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Purpose: The increasing use of MRI alongside CT images has brought about
growing interest in trying to determine radiation attenuation information based
on MR images only. The primary aim of this thesis is, therefore, to determine
what head tissue compartments need to have separate HU values in order to
obtain sufficient RT planning accuracy. This can serve as input for an MR-based
classification thus enabling pseudo-CT generation in an MR-only RT workflow.
Methods: To achieve this target, flattened (stratified) CT images (fCT) were
generated and compared to the original CT images. Mean (ME) and mean
absolute (MAE) errors were used for the fCT quality assessment, as was dose
comparisons. 70 CT-based RT plans were generated and the dose distributions
compared to those obtained when using the different fCT versions in place
of the original CT images. The dose agreement was assessed using DVH and
1%/1 mm gamma analysis.
Results: The lowest MAE of 59.63 HU was calculated for an fCT8 version.
DVH analysis showed low differences in the range between 3% (water-filled fCT)
and 0.05% depending on the tissue stratification of the fCT version. 1%/1 mm
gamma analysis correctly identified plans where insufficiently fine-grained tissue
classification was the main reason for dose discrepancy. The best RT planning
accuracy was obtained for the fCT5 with segmented air cavities, fat, water-rich
tissue, spongy, and compact bone, and for the fCT8 where also the brain tissue
was stratified.
Conclusions: The small differences in dose accuracy between CT and fCT
images shows the feasibility of using MR-only RT planning for the brain.
Nonetheless, other aspects of the MR-only workflow, such as patient positioning,
as well as the impact of e.g. the surgical incisions in the skull should be subject
to further research.
Keywords: radiotherapy, MR-only, brain tumour, CT, MRI, tissue stratification, image segmentation, pseudo-CT, dose comparisons,
gamma analysis, DVH analysis, RT planning
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1

Introduction

CT imaging on its own has been used for decades in the radiotherapy (RT) planning
process. Lately, MR imaging has grown in importance due to the superior softtissue contrast which allows better contouring of the tumour and organs at risk
(OARs) to be avoided [1, 2]. The recent introduction of MRI has resulted in growing
interest in trying to determine radiation attenuation information based on MR
images only. Since the MRI signal rather correlates with proton density, it does not
contain information about electron density of tissue compartments. The electron
density is an important parameter in intensity modulated radiotherapy (IMRT) as
it represents the ability of the tissue to attenuate X-rays in the form of external
radiation beams generated by a linear accelerator (LINAC) [3]. Hence, the use of a
computed tomography (CT) is still required in current clinical practice due to the
linear relation, and therefore, easy conversion of Hounsfield units (HU) to information
about the electron density of tissue. A so-called CT-density or -calibration tables
are usually employed in this conversion process [4].
Acquisition of additional CT scan, however, negatively influences the patients
(increased radiation burden) as well as clinical facilities, where every single additional
step introduced into the RT treatment workflow increases workload. This in turn
results in longer RT treatment-planning times and higher financial costs [1, 3, 4,
5]. Furthermore, a rigid MR-CT image registration, which introduces additional
spatial uncertainties, is required for transferring the MRI-based organ and tumour
delineations to the CT image. The mean cranial registration error was estimated
as approximately 2 mm with similar values for other body sites. The acquisition of
multiple image sets also introduces errors stemming from patient repositioning and
anatomical changes as the time between scanning sessions may be counted in several
days or even weeks [1]. All these issues related to increased workload and CT-MRI
registration errors resulted in raised focus on research into simplified RT planning
workflow using only the MR images that are in this workflow further utilised for the
generation of so-called pseudo-CT (pCT) images [6]. These synthetic CTs entirely
substitute the need for acquisition of additional CT scans, and therefore it allows
decreasing both the workload and patient burden [5].
Multiple algorithms for pCT generation exist, with varying prediction accuracy
as well as computational costs. The computational time is an important parameter especially in clinical practice where is usually required the availability of the
accurate pCT within short reconstruction time [2] in order to allow the potential
MRI reacquisition during a single imaging session. Each of algorithms for pCT
prediction has its shortcomings originating mostly from the MR characteristics. MR
imaging is not a convenient method for compact bone visualisation, and therefore,
also for their segmentation as both, compact bones and air possess very low T2
constants causing the magnetic spins to dephase quickly. Short T2 relaxation times
result in low-intensity in MR image voxels, and it is, therefore, not possible to easily
distinguish bones from air cavities. The low contrast between voxels is a particular
issue when one needs to separate air cavities from surrounding bones [1]
The MR-only RT workflow for prostate cancer treatment has been already granted

FDA approval [7] which is the essential step for its introduction to clinical practice.
This MR-only solution known as the Magnetic Resonance for Calculating Attenuation
(MRCAT) has been developed by Philips Healthcare. The MRCAT is based on a
model-based classification method using mDixon MR imaging data. Here, the output
is the pCT image encompassing five tissue segments that are the background air, fat,
water-rich tissue, spongy bone, and compact bone. These compartments are filled by
corresponding bulk HU values [8]. This technique of average HU value assignment
to the segmented tissue labels is one of the characteristics of so-called voxel-based
methods for pCT image generation.
The goal of this study is to investigate the feasibility of MR-only radiotherapy
using the pCT images generated through similar voxel-based approach as it is currently
done in the case of MRCAT. The primary aim of this thesis is, therefore, to find out
what tissues need to be segmented based on the MR image in order to get a sufficient
dose accuracy. Several studies were published proposing that MR-only bulk density
based photon RT should be feasible for tumours located in the brain with dosimetric
accuracy in a range of up to 2% [5, 9, 10]. Nonetheless, these studies mostly used
pCT images with dual or triple bulk HU assignment for water, bone and air cavities
respectively. This observation has further encouraged the research presented in this
study where multiple versions of pCT images encompassing up to eight segmented
compartments (bulk HU values) are used in order to find the stratification expressing
the best dosimetric agreement with CT-based RT plans.
The first stage of this work is focused on generating of flattened CT through CT
and MR image segmentation. These fCT images served as the substitution for the
real MR-only based pCT images. The next steps are devoted to the generation of
radiotherapy plans that were calculated on real CT images with varying tumour
positions and recalculated on multiple versions of fCT images. The geometrical
agreement and dose accuracy were assessed for all fCTs in comparison with real CT
as the reference. The summary of results is shown and discussed in corresponding
sections, and the fCT with the best dose accuracy is identified. This will allow an
optimal design of the MR scan sequence that best visualises the tissues to be classified
for the pCT brain image. Moreover, the classification methods used may serve as
a starting point for the pCT generation. The work presented in this study will
thereby enable further research into the introduction of MR-only radiation therapy
for treatment of brain tumours into the clinical practice.
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2
2.1

Background
Brain cancer overview

Cancer is one of the leading causes of death worldwide [11]. It is the group of diseases
characterised by abnormal cell growth forming neoplasms that can potentially spread
or invade to other body sites. Neoplasms occurring in intracranial tissues are
collectively termed as brain tumours. Even though the incidence of cancer in central
nervous system (CNS) is relatively low (less than 1% in Europe in 2012) [12], more
than 120 brain tumour types have been identified according to the classification of
the World Health Organisation (WHO) [13].
2.1.1

Brain tumours

There are two dominant groups of brain tumours. One group consists of benign
tumours that do not invade surrounding and distant tissues. The second group
constitutes cancerous or malignant neoplasms which can be further classified into
primary and secondary tumours. Secondary tumours are represented by metastases
that have expanded from primary cancers located in other parts of the body. The
incidence of brain metastases is higher in comparison with primary malignant tumours.
Secondary tumours arise mostly from lung, breast, melanoma, renal, or colon cancer
and represent 40% of neoplasms diagnosed in the cranium [14]. Primary cranial
tumours, on the other hand, originate directly from cranial cells and benign neoplasms
and are therefore included in this category as well [15]. The WHO classification of
CNS tumours is based on their histology as neoplasia usually arises from particular
cell types (e.g. astrocytes, glial cells). The categorization of brain tumours is in
addition to the cellular parameters further extended based on molecular parameters
of particular tumour types [13]. The most common primary brain tumours include
(in order of frequency) gliomas (50.4%), meningiomas (20.8%), pituitary adenomas
(15%) and nerve sheath tumours (8%) [16].
Brain tumours are further classified by grades (I-IV). The purpose of using
tumour grades is to simplify the search for the most appropriate treatment strategy
and method as the grading identifies the structure and aggressivity level of the
tumour. For instance, the vast majority of benign tumours belong to the grade I
category. Tumours for which already exists the high risk of malignancy and can,
therefore, possibly invade and destroy surrounding cells and tissues are classified by
grade II. Neoplasms graded with III or IV are already malignant, and their prognosis
is not widely defined as it highly depends on tumour location and accordingly by
treatment and removing possibilities [17].
Exact causes of neoplasia in the brain are unknown. There have been identified
risk factors such as ionising radiation, immune function, inherited susceptibility,
metals and neurocarcinogens [18]. Reported inconsistency and sparsity of root causes
for brain cancer are due to small patient cohorts and the variation in objectives of
clinical trials. The small sample sizes can be explained by in general low survival rates,
relative rareness of brain tumours and low participation of patients in individual
studies [18, 19]. An overall five-year survival rate of 25.3% was reported for primary
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brain tumours. However, this outlook varies significantly according to diagnosis
and patient age. For instance, a five-year survival rate of only 3.3% was reported
for the most aggressive and at the same time the most common malignant primary
brain tumour, glioblastoma multiforme (GBM). In the case of lower grade gliomas,
such as astrocytoma, lymphoma or malignant glioma five-year survival rates are
lower than 40%, whereas more optimistic rates exceeding 70% were reported for
oligodendrogliomas, ependymomas and pilocytic astrocytomas. In general, five-year
survival rates tend to decrease with higher age of the patient [18]. The initial diagnosis
of brain tumours is usually accomplished by medical imaging such as MRI. The
appearance of selected brain tumour on MR images is shown in figure 2.1.
(a)

(b)

(c)

(d)

(e)

(f)

Figure 2.1: Examples of primary and secondary brain tumours and comparison of
their appearance in T1 (a-c) and T2 (d-f) MR images. Primary glioblastoma after
surgery (a, d) and secondary tumours (metastases) originating from renal (b, e) and
lung (c, f) carcinomas without prior surgery.
2.1.2

Radiotherapy and other treatment options

Treatment of brain tumours may comprise a combination of radiotherapy, surgery,
and chemotherapy. Nevertheless, the use of chemotherapy in brain cancer treatment
is not a straightforward option as the hematoencephalic barrier prevents some drugs
entering the brain [20]. Besides surgery, radiation therapy is considered to be the
most effective treatment for brain tumours [21]. The primary aim in radiotherapy
is to deliver the prescribed dose to the tumour while minimising the dose delivered
to the adjacent tissues [15]. The advancement of intensity-modulated radiotherapy
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(IMRT) using external beam delivery has substantially reduced the limitations of
conventional RT methods [22]. This thesis is, therefore, primarily focused on the
MR-only RT solution utilising IMRT delivery technique that is increasingly being
used at the expense of conventional RT methods.
The fractionation and prescribed doses in RT rely heavily on the diagnosis as well
as on the location and volume of the targeted lesion. Fractionated treatments are used
in the event of cancerous tumours, whereas benign neoplasms are usually treated with
a single RT session [23]. One of the issues relevant to primary malignant tumours is
that invasive surgery is not curative even in grade II tumours, due to their infiltrative
character. Nevertheless, the extent of tumour resection is of particular importance for
disease prognosis. Consequently, postoperative or standalone radiotherapy remains
an essential part of the majority brain tumour treatments [19]. In the case of
metastatic lesions, a whole brain radiotherapy (WBRT) with the possibility of local
dose boost can be applied after surgery [14]. However, standalone or postoperative
stereotactic radiotherapy without WBRT can be employed in the secondary brain
tumour treatment as well [24].

2.2

Radiotherapy simulation

Radiotherapy simulation process consists of multiple phases. The first phase comprises
determining the diagnosis and selection of treatment strategy. The RT simulation
continues with patient positioning and fixation for image acquisition which are to
be unchanged throughout entire RT process. The patient is placed into comfortable
and reproducible position (usually supine). However, another positioning is possible
as well [14]. There are currently two basic types of fixation devices. The first and
the most commonly used fixation device is a so-called thermoplastic mask. Another
possibility is to use a fixation frame which is rigidly mounted to the patient head or
skull using special bolts. The fixation frame provides higher positioning accuracy
and further eliminates the risk of inter- and intra-fractional patient movements
[25]. However, the use of thermoplastic masks (frameless SRT/SRS) is increasingly
favoured even in the case of highly focused SRS and SRT treatments as novel frameless
solutions provide sufficient positioning accuracy, superior patient comfort and is
convenient for RT workflow in general [24].
The next stage of RT simulation is the collection of medical images. The acquisition of both, CT and MR images is the fundamental step in standard RT workflow,
while only the MR scans are collected when the MR-only workflow is used. All
the images should be acquired with the patient placed in the treatment position
including all the positioning and fixation devices. These images are then registered
and used as a basis for target and OAR delineation as well as RT planning in TPS
[25]. MR and CT scanners with a wide bore and flat patient couches allowing better
positioning can be employed in the RT simulation process [14].
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2.2.1

Target volumes and organs at risk

Target volumes There exist three essential target volumes (TV) that are taken
into consideration upon the radiotherapy planning. These volumes are the gross
tumour volume (GTV), the clinical target volume (CTV) and the primary target
volume (PTV) [14]. The concept of these volumes is shown in figure 2.2.
Treated volume

GTV

CTV

PTV

OAR

Figure 2.2: Schematic of a treated volume and organ at risk (OAR) located in the
irradiated/patient volume. TV covers a primary target volume (PTV), a clinical
target volume (CTV) and a gross tumour volume (GTV).
Gross tumour volume (GTV) represents the tumour mass observed upon clinical
examination under anaesthesia or noninvasively by imaging. GTV always delineates
the tissue mass having the highest density of tumour cells [14, 21]. Tumour shape,
size and site may slightly differ depending on the employed imaging method, and
the oncologist, therefore, delineates the final GTV after detailed examination [26].
The GTV is usually entirely removed by the surgery if possible [14].
Clinical target volume (CTV) covers in addition to GTV the area of subclinical
microscopic disease or regional lymph node spread that are together with primary
tumour part to be removed [26]. Since these affected areas are not detectable by
imaging methods, the CTV is usually defined based on histological examination.
Moreover, the selection of margin added to GTV is influenced by biological properties
of the tumour [21, 14]. The standalone CTV contour would in an ideal case be
sufficient for the focusing and modulation of radiation beams upon the RT planning in
TPS. Nevertheless, changes in shape and size of internal organs, patient movements
(inter- and intra-fractional) and other uncertainties inherent in RT setup must be taken
into account in order to ensure full irradiation of the CTV [14, 26]. Consequently,
another margin is added to the CTV forming the primary or planning target volume
(PTV).
The PTV is then used for addressing dose prescriptions and beam targeting in
TPS in order to assure a delivery of prescribed dose to the entire CTV [14, 21]. The
treated volume (TV) also shown in figure 2.2 represents the tissue fraction that is
aimed to receive a specified dose and is enclosed by a particular isodose surface. This
may typically be the volume surrounded by the 95% isodose surface [14, 26]. The
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aim of modern conformal RT delivery techniques in connection with 3D treatment
planning is to optimise the RT plan in a way that TV precisely covers the PTV with
as low excess as possible. This assures a precise coverage of PTV while neighbouring
OARs are exposed to minimal irradiation [26]. The ratio between TV (95% isodose)
and PTV, which is also known as conformity index (CI), is commonly used in the
quality evaluation of RT plans.
Organs at risk Organs at risk (OARs) are critical normal tissue located in the
proximity or directly adjoining the PTV. These bodies do not contain malignant
cells and, consequently, they are not considered being treatment targets. Moreover,
such structures may often be susceptible to the ionising radiation. The goal of RT
plan optimisation ought, therefore, be to mitigate the risk of substantial morbidity
by minimising irradiation of OARs. The structures to be taken into account for RT
planning considerably vary in accordance with the treated anatomical site and the
location, shape and size of the PTV [26]. The accurate delineation of OARs is of
particular importance in the case of the brain where the irradiation may lead to
hormonal impairment, neurocognitive and neurological alterations as well as to deficits
in hearing and vision. Furthermore, precise delineation of OARs is indispensable for
the IMRT and inverse planning process [27].
The following structures were repetitively reported in literature to be OARs for
brain RT: lenses, eyes, cochleas, brainstem, pituitary gland, optic chiasm, nerves
and tracts [15, 27, 28, 29]. Moreover, the sparing of the hippocampus and other
structures has been studied as well in order to preclude the neurocognitive deficits
[5, 27, 30]. The recommended dose constraints to avoid adverse effects for OARs in
the brain are shown in table 2.1. However, these limits are further decreased in the
event of treatments including single dose delivery fraction.
Table 2.1: Dose constraints for OARs in brain (RTOG, QUANTEC, [27])
Eyes
Dmax
Dmean

2.2.2

Lenses

Optical
paths

Brain
stem

Pituitary
Gland

Cochleas

Brain

<54 Gy <5 - 10 Gy <54 - 55 Gy <54 Gy <50 - 60 Gy
<60 - 72 Gy
<35 Gy
<45 - 50 Gy
-

External beam radiation delivery

Linear accelerator (LINAC) machines are commonly used for a delivery of modern
external beam radiation therapy. The treatment head mounted on a rotatable gantry
is the core component of every LINAC. This head is equipped with X-ray target,
scattering foil, flattening filter, ion chamber, and secondary collimator. Photons of
a megavoltage (MV) range are produced upon a collision of accelerated electrons
with the X-ray target. This photon beam is firstly formed by the primary collimator
and then pass through the flattening filter which makes the X-ray intensity uniform
across the entire beam field. The role of the ion chamber is to monitor the field
symmetry, integrated dose and dose rate in monitor units (MU). The radiation beam
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is further shaped by the secondary collimator after passing through the ion chamber.
This dynamically movable collimator incorporates two pairs of jaws and the multileaf
collimator (MLC) which is the key component for the IMRT treatment delivery [25].
Figure 2.3 shows an example of the LINAC machine and the schematic image of how
the radiation beam comes out from the LINAC and is then formed by the different
treatment head layers and focused towards the target.
Electron beam
X-ray target

Primary
collimator

Flattening filter

Ion
chamber

Secondary
collimator

Target

Figure 2.3: Components of the LINAC treatment head and beam penumbra for
photon (X-ray) radiotherapy setup (left). An example of LINAC machine (right) courtesy of Varian Medical Systems (source: [31]).
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2.2.3

Intensity-modulated radiotherapy

Intensity modulation Modern LINAC machines are equipped with a dynamically
controlled multi-leaf collimator (MLC) enabling dynamic modulation of the beam
radiation field. One of the fundamental MLC parameters is the number of leaf-pairs
where each pair is composed of two opposing leaves [32]. Every single pair of leaves
forms a sliding window. The width of such window changes as leaf-pair moves and so
that individual points in the patient volume are irradiated for different time periods.
These points, therefore, receive varying doses [26]. This is a fundamental principle of
the intensity modulation upon the RT treatment delivery. The MLC scheme and
principle of intensity modulation is shown in figure 2.4.

PTV

Figure 2.4: Intensity modulation by use of multi-leaf collimator (MLC)
Inverse planning A forward planning in 3D conformal RT provides a simple tissue
sparing with MLC shaped to cover only the PTV volume from multiple gantry angles
in order to achieve a uniform target coverage [14]. An inverse planning is, however,
way more sophisticated and computationally demanding process exploiting the entire
potential of RT delivery methods carried out with MLC-based LINAC. Several
inverse planning techniques exist, nevertheless, all of them employ certain a priori
known fixed parameters and specific free parameters to be optimised by the TPS.
The fixed parameters are usually the MV energy, a number of beams or arcs and their
directions while the remaining free parameters are the varying intensities delivered
from each of selected gantry angles [26]. The optimisation in inverse planning begins
with the specification of initial objective functions that constitute the starting points
of the optimisation process [33].
The set of initial objective functions consolidates information about desired
sparing of OARs and desired PTV coverage. The TPS then strives to achieve
these goals through optimisation which is based on minimising a cost function. A
choice of the cost function is crucial as its alternation while using the same inverse
planning method would result in a different result. The optimisation results can be
further modified by employing so-called biologically-based cost functions [26]. Apart
from high computational costs, the other drawback of inverse planning is that the
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impact of selected beam positions on the resulting dose distribution is unknown
until the plan optimisation has been accomplished. This usually results in a need
for several optimisation trials with different objective functions in order to obtain a
well-optimised plan [34]. Consequently, RT plan quality assessment strategies must
be used in order to determine whether the optimised solution is acceptable or not
[35].
Treatment delivery methods RT delivery methods taking advantage of the intensity modulation are considered to be the state of the art of current RT. There are
two basic types of such techniques. The first method is an Intensity Modulated Radiotherapy (IMRT) using a so-called step-and-shoot radiation delivery approach. The
step-and-shoot stands for the principle where the LINAC gantry stops in predefined
angle (beam direction), and the intensity modulation (shooting step) is carried out by
movement of MLC leaves in time. In IMRT treatment planning, the physicist usually
defines a number of beams and their directions based on intuition and experience.
Intensity profiles are then calculated by the use of the inverse planning [34].
The second and more recent method using intensity modulation and inverse
planning is a Volumetric Modulated Arc Therapy (VMAT) also known as SmartArc
(Philips) or RapidArc (Varian) [36]. VMAT is a novel RT delivery technique providing
highly conformal dose distribution and coverage within the PTV while sparing
surrounding OARs at the same time. It is possible to achieve a high degree of normal
tissues sparing due to the very steep dose gradients around the target volume. The
principle of VMAT lies in dynamic radiation delivery while both LINAC gantry
and MLC leaves are moving simultaneously during the treatment session [37]. Key
limiting factors in VMAT treatment delivery are machine parameters such as the
gantry rotation speed, the velocity of MLC leaves and a number of monitor units
(MU) per minute. Hence, the LINAC gantry has to move slowly when one wants
to achieve high-intensity modulation quality in all of the arc angles. The low speed
of gantry movement is crucial especially in the case of hypofractionated treatments
where high doses requiring high MU counts are delivered in a single fraction [32].
The VMAT technique is usually employed in SRT/SRS, and palliative treatments
of metastases or in cases, where the invasive surgery would pose a high risk of
permanent disability. The major advantage of VMAT is a reduction in treatment
delivery time while PTV coverage is comparable or superior to the IMRT [38],
with enhanced sparing of OARs. However, the optimisation of VMAT plan is a
computationally demanding process with high requirements on the computational
HW and the computation time is, therefore, longer in comparison with IMRT [39].
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2.2.4

Beam and arc arrangement

A basic coplanar arrangement where beams or arcs are allocated within a single
plane is the most commonly used RT setup in clinical practice [37]. Examples of
IMRT and VMAT plans with coplanar arrangements of beam or arcs are shown in
figure 2.5.

Figure 2.5: Examples of a coplanar arrangement of IMRT beams (left) and VMAT
full arcs (right). Here all beams or arcs are allocated in the single plane, and therefore,
the rotation of patient couch is not required.
However, novel LINAC machines are equipped with couches capable of dynamic
rotation during treatment delivery enabling non-coplanar beam directions or arc
trajectories that take advantage of the 4ﬁ space [40]. It has been observed that
techniques using co-planar arc/beam setup irradiate contralateral OARs, such as the
optic nerves, in order to sufficiently cover the PTV if it is located in the proximity
of those sensitive structures. This observation has brought forward the hypothesis
that techniques involving a non-coplanar beam setup might help to decrease doses
delivered into such OARs [41, 42]. For example, superior sparing of contralateral
optic paths has been reported while using the IMRT plans with non-coplanar beam
arrangement [39].
Moreover, a future use of 4ﬁ non-coplanar radiotherapy could potentially improve
the outcome of glioblastoma-multiforme (GBM) treatment through extreme dose
escalation with very steep dose gradients surrounding the PTV [40]. This phenomenon
can be explained by the fact that non-coplanar arcs/beams supply an additional
degree of freedom for IMRT or VMAT planning and may allow for noticeable quality
enhancement in some cases of advanced RT plans [34]. The use of non-coplanar
beam/arc geometry, therefore, empowers further improvement in the OAR sparing
and the target coverage [34, 25]. Examples of IMRT and VMAT plans with noncoplanar arrangements of beam or arcs are shown in figure 2.6.
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Figure 2.6: An example of a non-coplanar (left) arrangement of IMRT beams. Here,
the purple beam (forehead) is non-coplanar to the others. An example of use of
multiple non-copanar arcs in VMAT (right).

2.3

MR-only radiotherapy

The entire potential of modern RT delivery methods such as IMRT and VMAT can
be fully utilised only when the precise TV and OAR delineations are available. MR
imaging provides superior soft tissue contrast allowing for highly precise delineation
as compared to CT. Nonetheless, acquisition of CT image is still a key part of
conventional RT simulation workflow as it provides information about electron density
needed for dose calculations [43]. The patient positioning at treatment further takes
advantage from the superior bone contrast of CT image. This positioning is carried
out by registration of CT image with cone-beam computed tomography (CBCT) or
by digitally reconstructed radiograph (DRR) with the kV or MV image. MV images
are acquired directly by LINAC (portal imaging) or by an additional imaging device
installed on the LINAC or in the treatment room (kV imaging) upon the treatment
session with the patient positioned on the table [44].
2.3.1

MR-only radiotherapy workflow

Conventional RT simulation workflow consists of five stages that are CT and MRI
acquisition, image registration, structure contouring, and RT planning at the TPS
[1]. However, the patient repositioning and anatomical changes pose a risk of a lower
RT simulation accuracy as the time between imaging sessions can be counted in days
or weeks. Moreover, the registration error introduces a systematic spatial uncertainty
into the RT simulation process when transferring delineated structures from MRI to
the CT [43]. The dosimetric impact is increased when small structures are irradiated
or when the tumour is located in the proximity of sensitive organs. This could be of
particular importance in the case of small tumours found in the brain [45].
The MR-only approach allows reducing the entire RT simulation process into
three stages as there is no need for CT acquisition and CT-MRI registration step.
The comparison of the standard and MR-only workflow is shown by the diagram in
figure 2.7. MRI-only RT simulation would eliminate the systematic registration error

13
which has been reported to be in the range between 2 mm and 5 mm depending on the
treated anatomy [43, 46]. Moreover, it would reduce the treatment-related financial
costs, and decrease the patient discomfort related to the acquisition of additional
CT scan. Adaptive RT treatment, where inter-fractional anatomical changes are
taken into account, is frequently discussed as a part of MRI-only RT workflow for
the future [1, 3, 4, 5].

Figure 2.7: Comparison of conventional and MR-only workflow in RT simulation.
Nevertheless, there are several concerns associated with MRI-only RT. The main
issue is that MRI intensities correlate with the magnetic relaxation and proton
density rather than electron density and radiation attenuation properties of tissue.
Consequently, the voxel intensity of MRI image does not reflect radiation attenuation
characteristics of the tissue as it is in the case of CT image. This results in contrast
ambiguity in the case of tissue types like air and bone which both appear dark on
the MRI despite having distinctive electron densities. The lack of correspondence
between the voxel intensity and the associated electron density presents a challenge
for performing dose calculations using MR images as a basis [43].
Further challenges are posed by geometrical distortions originating from magnet
inhomogeneities, gradient non-linearity and artefacts induced by the patient [46].
Spatial variance in the MRI signal of tissue (such as subcutaneous fat most notably)
convolutes its conversion into Hounsfield unit (HU). Normalisation of signal intensities
and inhomogeneity corrections may need to be applied on the MR images. The final
HU or electron density map is called synthetic or pseudo-CT (pCT) [43].
2.3.2

Pseudo-CT generation methods

Several methods of pCT image generation using one or more MRI contrasts have
been reported in literature. These methods can be classified into two basic groups.
The first group is represented by voxel- or data-based approaches, and so-called atlasbased methods belong to the second category. Patch-based methods can be included
in this second category as well. Moreover, the use of hybrid or mixed approach of
pCT generation taking advantage of both atlas- and voxel-based approaches has been
reported as well.
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Voxel-based methods In the voxel-based approach, individual voxel intensities
of the MRI scan are used for prediction of pCT voxel HU values, either by employing
a regression model to generate a continuous-valued image or by segmentation and
consecutive bulk HU value assignment [1, 47, 48]. However, the generation of
continuous-valued pCT is challenging due to the degeneracy of the fitted relationship
between image intensities in MRI and CT images [47]. Since the MR contrast is
utilised independently of the spatial location of the voxel, relatively low computational
demands constitute a potential advantage of voxel-based methods for the use in
clinical practice [43].
Besides the reliability and the prediction accuracy, the pCT recon time is a critical
factor for the successful implementation of MR-only workflow in the clinical practice.
However, the very short T2 relaxation time of cortical bone represents a difficulty for
accurate voxel-based pCT prediction. Neither air nor bone provides any signal when
standard clinical MR imaging sequences are used. Consequently, a dedicated MR
sequence together with post-processing steps such as air-mask generation must be
utilised for obtaining a correct classification of bones and air cavities when employing
voxel-based methods for pCT generation [48, 49].
Atlas-based methods In the atlas-based approach, an atlas consisting of coregistered CT and MR image pairs is employed in pCT generation. The target
MR image is firstly non-rigidly registered with all the MR images that form the
atlas. The number of registration steps depends on the extent of this atlas. A single
registration step is needed in the case when the atlas includes only one CT-MR
pair of template (average) patient [43]. Nonetheless, the use a so-called multi-atlas
approach is more common due to its higher pCT prediction accuracy. This approach
requires the execution of multiple target-atlas MRI registration steps, and therefore,
is less computationally attractive. Secondly, the displacement fields obtained from
the registration process are applied to all of the CT scans paired with MR images in
the atlas [48]. And finally, a single pCT image is obtained by fusion of these deformed
CT images. In this fusion process, pure intensity averaging, majority voting, or other
more sophisticated methods are employed in the determining of final voxel HU values
in pCT image [43].
Atlas-based methods provide the solution for separation of air and bone even
in the case when standard MRI sequences are employed. However, the atlas-based
approach suffers from uncertainty in the registration of the atlas [50] and poorly
able to cope with high variability in electron density and/or anatomy between
patients [47]. Especially the anatomy of an atypical shape such as surgical implants
or missing tissues poses a particular problem for atlas-based pCT generation [2].
Consequently, post-processing steps may play a crucial role in increasing the pCT
prediction accuracy of such atlas-based approaches [50].
Other methods Since both atlas- and voxel-based methods each have favourable
and unfavourable factors so-called hybrid methods aiming to utilise advantage of
both categories have been reported in literature as well [43]. Such hybrid method
could, for instance, be based on the estimation of two probability density functions
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for each voxel, one based on Bayesian statistics and the other based on deformable
registration. These two probabilities would be then merged into single probability
density function determining the final HU value assigned to the voxel [51].
A different hybrid approach could, for instance, be built on classical atlasbased methods whereas voxel-based methods would be employed in the image postprocessing. These processing steps would aim to improve the prediction accuracy in
regions with individual anatomies [48]. The last category is formed by the hybrid atlas
methods combining several approaches within the atlas-based methods. This could
be a method integrating patch-based methods using pattern recognition together
with a classic deformable registration approach [1, 43].
2.3.3

MR imaging parameters

Generation of pCT poses some special requirements for the MR imaging parameters.
Multiple strategies for selection of MR imaging parameters have been reported in
literature. The preferred image contrast is highly influenced by the method of pCT
generation.
Atlas-based methods In atlas-based methods clinical MRI sequences are usually
employed. MR images obtained with standard clinical sequences [1] are preferred
simply because of their general availability, which is of crucial importance when
multiple CT-MR co-registered image pairs are needed to build an atlas. These
clinical sequences are T2 (long TR, long TE) and T1 (short TR, short TE) weighted
depending either on the transverse (T2) or longitudinal (T1) tissue relaxation. The
choice of TR and TE are then the main factors influencing the final image contrast.
The acquisition of MR images is the most commonly carried out using either of a
gradient echo (GE) or spin echo (SE) sequences [43].
Voxel-based methods Voxel-based methods for pCT generation usually require
the use of special MR sequences. These sequences typically produce images of multiple
contrasts mostly specialised on bone visualisation, which is a very challenging task in
the case of MR imaging. The acquisition of such MR images is usually accomplished
by the use either of Dixon or dual ultrashort echo time (dUTE) sequences [52]. Lately,
though zero TE MR imaging has shown even more promise than dUTE [53].
Dixon is a family of water-fat splitting sequences and relies on the chemical shift
between the resonance frequencies of water and fat. Dixon images can be weighted
in the direction of T2, T1 or ﬂ as the separation of fat/water is not based on TE or
TR.
MRI sequences based on dUTE are specialised on visualisation of cortical bones
and have an ultra short T2 relaxation time [43]. The use of this sequence type,
therefore, allows separating bone from air voxels [52]. The initial signal is in dUTE
sequence collected immediately after the excitation, and the second signal is acquired
later with a longer echo-time. The initial image is T1 or ﬂ weighted depending
on the flip-angle. The second image has a T2 or T1 weighted contrast depending
on the flip-angle and the echo-time [43]. However, utilisation of dUTE sequence
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introduces prediction errors into pCT images, particularly at tissue interfaces located
in the proximity of nasal cavities and ears. This has been associated with low SNR,
susceptibility effects as well as partial volume effects in dUTE images [54, 55].

2.4

Quality assurance in MR-only RT

2.4.1

Dose-volume histogram

The output provided by TPS usually encompasses an enormous amount of information
about the dose distribution. The interpretation and evaluation of such data would
be difficult without the availability of a method that would condense data from the
3D dose distribution in the form of simple 2D graph [26, 25].
Such a graph is called a dose-volume histogram (DVH) which is a plot of dose on
the x-axis versus the volume of the particular structure on the y-axis. There exists
two versions of this graph differing in the way of how the absorbed dose is interpreted
[56]. The first version is a differential DVH, which directly shows the absolute or
relative dose value assigned to a particular bin in the histogram [25]. The second
and more frequently used is the cumulative version of DVH. Here each histogram
point captures dose that has been accumulated from previous bins starting with the
bin containing the highest dose moving in the direction towards to the one with
zero dose. In other words, such a DVH displays the dose absorbed in a particular
volumetric fraction of the target volume or OAR [26, 25]. The example of cumulative
DVH is shown in figure 2.8.

Dose-volume histogram
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Figure 2.8: An example of cumulative DVH showing two PTVs and selected OARs in
the brain. The blue line indicates that all of the PTV 1 receives a dose of 1600 cGy,
whereas roughly 20% receives a dose higher than 2000 cGy.
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The shape and area of the DVH curve provide information whether the target
volume is adequately covered with a prescribed dose and whether the dose delivered
to OARs is within the acceptable limits [14]. In the ideal case, the DVH would show
the target at 100% and then drop immediately to zero indicating that the prescribed
dose conformally covers the entire target volume. The OARs lines would, on the
other hand, fall quickly to zero, implying that no notable dose has been accumulated
in their volumes [56].
The DVH is very powerful tool for dose comparisons, especially if one needs to
compare dose results of two or more RT plans [25]. Consequently, this method of
dose comparison is included in the vast majority of studies on MR-only radiotherapy
where the CT-based plans and dose distributions are usually compared with dose
distributions recalculated on pCT [14]. Nonetheless, there are some aspects that
should be taken into account in the planning and evaluation using DVH analysis.
The first aspect is that the dose sampling resolution that can have an impact on
the outcomes of the DVH analysis, particularly in regions with steep dose gradients.
Moreover, the main limitation of DVH lies in the lack of spatial information. The
DVHs simply show that e.g. cold and hot spots exist within the dose distribution,
but their position is not indicated, nor whether there are multiple small low- or highdose regions or a just a large one [26]. The use of other methods capturing the spatial
information is therefore employed in dose evaluations as complementary to DVH
analysis.
2.4.2

Gamma analysis

Gamma analysis was initially developed for comparison of measured and calculated
dose distributions as part of the TPS commissioning process [57]. This quality
assurance (QA) method takes into account both the dose and distance criteria. The
gamma analysis execution starts with computation of “(˛
rt , r˛c ) series, which is defined
as

“(˛
rt , r˛c ) =

ı̂
2
ı |˛
Ù rt , r˛c |

DT A2

+

|D(˛
rc ) ≠ D(˛
rt ))|2
,
2
Dmax

(2.1)

where r˛t is the reference and r˛c is the comparison point in the dose distributions to
be compared. The distance between evaluated points and dose difference are termed
as |˛
rt , r˛c | and |D(˛
rc ) ≠ D(˛
rt ))|, respectively. The resulting gamma index is defined
as “(˛
rc ) = min “(˛
rt , r˛c ), and serves as a quality measurement. The gamma index
indicates the level of failure in the areas that do not meet the acceptance criteria and
determines quality in regions that pass the analysis. Since this index is determined
for each voxel in dose grid separately, it can be easily presented as a so-called gamma
distribution that is overlaid on the CT or pCT image [57, 58].
The essential input parameter for gamma analysis is a pass–fail criterion which is
determined by the user for both the distance-to-agreement (DT A) and maximum
dose difference (Dmax ), e.g. 2% and 2 mm. These criteria can be identified as scaling
factors in equation (2.1), and have equivalent significance in the evaluation of the
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gamma analysis. Dose distribution points failing one or both criteria are pinpointed
on a composite distribution [58]. The normalisation for dose difference can be either
local ( D between voxels) or global where D is defined as e.g. percentage of
maximum dose point of the reference dose distribution [59].
The other parameters that need to be determined by a user are the passing rate
and dose cutoff. The passing rate is threshold used for decision of whether the entire
dose distribution passes or fails the gamma analysis. This threshold is defined as
a percentile of dose grid points needed for passing the test. The dose cutoff is an
optional parameter reducing region within which is the gamma analysis calculated.
This region of dose grid is determined by isodose in percents [57]. The point of
adding the cutoff parameter is that gamma index gives a relative difference in dose.
For instance, if the absolute dose is small, a large relative difference then does not
have any clinical impact. The fundamental principle of the gamma analysis is shown
in figure 2.9.
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Figure 2.9: The simplified concept of gamma analysis for 2D dose distribution. x, y, D
are spatial and dose dimensions. Dmax is maximum acceptable dose difference. DT A
criterion is determined by the radius of the red horizontal circle (sphere for 3D
distribution). r, D are spatial and dose difference of the blue point. The blue
point, in this case, fails both criteria (Dmax , DT A) of the analysis [58].
2.4.3

Spatial accuracy requirements

The CT-MR fusion introduces a registration error into the standard RT simulation
workflow. This mean systematic error has been reported to be approximately
1.8 ± 2.2 mm (average displacement and one standard deviation) in the case of brain
RT [60, 61]. This value is comparable to other body sites such as the prostate [46].
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The MR-only workflow could, therefore, reduce these registration errors between MR
and CT scans [10, 47]. However, MR imaging is known to be susceptible to distortions
that alter both the relative intensity (spatial variation) and spatial representation of
displayed anatomical structures. These distortions originate either from the MRI
system itself or may also be induced by the patient.
The source of the object related distortions are variations in chemical shift and
susceptibility of the sample, while the system-induced distortions are caused by
gradient nonlinearities and inhomogeneities in the main magnetic field B0 . Consequently, the MR images intended for MR-only RT simulation have to be corrected to
a level that would be acceptable for radiation therapy planning. The overall spatial
error should be lower than 2 mm [10] in order to not exceed the registration error of
standard workflow when both CT and MR images are used in RT planning process.
Regarding geometrical and image intensity accuracy, a distance to the agreement of
r = 2 mm and a deviation of H = 100 HU have been claimed to be acceptance
levels for pCT image [48].
Even with the use of the stereotactic frame, an average CT-MRI fusion error of
around 2 mm was stated for SRT [60]. Cranial SRT and SRS are both increasingly
carried out by use of frameless fixation devices [62] as the similar error of 2 mm
was reported to be feasible for frameless workflow. However, there is a 5% risk of
outliers of up to 5 mm [63]. Since small margins are usually used in modern IMRT
and VMAT brain plans (< 5 mm), such registration inaccuracies could potentially
cause a critical overdose in OARs or target miss [64]. MR-only RT could possibly
reduce these registration errors.
2.4.4

Dose accuracy requirements

Establishing dose accuracy requirements is a key step in the comparison of the
MR-only brain RT workflow to the standard workflow. MR only RT workflow was
reported to be acceptable when the PTV mean dose deviates less than 2% from the
original CT-based calculation in 95% of patients [5]. Nevertheless, limits for clinically
acceptable deviations in other DVH statistics have not been yet established for the
brain. Consequently, a proposal has been made of initiating a population-based
study comparing CT-based dose calculations with those carried out on the pCT [5].
Regarding the gamma analysis, the 1%/1 mm, 2%/2 mm and 3%/3 mm criteria
were previously used for comparisons of dose distributions calculated on pCT and CT
images of head [65, 59]. However, the specific clinically acceptable gamma passing
rates for brain have not been reported in any of the available literature sources.
The overall impression from the literature is that a gamma criteria of 1%/1 mm,
2%/2 mm or their combination could be used as an indication of clinically acceptable
dose comparison.
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3
3.1

Materials and Methods
Clinical data

Radiotherapy planning datasets were obtained from Turku University Hospital in
Finland (TYKS), from where two patient cohorts were selected for analyses presented
in this thesis. This data included patients with various diagnoses and treatment
strategies. The first cohort of 10 cases was aimed for the bulk HU estimation and
subsequent PTV position dose analysis. The second sample of 10 cases (see table 3.2),
partially overlapping with the first cohort, was used for a technical approximation of
clinical plans.
3.1.1

Data characteristics

The majority of treatment strategies encompassed the combination of surgery followed by radiotherapy. Nonetheless, few patient cases with the standalone use of
the radiotherapy were observed as well. RT-only treatments were typically either
palliative treatments, treatments of tumours located in the proximity of brainstem,
or treatments of the small benign lesions where the surgery would not be reasonable
or would pose a very high risk of permanent disability.
(a)

(b)

(c)

Figure 3.1: Example of the patient image set. CT (a), T1 weighted (b) and T2
weighted MR image (c).
CT and MRI datasets including FLAIR, T1 and T2 weighted images were available
for the majority of the patient cases. The information about the spatial registration
between these CT and MR images was attached as well. The radiotherapy planning
data comprised RT structures, RT dose, and RT plan exported from Eclipse (Varian
Medical Systems, USA) treatment planning system (TPS) in the form of DICOM
files. The RT structure file contained delineations of both, the anatomy of OARs,
and target volumes (TVs) in the form of 2D contour in axial slices. The RT dose file
included a 3D dose distribution, which was the outcome of RT plan optimisation
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algorithm implemented in TPS. The RT plan DICOM file contained parameters,
such as beam type and directions, positions of MLC leaves at all the control points,
dose prescriptions, and other physical parameters that are usually estimated by
medical physicist upon the RT planning process.
3.1.2

Image parameters

The image sets showed a high variation in parameters such as voxel size, the field of
view (FOV) in the case of CT, and contrast in the case of MR images. Even though
a resolution was roughly consistent in axial slices among all CT images (512 ◊ 512
voxels), the problem was a variation in slice thickness (1 ≠ 2.5 mm) having an impact
on the overall spatial resolution. The low spatial resolution increases the incidence of
partial volume effects that play a crucial role in a specificity of tissue segmentation
[66, 67] and consequently in bulk HU estimations as well. In the case of MRI, the
small voxel size causes a decrease of SNR and increase in image acquisition time.
The variation in contrast and voxel intensity was in our case a particular issue in the
MR image segmentation, which was needed for the brain tissue stratification.
3.1.3

Pathologies and artefacts

(a)

(b)

(c)

(d)

(e)

(f)

Figure 3.2: Artefacts and pathologies observed in multiple head CT images. Multiple
drilling sites (a), metallic artefacts (b), metal probe (c), extensive calcifications (d),
occipital craniotomy (e), and skull clips (f).
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The majority of obtained images showed pathologies including skull drills and resections. Moreover, calcifications and artefacts from dental implants were abundant as
well, as patients with the brain cancer usually belong to the upper age group (40-65
year in the case of gliomas) [68]. Metallic implants are responsible for artefacts or
distortions in both CT and MR images. The combination of mechanisms such as
scattering, beam hardening, Poisson noise and edge effects are the cause of these
artefacts in the CT image [69]. Figure 3.2 shows six selected patients with apparent
pathologies that were visible in their CT images.
3.1.4

Data preprocessing

Several preprocessing steps were undertaken to mitigate the impact of image parameters variation, artefacts and individual pathologies on estimates of bulk tissue HU
that were issued for the fCT generation.
Firstly, all the CT and T1 weighted MR images were inspected visually in order
to select 10 suitable patients cases for the estimation of bulk tissue HU values. These
cases should include images free from metallic artefacts, craniotomy and low brain
tissue contrast in T1 images. Selected CT images were further cropped using an
annotation ROI tool in the 3D Slicer (BWH, USA) [70] in order to unify the FOV
among all the selected cases. The C2 vertebrae in the sagittal plane were used as
the anatomical landmark for the cropping.
Secondly, the T1 MR images were rigidly registered to the CT images. The
transformation matrices used for the rigid registration were in the majority of cases
available as part of raw TYKS data. Cases without the availability of the spatial
registration file were rigidly registered using the constraint of six degrees of freedom
(DOF) when performing the image registration in the 3D Slicer. MR images were
resampled into the voxel resolution grid of corresponding CT images. This step was
needed for the unification of the spatial resolution between CT and MR images for
the further processing and segmentation using the Python programming language.
Consequently, the low spatial resolution of the CT resulted in a quality decrease of
the resampled MR image.
(a)

(b)

(c)

Figure 3.3: Cropped CT image where C2 served as the anatomical landmark. Axial
(a), sagittal (b) and coronal view (c).
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Finally, the other set of image pairs (CT and T1), with further reduced VOI,
was generated for the purpose of bulk tissue HU calculation. The most distal part
of the skull was used as the anatomical landmark for image cropping in the axial
direction. This landmark was either the base of the occipital bone or the mastoid
process depending on the patient positioning. The reason for this step was to reduce
the impact of voxels not likely to be within the beam path on the bulk tissue HU
estimations. The second reason was to reduce the impact of large metallic artefacts
from dental implants shown in figure 3.2b.

3.2

Generation of head volume mask

Generation of a binary mask, covering entire head volume including inner air cavities,
was an important step for several reasons. Firstly, the binary mask was used for
classification and distinguishing of the inner air within the head volume from the
background air. The mask was also used as the template for the further segmentation
into single tissue classes. Secondly, the modification of this mask, where inner voxels
were replaced by corresponding HU of water and the air HU was assigned to the
background served as the reference water-filled fCT (fCTw) in dose comparisons.
And finally, the binary head volume determined the VOI from which were calculated
all metrics that were used for the evaluation of the segmentation accuracy.
3.2.1

Morphological operations and connected-component labelling

The morphological binary image processing was repeatedly used in several stages of
medical image processing employed in this thesis. Binary morphological operations
were used for e.g. the thermoplastic mask removal, generation of the head binary
mask and calcification detection as well as for automated skull-stripping which was
necessary for the brain tissue segmentation. Especially the opening operation, which
is simply the erosion followed by dilatation, has frequently been used. The purpose
of this section is, therefore, to preclude the repetitiveness in method description in
following chapters. It should be noted, that all the presented methods and operations
are well applicable in the 3D image processing, however, for simplicity and better
understanding are the basic principles demonstrated on simple 2D binary images.
The elementary principle behind the binary morphology is to probe the image
with a kernel that has a pre-defined shape. This binary kernel is called the structuring
element represented as B in equations (3.2) - (3.4). This structuring element B is
primarily drawing conclusions on how this shape misses or fits the shapes in the
binary image [71, 72].
Morphological dilatation and erosion In the morphological image processing
the binary image is represented as a collection of non-zero points of the plane P . The
transformation Xz = {y | y = x + z, x œ X} defines the translation of the set X µ P
by the vector z œ P . The equation (3.1) shows Minkowski addition X, B µ P which
is also known as dilatation [72]. The process of dilatation is shown by figure 3.4.
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Figure 3.4: Dilatation of 2D binary image with 8-neighbourhood structuring B (left)
and eroded image (right) (source: [73]).

X ü B = {x + b | x œ X, b œ B}

(3.1)

figure 3.5 displays the process of morphological erosion, also called the Minkowski
subtraction, which is described by equation (3.2) [72].

Figure 3.5: Erosion of 2D binary image with 4-neighbourhood structuring B (left)
and dilated image (right) (source: [74]).

X ° B = {z œ P | Bz ™ X}

(3.2)

Morphological opening and closing Besides the dilatation and the erosion,
there are two secondary commonly used morphological operations that are termed
as opening and closing. Especially, the opening is handy for an elimination of small
image components [71]. The opening is described by equation (3.3) as the erosion
followed by dilatation.
X ¶ B = (X ° B) ü B

(3.3)
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The closing of the binary image can be written as the erosion that follows after
the dilatation in the way as is shown in equation (3.4).
X • B = (X ü B) ° B

(3.4)

Connected-component labeling The connected-component labelling can be
used for the partitioning of the binary image into the disjoint sets (components).
This method was used e.g. for the automatic skull stripping, where the brain
volume was detected as the largest component of the eroded soft tissue label. The
connected filter works in the way of merging the connected components and assigning
them new label numbers, colours or different grey levels [72]. The process of the
connected-component analysis is displayed by figure 3.6.

Figure 3.6: Process of connected-component labeling in 2D binary image (source:
[75]).
3.2.2

Removal of thermoplastic mask from CT

CT images used for RT planning must be acquired with the patient in the treatment
position. Consequently, all CT images contained the fixation and positioning devices
such as thermoplastic masks or positioning boxes. Thermoplastic masks are not
visible in MRI, and therefore, they need to be removed from the CT image to allow
a one-to-one comparison against prospective pCT. Moreover, the presence of such
background objects would pose a problem for the generation of the binary head mask.
The thermoplastic mask removal was accomplished via an appropriate combination
of fundamental image processing operations. In a first step, the 3D median filtering
was applied in the CT image in order to remove noise and decrease the intensity
within small components, which belong to the thermoplastic mask, by taking the
neighbourhood background air voxels into account. The initial binary head mask
was generated by applying a relatively high threshold of ≠250 HU, separating the
background air voxels from those with higher intensity. A relatively high threshold
helped with a further elimination of small elements that were located outside of the
head volume.
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The conversion into binary image enabled the use of morphological image processing such as the erosion which was applied for further elimination of small islands
having a high HU and for generation of disjoint sets that could be easily detected and
removed by the connected component labelling. The final step was the application
of dilatation with slightly larger structuring element to substitute losses caused by
both, the use of high HU threshold (≠250 HU), and by the morphological erosion.
The final binary mask could be then easily used for the removal of the thermoplastic
mask from the CT image as it shown in figure 3.7.
(a)

(b)

(c)

Figure 3.7: CT volume after the thermo-plastic mask has been removed. Axial (a),
sagittal (b) and coronal view (c).
3.2.3

Filling of air cavities

The filling of the holes in 3D images comes with special conditions that must be
taken into account. This in particular applies to holes that are not fully closed in the
three-dimensional space. Good examples of such cases are nasal cavities or external
auditory canals. Although these cavities are represented as holes in two-dimensional
coronal and sagittal plane, these holes are open in the 3D space or the axial plane.
Consequently, the 3D flood filling algorithm fails in the filling of such holes.
Active-contour model The aforementioned problem was solved by the use of an
active contour model which is also known as a snake. The snake fulfilled a role of
artificial plasters for closing all the opened holes in the axial plane such as mouth
cavity, upper airways and external auditory canals.
The goal of active contour model is, in general, to integrate the measurements of
local image changes such as edges and lines into the form of contours delineating
the entire image objects. It is an energy minimising problem searching for the curve
travelling across the image regions with small values of the energy function. The
simple snake can be parametrically described as v(s) = (x(s), y(s)) and its energy
can be then written as it is shown in equation (3.5), where Eint is the internal energy
of the contour by cause of bending, Eimage give rise to the image forces and Econ
represents the external constraint forces. The constraint energy is the optional term
that can be used for interactively guiding the snake away or towards to specific
features [76].
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ú
Esnake
=

⁄ 1
0

Esnake (v(s))ds =

⁄ 1
0

Eint (v(s)) + Eimg (v(s)) + Econ (v(s))ds

(3.5)

The internal energy of the snake, which is expressed by equation (3.6) consists of a
one first and one second order term. The first order term causes snake behave as
a membrane and its weight –(s) controls the relative importance of this behaviour.
The second order term, which is controlled by a weight —(s), makes the spine act
like a thin plate [76]. The role of these weights that are determined by user is to
control the amount of stretch and curvature in the snake, and therefore, to rule the
level of constraints on the shape of the contour.
Eint = (–(s) | vs (s) |2 +—(s) | vss (s) |2 )/2

(3.6)

Energy of the image shown by equation (3.7) is a weighted combination of three energy
terms (Eline , Eedge , Eterm ) where each of them makes the snake attracted to different
image features such as lines, edges and termination. Weights (wline , wedge , wterm )
determine the impact of single energy terms on the final energy of the image. In the
case of Eline the sign of the weight wline makes snake to be attracted either to dark
or light lines. The termination energy Eterm takes advantage of principle that the
curvature of level lines in a smoothed image can be used in detection of features like
terminations and corners in the image [76].
Eimg = wline Eline + wedge Eedge + wterm Eterm
3.2.4

(3.7)

Generation of filled head mask

The only input into the filled head mask generation process was the binary volume
without the components of the thermoplastic mask. In a first step, two active contour
models were applied in axial slices of the input image by use of the Skimage Python
library. These axial slices were slightly smoothed by the utilisation of the Gaussian
kernel in order to emphasise gradients around edges.
The reason for the application of two snakes was a requirement on contour to
behave like balloon or plaster that would close the nasal and mouth cavities. However,
this effect would be not desirable for proper delineation of ear lobes. Consequently,
the first snake was used for generation of the anterior mask with weights optimised in
a way that made the contour finely delineate the shape of the nose while the balloon
effect did not let it proceed to move further inside to cavities. This behaviour is
shown in figure 3.8a, where the blue line represents the actual snake, and the red
dashed line is the initial contour obtained from dilated version of the binary head
mask. The second snake, which was used for generation of the posterior mask, is
shown in the figure 3.8b. In this case, all weights were selected to reduce the amount
of stretch and curvature in the snake to get rid of inheritance of earlobes from the
initial contour. This contour was, in this case, obtained using the image closing
operation applied on the binary head mask.
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(a)

(b)

(c)

Figure 3.8: Generation of anterior and posterior masks for filling of open air cavities
in binary mask obtained from the CT image by use of active contour model. Outer
contour for generation of the anterior mask (a). Inner contour for generation of the
posterior mask (b). Filling of open air cavities using the generated masks (c)
The iteration number was reduced to 50 in order to shorten the computation
time needed for the generation of final contours. Since contours were optimised to
delineate only structures that occur in specific locations, the application of snakes
was, therefore, reduced into the defined range of axial slices. Moreover, this step
further reduced the computation time and more importantly, it decreased the risk of
faulty delineations of structures located in more superior and inferior regions.
The readily detectable tip of the nose with a margin of two slices in superior
direction was used as the anatomical landmark for termination of anterior mask
generation process. In the case of the posterior mask was used the relative range of
axial slices that covered the entire ears in all the tested patient cases.
Subfigure 3.8c show the combination of generated masks covering all the open
cavities. Since these masks did not cover all closed holes located within the head
volume, the 2D flood fill algorithm was applied separately to all the axial slices in
order to fill remaining cavities. This step followed by slight dilatation resulted in the
final binary head mask.

3.3

Tissue stratification for MR-only RT

The CT tissue stratification was together with the bulk tissue HU estimation necessary
steps in the generation of flattened CT (fCT) images. The segmentation was
performed using two image modalities, CT and T1 weighted MR images. Hence, two
different segmentation methods were selected based on properties of the source image
and desired segmentation outputs. The K-means clustering was found suitable for
the label generation in the case of tissues with high signal-to-noise ratio (SNR) in CT
image. Brain tissue consisting of the cerebrospinal fluid (CSF), white matter (WM)
and grey matter (GM) that have all low SNR in the CT were segmented using the
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T1 MRI as the source image. The Markov Random Field with Iterated Conditional
Modes optimisation (MRF-ICM) algorithm, taking the information from the voxel
neighbourhood into account, was employed in this process.
3.3.1

CT image segmentation

All tissue classes with high SNR in CT images, and therefore, with significantly
different HU values were segmented by use of the K-means clustering. These tissues
were fat, water-rich tissue, bone marrow and compact bone. The label for air cavities
was acquired from the intensity thresholding with a threshold of ≠500 HU. This
threshold was carefully selected based on reports in literature [77] and partly from
the testing upon the segmentation process. The main goal was to mitigate the impact
of strong partial volume effects at the interface between the air and tissue classes on
the estimation of bulk tissue HU values. The K-means CT segmentation, therefore,
covered only voxels located within the head mask excluding all voxels belonging to
air class.
K-means segmentation K-means clustering belongs to a group of partitioning
clustering methods. The main goal of K-means clustering is to divide input data points
X = {x1 , ..., xN } into K clusters by minimising the following objective function:
JKM =

N ÿ
K
ÿ

n=1 k=1

Îxn ≠ ck Î2 ,

(3.8)

where Îxn ≠ ck Î2 is a chosen distance measure between data point xn and cluster
centre ck . The variable Nk denotes the number of data points in corresponding
cluster Ck [78]. An overview of K-means clustering is shown in figure 3.9.

Figure 3.9: Diagram showing the principle of K-means clustering algorithm
Each voxel is in the K-means based image segmentation characterised by a
feature vector. This vector consists of one or more components, where each of these
components represents one feature employed in the clustering process. These feature
vectors are formed into the input matrix X with a dimension of M ◊ N , where M
denotes the number of features.
In the present study, feature vectors including two components were defined for
the purpose of the CT segmentation. The first component was the original voxel
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intensity in HU units. The second feature was median intensity obtained from the 3D
kernel surrounding the voxel for taking the information from the voxel neighbourhood
into account. The other reason for using this feature configuration was the existence
of literature records showing that 2D K-means clustering using two features provided
better bone segmentation outcomes than in comparison with other clustering methods
such as Fuzzy C-Means and 1D K-means clustering with the one image intensity
feature [79]. The kernel size used for the median image filtering varied based on slice
thickness of the CT image. This kernel size was calculated based on the resolution
of the CT image input. The kernel approximating the ball or ellipsoidal shape with
a radius of 2 voxels in all three image planes was used in the case of CT images with
the slice thickness of 1 mm. In the case of slice thickness of e.g. 2 mm, kernel radius
of 1 voxel in the anterior-inferior direction was employed. The generation of the
median filtered image was accomplished by use of the SimpleITK library in Python.
An example of CT images that served as features is shown by figure 3.10.
(a)

(b)

Figure 3.10: CT images used as features for two-dimensional K-means segmentation.
The left image is the original CT (a) with cleaned background, and the right image
is the median-filtered CT (b) using the kernel radius of 2 voxels.
The Scikit-learn Python clustering library was employed in the execution of
the 2D K-means segmentation. The K-means++ method was used for the smart
selection of the initial cluster centres. This method tries to initialise centroids in a
way that they are far apart from each other using probability measures [80]. The
final tissue class label numbering was determined based on increasing order of mean
HU values within the clusters. The connected component labelling was employed in
the separation of calcifications and foreign objects from the bone labels.
Number of clusters In total, six clusters were used for the clustering where waterrich tissue and fat were each represented by one cluster and spongy and compact bone
classes were each covered by two clusters. In this thesis, the terms of spongy and
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compact bone refer rather to bone compartments having a low and high density in CT
than to the anatomical structure of bone tissue. The presented cluster configuration
was selected based on intensity histogram of head CT image, where bones expressed
high variance of HU values without visible distributions in comparison with water-rich
tissue and fat classes where distribution peaks were clearly detectable. Moreover,
the silhouette coefficient was calculated in order to verify that data points lie well in
their clusters, where the silhouette coefficient is defined as
N
1 ÿ
b(i) ≠ a(i))
s̄ =
,
N i=1 max {a(i), b(i))}

(3.9)

where variables a(i) and b(i) denote the intra-cluster distance and the mean nearestcluster distance for each data point [81].
3.3.2

MR image segmentation

The precise soft tissue contrast in MRI images allows relatively easy, reliable and
fast segmentation of soft tissue classes such as fat, CSF, the white, and grey matter,
that might have some effects on the dose performance of the prospective pCT.
However, noise and low, spatially non-consistent MR signal intensity within tissue
classes are leading causes of the decrease of K-means classification accuracy. Thus,
there was raised a need for more advanced segmentation algorithm taking the voxel
neighbourhood information into account.
T1 MRI pre-processing T1 MRI images were selected as an input for the brain
tissue stratification. This process required the execution of a skull stripping on the
MR image. This process was accomplished by applying the image opening together
with connected component labelling within the binary tissue label. This label was
taken from the 2D K-means segmentation of the coregistered CT image. The result
of skull stripping is shown in figure 3.11.
(a)

(b)

(c)

Figure 3.11: The process of skull stripping by applying the morphological opening
and connected component labelling on binary tissue label taken from the CT image
segmentation (a). The generated brain label overlaid on the T1 MRI (b) and 3D
visualisation of the brain mask (c).
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The potential signal inhomogeneity in T1 MR images was corrected by use N4ITK
Bias Field Correction module implemented in 3D Slicer that performs image bias
correction with the N4 algorithm [82]. The contrast inconsistencies among T1 images,
introduced mostly by the use of contrast agents, were further resolved by thresholding
out the intensity outliers. This step was followed by intensity normalisation applied
within the brain tissue label.
MRF-ICM algorithm The use of Markov random field covers issues that are
of particular importance in the MR image segmentation. Such issues are e.g. the
neighbourhood correlations and spatial inhomogeneities in MR signal [83]. The base
of ICM algorithm lies in minimising the following energy function:
fij (w) =

1 xij ≠ µw 2
(
) ≠ —uij (w) + ln”w ,
2
”w

(3.10)

where the potential — is a weighting factor. This factor estimates how much is the
final segmentation influenced by neighbourhood uij (w) of the voxel xij . The number
of neighbourhood voxels classified into same tissue class w is acquired from the
Gaussian mixture model (GMM) simulated by convolution between tissue labels and
3D kernel. This kernel covers the selected voxel connected neighbourhood.
The energy value is computed point-wise, and new labels are generated to classify
voxels into the class corresponding to the smaller energy value. Means µ, standard
deviations ” and neighbours uij (w) are updated at each iteration based on new
classification obtained from minimising the energy function. The classification
process is repeated. The initial image segmentation is usually generated by use of the
K-means clustering, and the MRF-ICM process ends when no single voxel changes
are detected or when the predefined number of iterations is reached. The process of
MRF-ICM segmentation is depicted in the figure 3.12.

Figure 3.12: Diagram showing the principle of MRF-ICM segmentation algorithm.
In this study, the initial neighbourhood information was generated from 3D
convolution between tissue labels extracted from the K-means segmentation within
the brain mask and 3D kernel covering the 18 voxels connected neighbourhood. The
ICM optimisation was terminated when single voxel did not change a tissue class
between individual iterations or when five iterations have been completed. This limit
for iteration count was used in order to further shorten the computation time and
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to prevent the algorithm from exaggerative smoothing of brain tissue labels caused
principally by the low contrast in some of the T1 images. The MRF-ICM algorithm
used in this study was implemented through coding in Python.
3.3.3

Bulk tissue HU estimation

A determination of bulk HU values is the input needed for the pseudo-CT (pCT)
generation using one of the voxel-based methods. The estimation of bulk HU values
was, therefore, the essential step in the production of flattened CT (fCT) images.
Bulk HU values were estimated as averages from corresponding tissue binary
labels within CT images. Mean HU values were initially calculated for each of 10
selected CT images separately. The final bulk CT number was determined as the
average of these estimates. This strategy further guaranteed the equal contribution
of each of selected CT images into the final results despite variation in the spatial
resolution. Since the brain tissue labels were generated from the MR image, the
registration error might have been responsible for uncertainties in the label positioning
when labels were overlaid on the CT image. This positioning error would certainly
cause discrepancies in bulk tissue HU estimation.
Furthermore, the fundamental property of CT image such low SNR in soft tissue
regions and high partial volume effects might influence the bulk HU estimation as
well. The impact of all these undesirable effects was, therefore, reduced by application
of the morphological erosion on tissue labels. In the case of CSF was the erosion
complemented with use of the connected component labelling. Hence, the average
CT number for CSF was estimated only from eroded ventricles. Modified brain tissue
labels are shown in figure 3.13. The HU value for air was calculated as the average of
all the image voxels (including background) with the intensity lower than ≠500 HU.
(a)

(b)

(c)

(d)

(e)

(f)

Figure 3.13: Original and eroded brain tissue labels issued for the bulk HU estimation.
CSF label (a), WM label (b), GM label (c) and corresponding eroded labels (d-f).
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3.3.4

Flattened CT images

The final head tissue stratification was generated through the fusion of the MRI-based
MRF-ICM brain tissue segmentation with the 2D K-Means segmentation of the CT
image. Such 3D array containing all the labels then served as the template for the
generation of all versions of flattened CT (fCT). In total seven fCT configurations
were generated by filling of the tissue labels with corresponding bulk HU values.
The fCT naming convention was for simplicity determined as fCTx. The number
x represents the count of tissue classes encompassed in the corresponding fCT
configuration.
The simplest fCT2 version included only the bone and average tissue HU values
assigned to the corresponding tissue labels. The bulk HU calculated from the soft
tissue label was, therefore, in the case of fCT2 assigned to the air cavities as well.
The most detailed configuration named fCT8 then encompassed eight bulk HU values
for the inner air, fat, soft (water-rich) tissue, spongy bone, compact bone, CSF,
WM and GM. The calcification label was filled with soft tissue HU value of the
corresponding fCT version. The fCTw with HU value of water (0) assigned to entire
head volume was generated as a reference image for dose comparisons. The following
seven fCT configurations were generated: fCTw, fCT2, fCT3, fCT4, fCT5, fCT7 and
fCT8.
The final step in fCT generation was the conversion of the 3D image arrays into
the DICOM format. This action required the generation of artificial DICOM tags
that are part of metadata attached to the medical image. This metadata is needed
for making the generated fCT images readable by TPS or other clinical applications.
Table 3.1 shows summary of generated fCT images.
Table 3.1: An overview of generated fCT images and the tissues included in each
version
fCTw
Water

fCT2 fCT3 fCT4 fCT5 fCT7 fCT8
-

-

-

Air cavities
Fat
Tissue
Bone
Spongy bone
Compact bone

-

-

-

-

-

CSF
White matter
Grey matter

-

-

-

-

-

-

-

-

-

-

-
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3.4

Generation and processing of RT plans

All the RT plans included in this work were created in Pinnacle 16 (Philips, Netherlands) treatment planning system (TPS). Two groups of RT plans were generated.
The first group comprises of a large number of simplified plans used for PTV position
dose analysis. The second group encompassed so-called technical approximations of
clinical plans generated in Pinnacle TPS based on real clinical data. These plans
served as verification for whether the outcomes of the PTV position analysis are
valid also for RT plans that are similar to those employed in clinical practice.
3.4.1

PTV position analysis

Brain tumours vary greatly in position, size, and shape. Especially the position may
be of particular importance regarding dosimetric properties. The hypothesis was
such that medially located PTV surrounded by water-rich tissue may have different
requirements on the accuracy of fCT tissue stratification in comparison with PTV
located more laterally in the proximity or directly covering the skull.
The use of multiple RT plans with PTV positions distributed in a manner that the
entire brain volume is covered appears to be a good way of investigating dosimetric
properties of all of the generated fCT versions. The PTV dose position analysis
presented in this thesis was carried out on a cohort of 10 patients. In total six PTV
positions and corresponding RT plans were generated for each of the patients. These
CT-based plans were then simulated on all seven fCT configurations. This analysis,
therefore, encompassed 480 RT plans.
PTV parameters and positions The first stage of the PTV position dose
analysis was to determine the shape and size of the PTV, whereupon the spherical
PTV with a diameter of 4 cm was selected. The primary reason for this selection
was a good comparability and simple reproducibility of PTV contours. Moreover, a
similar approach using spherical PTV with diameters ranging between 2 and 7 cm
was reported in literature [1, 61, 64, 84, 85].
These spherical PTV contours were placed in six positions covering the entire
cerebrum and cerebellum. The first PTV (annotated as SC) was placed superiorly
in the brain centre between the two hemispheres. PTVs were further positioned
anteriorly (A) within the frontal lobe, and posteriorly (P) partly including both
parietal and occipital lobes. Next two PTVs were placed contralaterally towards the
left (L) and right (R) roughly covering the temporal lobes. Since the head symmetry
might be a potential cause of duplicates in results, the PTV R was moved more
laterally to partially cover the skull. The last sixth PTV was positioned in the
cerebellum (CR). Figure 3.14 shows all the PTV positions and the selected naming
convention.
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(a)

(b)

Figure 3.14: Distribution of six spherical PTV with diameter of 4 cm throughout the
brain. Displayed are the superior-central (SC) - red , anterior (A) - blue, posterior
(P) - green, left (L) - cyan, right (R) - magenta and cerebellar (CR) - orange PTVs.
RT planning process The RT planning process started with the selection of
the primary CT image, which was used for dose calculations. For the purpose of
the PTV position analysis, a modified version of the CT images was used. Here,
calcifications were replaced by the average HU value of soft tissue, and all voxels
that were exceeding HU value of 2000 were filled with mean compact bone value (see
table 4.1). The thermoplastic mask (TM) was removed as well. This modification
was carried out to ensure that only the tissue detectable by MR imaging and/or pCT
generation algorithm had an impact on dose comparisons. The CT-density table was
obtained from TYKS, and electron densities listed in this table were converted into
the mass density required by the Pinnacle.
The LINAC parameters that correspond to the Novalis Tx (Varian Medical
Systems, USA) machine equipped with the HD-MLC were selected for the RT
planning process as the use of this LINAC was detected in the majority of TYKS RT
plans. This LINAC is designated for delivery of highly focused SRT/SRS treatments.
The HD-MLC is folded from 60 leaf-pairs where leaves located in the central part of
MLC have a width of 2.5 mm while those located at the edges have a width of 5 mm.
Two VMAT arcs with isocenter located in the centre of the spherical PTV were
used. The first coplanar arc had a full arc of 360¶ and was parallel to the axial plane.
The second 180¶ arc was perpendicular to the axial plane, and the MLC field was, in
this case, rotated over the 45¶ in order to further improve the MLC shaping around
the PTV. The primary aim of employing the second arc was to enable very steep
dose gradients surrounding the PTV.
A fine control point (gantry) spacing of 2¶ was selected in order to reduce small
but conspicuous interpolation errors that can occur when a gantry spacing of e.g.
4¶ is applied [32]. The spatial resolution of the 3D dose grid, which is employed in
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dose calculations was selected to be 2 mm in all three coordinates. A similar dose
grid resolution has been previously reported in literature for brain and head&neck
RT planning [32, 86]. Moreover, this resolution was observed in the majority of the
IMRT plans and some of the VMAT plans that were obtained from TYKS.
Two additional RT contours were automatically generated for each of the PTV
positions in order to better guide the dose optimiser to the desired dose gradients.
These structures were generated by use of scripting in Pinnacle. The first structure
covering the entire head volume excluding the PTV + 0.5 cm margin served as an
avoidance structure (see 3.15a). The second contour was a RING or sphere covering
2 cm margin directly around the PTV (normal tissue), which was used as simplified
OAR in subsequent DVH analysis (see 3.15b). Examples of these RT structures and
arrangement of dynamic VMAT arcs are shown in figure 3.15.
(a)

(b)

(c)

Figure 3.15: Avoidance structure - green and PTV (red) (a). RING/sphere (blue)
that covers healthy tissue around PTV (red) (b). An arrangement of dynamic arcs
in the simplified RT plan (c). Full arc (levender) and perpendicular half arc (yellow).
Optimisation objectives All generated plans were optimised using the autoplanning feature in Pinnacle [87]. The direct machine parameter optimisation
(DMPO) algorithm [88] was employed in this auto-planning process. The PTV
position analysis included a generation of six reference CT-based VMAT RT plans
for each of the 10 patients (total 60 plans). Optimisation objectives, therefore,
had to be selected carefully in order to obtain well-optimised plans from the single
auto-planning trial. This condition was fulfilled through the selection of appropriate
LINAC, arc arrangement and especially by estimation of objectives such as dose
prescriptions and constraints.
The prescribed dose was selected to be 60 Gy divided into 30 fractions (2 Gy per
fraction) delivered to the PTV. This prescription roughly corresponds to the one,
which is clinically used in high-grade glioma RT treatment [41, 89]. The maximum
dose constraint that was assigned to the avoidance structure was determined as
10% of the prescribed dose. Even though this objective was not fully achievable,
this very strict dose constraint forced the optimiser to produce an RT plan with
PTV conformally covered by the 95% dose isosurface while having very steep dose
gradients adjoining the PTV.
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3.4.2

Technical approximation of clinical RT plans

Since the original RT plans from TYKS were generated using Varian Eclipse TPS,
and as Pinnacle does not allow the import of RT plans stored in DICOM format, the
RT plans could not be transferred into the Pinnacle TPS. A generation of so-called
technical approximations of the RT plans was therefore needed.
Clinical RT plans RT plan set including five IMRT (step-and-shoot) and five
VMAT clinical plans were selected from TYKS data. IMRT plans included either
single PTV or two PTVs. The simultaneous integrated boost (SIB) [90] with two
dose prescriptions was used in the case IMRT plans with two PTVs. Table 3.2 shows
an overview of selected cases and information relevant to the RT simulation process.
Table 3.2: An overview of the 10 patient cases selected for generation of technical
approximations of RT plans.
Case#
01
02
03
04
17
25
28
30
38
52

Tumour
secondary
secondary
secondary
primary
primary
primary
primary
primary
primary
primary

VMAT/SRT

-

IMRT
-

-

Surgery
-

SIB
-

-

fixation
TM
TM
TM
TM
TM
TM
TM
SRT-TM
TM
SRT-TM

RT planning process CT images with removed TM were here used as primary
images in the RT planning process. No further modifications were applied to these
CT images. LINAC parameters, gantry spacing, and CT-density table were selected
as identical to those employed in the PTV position dose analysis described above.
The spatial resolution of isotropic dose grid voxels was selected to be 2 mm for IMRT
and 1 mm in the case of VMAT plans. This selection was in agreement with original
clinical RT plan parameters apart from few exceptions.
Clinical RT structures stored in DICOM format were imported into the RT plan in
the TPS. In addition to PTV and OAR delineations, GTV, CTV, isodoses and other
auxiliary structures were usually available in each of the RT structure sets. Figure
3.16, therefore, shows examples including only a tiny fraction of contours, which were
involved in the RT simulation process. The presence of auxiliary structures (layers)
within the PTV was unique to the VMAT plans. These structures were used for
further dose escalation within the PTV in order to get as steep gradients around the
PTV as possible according to discussion with the TYKS oncologist.
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(a)

(b)

(c)

Figure 3.16: Examples of essential RT contours extracted from clinical data. RINGs
and normal tissue usually used as avoidance regions are displayed as green areas.
Contours for IMRT plan with single PTV (red) (a) and IMRT plan with simultaneous
integrated boost (SIB) into the second PTV (yellow) (b). Contours for VMAT plan
with one PTV (red) and auxiliary structures used for further dose escalation are
displayed within the PTV (c).
The beam or arc geometry and isocentres were imported into the TPS using
Pinnacle scripts. These scripts were generated by other script implemented in
MATLAB (Mathworks, USA) that was developed and kindly provided by Gregory
Bolard from Clinique de Genolier (Switzerland). The RT plan saved in DICOM
format was the only input required. Since this script was originally compatible with
VMAT RT plans only, a slight modification had to be applied in order to enable
import of IMRT beams into RT plans in Pinnacle. Both, coplanar and non-coplanar
arrangements of beams or arcs were used in selected RT plans.
Optimisation objectives The major challenge in the generation of clinical RT
plan approximations was the optimisation process as information about original planning objectives was not included in the original datasets. These objectives, therefore,
had to be estimated from the clinical dose distributions. This was accomplished
through calculation of label statistics, in a similar manner as done previously in the
case of bulk HU estimation as described in subsection 3.3.3. The main difference was
that instead of using a CT image, the dose distribution volume was used where the
voxel intensity was given in Gy. Labels were generated from delineations of target
volumes, auxiliary structures and avoidance regions.
Dose calculation grid resolution defined the spatial resolution of the 3D dose
distribution. The mean dose values from PTV labels in the case of IMRT plans
and from labels of auxiliary structures in case of VMAT plans were then used as
dose prescription objectives in the TPS. Dose constraints were estimated based on
maximum and mean doses, which were calculated from avoidance regions and RING
labels. Dose recommendations listed in table 2.1 were taken into account in the RT
planning process as well. The auto-planning process using the DMPO algorithm [91]
was employed in the RT plan optimisation process, similarly as done for the PTV
position dose analysis. The auto-planning usually resulted in sufficiently optimised
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VMAT RT plans on the first run, while several subsequent optimisation steps were
typically needed in case of IMRT plans in order to approximate PTV coverage by
95% isodose surface.
3.4.3

RT plan simulation on fCT images

RT plan recalculation Both simplified RT plans with spherical PTV and technical
approximation of clinical RT plans were simulated on all seven versions of the
generated fCT volumes listed in table 3.1. The plan simulation was done by copying
the optimised RT plan to the fCT image for dose calculation. Since the fCT image
in this evaluation is merely a segmented version of the CT image, there is no need
for image registration. All planning parameters and optimised objectives, therefore,
remained identical when one compared them to those of the reference CT-based
RT plan. Plan recalculation was accomplished using the Adaptive convolution
superposition algorithm [91] and the recalculation resulted in a new dose distribution
volume reflecting the intensity parameters of the fCT image.
Automated RT plan simulation The dose analysis presented in this thesis
required 490 RT plan simulations on fCT images. The analysis of such an amount of
plans was made viable only by implementing an automated RT plan recalculation
workflow. This automated workflow was implemented by Unix shell scripting that is
capable of running the Pinnacle TPS. The Pinnacle scripting was responsible for
an execution of the RT plan recalculations and subsequent planning data export.
Multiple DICOM server connections were established for the purpose of automated
data export from the Pinnacle virtual machine running on Solaris OS and also for
the subsequent data sorting in destination directories on the physical workstation
running the Microsoft Windows 10 OS. Diagram 3.17 shows the core principle of the
automated RT plan simulation workflow.

Figure 3.17: Diagram showing the principle of automated RT plan simulation on
fCT images and planning data export for further analysis.

3.5

Data evaluation methods

The evaluation methods employed in this thesis can be divided into two groups. The
first group consists of measures used for image quality assessment of the generated
fCT images. The second method group is dedicated to the RT planning quality
assurance and primarily to dose comparison methods.
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3.5.1

Image quality evaluation

The error between CT and fCT images can be quantified through a voxelwise comparison and summarised as for example the mean error (ME) or mean absolute error
(MAE) usually calculated within the entire FOV [48]. However, these metrics tend to
be lowered with increasing number of voxels filled with HU values corresponding with
those of water or air [43]. Abundant and from the analysis point of view uninteresting
background air voxels would, therefore, have a large impact on estimation of mean
errors. Consequently, all the mean errors were calculated only for those voxels located
within the patient volume. The binary head volume mask (see subsection 3.2.4)
was utilised in the calculation of average errors. Moreover, all the outlier voxels
(e.g. clips, calcification) were excluded from the error calculations. Mathematical
formulations for ME and MAE are
n
1 ÿ
ME =
f CTi ≠ CTi ,
N i=1

M AE =

n
1 ÿ
|f CTi ≠ CTi | ,
N i=1

(3.11)

(3.12)

where CTi is ith CT (reference) voxel and f CTi is ith fCT (comparison) voxel used
for the error estimation. Number N defines a number of voxels allocated inside of
the patient head volume with reduced FOV in order to exclude the neck region. ME
and MAE were individually estimated for all the fCTx-CT pairs of 10 patient cases
which were also used for purposes of bulk HU estimation and PTV position dose
analysis. The final mean errors were calculated for all the fCT versions from the
individual ME and MAE estimates. MAE and ME from the single tissue labels were
estimated in the same manner.
3.5.2

Dose comparisons

All the methods and metrics used in dose comparisons were handling the CT-based
dose calculation data as a reference, and the fCT-based dose recalculations were
handled as a comparison datasets. Dose comparisons were carried out for all the fCTxCT pairs using the outcomes from both PTV Position and technical approximation
of clinical RT plans as input data.
DVH analysis DVH graphs and statistics were estimated from PTVs and selected
OARs or RINGs covering the normal tissue in the case of PTV position analysis. The
composition of OARs varied case by case depending on availability of RT contours
and dose distribution coverage. The list of evaluated OARs corresponded with the
one from table 2.1. DVH statistics from a single PTV were evaluated in case of the
simplified VMAT RT plans (PTV position analysis) and basic IMRT RT plans. In
the event of clinical approximations of VMAT and IMRT-SIB RT plans, there were
always two PTV contours (PTV 1 and PTV 2) included in the DVH analysis. The
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PTV 2 contour was already present in the original IMRT-SIB TYKS data. However,
the PTV 2 was in the case of VMAT RT plans generated from the auxiliary structure
which was in the clinical 3D dose distribution roughly covered by 95% isodose surface.
The role of PTV 2 was to capture dose escalations within the entire PTV volume
(P T V 1 + P T V 2). DVH statistics including Dmean , D2% , D50% , D95% , D98% and V95%
were calculated from the PTV region. The ICRU conformity index (CI) was further
estimated for the simplified VMAT plans, where the CI is defined as
CI =

TV
,
PTV

(3.13)

where the treated volume (TV) was estimated to be the 95% isodose volume V95% .
The TV was calculated as the sum of V95 obtained from both, the PTV and the
RING. Percentual differences of selected DVH statistics and CI between CT and
fCT images were calculated for the purpose of dose comparisons.
Gamma analysis The 3D gamma analysis was performed in this study using
a 1%/1 mm passing criterion. The implementation of the fast gamma analysis
algorithm, earlier described by M. Wendling, et. al (2007), was employed in our
analysis [92]. This implementation used the global normalisation to the maximum
dose distribution point for the evaluation of D criterion.
The dose distribution voxel percentage to pass the gamma criterion was determined to be 99%. The gamma statistics was calculated from the 75% isodose volume
covering high dose regions including the PTV and surroundings. Hence, a decision
whether the case passes the gamma criterion or not was made based on data from
this isodose volume.
Gamma and dose 3D distributions were generated from the entire patient volume
in order to get visual information from the less clinically relevant low dose regions as
well. The gamma analysis was selected because it allows for an objective passing
criteria which is convenient for evaluations. However, as there was no registration
misalignment between CT and fCT images, the DTA criterion might, therefore, be
of a lower significance. Hence, 3D dose difference maps (CT - fCT) were generated
in addition to the gamma distributions.
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4
4.1

Results
Head volume mask

The initial step in generating a binary mask of the head was the removal of the
thermoplastic mask (TM). The TM removal was carried out using the combination of
intensity thresholding (≠250 HU), connected component labelling and morphological
operations. The concept and an example of the result of this process are shown in
figure 4.1.
(a)

(b)

(c)

Figure 4.1: Removal of the thermoplastic mask (TM) from the CT image. Original
CT (a), identification of the patient volume and the TM components (b). Modified
CT after the TM component has been removed (c).
Holes inside of the binary mask were then filled using the anterior and posterior
masks generated through the active contour model. Any remaining holes were filled
using the 2D floodfill algorithm as described in subsection 3.2.4. An example of filled
binary head mask is shown in figure 4.2.
(a)

(b)

(c)

Figure 4.2: Binary volume mask of the head. Axial (a), sagittal (b) and coronal view
(c).
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4.2
4.2.1

Tissue stratification for MR-only RT
CT image segmentation

2D K-means clustering was employed in the tissue segmentation from CT images
using all the voxels with intensity higher than ≠500 HU that were located within
the head mask. This clustering method used six classes where the two soft tissue
compartments (fat, water-rich tissue) were represented by one class each, and two
bone compartments were each divided into two classes. The silhouette coefficient of
0.64 (see equation 3.9) for this classification setup indicated good allocation of classes
among the voxel intensity distribution. The CT segmentation result displaying all
segmented tissue labels is shown in figure 4.3. A calcification label can also be seen
which was separated from the bone class by use of connected component labelling.
(a)

(b)

(c)

(d)

(e)

(f)

Figure 4.3: CT image (a-c) with K-means segmentation of the same CT image (4
labels) (d-e). There is shown an extra label for calcifications located in the central
part of the brain (f). Axial (a, d), sagittal (b, e) and coronal view (c, f).
4.2.2

MR image segmentation

The brain tissue segmentation was carried out on T1 MR image for voxels located
within the brain volume. This volume was obtained through skull stripping of the
registered CT image as presented in subsection 3.3.2. Figure 4.4 shows images
capturing the neighbourhood of tissue labels (CSF, WM, GM) that were acquired
from the initial K-means brain tissue segmentation (see subsection 3.3.2). These
images were the product of the 3D convolution between tissue labels and the 3D
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kernel using the 18 neighbouring voxels. An example of original T1 MR image is
compared to final MRI segmentation in figure 4.5. This segmentation expresses a
superior spatial agreement with the MR source image. The use of neighbourhood
information compensated the impact the relatively low and spatially inhomogeneous
SNR in some MR image cases.
(a)

(b)

(c)

Figure 4.4: Neighbourhood probability maps obtained by convolution of the tissue labels with the 18 neighbourhood 3D kernel. These labels were derived from
the K-means initialisation. The CSF (a), grey matter (b) and white matter (c)
neighbourhood.
(a)

(b)

(c)

(d)

(e)

(f)

Figure 4.5: T1 weighted MR image (a-c) and corresponding MRF-ICM segmentation
(d-f) of the voxels located inside of the brain mask. This mask is denoted by the red
line in MR image (a-c). Axial (a, d), sagittal (b, e) and coronal view (c, f).
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4.3
4.3.1

Flattened CT images
Bulk tissue HU values

The FOV was cut in the inferior direction (see figure 4.6) in order to reduce the impact
of voxels not likely to be within the beam path on the bulk tissue HU estimation.
Table 4.1 shows the average HU estimates across all 10 patient CT images for all the
tissue compartments included in each fCT version. The average HU value for air
cavities (≠986 HU) was identical to the value estimated for the background air.
The only tissue class whose HU varies over the different fCT versions is the "tissue"
class. However, this is simply because different voxels were included in this class
for many of the fCT versions. Firstly, in the case of fCT2 and fCT3 both fat and
water-rich tissue was included resulting in an HU value of 15. Secondly, fCT4 and
fCT5 tissue HU value was estimated only from the water-rich tissue label resulting
in a higher HU value of 47. And finally, in the case of fCT7 and fCT8, the mean
tissue value of 44 HU was calculated from the water-rich tissue when excluding the
brain tissue labels (CSF, GM and WM).
(b)

(a)

(c)

Figure 4.6: The final segmentation including both, CT and MRI-based labels, with
reduced FOV in the inferior direction. The FOV reduction was undertaken for the
purpose of the bulk tissue HU estimation process. Axial (a), sagittal (b) and coronal
view (c).
Table 4.1: Mean HU values across all 10 patient CT images and corresponding
standard deviations estimated for tissue classes encompassed in particular fCT
configuration.
fCT2
Air cavities
Fat
Tissue
Bone
Spongy bone
Compact bone
CSF
White matter
Grey matter

fCT3

fCT4

fCT5

fCT7

fCT8

≠986 ± 1.22 ≠986 ± 1.22 ≠986 ± 1.22 ≠986 ± 1.22 ≠986 ± 1.22
≠98 ± 11.87 ≠98 ± 11.87 ≠98 ± 11.87 ≠98 ± 11.87
15 ± 9.69
15 ± 9.69
47 ± 5.04
47 ± 5.04
44 ± 6.91
44 ± 6.91
935 ± 113.98
935 ± 113.98
935 ± 113.98
935 ± 113.98
575 ± 46.24
575 ± 46.24
1265 ± 86.95
1265 ± 86.95
-

-

-

-

16 ±
41 ±
53 ±

2.41
3.51
5.10

16 ± 2.41
41 ± 3.51
53 ± 5.10
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4.3.2

Flattened CT visualisation

Figures 4.7 and 4.8 show a visual comparison of fCT8 with the CT image using a
bone- and tissue-intensity windowing, respectively. Both comparisons show a very
good visual agreement in bone and tissue spatial composition. Some differences can
be observed though such as for the visualisation of calcification in the middle of the
brain as well as in the visualisation of the less dense bones such as C1.
(a)

(b)

(c)

(d)

(e)

(f)

Figure 4.7: A comparison of the CT image (a-c) with the fCT8 (d-f) using the bone
intensity window. Axial (a, d), sagittal (b, e) and coronal view (c, f).
(a)

(b)

(c)

(d)

(e)

(f)

Figure 4.8: A comparison of the CT image (a-c) with the fCT8 (d-f) using the soft
tissue intensity window. Axial (a, d), sagittal (b, e) and coronal view (c, f).
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4.3.3

Image quality evaluation

Mean absolute (MAE) and mean errors (ME) were calculated for all voxels located
within the binary mask with reduced brain FOV as presented in figure 4.6. The error
values are shown in table 4.2. The errors were further calculated within the single
tissue labels, and the results are shown in tables 4.3 and 4.4.
Table 4.2: Mean absolute errors (MAE) and mean errors (ME) in HU and standard
deviations from patient volume between fCT and CT images across all 10 patients.
fCT2
MAE
ME

134.79 ± 12.25
26.03 ± 28.45

fCT3

fCT4

111.51 ± 11.39
≠3.84 ± 24.36

fCT5

90.41 ± 8.97
≠4.65 ± 25.24

59.66 ± 3.91
≠4.18 ± 14.76

fCT7

fCT8

90.37 ± 9.18
≠7.14 ± 25.17

59.63 ± 4.15
≠6.67 ± 14.64

Table 4.3: Mean absolute errors (MAE), and their standard deviations between fCT
and CT images in HU estimated within the tissue labels across all 10 patients.
fCT2
Air cavities
Fat
Tissue
Bone
Spongy bone
Compact bone
CSF
White matter
Grey matter

84.35 ± 9.80
360.13 ± 34.17
-

fCT3

fCT4

112.44 ± 9.81
53.76 ± 6.51
360.13 ± 34.17
-

fCT5

112.44 ± 9.81
47.68 ± 8.55
21.46 ± 1.76
360.13 ± 34.17
-

112.44 ± 9.81
47.68 ± 8.55
21.46 ± 1.76
202.61 ± 21.39
187.16 ± 19.62
-

fCT7

fCT8

112.44 ± 9.81

112.44 ± 9.81

27.32 ± 8.88
10.47 ± 2.91
14.68 ± 2.21

27.32 ± 8.88
10.47 ± 2.91
14.68 ± 2.21

47.68 ± 8.55
39.00 ± 2.61
360.13 ± 34.17
-

47.68 ± 8.55
39.00 ± 2.61
202.61 ± 21.39
187.16 ± 19.62

Table 4.4: Mean errors (ME) and their standard deviations between fCT and CT
images in HU estimated within the tissue labels across all 10 patients.
fCT2
Air cavities
Fat
Tissue
Bone
Spongy bone
Compact bone
CSF
White matter
Grey matter

32.85 ± 14.41
≠0.49 ± 113.98
-

fCT3
≠110.39 ±

fCT4
9.95

0.34 ± 9.69
≠0.49 ± 113.98
-

≠110.39 ±

fCT5
9.95

≠0.20 ± 11.87
≠0.46 ± 5.04
≠0.49 ± 113.98
-

≠110.39 ± 9.95
≠0.20 ± 11.87
≠0.46 ± 5.04
0.40 ± 46.24
≠0.16 ± 86.95
-

fCT7

fCT8

≠110.39 ±

9.95

≠24.96 ±
≠4.70 ±
≠1.92 ±

9.64
4.16
4.79

≠0.20 ± 11.87
0.13 ± 6.91
≠0.49 ± 108.14
-

≠110.39 ± 9.95
≠0.20 ± 11.87
0.13 ± 6.91
0.40 ± 46.24
≠0.16 ± 86.95

≠24.96 ± 9.64
≠4.70 ± 4.16
≠1.92 ± 4.79

MAE from the head volume (see table 4.2) decrease with increasing number
of tissue compartments up to fCT5 configuration (except the fCT7). MAE shows
the significant impact ( M AE = ≠21.10 HU) of soft tissue stratification into the
fat and water-rich tissue (fCT3 vs. fCT4). The bone stratification into two bone
compartments (fCT4 vs. fCT5) resulted in the even higher difference of ( M AE =
≠30.75 HU). However, the brain stratification had very low impact on MAE results
( M AE = ≠0.03 HU).
ME values served for the verification of the correct bulk HU assignment to
segmented labels. The low but non-zero ME values in tables 4.2 and 4.4 were the
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result of the rounding of calculated HU values into integers as well as the result of
using modified methods for the bulk HU estimation for the CSF, GM, WM, and air
cavities (see subsection: 3.3.3). Table 4.4 with ME from single tissue labels shows
very low errors for those tissues segmented directly from the CT image. An exception
was the fCT2, where the air cavities were filled with the soft tissue bulk HU value
(15,HU), and this is in turn resulted in larger ME of 32.85 HU.
For the visual evaluation of the fCT images were in addition to the MAE and ME
generated fCT-CT HU difference maps (see figure 4.9). There can be observed the
impact of adding the air cavities (fCT2 vs. fCT3), fat tissue class (fCT3 vs. fCT4)
and bone classes (fCT4 vs. fCT5 and fCT7 vs. fCT8). The impact of the brain
tissue stratification (fCT4 vs. fCT7 and fCT5 vs. fCT8) was visually negligible.
(a)

(b)

300

150

0

150

300

(c)

(d)

300

150

0

150

300

(e)

(f)

300

150

0

150

300

Figure 4.9: fCT versions and fCT-CT HU difference maps. Depicted are fCT2 (a),
fCT3 (b), fCT4 (c), fCT5 (d), fCT7 (e) and fCT8 (f). Colorbars show difference
scale in HU.
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4.4
4.4.1

PTV position analysis
Simplified radiotherapy plans

Simplified RT plans with spherical PTVs in six locations for each patient were created
for the purpose of PTV position dose analysis. The primary aim of the RT plan
optimisation was to achieve a PTV coverage by the 95% isodose volume while
maintaining steep gradients around the PTV. An example of such a simplified plan
is shown in figure 4.10.
PTV
95%
90%
80%
70%
60%
50%
40%
30%
20%
10%

Figure 4.10: An example of an optimised simplified RT plan with the PTV (seen as a
faint red line barely outside the orange 95% isodose volume) in superior-central (SC)
location. Isodose volumes normalised to the maximum dose point are colour-washed
(e.g. 95% isodose volume - orange).
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4.4.2

DVH analysis

DVH statistics and graphs were calculated for PTVs and RINGs overlaid on dose
distributions that were obtained from the optimised CT and fCT-based RT plans.
An example of the cumulative DVH for the PTV in the SC position is shown in
figure 4.11. This graph shows the reference CT in comparison with fCT8 and fCTw.
While the fCT8 shows a very small difference in both PTV and RINGs (less than
0.5%), the fCTw shows a difference in the range between 2% and 3% in comparison
with the CT. Dose differences of such ranges were observed in multiple DVH points
as it is shown in tables 4.5 and 4.6 presenting the percentage differences in selected
DVH point statistics.

DVH - PTV position analysis
1.0

PTV SC
RING SC

0.9
0.8
0.7

Vrel

0.6
0.5
0.4
0.3
0.2
0.1
0.0

0

1000

2000

3000

4000

D (cGy)

5000

6000

7000

CT
fCT8
fCTw

Figure 4.11: An example of DVH from the PTV position dose analysis for the PTV
SC position. The difference between CT, and fCT8 (dashed) and fCTw (dotted).
Table 4.5: Mean percentual difference (fCT-CT) of DVH statistics in the PTV for
single fCT versions in all the PTV position. Statistics are estimated from 60 fCT-CT
RT plan pairs for each fCT version (420 RT dose comparisons in total).
Dmean
D2%
D50%
D95%
D98%
V95%

fCTw

fCT2

fCT3

2.70 ± 0.65
2.82 ± 0.67
2.72 ± 0.66
2.50 ± 0.64
2.37 ± 0.62
≠0.19 ± 0.37

0.35 ± 0.43
0.41 ± 0.42
0.36 ± 0.43
0.23 ± 0.42
0.21 ± 0.41
≠0.28 ± 0.29

0.47 ± 0.37
0.49 ± 0.37
0.49 ± 0.38
0.38 ± 0.37
0.37 ± 0.38
≠0.34 ± 0.13

fCT4
0.18 ± 0.38
0.20 ± 0.37
0.18 ± 0.37
0.19 ± 0.37
0.19 ± 0.37
0.06 ± 0.13

fCT5
0.05 ± 0.21
0.06 ± 0.21
0.05 ± 0.21
0.06 ± 0.21
0.06 ± 0.21
0.04 ± 0.11

fCT7
0.25 ± 0.38
0.26 ± 0.38
0.25 ± 0.38
0.25 ± 0.38
0.25 ± 0.38
0.04 ± 0.12

fCT8
0.12 ± 0.21
0.12 ± 0.21
0.12 ± 0.21
0.12 ± 0.21
0.12 ± 0.21
0.02 ± 0.12
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Table 4.6: Mean percentual difference (fCT-CT) of DVH statistics for RINGs covering
the normal tissue for single fCT versions in all the PTV positions. Statistics from 60
fCT-CT RT plan pairs for each fCT version (420 RT plan comparisons in total).
fCTw
Dmean
Dmax
D50%
D90%

2.38 ± 0.65
3.18 ± 0.77
2.19 ± 0.62
2.17 ± 1.10

fCT2
0.37 ± 0.37
0.41 ± 0.56
0.38 ± 0.37
0.47 ± 0.35

fCT3
0.47 ± 0.33
0.37 ± 0.34
0.49 ± 0.30
0.58 ± 0.35

fCT4
0.17 ± 0.34
0.19 ± 0.34
0.15 ± 0.31
0.27 ± 0.48

fCT5
0.00 ± 0.28
0.06 ± 0.18
≠0.01 ± 0.26
≠0.12 ± 0.86

fCT7
0.24 ± 0.34
0.23 ± 0.34
0.22 ± 0.31
0.35 ± 0.48

fCT8
0.06 ± 0.28
0.10 ± 0.17
0.06 ± 0.26
≠0.05 ± 0.86

Mean differences of statistics in selected DVH points were evaluated based on both
fCT version and the PTV position. In general, there were some low, but nevertheless
substantial trends. Figure 4.12 shows results for Dmean and D95% DVH points.
An impact of the PTV position is evident only in the case of cerebellar position
(CR) where can be observed the clear effect of adding the air cavities (fCT2 vs. fCT3).
The superior fCT2 performance can be explained in the way that both, missing air
cavities (filled by soft tissue bulk HU) and fat classes cancelled each other out, while
this was not the case of the fCT3 which already includes the air cavity compartment.
All the other trends are related rather to the fCT configuration (HU assignment).
There is a clear impact of the tissue stratification into the water-rich tissue and fat
(fCT3 vs. fCT4). The noticeable effect of splitting the bones into two compartments
is visible as well. There was not detected a significant impact of the brain tissue
stratification (fCT4 vs. fCT7 and fCT5 vs. fCT8).
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Figure 4.12: Selected DVH statistics for all the CT versions based on the PTV
location. The mean differences and standard deviations between fCT and CT-based
RT plans were obtained using all 10 patient cases.
The PTV conformity index (CI) which is described in subsection 3.5.2 was
evaluated in the same manner, and the result can be observed in figure 4.13. The
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dose conformity was regarding the PTV position affected only in the case of anterior
(A) location. Here, adding of air cavities (fCT2 vs. fCT3) resulted in a decrease of
the standard deviation. There can be seen a clear impact of the soft tissue and bone
stratification that are more pronounced in comparison with figure 4.12.
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Figure 4.13: Mean differences and standard deviations of conformity index (CI) for
all the CT versions across the PTV locations.
In the high and median dose (D50% ) regions, the behaviour of the dose in the
RINGs (see 4.14) showed similar trends as for the PTVs. The low dose regions D90%
show high standard deviations which combined with the low absolute dose values
indicate the dose differences to be at the noise level.
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Figure 4.14: Selected DVH statistics for RINGs covering the normal tissue divided
by PTV location.
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4.4.3

Gamma analysis and dose difference distributions

The 1%/1 mm 3D gamma statistics (see subsections 2.4.2 and and 3.5.2) calculated
from the 75% isodose volume are presented in table 4.7. 59 from 60 fCTw cases
failed the criterion of 1%/1 mm using the 99% passing fraction, whereas all fCT5
and fCT8 cases passed this criterion. The passing rate increased by adding the inner
air class (fCT2 vs. fCT3), tissue (fCT3 vs. fCT4) and bone stratification (fCT5 vs.
fCT8). The brain tissue stratification (fCT5 vs. fCT8) did not significantly influence
the gamma passing rate and overall gamma statistics.
Table 4.7: Gamma statistics from 75% isodose volume for single fCT versions from
all the PTV positions.
fCTw
# failures
59/60
pass. vol. [%] 52.71
median “
1.12
max. “
3.00

fCT2
12/60
96.70
0.22
0.80

fCT3

fCT4

9/60
96.88
0.23
0.74

3/60
99.51
0.17
0.59

fCT5
0/60
100.00
0.10
0.36

fCT7
4/60
99.15
0.19
0.62

fCT8
0/60
100.00
0.11
0.38

Figures 4.15, 4.16, 4.17 and 4.18 show examples of absolute gamma (1%/1mm)
index and dose difference distributions for cases where the inner air, tissue, bone and
brain stratifications had the largest local impact on the gamma passing rate.
Identified gamma analysis failures were caused by absence of air cavities (figure
4.15), insufficient soft tissue stratification (4.16), and bone stratification (4.17). The
standalone brain tissue stratification (fCT5 vs. fCT8) did not cause any gamma
failures among all the 420 dose comparisons.
ΔD [Gy]

|γ|

fCT2

fCT3

fCT2

fCT3

Figure 4.15: An example of the local impact of air cavities (fCT2 vs. fCT3). Gamma
distributions (left) and dose difference maps (right).
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Figure 4.16: An example of the impact of the soft tissue stratification (fat, water-rich
tissue) (fCT3 vs. fCT4). Gamma distributions (left) and dose difference maps (right).
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fCT5
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Figure 4.17: An example of the local impact of the bone stratifications (spongy bone,
compact bone) (fCT4 vs. fCT5). Gamma distributions (left) and dose difference
maps (right).
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Figure 4.18: An example of a very low impact of the brain tissue stratifications (CSF,
grey matter and white matter) (fCT5 vs. fCT8). Gamma distributions (left) and
dose difference maps (right).
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4.5
4.5.1

Technical approximations of clinical RT plans
Radiotherapy plans

Five IMRT and five VMAT technical approximations of RT plans were generated
using clinical PTV and OAR delineations. The purpose of this step was to verify
the outcomes of the PTV position dose analysis using clinical-like RT plans. The
primary aim of the RT plan optimisation was to achieve PTV coverage by the 95%
isodose volume while maintaining steep gradients around PTV. Figures 4.19 and
4.20 show examples of optimised IMRT and VMAT RT plans.
PTV
95%
90%
80%
70%
60%
50%
40%
30%
20%
10%

Figure 4.19: An example of optimised technical approximation of the IMRT RT plan
with single PTV (red outline). Isodose volumes normalised to the maximum dose
point are colour washed (e.g. 95% isodose volume - orange).

PTV
95%
90%
80%
70%
60%
50%
40%
30%
20%
10%

Figure 4.20: An example of optimised technical approximation of the VMAT RT
plan with complex PTV shape displayed as two separate units in the sagittal plane
(superior and inferior delineations). PTV 1 is in each of these PTV units represented
by the outer red layers. The PTV 2 (generated from the auxiliary structure), that is
roughly covered by 95% isosurface (orange), is highlighted by the inner red layers.
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4.5.2

DVH analysis

Figure 4.21 shows an example of the cumulative DVH for the VMAT RT plan from
figure 4.20. This graph displays the reference CT in comparison with fCT8 and
fCTw. While the fCT8 shows a very low difference in both PTVs (less than 0.5%),
the fCTw shows a difference in the range between 2% and 3% that is very similar to
that seen for the simplified RT plans with spherical PTVs in Fig. 4.11. This level
of dose difference is seen to be typical when looking at tables in 4.8 and 4.9 where
the percentage differences in the selected DVH point statistics for PTV 1 and PTV
2 are given. The significant change was in comparison with PTV position analysis
observed in V95% for the PTV 1 where the tissue stratification (fat, water-rich)
caused a 4.14% decrease.

DVH - Technical approximation of clinical plan
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Figure 4.21: An example of DVH from the technical approximation of the clinical
VMAT RT plan. The difference between CT, and fCT8 (dashed) and fCTw (dotted).
Table 4.8: Mean percentual difference (fCT-CT) of DVH statistics for clinical PTV 1
in all the fCT versions
Dmean
D2%
D50%
D95%
D98%
V95%

fCTw

fCT2

fCT3

fCT4

fCT5

fCT7

fCT8

2.61 ± 1.10
3.20 ± 1.07
2.67 ± 1.09
2.01 ± 1.23
1.71 ± 1.42
≠6.52 ± 10.96

0.27 ± 0.58
0.49 ± 0.59
0.25 ± 0.59
0.06 ± 0.82
≠0.08 ± 1.05
≠6.28 ± 5.03

0.36 ± 0.53
0.57 ± 0.51
0.35 ± 0.53
0.13 ± 0.81
≠0.02 ± 1.01
≠5.15 ± 6.30

0.29 ± 0.42
0.45 ± 0.48
0.29 ± 0.42
0.05 ± 0.77
≠0.05 ± 1.02
≠1.01 ± 4.68

0.15 ± 0.18
0.27 ± 0.32
0.15 ± 0.19
≠0.08 ± 0.67
≠0.16 ± 0.89
0.74 ± 4.65

0.34 ± 0.43
0.42 ± 0.48
0.34 ± 0.43
0.09 ± 0.77
≠0.01 ± 1.02
≠2.24 ± 3.96

0.19 ± 0.19
0.32 ± 0.31
0.19 ± 0.20
≠0.03 ± 0.68
≠0.11 ± 0.90
0.44 ± 3.95
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Table 4.9: Mean percentual difference (fCT-CT) of DVH statistics for clinical PTV
2 in all the fCT versions
Dmean
D2%
D50%
D95%
D98%
V95%

fCTw

fCT2

2.70 ± 1.02
3.20 ± 1.03
2.69 ± 1.05
2.40 ± 1.08
2.24 ± 1.21
≠0.17 ± 0.29

0.26 ± 0.54
0.37 ± 0.51
0.28 ± 0.54
0.13 ± 0.58
0.09 ± 0.59
≠0.04 ± 0.11

fCT3
0.33 ± 0.52
0.40 ± 0.51
0.34 ± 0.52
0.21 ± 0.57
0.17 ± 0.60
0.16 ± 0.68

fCT4

fCT5

fCT7

0.24 ± 0.42
0.29 ± 0.42
0.26 ± 0.42
0.17 ± 0.46
0.16 ± 0.47
≠0.01 ± 0.05

0.14 ± 0.18
0.18 ± 0.20
0.15 ± 0.18
0.11 ± 0.22
0.09 ± 0.24
≠0.01 ± 0.03

0.29 ± 0.42
0.34 ± 0.41
0.30 ± 0.42
0.22 ± 0.47
0.19 ± 0.48
≠0.01 ± 0.04

fCT8
0.19 ± 0.18
0.23 ± 0.18
0.20 ± 0.18
0.15 ± 0.23
0.13 ± 0.25
0.00 ± 0.02

Figure 4.22 shows how is the Dmax for OARs in relation to the fCT versions. A
substantial decrease in both Dmax and standard deviation values can be observed
with an increasing number of tissue compartments. However, the absolute dose
values were very low especially in the case of VMAT plans, and therefore even the
small change in dose may indicate a relatively large, however, clinically not relevant
impact.
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Figure 4.22: Changes in maximum dose in OARs with different fCT versions.
4.5.3

Gamma analysis and dose difference distributions

The gamma statistics calculated from the 75% isodose volume is presented in table
4.10. All 10 fCTw cases failed the criterion of 1%/1 mm with 99% gamma passing
fraction, whereas all fCT5 and fCT8 images passed the analysis. The passing rate
increased by adding the inner air cavity class (fCT2 vs. fCT3) and bone stratification
(fCT5 vs. fCT8). The brain tissue stratification (fCT5 vs. fCT8) did not significantly
influence the passing rate or other gamma statistics.
Table 4.10: Gamma statistics from 75% isodose volume for single fCT versions.
fCTw
# failures
10/10
pass. vol. [%] 55.81
median “
0.96
max. “
6.29

fCT2

fCT3

fCT4

fCT5

fCT7

fCT8

3/10
98.76
0.18
3.44

2/10
99.01
0.19
2.10

2/10
99.51
0.15
2.06

0/10
99.93
0.10
1.78

2/10
99.50
0.16
2.09

0/10
99.93
0.11
1.77
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Figure 4.23 shows examples of absolute gamma (1%/1 mm) index and dose
difference distributions from the IMRT plan for fCTw and fCT8 of the same patient.
There is a noticeable impact of the metallic skull clip which has a high intensity
(> 2000 HU) in the original CT image. Figure 4.24 shows an example of the bone
stratification impact (fCT4 vs. fCT5) on the gamma passing rate. Two axial slices
of the same patient are displayed.
(a)

(b)

(c)

(d)

(e)

(f)

ΔD [Gy]

|γ|

Figure 4.23: A comparison of gamma distributions (b, c) and dose difference maps
(a, e) for fCTw (a) and fCT8 (d) with respect to the reference CT image. Gamma
and dose distributions for fCTw (b, e) and fCT8 (c, f). A metallic skull clip with
high HU value in the original CT (not shown) can be seen to impact the dose and
gamma distributions.

(a)

(b)

fCT4

fCT5

(c)

fCT4

(d)

|γ|

fCT5

Figure 4.24: An example of bone stratification impact (fCT4 vs. fCT5) on gamma
distribution. Displayed are two slices (a, b) and (c, d) from the same patient.
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5

Discussion

The primary aim of this study was to figure out what tissues need to be classified/segmented and assigned separate HUs for the dose accuracy to be sufficient in
the MR-only workflow for brain tumour treatment. Understanding which tissues need
to be clearly visible is important when choosing the MR scan sequence to be used as
input for pCT generation, because the MR image quality will directly impact the
reliability of the tissue classification. To avoid confounding effects such as CT-MR
fusion error, flattened CT images were used for comparison against the original CT
images, thereby ensuring that only the tissue stratification affects the RT planning
accuracy.
The presented analysis was divided into two broad categories, both essential for
meeting the goals of this study. The first category includes steps that were needed
for the flattened CT generation. These steps comprised the head mask generation,
3D image segmentation and the bulk tissue HU estimation. The second and most
detailed part of this study included the generation of both simplified and clinical-like
RT plans followed by the execution of comprehensive dose comparisons between RT
plans calculated on CT and fCT images.

5.1
5.1.1

Flattened CT images
Head volume mask

The binary head mask was an essential component for several aspects of this study.
In a first step, the thermoplastic mask (TM) was removed from the image by a
combination of morphological operation with the connected component labelling. The
presented algorithm was, however, not satisfactory for eliminating the positioning box
and specific TM that are used in the frameless SRT. Nonetheless, only two patients
with the frameless SRT fixation devices were included in this study, and hence, the
use of manual image post processing was acceptable. No literature references could
be found with regards to TM removal, however, it was found to be an essential step
to e.g. enable correct functionality of the hole filling algorithms that were employed
in the head mask generation process. Moreover, the removal of the TM or other
objects in CT image background guaranteed that only the patient volume influenced
dose calculations.
The process of head mask generation was accomplished by the filling of the air
cavities. Nevertheless, conventional algorithms for the binary hole filling failed as air
cavities, and auditory canals were represented as open holes in the 3D space. An
alternative solution could have been the use of the 2D floodfill algorithm, separately
in all three anatomical planes, by handling single slices as 2D images. Another
alternative could be morphological image closing. These solutions would likely have
been adequate for filling the nasal cavities, nevertheless, both alternatives would suffer
from e.g. incorrect overfilling within and behind the ear lobes. Literature reports
describing comprehensive algorithms dedicated to the 3D hole filling were also found
[93]. However, an implementation of advanced 3D pattern recognition algorithm
would be beyond the scope of this thesis with no clear benefits. Consequently, a
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different and more pragmatic solution to this problem was pursued. The fundamental
idea was to use an active contour model for the generation of artificial plasters
by taking advantage from the balloon-like behaviour of active contours (snakes)
[94]. These contours were then used to close the 3D holes, allowing the flooodfill
algorithm to fill the air voxels. Active contour models have previously been used for
the segmentation of e.g. brain tumours [95] from MR images and brain tissues [96]
or nasal cavities [97] from CT images, but has seemingly not been previously used
for 3D hole filling.
5.1.2

Tissue stratification for MR-only RT

Tissue stratification was the second step in the fCT generation process. Tissue
labels were segmented from both CT and MR images. The segmented tissues were
determined either based on the CT density or MRI contrast allowing for fairly simple
segmentation techniques to be used that can hopefully be at least partially reused
for pCT generation from MR images only. The classification methods were selected
based on their convenience for 3D image segmentation that can be a computationally
demanding process.
Conventional K-means clustering was, therefore, used for CT image segmentation
as it provided excellent classification outcomes even with relatively short computational times that were further reduced by clustering only voxels within the head
mask. Moreover, the use of K-means clustering has been previously reported for
segmentation of e.g. brain tumours from CT images [98]. The 2D K-means clustering
with original and median intensity features used in this thesis was previously reported
to have superior bone segmentation results for CT-liver images in comparison with
other classification methods such as 1D Fuzzy C-means and 1D K-means [78, 79].
Accurate skull segmentation in pCT generation is crucial because bones and other
dense structures have a larger impact on IMRT planning outcome than accurate soft
tissue classification [53].
The final CT segmentation was visually compared with the original CT image
in all three anatomical planes (see figure 4.3). The result shows very good spatial
agreement in the segmentation of large and connected structures. The median feature
was sometimes responsible for lower sensitivity in detecting small clusters such as
calcifications, fat drops and thin skin regions. However, the median image helped deal
with partial volume effects and noise which resulted in smoother and more anatomical
CT image simulation. The alternative method for the CT segmentation could be,
for example, image intensity thresholding. The literature investigating the threshold
values for extracting bones [99] and air [77, 100] was studied and findings were applied
for e.g. extracting the air cavities by intensity thresholding (-500 HU). However, a
pure threshold based estimation for fat, water-rich tissue and bone compartments
would be problematic as each CT scanner has its own CT-density calibration tables.
Moreover, direct thresholding cannot be utilised for pCT generation from MR images.
Brain tissue labelling (CSF, WM and GM) was performed using the MRF-ICM
classification algorithm taking the T1 MR image as the input. This segmentation
method was selected as the Markov random field (MRF) takes the voxel neighbour-
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hood to the account when estimating the voxel tissue probability [64, 101]. The
information from surrounding voxels was helpful due to the relatively low and spatially
not consistent SNR in MR images [83]. Although, the MRF-ICM is a computationally
demanding method, the reduction of both the iteration count and the segmentation
VOI, by applying the skull stripping, enabled efficient implementation even for the
3D brain volume segmentation.
The classification directly from the CT image was considered as the alternative
solution for the brain tissue segmentation. However, this approach provided labels
reflecting the voxel intensity distribution in CT image, which is highly influenced
by noise and partial volume effects, rather than the real anatomical information
as seen in the MR image. Anatomically more correct labels segmented from the
MR image might, however, be responsible for potentially higher differences in both
image quality measures and dose comparisons where the CT image is usually the
reference or even the gold standard. This was taken into account for the bulk HU
tissue estimations that are discussed in the following subsection of this chapter.
5.1.3

Bulk tissue HU values

The pCT generation with bulk CT number assignment has been previously reported
in literature. However, these methods mostly used dual (bone and water/tissue) or
triple bulk (bone, water/tissue and air) HU assignment [5, 54, 64, 102]. This finding
further encouraged the use of fCT images with up to eight tissue compartments for
dose comparisons presented by this study.
In the present study, bulk HU values were estimated as averages from the segmented tissue labels applied to the CT image. Resulting bulk HU values (see table
4.1) were calculated from the cohort of 10 patients. The final bulk HU values estimated from all 10 patients were ≠98, 935, 575 and 1265 HU for fat, average bone,
spongy and compact bone respectively. Varying values between 15 and 47 HU were
estimated for the soft tissue as its tissue label coverage differed from one fCT version
to the other.
Factors including partial volume effects and noise within the brain tissue in the
CT image required the methods used for bulk HU estimation to be slightly different
(see subsection 3.3.3). Brain tissue (CSF, WM, GM) HU values were thus calculated
from eroded MR-image-based tissue labels applied to the CT image. The HU value
for air cavities was calculated from all image voxels (including background) with
intensity below ≠500 HU. These methods resulted in the CT number of ≠986 HU
for air cavities and of 16, 41 and 53 for CSF, WM and GM, respectively.
The ROI-based approach introduced by J. Korhonen et. al (2014), who picked
small circular ROIs for the bulk tissue HU estimation in the pelvic CT image
[103], was considered as the alternative method for brain tissue bulk HU estimation.
Nevertheless, this approach was not selected as the correct ROI allocation would be
a challenging task providing biased outcomes in the case of grey and white matter
HU estimation.
Electron density values, that can be found in ICRU report 46 (1992), are for
adipose tissue, brain and whole adult cranium reported to be 0.92, 1.04 and 1.61 g/cm3

63
[104]. Converting these values using our CT-density calibration table yielded HU
values of ≠75, 36, and 971 HU for fat, brain and whole cranium, respectively. These
values can be roughly compared with our bulk HU estimates (see table 4.1). The
CT number for fat (≠98 HU) is in our case lower as the possible result of partial
volume effects from the air that resulted in the local faulty voxel classification into
the fat class. The CT number for the brain (36 HU) is not far from our estimation
of 42 ± 2 HU, which was here calculated as a weighted average of the CSF, WM,
and GM class using the voxel counts as weights. The CT number for entire cranium
(971 HU) is in excellent agreement with our bulk HU estimation for average cranial
bone (935 HU).
These comparisons give validity to our bulk tissue HU estimates that are, considering the standard deviation values, in very good agreement with CT numbers
that were converted from the tissue electron densities obtained the ICRU report 46
(1992).
5.1.4

Flattened CT quality assurance

Visual comparison of the fCT images to the original CT image (viz figures 4.7 and
4.8) showed some differences such as calcifications not being represented and less
dense bone is differently visualised in the fCT images.
The more objective MAE analysis showed the real (absolute) difference in the
voxel HU values, whereas the ME analysis demonstrated the average HU difference
within the entire patient volume. The ME should, thus, ideally be approximately
zero as the result of the relative compensation between positive and negative HU
differences in single voxels. This was also the case for fat, water-rich and bone
tissue classes. The exception was the fCT2 version with an ME of 32.85 HU for the
water-rich tissue caused by high HU differences within the air cavities that were filled
by bulk HU of tissue. The different methods employed in the voxels choice for the
HU estimation resulted in higher ME values in the case of air (≠110.39 HU), CSF
(≠24.96 HU), WM (≠4.70 HU) and GM (≠1.92 HU). The smallest MAE and ME of
59.63 and ≠3.97 HU from entire patient volume were estimated for the fCT8 and
fCT3.
The particularly high CSF ME is likely simply a result of a larger ratio of CSF
voxels compared to all CSF voxels being on the border of the CSF class. The larger
relative mismatch of voxels between HU determination and ME calculation, the
larger the ME will be. For air, the HU difference to the partial volume voxels is huge.
Even though the total amount of partial volume voxels compared to total air voxels
may not be large, the fact that the jump is from ≠986 HU to ≠95 HU for fat or
≥ 40 HU for tissue will cause a comparatively large ME. The principle applies for
bone, but there the voxels used for HU estimation and ME calculation are the same
which is why the ME is small.
The comparison of the here obtained ME and MAE with values reported in
literature is challenging due to varying approaches used for the error calculation
[43]. Furthermore, our fCT images do not suffer from spatial distortions inherent to
the MRI and CT-MR image registration errors as is the case for real pCT images.
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Our fCT images further captured all bore holes and resections in the skull. The
accurate prediction of surgical incisions can not be achieved in e.g. the pCT images
predicted by conventional atlas-based methods without the use of dedicated postprocessing steps. However, robust and reliable reconstruction of such pathologies
may be challenging even for voxel-based methods. The impact of the skull resections
on dose calculations should be, therefore, the subject of the further research.

5.2
5.2.1

Dose analysis
Radiotherapy planning

In total, 70 CT-based RT plans including 60 simplified plans with spherical PTV and
10 technical approximations of clinical RT plans were optimised in the Pinnacle 16
TPS. These RT plans were then simulated on all seven fCT configurations (fCTw fCT8). The dose analysis thus stands on solid base counting 560 RT plans generated
for 17 CT images (70 RT plans) and simulated on from them derived fCT images (490
RT plans). Overall, 136 DICOM series were employed in presented dose analysis.
Simplified RT plans were calculated on modified CT images without TM, where
calcifications were replaced by water HU and voxels with unnaturally high HU values
(artefacts) were replaced by compact bone HU. This was done to guarantee that
only tissues and structures considered for the prospective pCT image had an impact
on dose comparisons.
Technical approximations of clinical plans were, however, calculated on the original
CT images, but without the TM, positioning boxes and patient couches. No further
changes were in this case applied to the CT images as the main goal for the technical
approximations of the clinical plans was to mimic the real clinical plans as closely as
possible.
In both RT plan categories, the primary optimisation objective was set to obtain
a PTV coverage of the 95% isodose surface with steep dose gradients around the
PTV.
5.2.2

Dose comparisons

The PTV position dose analysis provided the majority of the data in this study,
whereas the technical approximation of clinical RT plans was used to verify and
supplement the outcomes of the dose comparisons. The fCT performance was assessed
by DVH and the gamma analysis which are both standard methods commonly
employed in dose comparisons and pCT quality assurance in general.
The convenience of the DVH analysis lies in simple interpretation of the results
through 2D histograms that are ideal for comparing multiple dose distributions.
Additionally, the DVH statistics is beneficial for making conclusions from large
datasets. Nevertheless, DVH analysis does not capture the spatial information
and due to the averaging effects may overlook local, though possibly important
differences in dose distributions. Gamma analysis was therefore used to compliment
the DVH analysis as the generation of 3D gamma index distributions provides spatial
information of clinically relevant dose differences. Visual inspection of the gamma
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index distributions was facilitated by showing corresponding 3D dose difference maps
side by side.
Both DVH graphs and statistics such as Dmean , D2% , D50% , D95% , D98% and
V95% showed mean percentage differences in the range of 2 - 3% in the case of fCTw
serving as the reference. Hence, the fCTw was excluded from any further evaluation.
Substantial differences, though not exceeding 1% were observed for both PTVs and
RINGs in all the remaining fCT configurations. The DVH point statistics did not,
with a few exceptions, show substantial dependency on PTV position (see subsection
4.4.2). However, there was a substantial difference in the DVH statistics among the
fCT configurations. Dose differences in the range of up to 0.5% were observed in the
case of the fCT2 and fCT3 for both PTVs and RINGs. The fCT2 and fCT3 were the
only cases where the dose difference varied slightly based on the PTV positioning.
This is likely due to the absence of fat and air cavities compartments as well as the
particular soft tissue HU assignment applied in fCT2. The fat compartment inclusion
(fCT3 vs. fCT4) resulted in a dose accuracy improvement of up to 0.20%. The bone
stratification (fCT4. vs. fCT5 and fCT7 vs. fCT8) further introduced a substantial
0.15% decrease in the overall percentual DVH statistics difference. DVH analysis,
however, did not prove any benefits from the brain tissue stratification (fCT5 vs.
fCT8 and fCT4 vs. fCT7). The technical approximations of the clinical RT plans
showed mostly similar trends as observed in the PTV position dose analysis. Here,
the fCT configurations were shown to not have a clinically very significant impact
on maximum dose in OARs (see figure 4.22).
Simulation of multiple PTV positions in connection with a large number of dose
comparisons helped to identify rare, but important local gamma analysis failures
caused by insufficient tissue stratification. More importantly, all the observed failures
were eliminated by upgrading the number of stratified tissue compartments. This
claim was numerically confirmed by gamma failure counts (see tables 4.7 and 4.10)
where both, fCT5 and fCT8 passed the 1%/1 mm gamma analysis criterion in all 70
dose comparisons. There were identified gamma failures arising from the absence of
air cavities, fat and bone stratifications, and gamma and dose difference distribution
examples were shown in subsection 4.4.3. The brain tissue segmentation (fCT5 vs.
fCT8) did not improve the dose comparison results in any significant manner.
Technical approximations of the clinical RT plans unveiled the local gamma
failures arising from high HU difference skull clip that was in fCT5 and fCT8 filled
with the compact bone HU value. This observation might be an obstacle for the
MR-only RT workflow, as MR imaging by its very nature does no allow visualisation
of metallic objects. Moreover, such objects are the common cause of severe artefacts
and distortions in MR images. We can also speculate that the absence of surgical
incision in, e.g., the atlas-based pCT images might result in local gamma failures in a
similar manner as was shown in our skull clip example. Furthermore, the craniotomy
seems to be, according to the TYKS data nature (see figure 3.2, and table 3.2)
as well as the literature reports [14], commonly used in brain tumour treatment.
Consequently, the impact of skull resections should be subject to further research.
Both DVH and gamma analyses results indicated an improved RT planning
accuracy when increasing the number of the stratified tissue compartments in the
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fCT images (up to the fCT5). When neglecting the evident change of fCTw vs.
fCT2, the largest improvements were observed in the case of soft tissue (fCT3 vs.
fCT4) and of the bone stratification (fCT4 and fCT5). The brain tissue stratification
(fCT7 and fCT8), however, did not show any significant impact on the RT planning
accuracy for the here studied cohort of 10 patients, and therefore, its only benefit
might be restricted to the inclusion of the anatomical information about the brain
structure. Both, DVH and gamma analysis results, therefore, identified the fCT5
including five tissue compartments (air cavities, fat, water-rich tissue, spongy and
compact bone) together with fCT8 with the brain tissue also stratified as the most
appropriate tissue segmentations for the MR-only RT workflow for the brain tumour
treatment.
The overall results are in agreement with those reported in literature where
differences in DVH points (PTV) were between 0.3 and 2% [5, 6, 10, 64]. Moreover
100% gamma (1%/1 mm) passing rate was reported for the PTV in the MR-only
workflow for brain [6]. DVH analysis results for adding the air cavities and fat label
further confirmed (fCT2. vs fCT3 and fCT3 vs. fCT4) the theory presented by
Edmund et. al (2014) that assigning the correct average amount of tissue to the
pCT may have larger impact on the dose accuracy than the precise geometrical
representation of the original CT and MR source images [64]. The observed effect
of the bone stratification (fCT4 vs. fCT5 and fCT7 vs. fCT8) further indicates
the possible need either for the use of the pCT having two bone compartments
or the continuous density assigned to the bone label. Statistical regression with
continuous HU assignment has been previously identified as a promising method for
such voxel-based pCT generation [64].
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6

Conclusions

The presented work fulfilled the desired objectives. Flattened CT images serving as
the substitution for MR-based pCT were generated by employing 3D image processing
and segmentation methods. These images together with original CT volumes served
as the base for the extensive RT planning, and dose comparisons here reported. The
RT planning accuracy was assessed using two complementary standard methods
for dose comparison: DVH and gamma analysis. The most relevant results were
presented and further discussed in corresponding sections of this thesis.
The flattened CT version fCT5 with five tissue compartments excluding the
background air showed the best results for the employed patient cohort when viewed
in terms of dose accuracy alone. The fCT8 produced similar results as the fCT5
but with brain tissue also classified. This might be preferred by some clinical sites
due to the slightly better visual appearance. Both fCT5 and fCT8 were, therefore,
identified as the most appropriate tissue stratifications for the MR-only RT workflow
for brain tumour treatment.
All fCT versions showed a high dose calculation accuracy in the DVH analysis,
where even the difference of 3% for fCTw could in some cases be claimed as sufficient
for the safe use in radiotherapy. The gamma analysis, however, unveiled failures
caused by locally high HU differences between fCT and CT images resulting from
insufficient tissue stratification. These observations have confirmed the need, earlier
identified by Edmund et. al (2014), for a measure putting together the correct
position and the right amount of a given tissue in pCT images [64]. The possible
candidate for such a measure was presented by Demol et. al (2016) who used the
modified gamma analysis replacing the dose difference criterion by the HU intensity
difference in the image voxel [50].
Even though the presented dose differences between CT ad the fCT versions
are relatively small and the used gamma passing criterion is rather strict, we can
reasonably speculate that the importance of the correct tissue stratification may
possibly be larger when inaccuracies in the pCT due to MR-inherent distortions,
registration, positioning, and other errors are introduced by the real MR-only workflow.
Every single improvement in dose accuracy might thus play a fundamental role in
the development of a reliable and by all means safe MR-only RT solution for brain
tumour treatment.
A criterion for the safe use of MRI-only RT for brain tumour treatment was
suggested by Korsholm et al. (2014) as the PTV dose difference less than 2% for 95%
of the patients compared to the CT-based dose calculation [5]. Although the number
of patients included in this study was not large enough for such considerations, small
differences in the RT planning on CT and fCT images indicated that MR-only RT
planning for the brain is feasible with the pCT generated by bulk HU assignment to
MRI-derived tissue classification. This feasibility has been previously reported in
literature as well [5, 102]. Nevertheless, the entire MR-only workflow for brain consists
of many aspects that should be further investigated. These aspects are the impact of
surgery and, therefore, the presence of clips and incisions in the skull. The other
very important consideration is the patient positioning and the MR compatibility of
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the positioning devices and their impact on the RT planning accuracy. These aspects
require further research.
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