortion effect on the organ structures, while ROIs (region of interest) on Phant-A were
used to mask the deformation field vector image by overlapping the images of the two
phantoms (Figure 2e). The organ structures were contoured on the Phant-A image in the
Eclipse treatment planning software (Varian Medical Systems, Palo Alto, CA, USA,
Version 11). Details of the contouring process will be discussed in next two sections. The
deformation field vector image was masked by the organ contours to give the distortion
within the locations of the organs of interest.

Figure 2. Phant-B registration process. (a) original CT image; (b) masked CT image; c)
masked MR image; d) MR image normalised to CT intensity distribution; e) Phant-A and
B fused together in order to find distortion within ROIs.

Contour generation
The external contour of the phantom was automatically identified separately on CT
and MRI. Adjustment was made for the thickness of the external Perspex wall of the
phantom which was not visible on the MRI scans, by adding an additional 5 mm
expansion to the MRI body contour, which is the physical thickness of the phantom wall.
The external body contour was limited to 14 cm in total length in the superior-inferior
direction to avoid the filling cap of the phantom.
Contours of the spherical prostate, bladder and femoral heads on Phant-A were then
created using the spherical contour tool of the Eclipse system. The known diameters of
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the objects were used to define the spheres, which were then manually positioned on the
organs using the centre axial slice. This was necessary as manually contouring the
objects was found to be inaccurate. The borders visible on the MRI and CT scans were
different for the objects and the borders had very low contrast on the CT scans. For the
rectum a circular contouring tool of the correct diameter was used and this was
interpolated. The length of the rectum contoured in each scan was the same. The fiducial
markers attached to the prostate were manually contoured by a radiation therapist on
CT and T2* MR images. CT and MRI images of the phantoms are shown in Figure 3.
Because of the invisibility of the phantom case surface, the body contour was expanded
on the MR image.

Figure 3. CT (a) and MR (b) images of the phantom. The external plastic wall/air body
contour is not visible on the MRI scan and the added contour expansion (white line) is
shown.

Dose Calculation
A seven field IMRT plan was created on the CT in Eclipse. The spherical prostate
contour was defined as CTV (clinical target volume). A 7 mm margin was added to the
CTV to create the PTV (planning target volume). The isocentre was defined as the centre
of the CTV (prostate). Field angles were 150°, 100°, 60°, 0°, 300°, 260°, and 210°. A 6 MV
energy machine with 45° collimator rotation was used because collimator rotation is
commonly used to reduce the effects of inter-leaf leakage on the plans. Target dose
constraints were used to deliver 7800 cGy in 39 fractions (D98%≥100%, D2%≤105%). To
create the MRI simulation plan, the same beams and fluences were copied to the MRI
scan with the isocentre at the centre of the CTV. A new plan was not generated from
scratch on the MRI scan as the optimisation process will always introduce MU
differences into the plans, even when calculated on the same scan. The bulk electron
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density method was used for dose calculation. Both plans were calculated with densities
of 288 HU applied to the femoral heads (calculated as an appropriate density from a
previous study [9]), -1000 HU (air) applied to the air-filled rectum, and all other tissue
assigned to 0 HU (water-equivalent). Consequently, the only difference between the two
images lay in the geometry. The purpose was not to test the effect of differences in dose
calculation due to HU assignment methods to MRI as these have been established in
other reports [1,3,8].
Doses on the MRI Simulation plan were calculated and compared to the CT using DVH
comparisons. Parameters used for the plan evaluation include: conformal index (CI),
homogeneity index (HI) and quality index (QI) [16–18]. CI is defined as the ratio of the
PTV prescribed dose volume to the total PTV volume. HI is defined as the ratio of D5% to
D95%. QI is defined as the ratio of maximal organ at risk doses of MR and CT plans, QI is
unity for best MR plan quality.
DRR generation and treatment positioning
DRRs were generated based on the manual seed contours drawn on the CT and MRI
images by the radiation therapist. The linear accelerator (linac) was a Varian Trilogy
with an on-board kilovoltage imaging unit and cone-beam CT reconstruction software
(Varian Medical Systems, Palo Alto, CA, USA). The phantom was aligned on the treatment
couch and orthogonal kilovoltage images acquired with the on-board imaging system
according to standard prostate seed imaging protocols. The required shift in alignment
was calculated based on manual registration of both CT based and MRI based DRRs and
the orthogonal x-ray images. The MRI image was also input to the system for registration
to a CBCT scan of the phantom. This required modification of the DICOM header entry so
that the image was recognised by the registration software as a “CT” image.
Results
Distortion quantification
The deformation field vector images were masked with organs of interest contours to
give the distortion near the critical organs (Figure 2e) and each deformation result is
shown in Figure 4a-e. The deformation vector magnitude (DVM) within the entire
phantom region was also plotted (Figure 4f). The maximum DVM across the entire
phantom was 1.7 mm (median: 0.37 mm, 75% quartile: 0.54 mm), 2.6 mm (median: 0.54
mm, 75% quartile: 0.78 mm) and 7.5 mm (median: 0.96 mm, 75% quartile: 1.88 mm) for
the three images, 3D, 2D and no correction respectively (Figure 4f-i). The distortion
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within the prostate was minimal because it was located at the isocentre of the scanner.
The range of distortion within smaller organ structures, e.g. prostate, was relatively
smaller than within larger organ structures, which occupy regions further away from the
isocentre. Among the three images, the 3D corrected image resulted in the smallest
maximum distortion. The asymmetrical DVM between two HOFs (head of femurs; Figure
4d, e) may be the result of machine-induced distortion, e.g. uneven gradient field.
However, this distortion was corrected to within 1.5 mm by the 2D correction algorithm
and to within 1 mm by the 3D correction algorithm. Comparing to the uncorrected
image, 3D correction reduced the maximum distortion by 73%, 67%, 79%, 50% and
80% at the bladder, prostate, rectum, LHOF and RHOF, respectively.
The registration accuracy was evaluated by comparing the locations of the same grid
intersection on the registered MR image and CT image. The ideal registration should
result in zero difference. After the registration, no visual spatial difference was observed
on the 2D and 3D corrected images compared with the CT image. On the registered MR
image whose distortion had not been corrected, no visual spatial difference was
observed except on the two grid sheets located near the phantom edges. Of all the grid
intersections (239 in total on each sheet), visual spatial difference was observed at only
44 and 38 intersections. Of the intersections observed with differences on the two
peripheral sheets, the spatial difference was 1.7±0.6 mm and 1.1±0.6 mm, respectively.
The maximum difference of 4.7 mm was observed at the intersection located at the
posterior corner edge of one sheet, where the most distortion was observed (Figure 4i).
The difference observed at the two edge sheets is mainly due to the large level of
distortion that causes challenges in the registration.
We used a robust inverse-consistent registration algorithm to align the CT and MR
images. This algorithm handles the position and orientation information contained in the
image header and provided us with a fully automatic result. This algorithm is succinctly
described in a recent conference paper and we are currently preparing a more detailed
journal paper [19].
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Figure 4. DVM within organs of interest structures (a-e) and within the entire phantom
(f) by registering 3D and 2D corrected MR images and image without correction back to
the CT image. The deformation vectors for 3D, 2D and no correction images are plotted
in g-i. The deformation vector unit is in mm.

Dose Calculation
The workflow was repeated by five instances (days), in which the organs were
repeatedly delineated on MR and CT images and the dose was repeatedly calculated.
Comparisons of the DVHs for the PTV and CTV are shown in Figure 5. The mean point
dose at the centre of the target was 8127.3±0.9 cGy and 8126.2±0.6 cGy on the MR and
CT plans, respectively. For PTV, D95 has difference of 0.1%, 7.8 cGy, while no difference
was observed within CTV (Table 2). Axial views of the two dose distributions through
the isocentre plane are shown in the right hand panels of Figure 5. No difference was
found for HI between the two plans but the MR plan is slightly (0.7%) less conformal
than the CT plan. The QI is unity for bladder and HOFs and the MR plan delivers 1%
more dose to rectum compare to the CT plan.
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Figure 5. CTV and PTV DVH comparison between plans generated based on CT and MR
images (left) and the comparison of CT (a) and MRI (b) dose distributions in the axial
isocentre slice.

Table 2. Dose-volume comparison between the reference CT plan and the duplicated MR
plan, HI, CI of PTV.

MR

CTV D95

CTV D2

PTV D95

PTV D2

HI

CI

99.6±0.

103.7±0.

95.1±0.

103.5±0.0

1.1±0.

35.7±0.

0%
CT

99.6±0.
1%

1%
103.7±0.
0%

3%
95.2±0.
2%

%
103.5±0.0
%

0
1.1±0.
0

0%
36.4±0.
1%

DRR generation and treatment positioning
DRRs were generated from CT and MR images, as illustrated in Figure 6, which shows
how the MR image can be used to create a DRR for treatment planning, using marker
contours projected onto the DRR. The markers were contoured on the T2* MR image and
then registered onto the T2 MR image. The accuracy of the marker contouring was
demonstrated by setting up the phantom on the linac. The couch shifts based on the
locations of markers on the DRRs are summarised in Table 3. These are the shifts
derived from the treatment setup registration software based on the imported CT-based
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DRR, the imported MRI-based DRR, and from the CBCT registration. No visible organ
structure difference was observed after the registration based on the markers.

Figure 6. CT (top) and MR (bottom) DRR with seed contours (view from 0°). The fiducial
markers on MR image were initially contoured on the T2* image.
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Table 3. Couch shift (cm) as per OBI (on-board imager) software for pre- and posttreatment isocentre position.
Method

Vertical

Longitudinal

Lateral

CT DRR kV

0

0

0

MR DRR kV

0

-0.1

0

CBCT

-0.1

0.1

0

Discussion
End-to-end testing of the radiotherapy planning process is usually performed with
phantoms. Solid phantoms present in most departments are not suitable for the
assessment of MRI Simulation as the solid materials do not give a signal on MRI. Our
phantom was custom designed to the shape of the human pelvis and was able to present
organ structures with the corresponding signal on MR: brighter signals for bladder and
prostate, low signals for HOFs and zero signal for rectum. In addition, a grid phantom
was also constructed to quantify the distortion of the MR images within the pelvic
region.
The image registration approach was used to quantify MR image distortion by
comparing it to the reference CT image. Without the distortion correction algorithm, the
maximum distortion across the pelvic region was 7.5 mm (75% quartile: 1.88 mm),
while the 2D and 3D correction algorithms were able to reduce the distortion to 2.6 mm
(75% quartile: 0.78 mm) and 1.7 mm (75% quartile: 0.54 mm), respectively. For the
organs of interest, the residual distortion on the 3D corrected image was less than 1 mm,
which is acceptable for radiotherapy contouring [20]. It needs to be noted here that by
applying organ masks from one phantom image to another, we assumed that the
geometric distortions on the two images were equivalent.
Unlike previous distortion studies which first determined the physical grid
intersections as the control points [4,6,7], the MR distortion in this study was quantified
using solely the deformable image registration method. One benefit of this approach is
that it removes error which could occur when searching for physical grid intersection
locations. A further benefit is that the number of defined control points is more flexible
and not limited to the finite number of physical grid intersections (although information
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between two grid intersections can still be used for the distortion quantification). The
physical control points available on Figure 2 are 5258 (239 on each of 11 grid sheets). By
reducing the sampling space registration by half on each grid sheet, 94.6% more control
points are available (10230 in total). The image registration method used in this study is
a suitable alternative method to quantify the overall geometric distortion. However,
there may be a more robust method to quantify the distortion from a specific cause. For
example, the distortion induced by the B0 field inhomogeneity can be quantified by
evaluating the field map from a dual-echo gradient echo sequence of the phantom, which
is a more robust method in this case [21–23]. There is one limitation in our study: the
geometric distortion quantified was only machine-induced and it did not include the
patient-induced distortion.
Finally, the organ contours were given bulk electron densities and an IMRT plan was
generated based on the CT image and then the same plan was copied to the MR image.
There was no clinically significant dosimetric difference between the two plans (an
average of 1.1 cGy dose difference in a 7800 cGy plan). This paper does not propose the
use of bulk density for MR based planning; the purpose was to examine any differences
in dose introduced by geometric differences of the phantom external shape and rectal
and femoral head positions, which are the three major factors determining dose
accuracy in pelvic planning. Many studies are currently underway to accurately map
electron densities to MRI scans. Our group uses an atlas based approach, however this
method is not suitable for mapping densities to phantoms which have a different MRI
intensity distribution to patients. To assess the accuracy of the electron-density mapping
component of MRI-Simulation requires comparison of densities mapped to MRI scans
with CT densities for the same patients.
The grid phantom designed in this study is a useful tool to quantify MR geometric
distortion for pelvic sites, such as prostate and cervix and can be used for routine quality
assurance of the scanner for MR based planning. The MR anthropomorphic phantom was
designed as an end-to-end test phantom in a similar way that plastic phantoms are used
for CT based end-to-end tests. The MR phantom does not currently have positions for
dosimeters and this would be a useful additional application, potentially the rectal airfilled tube could be used for this purpose with a specially designed insert. Other
applications of the phantom could be for credentialing of sites for MR based planning in
future clinical studies. It could be useful to determine the efficacy of new sequences such
as ultra-short echo time (UTE) and point-wise echo time reduction with radial
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acquisition (PETRA) which both should image plastic water interfaces much more
clearly than T2 sequences and are under intense investigation as sequences for MR based
planning.
There are several suggestions to improve the current experiment and phantom
design. First, the pelvic MR phantom does not assess several of the challenges in MR
based planning such as motion artefacts and chemical shift artefacts. However chemical
shift artefacts are unlikely to be a major challenge for pelvic planning, they will be
important for head and neck MR applications. It is also not a useful tool for assessing
electron density mapping uncertainties although it may have application in the
assessment of ultra short sequences and their discrimination of air interfaces. In this
study the same bulk density was applied to CT and MR images in this study in order to
eliminate electron density uncertainties when comparing the dosimetry of CT- and MRbased plans. Electron density mapping using either multi-atlas [24,25] or regression [26]
methods requires comparison of density and dose values between patient CT and
synthetic CT scan pairs. These methods may introduce greater uncertainties than
distortion however some reported dose agreements are very promising. Second, the
phantom filling cap is located on the phantom anterior surface and has a height of 25
mm. This cap prevents the MR coil from being placed directly on the phantom surface;
consequently the increased body-to-coil distance degrades the image quality. One
solution is to reduce the height of the filling cap or relocate the cap to the side of the
phantom. Third, three fiducial markers were implanted to the plastic prostate structure
surface. Both materials gave low signal in MR images. One solution is to use wires to tie
and position the seed inside the structure cavity, so that the intensity contrast between
gold and oil maximises the distinguishability of seeds. Fourth, this study only acquired
images from one day, but a scanner’s physical variation may influence the geometric
distortion over time. It would be more robust to repeat image acquisition over time in
order to find the systematic variation of the scanner. Finally, the current phantom design
is static. It will be more realistic if the phantom can simulate organ motion (e.g. prostate)
with MR-compatible equipment.
Conclusions
In this study, the MR-based prostate treatment planning process was evaluated endto-end using specially designed MRI compatible pelvic phantoms. The investigations
included image distortion quantification, treatment planning system dosimetric
accuracy, image guidance at the linear accelerator. The comparison was performed
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based on the reference CT scan as the gold standard. A deformable image registration
method was used for the distortion quantification, with an increased flexibility of the
control point definition allowing an increase in spatial resolution of distortion
quantification. With the vendor’s 3D distortion correction, the pelvis size MR image can
be corrected to 1.7 mm maximal distortion with median of 0.37 mm (Figure 4). By
assigning bulk electron density, the treatment plan was calculated on CT and MR images
and no clinically significant difference was found (0.01%, 1.1 cGy dosimetric difference).
Setup of the phantom using MRI derived DRRs or CBCT was within 1 mm of CT based
setup.
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9. SUBSTITUTE CT FOR MRIALONE TREATMENT
PLANNING
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Dowling JA, Sun J, Pichler P, Rivest-Hénault D, Ghose S, Richardson H, Wratten C,
Martin J, Arm J, Best L, Chandra S, Fripp J, Menk FW, Greer PB. Automatic substitute CT
generation and contouring for MRI-alone external beam radiation therapy from
standard MRI sequences, Int J Radiat Oncol Biol Phys. (submitted).
Summary: This chapter investigated substitute CT generation from MRI, which is a
critical component of the MR-based treatment planning workflow. This paper reported
on the use of data from 39 patients to automatically generate sCT images for each (using
a leave-one-out validation methodology). Standard clinical MR sequences were used
instead of special sequences (such as ultra-short echo time), which enables the
generalisation of this conversion method to other MRI scanner models and magnet
strengths. Additionally, as soft tissues are more clearly defined on MR images compared
to CT images, the algorithm used in this paper can also be applied to automate organ
contouring during the sCT image generation. This automatic contouring promised to not
only reduce the clinician’s workload, but can also be used to eliminate errors due to the
anatomical differences between MR and CT images (which occurs currently when an MR
scan is manually registered to a planning CT and the MRI contoured organs are copied
across).
Author’s contribution: In this study, the author contributed to some aspects of study
design through input to regular group meetings. The author was also responsible for
most of the dosimetric validation, provided a number of the figures and was an integral
part of conducting the overall experiments. For validating the accuracy of dose applied
to the sCTs the author imported the generated sCT images into the Eclipse treatment
planning system once they were sent from CSIRO. There were 39 patients in total and
the author performed the above tasks for the last 22 patients, while the research
radiotherapist completed the first 17 patients. The CT plan of each patient was applied
to the newly imported sCT image and the dose was calculated. The author compared the
point doses for all patients and then exported the dose matrix. Matlab code to perform
gamma analysis was provided by the author’s supervisor and the author extended this to
calculate and analyse the gamma results for all patients. The author exported the dosevolume information of the extreme cases from Eclipse and wrote additional Matlab code
to plot the dose volume histograms (DVH).
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Abstract
Purpose: Validation of automatic substitute CT (sCT) scans generated from standard
T2 weighted MR pelvic scans for MR-Sim prostate treatment planning.
Methods and Materials: A Siemens Skyra 3T MRI scanner with laser bridge, flat
couch and pelvic coil mounts was used to scan 39 patients scheduled for external beam
radiation therapy for localized prostate cancer. For sCT generation a whole pelvis MRI
(1.6 mm 3D isotropic T2w SPACE sequence) was acquired. Three additional small field
of view scans were acquired: T2w, T2*w and T1w flip angle 80⁰ for gold fiducials.
Patients received a routine planning CT scan. Manual contouring of the prostate, rectum,
bladder and bones was performed independently on the CT and MR scans. Three
experienced observers contoured each organ on MRI allowing inter-observer
quantification.
To generate a training database, each patient CT scan was co-registered to their whole
pelvis T2w using symmetric rigid registration and structure guided deformable
registration. A new multi-atlas local weighted voting method was used to generate
automatic contours and sCT results.
Results: The mean error in Hounsfield units (HU) between the sCT and corresponding
patient CT (within the body contour) was -0.6±14.7 (mean±1 SD) with a mean absolute
error of 40.5±8.2 HU. Automatic contouring results were very close to the expert interobserver. The change in monitor units (MU) between the sCT-based plans relative to the
gold standard CT plan for the same dose prescription was found to be 0.3±0.8%. The 3D
Gamma pass rate was 1.00±0.00 (2 mm/2%).
Conclusions: The MR-Sim setup and automatic sCT generation methods using
standard MR sequences generates realistic contours and HU estimates for prostate
cancer radiation therapy dose planning and DRR generation.

Key Words: Radiation therapy planning, prostate cancer, MRI, pseudo CT, substitute
CT, synthetic CT
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1 Introduction
Computed tomography (CT) scans are currently critical for image guided radiation
therapy dose planning. CT allows a calibration relationship between voxel values and
tissue electron density to be established for dose calculations, and the generation of
digitally reconstructed radiographs (DRRs)1. However Magnetic Resonance Imaging
(MRI) offers much improved soft tissue visualisation, does not expose a patient to
ionizing radiation, and offers a number of functional imaging options2. Advantages of
planning directly on MRI scans include reductions in costs and uncertainties introduced
by the registration process3. Further motivation for MRI based substitute CT (sCT) scans
(also known as synthetic or pseudo CT) are hybrid MRI-linear accelerator devices and
MRI-PET attenuation correction2,4–7. A significant barrier to MRI-alone workflows
however is that scans cannot be calibrated to electron density due to different imaging
principals and therefore dose calculations cannot currently be performed.
Methods to estimate Hounsfield Unit (HU) information from MRI for both radiation
therapy and attenuation correction need to consider geometric distortion, magnetic field
inhomogeneities, gradient nonlinearity and patient-induced susceptibility8. Four main
approaches have been developed:
1. Bulk density assignment involves setting a region within the MRI to a
homogenous density (for example, water and bone)5,9–14. The region contouring
can be time consuming (especially for bone). The main advantage of the
approach is simplicity, however calculations may not be as accurate as CT and
realistic DRRs are unlikely.
2. Registration and atlas based approaches involve the mapping of CT intensities
onto a target MRI. One approach is to register a single CT to a target MRI15,
however this is unlikely to accurately map complex anatomy. More accurate
approaches involve a training set of registered CT-MRI pairs which are combined
into an average CT-MRI atlas which can be mapped to a new MRI16,17. Pairwise
registration of each atlas MRI to a target MRI followed by fusion of co-registered
CT images generally improves accuracy18,19. Advantages of this approach involve
the use of a priori geometric information and registration regularization to
maintain realistic anatomical deformation. Atlas based approaches are currently
the only fully automated methods for converting a single, standard MRI sequence
to sCT and are more robust to image intensity differences. The main
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disadvantages are that registration can be CPU-intensive and that the
registration algorithms used may be unable to deform atlas images to match
anatomical properties missing from an atlas-training set.
3. Regression, classification, or direct approaches aim to characterize tissue
properties directly from MRI intensities. As with atlas-based approaches, most
regression methods rely on co-registered CT-MR scans to learn intensity
mappings20. Generally a minimum of three tissue classes (soft tissue, air and
bone) are classified from one or more MR images of the same anatomy21,22.
Classes for water and fat may be added for increased accuracy22–27. A
disadvantage of these approaches is the reliance on a combination of sequences
for tissue class differentiation and on research-only sequences such as ultrashort echo time (UTE). These sequences can significantly add to acquisition time
and increase patient discomfort and motion. Advantages include execution
speed and a potential increase in accuracy over atlases (reduced registration
error and greater robustness to abnormal anatomy), however it is difficult to
guarantee the overall anatomical plausibility of the result.
4. Hybrid approaches have been proposed which combine atlas and regression
methods and show promise in sCT generation from a single, standard MRI
sequence20,28 .
We present a retrospective study involving an MRI-simulator (with a flat couch top
and coil mount to reduce body deformation). Results from a novel multi-atlas method
using advanced registration techniques and local weighted voting to automatically map
HU estimates to standard MRI scans are presented. Multiple contoured patient MRI-CT
sets are mapped and combined to create an accurate sCT with automatic structures. This
sCT is then used for dose planning and DRR generation. Validation is performed by
comparing doses calculated on the sCT with those on the planning CT. This approach
should facilitate the introduction of MRI-alone prostate planning to routine clinical use
as well as future MRI-based adaptive treatments.
2. Patients and Method
2.1 Patient Data Collection
Ethics approval for the study protocol was obtained from the local area health ethics
committee and informed consent obtained from all patients. Patients were aged between
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58-78 years, and all were diagnosed with tumours staged between T1-T3 (T1cN0M0
most common). BMIs ranged from 19.1-35.4. Patients had three prostate pure gold
fiducial markers of diameter 1.0x3.0 mm inserted trans-rectally by a urologist 1-2 weeks
prior to the planning image acquisition. 42 patients in total were recruited, however the
first three patient scans were acquired soon after MRI commissioning, and these scans
were excluded due to an inadequate field of view for treatment planning and significant
artefacts.
CT scans were acquired on a GE LightSpeedRT large bore scanner (2.5 mm slices) or a
Toshiba Aquilion (2.0 mm slices). The axial resolution of the planning CT's varied
depending on the patient size (mean voxel size 1.09mm2, standard deviation 0.09mm2).
Patients were scanned with a full bladder and empty rectum. All patients followed a
bowel preparation protocol (high fibre diet and daily Metamucil intake). Patients were
positioned supine on a rigid couch-top with knee and ankle immobilisation stocks.
Four MRI sequences for each patient were acquired with a Siemens Skyra 3T scanner.
The scanner was equipped for MR simulation with a dedicated radiation therapy flat
couch and coil mounts (CIVCO Medical Solutions, Coralville, IA) and a laser bridge (LAP
Laser, Luneburg, Germany). Patients were positioned by two radiation therapists. Only
conventional MR scanning sequences were used. The planning MR was a 3D, T2
weighted 1.6 mm isotropic SPACE (Sampling Perfection with Application optimized
Contrasts using different flip angle Evolution) sequence. This scan was centred on the
prostate, with a superior extent to include the whole bladder. The inferior extent was
below the lesser trochanters of the femur. The FOV (volume) was positioned to include
the skin edge in the anterior/posterior and left/right directions. The prostate
delineation sequence was a 2D axial T2 weighted sequence with field-of-view
approximately 200x200 mm2. A further T1 weighted gradient echo sequence with flip
angle 80 degrees was used to image intraprostatic gold seeds. A T2* scan was also
acquired for the seeds (for a separate study validating the T1 weighted sequence). The
MRI scans were acquired sequentially with the same centre position copied (and are
assumed to be intrinsically registered). Patients were MR imaged prior to treatment as
close as possible to the conventional planning CT scan. Scan parameters are
summarised in Table 1.
Patient images were uploaded into the Eclipse treatment planning software (Varian
Medical Systems, Palo Alto, CA, USA, version 11.0). Gold seed positions were localised on
the T1 scan and transferred to the aligned whole pelvis 3D T2 MRI image set as a
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structure contour. In standard CT based planning this image was then manually
registered to the CT image set by alignment of the gold seed contours to visible gold
seeds on the CT image set. For this study only 3D translations were applied (as rotation
could introduce large differences in the positions of the bone and external contours
which would introduce dose discrepancies).
To assess inter-observer contouring variability, the prostate (from the small field of
view T2 scan), bladder and rectum (both from the whole pelvis T2 scan) were contoured
independently by the same three observers (two experienced radiation oncologists and
an experienced research radiation therapist). As in previous papers29,30 we generated
gold standard contours using majority voting to combine the observer contours. The use
of STAPLE31 to combine these contours has previously been investigated (having no
significant difference with voting30) and was not applied. The automatic segmentation
tools from Varian Eclipse were used for CT bone delineation and this contour was rigidly
aligned to the whole pelvis MRI scan manually and adjusted by the research radiation
therapist.
Seven field intensity modulated treatment delivery is generally used at our centre for
prostate treatments. The treatments were delivered in 37-39 fractions of 2 Gy per
fraction. The Clinical Target Volume (CTV, prostate) to Planning Target Volume (PTV)
margin used was 7 mm.
2.2 Training data
All image analysis was performed in 3D. Before use the whole pelvis T2 scans were
preprocessed to reduce artefacts and normalise image intensities using the following
(built using the Insight Segmentation and Registration Toolkit (ITK 4.4)32):
1. N4 Bias field correction33 (B-spline fitting: [160, 3, 0, 0, 0.5], convergence:
[100x100x100, 0, 0.001], shrink factor: 3).
2. Histogram equalization (levels: 1024, match points: 7, threshold at mean
intensity).
3. Smoothing via gradient anisotropic diffusion (10 iterations, time step: 0.03;
conductance: 1.0).
To generate a training database, each patient CT scan was resampled and mapped to
their whole pelvis T2 with a robust symmetric rigid registration34,35 followed by
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structure guided deformable registration (to promote bone rigidity while allowing high
quality bladder and rectum registration36).
2.3 New patient MRI conversion
A multi-atlas local weighted voting method, based on Artaechevarria et al.37 for brain
scans was used to generate sCT and automatic contouring results for each target MRI.
The rationale behind this method is that any registration error will result in a down
weighting of the concerned atlas patches. This method involves five steps:
1. All whole pelvis MRI scans (n=38, as leave-one-out) in the training database
were registered to the target MRI using symmetric rigid34 followed by
diffeomorphic demons registration38. Structure guided registration cannot be
used here. The rigid transform and deformation field from each of the 38
pairwise registrations were then also applied to binary images representing
structures from each training MRI.
2. A patch around each voxel (radius=2 voxels) in the target MRI was compared
with patches in the same location on the registered MRI and a similarity metric
computed (sum of squared differences). The weights for each voxel on all
registered MR images were then normalized to one.
3. The normalized similarity for each voxel was used as a weighting to generate the
estimated HU from the same voxels in the co-registered CT’s. Each voxel in the
sCT image is therefore generated from the same voxel in each registered CT-MR
image which has been weighted to match the MRI neighbourhood.
4. The same weights were similarly used to determine spatial locations for each
binary image (representing structures).
5. Standard MRI sequences have reduced capacity to extract signal from tissues
with shorter echo times. A small systematic difference in the body contour on
MRI and CT for each patient was observed representing missing signal from
collagen. A 1mm expansion was added to the sCT to account for this missing
outer skin layer. The expansion was assigned 47 HU value based on sampling of
this area on planning CTs. The automatic body contour was expanded in the
same way.
6. The generated sCT and structures were output to a DICOM-RT directory39.
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2.4 Validation
A leave-one-out approach was used: To avoid biasing results, each sCT was generated
without data from the test patient. Therefore 38 patient scans were used to generate
each sCT, and to evaluate organ segmentation.
The sCT conversion quality was assessed in three ways: direct comparison of voxel
intensity differences between the sCT and the CT (mean and mean absolute errors); dose
distribution differences; and automatic contour accuracy.
To evaluate dose differences, the sCT images were imported into the corresponding
patient record in the treatment planning system. The existing CT based treatment plans
including the CT defined structures for each patient were then copied and attached to
the sCT images (using fiducial markers according to the clinical protocol). To evaluate
dose differences, the dose at the ICRU point, 3D gamma evaluation, and dose-volume
histogram (DVH) parameters for the planning target volume (PTV) were compared.
The automatic contours were compared against the manual contours using the Dice
Similarity Coefficient (DSC = 2 (A ⋂B / (A ⋃B)) and the mean absolute surface distance
(MASD) which calculates the average absolute Euclidean distance between surfaces
(ITK: ContourMeanDistanceImageFilter).
3. Results
The mean HU error between the sCT and matching patient CT data (within the body
contour) was 0.6±14.7 (mean±1 SD). The mean absolute error within the same contour
was 40.5±8.2 HU. Figure 1 shows the automatically generated sCT, the original CT
(registered to the patient’s MRI) and the difference between the estimated and actual CT
volumes from the study patients with the highest and lowest gamma results.
A calculation point was placed at the isocentre on the gold standard CT plan. The sCT
was fused to the planning CT using the gold markers and translations only. The CT plan
(including fluences) was then copied across to the sCT and recalculated based on the
densities in the sCT. The doses were compared at the isocentre on both plans and it was
found that the percentage difference of the dose calculated at the reference point (i.e.
isocentre) between the two plans was -0.3±0.8%, range [-1.5, 1.8].
3D gamma analysis was also performed. This evaluation method includes both dosedifference (DD) and distance-to-agreement (DTA) criteria40. 3D gamma analysis was
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performed with global dose criteria of 2mm/2% (DTA/DD) and 1mm/1%. The dose
distribution calculated on the CT plan was considered the reference, while the sCT plan
dose distribution was considered the evaluated quantity. The dose matrices were
exported from Varian Eclipse. The two dose images were aligned (Matlab, MathWork)
based on the isocentre location in each image, as the CT and MR images were already
registered in Eclipse. The sCT plan dose matrix was then interpolated to the reference
CT plan dose matrix. Finally, the 3D gamma analysis was performed using inhouse
Matlab code (Figure 2). Three different dose thresholding approaches were used: a 90%
threshold capturing dose within the PTV region (P), a global 10% threshold capturing
dose within the entire body contour (B), and a morphological erosion operation was
applied to exclude the body surface (~15mm) where gamma failures occur due to small
differences in the body contour of CT and sCT (B’).
The dose distributions on CT and sCT were also compared using DVH parameters
(D90%, D50% and D5%). The mean±std (25th and 75th percentile) of the CT and sCT
DVH parameter differences (sCT-CT) were calculated as ΔD95% = -0.3±1.1 (-0.9, 0.2);
ΔD50%=-0.5±1.1 (-1.4, -0.0); ΔD5% = -0.4±1.2 (-1.3, 0.0). No significant differences
were found (t-test, α=0.05) for D95% (p=0.1792), D50% (p=0.0503) and D5%
(p=0.1646). Dosimetric results (dose comparison, gamma, and DVH) for the best and
worst patient gamma scores are shown in Figures 3 and 4. For the best patient (10)
ΔD95%=0.13; ΔD50%=-0.01; ΔD5% =0.29. For the worst patient (36) ΔD95%=-3.16;
ΔD50%=-3.33; ΔD5% =-3.39. Figures 3 and 4 also demonstrate agreement between
anterior-posterior (AP) and lateral (LL) DRRs. DSC results were generated after rigid
alignment of the sCT DRR to the CT DRR followed with thresholding (intensity=1360 to
include representative bony anatomy) for patient 10 (AP=0.94, LL=0.97) and patient 36
(AP=0.95, LL=0.98).
The automatic bone contours on the MR scans were very accurate with a DSC of
0.91±0.03 and MASD of 1.45±0.47 mm. Mean automatic organ contouring results
compared to manual contours were all above 0.8 DSC and were close to the interobserver level (Table 2).
Generation of each sCT currently requires approximately 120 minutes on a single
Linux (Ubuntu 14.04) scientific PC (eight core i7, 12 Gb RAM). Optimization of the
method has not been a focus of this study, and there a number of options to significantly
reduce this time.
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4. Discussion
Our results compare favourably with previous literature on sCT generation for MRalone prostate radiation therapy planning. Chen et al.41 applied a bulk density approach
and found dose difference between sCT and planning CT of 2.5%. Using an automatic
average atlas approach Dowling et al16 reported a point dose difference between sCT and
planning CT of 1.3%. Korhonen et al.42 used manual bone contouring, and a regression
approach and achieved an absolute difference of 11±9 HU and for soft tissue and 99±100
HU for bony tissue for 10 patients. They reported high gamma agreement using a single
axial plane 2D evaluation for 7 field IMRT treatments with 2%, 2mm criteria of
99.6±0.3%. DVH parameter agreements (D95%, D50% and D5%) were 0.3±0.2%. For
these comparisons the CT and sCT body contours were adjusted to be equivalent. Kim et
al.18 reported for a semi-automatic (manual bone contouring) method a MAE of 74 HU
and mean dose difference of 0.75%. A recent hybrid approach from Gudur et al reported
a mean absolute difference of 126±25 HU for the head28. In this paper we have described
a fully automatic method to achieve an MAE of 40±8.2 HU with a mean dose difference of
0.3±0.8% for a large patient dataset. Gamma analysis and DVH parameter comparisons
demonstrate that the dose distribution for all patients were in a high level of agreement.
In this work there was no normalization of the body contour between CT and sCT
therefore the most Gamma failures occurred at the body surface region where there
were contour differences, (dose was present in one scan but not the other). Gamma
calculations were therefore also performed excluding this region. There is currently no
consensus on how to evaluate sCT dose distributions compared to CT so we have used
the most commonly reported evaluation metrics (MAE HU, point dose, Gamma and DVH
parameters).
Our method has been developed with a standard clinical workflow in mind and does
not rely on specialised sequences, or manual bone contouring. The automatic bone
contours were very accurate which will be important in the clinical workflow to assess
doses to these structures.
Previous work from our group has reported that geometric distortion within our MRSim setup was found to be accurate, with organ dimensions, dose distributions and DRR
based setup within acceptable limits compared to CT43. The MRI coil mount reduces
body deformation but does has an impact on image quality44.
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Requirements for accurate sCT conversion include carefully matching the patient
position between CT and MR for training data, MR scans with an adequate field of view
and high quality sequence acquisition (isotropic voxels). Accurate co-registration of CTMR scans (preferably using structure guided registration) is a critical step in developing
training data for sCT generation.
5. Conclusions
This study has shown that sCT scans can be automatically generated from MRI using
conventional T2 weighted sequences and that dose calculations are comparable to
conventional CT. The MR-only workflow is efficient and only requires one imaging
session for the patient.
A major advantage of the technique is that it does not require specialized or research
sequences (such as UTE), and only a single sequence is required for substitute CT
generation, decreasing scanning time and potential patient motion.
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Figure 1: A: Original MRI from study participants 10 (best gamma result) and 36
(worst gamma result). B: generated sCT, C: original patient CT. D shows the MAE
between B and C.
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Figure 2: Gamma evaluation results comparing the original CT plan to the same plan
recalculated on the sCT scan. P=Prostate, B=Body, B’=Body without the skin surface.
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Figure 3: Results for patient 10 (best gamma result). A: original patient CT scan with
dose plan overlaid. B: Estimated sCT for this patient (PTV contoured in blue). The
gamma map (2mm/2%, B’) is shown in C. D shows the DVH results (the dashed line with
stars is from the sCT and the solid line with circles is the actual CT). E and F show AP
and lateral DRRs from CT (top) and sCT (bottom).
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Figure 4: Results for study patient 36 (worst gamma result). Same layout as Figure 3.
Note the significant difference in rectal air and prostate position.
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Table 1. MRI Acquisition parameters*.
T2 SFOV

T2 LFOV

T2*

T1

2D Axial TSE

3D SPACE TSE

GRE

GRE

TE (ms)

97

102

12

6.6

TR (ms)

1400

1200

689

689

Flip Angle (°)

135

135

25

80

FOV (mm)

200

430

200

200

2

1.56

2

2

Scan Type

Slice Thickness (mm)

Abbreviations: SFOV=small field of view; LFOV=large field of view; TSE=turbo spin
echo; GRE=gradient echo; TE=echo time; TR=repetition time.
*Scans were created with a Siemens Skyra 3.0 Tesla magnet.
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Table 2. Dice Similarity Coefficient (DSC) and Mean Absolute Surface Distance
(MASD) results for automatic organ contouring compared to gold standard (fused)
expert manual contours. The middle column shows the inter-observer overlap between
the three experts for each organ. The final column shows the mean error (ME) and mean
absolute error (MAE) of HU estimates within each automatic contour.
Automatic vs manual

Inter-observer (n=3)

Difference between sCT

contour

overlap

and CT within automatic
contour

DSC
Body

1.00±0.00

MASD
(mm)
0.55±0.56

DSC
N/A

MASD
(mm)
N/A

Bones

0.91±0.03

1.45±0.47

N/A

N/A

Bladder

0.86±0.12

5.10±4.57

0.91±0.29

Rectum

0.84±0.06

2.37±1.34

2.64±1.55

6.86±81.72

88.07±60.81

GTV

0.80±0.08

2.30±1.01

0.95 ±
0.01
0.82 ±
0.07
0.84 ±
0.11

0.56±14.17
6.43±46.47
-2.9±18.71

1.98±1.59

0.47±11.82

16.47±4.50
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ME (HU)

MAE (HU)
40.45±8.16
134.24±24.04
24.05±13.62
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10.

CONCLUSION
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MR images have superior soft-tissue contrast over CT images and have been shown to
improve the accuracy of organ delineation during the treatment planning process. There
has been growing interest in developing MR-simulators for MR-based treatment
planning for prostate radiotherapy. However, there are three main challenges to be
overcome in order to achieve the MR-based treatment planning:
1. Assurance of the geometric accuracy of the MR image (Chapter 4),
2. Implementation , commissioning and quality assurance of the MR simulator and
testing of workflow (Chapter 5, 6, 7, 8),
3. Generation of the sCT image from MR image (Chapter 9)
This thesis has focused on the investigation of the above challenges of the
implementation of an MR-based planning for prostate treatment.
In Chapter 4, images of a pelvis shaped phantom were acquired with different
correction algorithms and the geometric distortion was quantified by comparing these
to the reference CT image. Two methods were used for the comparison. One used the
physical control points within the phantom for the comparison, while the other
deformably registered the MR image to the reference CT image and quantified the
distortion by calculating the magnitude of the deformation vectors. The 3D correction
algorithm minimised the geometric distortion to within the radiotherapy tolerance level.
Both methods showed comparable results, while the image registration provides the
flexibility of defining the control points and therefore is not limited by the physical
control points within the phantom.
The image quality of the MR simulator was investigated in Chapters 5 and 6 using a
pelvis shaped phantom and ten volunteers, respectively. In order to minimise the
influence of the MR coil on the patient’s external body contour deformation, the coil
needs to be lifted above the patient’s abdomen. In this study, the MR coil was held by the
MR compatible coil mounts and the position of the coil was systematically varied in
Chapter 5 in order to find the optimised coil positioning. It was found that in order to
achieve a uniform intensity image, the coil needs to be kept as close to the scanning
object as possible and the body-to-coil distance across the whole body needs to be
maintained as consistently as possible.
In Chapter 6, the phantom was replaced by ten volunteers. The MR images were
acquired using the conventional scanning method and the MR-simulation method. The
comparison was conducted in terms of the volunteers’ external body deformation, the
image quality changes in the volunteers’ organs and the prostate volume delineation
difference. It was found that by using the radiotherapy dedicated equipment, the
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anterior and posterior external body deformation can be reduced by 1.7 cm and 2.3 cm,
respectively. Although the signal-to-noise ratio was reduced, no clinically significant
difference was found between the prostate volumes delineated on both images. The
external body deformation without the coil mount was found to be responsible for
nearly 1Gy dose difference within the prostate on average.
In order to monitor the performance of the MR scanner, a Matlab program was
developed to automate the QA process using the ACR QA phantom. The program was
validated by comparing the results from the program to the manually measured results.
No significant difference was found between the two. The program can significantly
reduce the QA time from nearly one hour to just a few minutes. This program has been
clinically implemented at the Calvary Mater Newcastle Hospital for the routine MR
scanner QA. This work was summarised in Chapter 7.
In Chapter 8, the end-to-end testing of the MR-based prostate treatment planning
using a pelvis shaped phantom was described. The geometric distortion was quantified,
not only across the whole pelvis, but also inside each organ of interest (e.g. prostate,
bladder, rectum and head of femurs). The 3D distortion correction algorithm reduced
the maximum distortion from 7.5 mm to 1.7 mm within the whole pelvis. The distortion
within all organs of interest was corrected to within a millimetre. An IMRT plan was
created based on the CT image of the phantom and then copied to the MR image after
registering the two images. The point dose difference at the prostate’s isocentre was
found to be 0.01% (1.1 cGy). Using the DRR generated from both images, the phantom
was positioned on the Linac table. The positioning difference using the two imaging
modalities were within 1 mm.
Finally, Chapter 9 investigated the quality of the sCT images generated from 39
patients. A multi-atlas local weighted voting method was used to convert the sCT images
from MRI. Validation of these sCT images was performed from three perspectives:
comparison of voxel intensities, comparison of plan quality and the quantification of
differences between manual and automatic organ contour contouring. High levels of
agreement were found for all three perspectives. The difference of the voxel intensities
within the patients’ body was 0.6±14.7 HU (mean ± 1 standard deviation). The mean
absolute error was 40.5±8.2 HU. By applying the gold standard CT plan to the sCT image,
the dose was recalculated for each sCT image. The ICRU (International Commission on
Radiation Units and Measurements) point was created on CT and sCT images for each
patient, a difference of 0.3±0.8 % (or -19.3±62.6 cGy) was found between CT and sCT
plan. The 3D gamma pass rate was 1.00±0.00 (2 mm/2%). The Dice Similarity
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Coefficients (DSC) calculated between the automatic and manual organ contours (e.g.
bladder, rectum, body, GTV and bones) were all above 0.8.
There are several potential improvements which could be suggested from this work.
Firstly, geometric distortion was corrected using a vendor provided (Siemens)
algorithm. These algorithms only correct distortion due to the gradient nonlinearity, but
not the B0 field inhomogeneity induced distortion. It was suggested by one reviewer of
the paper in Chapter 8 that this information can be acquired using a dual-echo gradient
echo sequence. The field map based approach is a robust method to quantify the
geometric distortion due to the B0 field inhomogeneity. A more comprehensive study
could be conducted to examine the robustness of the field map based method over the
image registration method. Additionally, as CBCT has become common clinical patient
positioning method, further investigation on the 3D patient positioning is required.
The MR compatible coil mounts were essential to eliminate body deformation due to
compression by the MR coil. The minimum height of the current coil mounts was 30 cm,
which is slightly higher than the abdomen height of the smaller sized patients in our
study. As shown in Chapter 5 and 6, the distance between the body and coil has an
influence on the image quality. Therefore, in order to maximise the image quality for
small size patients, it is necessary to modify the current design of the coil mounts.
One advantage of the sCT generation method used by our group is that the organ
contours can be automatically generated during the sCT generation. Such automatic
organ segmentation process can reduce the workload of segmentation on the weekly MR
images, thus making MR-based adapted planning feasible. Because the organs were
manually delineated on the planning images, it is possible to use this to compare the
dosimetric effect of the automatic segmentation.
In our study, the N4 parameters was determined qualitatively to improve the
correction of intensity inhomogeneity on T2 MR images of the pelvis. A full description
of the N4 parameters are presented by Tustison and Gee [209]. In the B-spline fitting
parameter we have set the spline distance to 160 to approximate the isotropic spacing of
the mesh elements and left the remaining parameters as the default values (these
parameter values have been reported to enable replication of our results). With the
convergence parameter we have increased the default maximum iterations from 50 to
100 for each level (the levels generally converge around iteration 60) and we have used
the default convergence value (of 0.001). The shrink factor (image resample) is
recommended to be less than or equal to 4 to speed up computation. We have used a
value of three and have (qualitatively) not noticed any difference in output quality with
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higher shrink factors. In future, this method can be further evaluated by comparing to
the B1+ map [240]. The BMI of the patients in our atlas was in the range of 19.1 to 35.4,
but the accuracy of our sCT generation method may be effected in some atypical obese
cases. However, such problem can be diminished if the atlas library increases by
including more extreme cases.
A particular problem in prostate treatment planning is that the prostate migrates
through the treatment course. Furthermore, the inter-fractional patient’s anatomy
variation also complicates the treatment. As a result, the plan generated from the image
acquired at the beginning of the treatment course cannot truly represent the anatomy on
each treatment day. If the dose is delivered without reference to updated anatomy, the
target irradiation may not reach the prescription and there is a chance to over-irradiate
nearby organs at risk, such as the rectum and bladder. Therefore, image guided
radiotherapy is essential to improve the treatment outcome.
In this work, the additional seven weekly MR images were acquired during the
treatment course for each patient. These images can be used to inform on internal organ
changes which occur during the course of fractionated treatment and more importantly
the organ changes found on these images were more accurate when compared to CT or
cone beam CT images due to the superior soft-tissue contrast from MRI. Future work
could use these weekly images to adapt the original treatment plan in order to maximise
the target dose delivery and the sparing of organs at risk.
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