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1

General introduction

1.1 Introducing radiotherapy

Radiotherapy, or radiation therapy, aims to destroy malignant cells while sparing the
surrounding tissue as much as possible. In order to achieve this goal, the tumor region
is irradiated using ionizing radiation. Radiation can be delivered by implanting small
radioactive sources in the patient (brachytherapy) or via external radiation beams. In
this thesis we will focus on photon radiation which is produced externally by a mega-
voltage (MV) linear accelerator or linac. This type of irradiation is most commonly used
in the radiotherapy Veld, but electrons, protons, neutrons or heavy ions can also be used
to deliver external radiation therapy.

In current clinical practice, a complete radiation treatment can be roughly divided in
three sequential parts:

• Treatment preparation

• Treatment planning

• Treatment delivery

The next sections will brieWy describe each component.

1.1.1 Treatment preparation: targets and organs-at-risk deVnition

When preparing a patient for treatment, a computed tomography (CT) scan is acquired
to visualize patient anatomy. On this so-called planning CT, physicians delineate the
tumor and the surrounding healthy organs-at-risk (OAR). In some cases, the positions
of (implanted) Vducial markers are also delineated. These markers can later be used to
verify the position of the tumor during treatment delivery.

Figure 1.1a and 1.1b respectively show typical CT-based delineations for a rectal cancer
patient and a prostate cancer patient. The visible tumor tissue is also known as gross
target volume (GTV). The area around the GTV is called the clinical target volume
(CTV). The CTV is generated by adding a margin to the GTV to include microscopic
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Chapter 1

(a) CT-based rectum delineation (b) CT-based prostate delineation

Figure 1.1: Delineations of a rectal and prostate cancer patient on CT. The tumor volumes are
indicated by the yellow cross. Also the OAR are delineated. Just below the yellow marker in
the prostate case, an implanted Vducial marker is visible in white. For the rectal case the GTV is

outlined in red, the CTV in blue and the PTV in magenta. For the prostate case, the GTV/CTV is

shown in green and the PTV in light blue.

tumor inVltration and therefore has to be treated as well (ICRU Report No. 50, 1993).
For the prostate case (Figure 1.1b) the GTV and the CTV are exactly the same structure.
For both cases an additional margin has been applied to account for organ motion,
delineation inaccuracies and patient setup errors. This planning target volume (PTV)
is generated to ensure that the CTV receives the intended dose. The PTV is created by
adding a three-dimensional margin around the CTV, ranging between a few millimeters
up to centimeters. The exact margin is usually determined on population statistics
(Van Herk et al., 2000). Obviously, this approach results in the irradiation of regions
containing much healthy tissue, which increases the risk of toxicity and therefore limits
the dose that can be delivered to the tumor.

Motion characteristics can also be used to deVne targets and OAR. In current clin-
ical practice, four-dimensional CT (4D-CT) (Low et al., 2003; Ford et al., 2003; Keall,
2004) can be used to study and quantify these characteristics. For example, based on
such knowledge, the mid-ventilation position and the appropriate parameters for non-
uniform margins for lung tumors can be derived (Wolthaus et al., 2008; Hughes et al.,
2008).

1.1.2 Treatment planning

After deVning the targets and the OAR in the treatment preparation phase, the treat-
ment planning phase starts. The aim of this step is to create a treatment plan which
delivers the desired dose to the PTV while at the same time makes sure that the dose
tolerances of the OAR are not exceeded. In current clinical practice, treatment plans

10
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General introduction

are created using treatment planning systems (TPS). One of the main components of a
TPS is the dose engine. A dose engine can calculate the delivered dose to the patient,
given a set of beam characteristics, such as energy, angle, shape, and intensity proVles,
and the electron densities of the patient anatomy. The electron densities of a patient are
derived from the planning CT via a calibration curve. A TPS usually supports multiple
radiation techniques, such as conformal radiation therapy and/or intensity modulated
radiotherapy (IMRT) (Webb, 2005).

With conformal radiation therapy, multiple beams are delivered to the patient using an
uniform beam proVle for each beam. The shape of each beam can be modiVed using the
multi-leaf collimator (MLC) mounted on the linear accelerator. Optimization of beam
angles, shapes and proVles involves usually a trial-and-error procedure, which is highly
dependent on the skill of the human operator.

(a) Conventional head-and-neck plan (b) IMRT head-and-neck plan

Figure 1.2: Dose distributions after treatment planning for two head-and-neck patients. On the

left a conventionally optimized plan and on the right a plan optimized using IMRT.

IMRT adds degrees of freedom to the optimization by allowing non-uniform beam pro-
Vles. This often allows better sparing of the OAR while maintaining or increasing the
dose to the tumor. Furthermore inverse planning is used, rather than forward planning
as used by conformal radiation therapy. The operator deVnes a set of dose objectives
for the tumor regions and dose constraints for the OAR and the TPS tries to optimize
the beam proVles in such a way that all objectives and constraints are met. Figure 1.2
illustrates the main diUerence between the two radiation techniques: the high dose re-
gion of the IMRT plan (as shown on the right image) is better conformed to the tumor
volume compared to the dose distribution resulting from the conformal radiation tech-
nique. This lowers the dose to neighboring OAR, which can lead to a lower toxicity rate
for a given tumor dose, or to an equivalent toxicity rate for an increased tumor dose.

The total dose to the tumor is usually not delivered in one treatment session, but in a
fractionated fashion which allows healthy tissue to recover in between fractions. The

11
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dose per fraction typically ranges from 1.5 Gy to 2.5 Gy for these fractionated treat-
ment schemes. In current clinical practice a single treatment plan is used for all frac-
tions. This means that all the uncertainties over the course of the treatment have to be
incorporated into the PTV margin. In order to reduce the PTV margin, the “library of
plans” concept was introduced (Murthy et al., 2011). Instead of creating a single treat-
ment plan, multiple treatment plans are generated for diUerent anatomical conVgura-
tions that can occur during treatment. By selecting the most appropriate one each day
(i.e. the one that best matches the patient anatomy recorded that day), the PTV margin
for each individual plan can be reduced.

1.1.3 Treatment delivery

After a treatment plan is approved by the physician, it is transferred to the linear accel-
erator for treatment delivery. Before each fraction, the patient has to be positioned as
close as possible to the position on which the treatment plan was created. In order to do
so, the patient is positioned on the treatment table guided by markers that are tattooed
on the skin, which are linked to the coordinate system of the planning CT. Obviously,
the tumor area will move relative to the skin markers and therefore additional position
veriVcation techniques have been developed to ensure the correct position of the tumor
relative to the treatment beams.

One of the oldest position veriVcation tools available is portal imaging. Portal imag-
ing uses the treatment beam itself to visualize patient anatomy via a Wat panel imager
mounted opposite to the megavoltage (MV) source of the linear accelerator. The ac-
quiredMV transmission images have, however, fairly low contrast, which makes portal
imaging only suitable for visualizing bones, high density landmarks or implanted Vdu-
cial gold markers (see Figure 1.3). By comparing the MV images with the digitally
reconstructed radiographs (DRR) calculated from the planning CT, the position of the
bony anatomy, the landmarks or the Vducial markers can be veriVed (Nederveen et al.,
2003; Van der Heide et al., 2007).

A kilovoltage (kV) rather than aMV photon source can also be used for generating im-
ages for position veriVcation. Due to the lower photon energies, kV images can show
better contrast between low density tissues than MV images. The kV source is usu-
ally mounted on the gantry of the linear accelerator, orthogonal to the MV radiation
source. A Wat panel detector opposite to the kV source is used to digitally obtain the
transmission images. Although the transmission images can be used directly for posi-
tion veriVcation purposes, the images are mainly used for volumetric reconstruction of
the patient anatomy i.e. cone-beam computed tomography (CBCT). The CBCT dataset
shows soft tissue landmarks that can be used for position veriVcation purposes, but the
image quality is generally not as good as that of a free-standing CT system (see Figure
1.4).

From all of the above position veriVcation modalities, translational and rotational dis-
placement vectors can be derived, which are the input for various patient set-up correc-
tion protocols (Bel et al., 1993; De Boer et al., 2001a). These protocols can be applied in
an online or oYine fashion. The online set-up correction protocols apply the calculated

12
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(a) Planning CT (b) Portal image (c) DRR image

Figure 1.3: On the left image the planning CT of a prostate cancer patient. Inside the prostate two

of the three implanted Vducial gold marker are clearly visible on both sides of the yellow cross.

On the middle image a portal image is showed. Besides bony structures, the three implanted

Vducial gold markers are visible. The calculated DRR is shown on the right. This image also

includes the outline of the treatment Veld.

(a) Free-standing CT (b) CBCT

Figure 1.4: Contrast diUerences between a transversal free-standing CT and a CBCT image of a

lung cancer patient. For clarity the free-standing CT image has been cropped approximately to

the same Veld of view (FOV) as the CBCT.

13
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patient displacement vectors directly to the patient before the actual fraction delivery
starts. The oYine protocols are used to implement patient displacement vectors for
future fractions based on information gathered from previous fractions.

The calculated setup corrections are applied by moving the treatment couch in such a
way that the location of the target volume matches the location in the treatment plan.
Nowadays, it is possible to translate and rotate the treatment couch along and about the
three principal axes whereas in the past only translations could be applied. However,
the rotational corrections are limited to 3◦ in each direction for reasons of patient safety
(Linthout et al., 2007).

After positioning the patient, the radiation treatment is delivered to the patient, accord-
ing to the pre-calculated treatment plan.

1.2 OYine MRI-aided radiotherapy

In the previous section we described how a typical radiotherapy treatment is imple-
mented in current clinical practice. We have seen that image modalities based on pho-
ton attenuation diUerences are used extensively throughout the treatment. The plan-
ning CT plays a prominent role, as it is used for tumor delineation and accurate dose
calculation and serves as a reference for position veriVcation. However, one of the
major drawbacks of CT is its limited soft tissue contrast compared to another major
imaging modality: magnetic resonance imaging (MRI) (Brown et al., 2014).

MRI uses magnetic Velds and radio frequency (RF) pulses to form images of the patient
anatomy, but also functional information can be obtained. The patient is placed in a
strong magnet (typically ranging between 0.2 T and 7 T), and a RF pulse at the ap-
propriate resonant frequency is applied. The excited hydrogen atoms re-emit the radio
signal which is measured by a receiver coil. The contrast between diUerent tissues is de-
termined by the rate at which excited atoms return to the equilibrium state. Exogenous
contrast agents may be given intravenously, orally or intra-articularly.

Figure 1.5 shows a typical example of the contrast diUerences between CT and MRI of a
patient with a benign brain tumor. Compared to CT, MRI has more modes of operation.
By varying its numerous parameters, a MRI sequence can be tailored to visualize diUer-
ent aspects of the tumor at hand, such as cell density, tissue oxygenation and perfusion.
Since MRI does not use ionizing radiation, MRI sequences can be repeated without in-
creasing the patient radiation burden.

MRI is not only very suitable for visualizing the tumor and the OAR during the prepa-
ration phase of a classical radiotherapy treatment scheme, the cine-MRI sequences al-
low assessment of the tumor movement, and this information can be used to deter-
mine the “average” tumor position and the accompanying patient speciVc PTV margin
(Feng et al., 2009). MRI is also very useful for assessing tumor response during and after
treatment.

AlthoughMRI provides better soft-tissue contrast, it currently does not provide the elec-
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(a) CT brain (b) MRI brain

Figure 1.5: CT and a T1 3D TFE MRI scan of a patient with vestibular schwannoma. The tumor

(delineated in light blue) is clearly visible on the MRI, while it is not visible on CT. Also the OAR

brainstem (light green) and cochlea (dark green) are delineated.

tron density information needed for accurate dose calculation. As a surrogate, the MRI
sequences are still registered to a planning CT and theMRI-based delineations are trans-
ferred to the planning CT accordingly before being used by a TPS. Furthermore, MRI
can suUer from geometric and intensity distortions (Bakker et al., 1992; Moerland et al.,
1995).

1.3 Towards online MRI-guided radiotherapy

Until now we have described how MRI adds value to current clinical practice, without
considerable changes of the overall treatment regime. If we want to exploit the capa-
bilities of MRI to the fullest, a radical treatment regime change is needed. Instead of
using MRI as just a “CT-with-better-contrast” modality, online MRI-guided treatment
delivery should be the next step to improve the eUectiveness of external beam radio-
therapy as a cancer therapy. The fact that MRI can acquire 2D and 3D datasets along
arbitrary axes, and can depict patient anatomy changes within milliseconds using cine-
MRI sequences, makes this modality the prime candidate to monitor treatment delivery
and enable treatment adaptation on an inter- and intrafraction timescale. This means
that the classical oYine treatment preparation and planning phase should be integrated
into the treatment delivery phase. We will discuss this in more detail in the general
discussion chapter (Chapter 9) of this thesis.
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Chapter 1

Research developments towards online MRI-guided radiotherapy are underway with
the installation of a “next door” 1.5 TMRI system, as described by Karlsson et al. (2009).
The patient can be transported during treatment from the linac to the MRI and back
with a custommade trolley. Another system, especially built for neurosurgery by IMRIS
Inc (Winnipeg, Canada), has a rail-mounted MRI which can be moved in or out of the
radiotherapy treatment room. Both systems are conceptually similar to the in-room CT
solution, except that the MRI provides superior soft tissue contrast. However, since the
patient has to be moved between the imaging modality and the treatment machine, the
risk of geometrical errors is increased and obviously these systems cannot be used to
provide direct feedback during treatment delivery.

To overcome these shortcomings, an integrated MRI system has been proposed by
Lagendijk et al. (2000). The Cross Cancer Institute (Edmonton, Canada) constructed
the prototype system which consists of a bi-planar 0.2 T permanent MRI system and
a 6 MV linear accelerator. The linac is mounted on the open end of the MRI mag-
net. The system is capable of capturing MRI images during irradiation as described
by Fallone et al. (2009). Installation of the second system began in 2013. This has an
isocentrically mounted 6 MV linac that rotates in-unison with a biplanar 0.5 T MRI in
transverse plane. Viewray Inc (Cleveland, USA) has developed the Vrst commercially
available integrated MRI system: it consists of a open 0.35 T MRI scanner combined
with three 60Co sources which can rotate axially around the patient (Dempsey et al.,
2005).

At our department, in cooperation with Elekta and Philips, a MRI linear accelerator
(MRL) is being developed (Lagendijk et al., 2008). It integrates a modiVed, diagnostic
1.5 T MRI scanner (Philips, Best, The Netherlands) with a 7.2 MV linear accelerator
(Elekta AB, Stockholm, Sweden). The linac is mounted on a ring surrounding the MRI
and the radiation beam passes through the bore of the MRI before entering the patient.
After the construction of the working prototype with a static gantry and Vxed collima-
tor blocks (Figure 1.6a), the machine was upgraded with a rotating gantry, which can
rotate at a maximum speed of 10 RPM, and a fully functional 80 leaf pair MLC (Fig-
ure 1.6b). The gantry is also equipped with an electronic portal imaging device (EPID)
(Raaymakers et al., 2011). With these systems we showed that the MRI images of the
MRL are comparable to images of standard 1.5 T stand-alone MRI scanners, even when
the linear accelerator is turned on (Raaymakers et al., 2009). The MRL can also deliver
IMRT plans and supports gating and tracking (Crijns et al., 2011, 2012b). Currently, a
second clinical grade prototype MRL is being installed at our department (see Figure
1.6c).

Besides the numerous engineering challenges which have to be overcome in order to
integrate the MRI, with its strong magnetic Veld, with the magnetic Veld sensitive elec-
tronics of the linear accelerator, the inWuence of the magnetic Veld on the delivered dose
distribution is also of great importance. Due to the presence of a transverse magnetic
Veld, the radiation beam has a decreased build-up distance and a shifted, asymmetri-
cal penumbra (Raaymakers et al., 2004). Even more importantly, electrons leaving the
tissue traverse an arc-shaped path back into the tissue, which results in a increased
dose at tissue-air interfaces (Raaijmakers et al., 2005a). This electron return eUect (ERE)
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(a) MRL with static gantry and Vxed collimator blocks (b) MRL with rotating gantry and MLC

(c) Clinical grade MRL

Figure 1.6: UMC Utrecht MRL versions overview
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and the reduced build-up distance depend profoundly on the entrance or exit surface
orientation, as described by Raaijmakers et al. (2007b). They also demonstrated that a
Vrst order compensation of ERE around a static air cavity can be accomplished by us-
ing opposing beams. Additional ERE compensation can be achieved by using IMRT
(Raaijmakers et al., 2007a).

1.4 Thesis outline

The Vrst part of this thesis addresses improvements to patient position veriVcation and
to the use of MRI in radiotherapy achievable under the classical radiotherapy scheme.
The second part of the thesis will focus on developing treatment planning techniques
and regimes which will eventually lead to the online use of the MRL, and we will inves-
tigate the behavior of ERE in the case of non-stationary air cavities.

Chapter 2 describes how automatic oYine patient position veriVcation using MV im-
ages can be dosimetrically improved by using the series of IMRT treatment segments
instead of using extra position veriVcation Velds, even if every individual portal image
of each segment does not contain suXcient matching information. Chapter 3 and 4
describe how MRI can be integrated into the treatment preparation and delivery phase.
Chapter 3 outlines a framework which allows the physician to use multiple MRI se-
quences and other modalities such as positron emission tomography (PET) besides the
standard planning CT for tumor and OAR delineation. Under this framework, the image
datasets are always displayed in their original form and delineation can take place on
all orthogonal views of each dataset, while providing direct feedback to the delineator
on all other datasets. Chapter 4 introduces a new Vducial gold marker which can be
detected on various MRI sequences, while the standard, pure gold markers are poorly
visible on MRI. The new marker consists of a steel core (which provides visibility on
MRI) within a gold casing (visible on MV images). We show that these markers for
prostate cancer patients can be detected with the same accuracy on MRI as on CT, and
therefore the planning CT is no longer essential for marker detection.

Chapters 5, 6 and 7 focus on online treatment planning for the MRL and the dosimetric
eUects of non-stationary air cavities on dose distributions in magnetic Velds. In chap-
ter 5 an IMRT optimization system called MRLTP (MRL Treatment Planning system) is
introduced which combines a Monte-Carlo dose calculation engine and an inverse dose
optimization algorithm. MRLTP can generate tightly conformal IMRT plans in both
0 T and 1.5 T environments and is fast enough for online IMRT planning. In chapter
6 we use MRLTP to study possible ERE eUects of non-stationary spherical air cavities
on IMRT dose delivery in 0.35 T and 1.5 T transverse magnetic Velds. The goal was
to verify the robustness of an IMRT treatment in a magnetic Veld, so random air cavity
movements and baseline shifts, both inter- and intrafraction are investigated. Further-
more, the intrafraction eUects of appearing or disappearing air cavities are described.
In chapter 7, we introduce the online “virtual couch shift” (VCS) concept: we translate
and/or rotate the pre-treatment dose distribution to compensate for the changes in pa-
tient anatomy and, with MRLTP, generate a new plan which delivers the transformed
dose distribution automatically. The VCS is the Vrst step towards compensating for all
anatomical changes by online IMRT re-optimization.
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Chapter 8 summarizes this thesis and chapter 9 discusses how MRL based radiotherapy
could be implemented. This chapter will also discuss speciVc details within this new
regime such as image segmentation, treatment planning and quality assurance (QA).
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2

Patient position veriVcation using small IMRT
Velds

This chapter is based on:
Bol G.H., Van der Heide U.A., Nederveen A.J., Kotte A.N.T.J. and Lagendijk J.J.W. 2006
Patient position veriVcation using small IMRT Velds Medical Physics 33 2344–2353

Abstract

A commonly used approach to quantify and minimize patient setup errors is by using electronic

portal imaging devices (EPIDs). The position of the tumor can be veriVed indirectly by matching

the bony anatomy to a reference image containing the same structures. In this paper we present

two oU-line methods for detecting the position of the bony anatomy automatically, even if every

single portal image of each segment of an (IMRT) treatment beam contains insuXcient matching

information. Extra position veriVcation Velds will no longer be necessary, which speeds up the

treatment and reduces the total dose to the patient. The Vrst method, the stack matching method

(SMM), stacks the portal image of each segment of a beam to a 3D volume and this volume

is subsequently used during the matching phase. The second method (the averaged projection

matching method (APMM)), is a simpliVcation of the Vrst one, since the initially created volume

is reduced again to a 2D artiVcial image, which speeds up the matching procedure considerably,

without signiVcant loss of accuracy. Matching is based on normalized mutual information. We

demonstrate our methods by comparing them to existing matching routines, such as matching

based on the largest segment. Both phantom and patient experiments show that our methods are

comparable with the results obtained from standard position veriVcation methods. The matches

are veriVed by means of visual inspection. Furthermore, we show that when an distinct area of

40 to 60 cm2 of the EPID is exposed during one treatment beam, both SMM and APMM are able

to deliver a good matching result.

2.1 Introduction

A commonly used approach to quantify and minimize patient setup errors is by using
electronic portal imaging devices (EPIDs) (Antonuk, 2002). The position of the tumor
can be veriVed indirectly by matching the bony anatomy to a reference image con-
taining the same structures. The reference image is usually a digitally reconstructed
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radiograph (DRR) or a simulator image (Gilhuijs et al., 1996). When the individual por-
tal images are too small or do not contain enough matching information, additional
large rectangular Velds are added to the treatment for patient position veriVcation pur-
poses only (De Boer et al., 2001b; Van Lin et al., 2003). These Velds add extra dose to
the patient and distort the initial treatment dose distribution. For conformal treatment
planning, the dose distribution distortions inside the target volume can be compensated
by changing the beam weights and wedge angles of the original treatment (Meijer et al.,
2000), but still the tissue outside the target volume receives more dose than strictly
necessary.

With the introduction of intensity-modulated radiotherapy (IMRT), the delivery of an
even more conformal dose to target volumes became possible, while sparing the sur-
rounding organs and tissues at risk (Webb, 2001; Nutting et al., 2000). However, due
to geometric uncertainties such as organ motion and setup errors, the potential bene-
Vts of IMRT (dose escalation in the target and margin reduction) can get compromised.
Therefore, good patient position veriVcation procedures are essential for successfully
exploiting the beneVts of IMRT (JaUray et al., 1999; Langen et al., 2001). Also in this
case, large rectangular Velds are often added to the treatment for positioning purposes
only, but usually during treatment planning no attention is given to the dose distribu-
tion distortions they cause.

In this paper we present two oU-line methods for detecting the position of the bony
anatomy automatically, even if every single portal image of each segment of an (IMRT)
treatment beam contains insuXcient matching information. By using a combination of
each image of every beam segment instead of just the Vrst or the largest one, a more ro-
bust registration is made. Extra position veriVcation Velds will no longer be necessary,
which reduces the total dose to the patient. Combining segments has been described
earlier (Fielding et al., 2004). All segments were added up to create an artiVcial 2D im-
age. However, in this case special calibration methods had to be applied to remove
the intensity modulations of the beam. We show that our methods avoid the problems
regarding artifacts due to Wuence variations in the Veld and at the penumbra. Further-
more, due to their straightforward nature, our methods can be applied to every beam
of each treatment. Even if for instance the Vrst segment of a plan sequenced with a
“close in” technique contains enough matching information, the usage of all available
segments can make the resulting registration more robust.

The basis of the Vrst method, the stack matching method (SMM), is that the portal im-
ages after some initial preprocessing steps, are stacked to a 3D volume and this volume
is subsequently used during the matching phase. Our second method (the averaged
projection matching method (APMM)), is a simpliVcation of the Vrst one, since the cre-
ated volume is reduced again to a 2D artiVcial image by a form of projection, which
speeds up the matching procedure considerably, without signiVcant loss of accuracy.
We use normalized mutual information as our primary similarity measure, which is a
well-known intensity-based registration method (Wells et al., 1996; Maes et al., 1997).
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2.2 Materials and Methods

2.2.1 Image processing

The portal images were taken with an a-Si Wat-panel imager (Elekta iView GT, Elekta
Oncology Systems Ltd, Crawley, UK) that was mounted on the linac (SLi15, Elekta On-
cology Systems Ltd, Crawley, UK). The imaging area at isocenter is 26 × 26 cm and has
1024 × 1024 pixels, which corresponds to a spacial resolution of 0.25mm. An internal
copper plate of 1mm thickness acts as build-up material (Winkler et al., 2005).

Before performing our experiments, the pixel value behavior of the EPID images as
produced by the iView GT software was investigated. The main purpose of these tests
was to assess the possible pixel value eUects of the build-in pixel-based normalization
routines of the software with respect to reproducibility, frame averaging, and diUerent
Veld sizes. First the reproducibility was tested by delivering multiple 10 × 10 cm 6MV

Velds of 5 monitor units (MU). The second test consisted of delivering 10 × 10 cm 6
MV Velds while varying theMU from 2 to 20 using both maximal frame averaging and
no frame averaging. The results of these tests are depicted in Figure 2.1a and 2.1b. Both
tests showed that the value of the center pixel was stable since all standard deviations
are well below one percent of the mean pixel value (presented in Table 2.1) as long as
maximal frame averaging is used. This all means that the portal images are normalized
in the iView GT software and therefore do not need to be normalized afterwards with
respect to the number of monitor units and time between segments. The third test has
been performed in order to verify the pixel value stability when having diUerent Veld
sizes. Again, 6 MV, 5 MU beams with Veld sizes from 1 × 1 cm to 20 × 20 cm were
captured, leading to the graph depicted in Figure 2.1c. It is clear that as long as the
segments are suXciently large (larger than 2 × 2 cm) the pixel values returned by the
EPID are stable enough and no further normalization is needed. We expected this result,
since it is known that the normalization taking place in the iView GT software does not
work well on small Velds. Note that the mean and standard deviation regarding this test
in Table 2.1, are calculated without the results of the Vrst two measurements obtained
from the two smallest segments.

The DRRs used in this paper have been calculated by our treatment planning system
(PLATO RTS 3.6, Nucletron Ltd, Veenendaal, NL) from planning CTs which had an in
plane pixel resolution of 0.82 × 0.82 mm and a slice thickness of 2 or 3 mm.

All image processing routines applied on the EPID images (after they were exported
from the vendor software), and the software needed for image registration using nor-
malized mutual information was developed within our department.

2.2.2 Stack matching method (SMM)

The stack matching method starts with the imaging of all segments of a single IMRT
beam. All segments with an area smaller than 4 cm2 are removed, because the portals
of these segments are expected to be unstable with respect to pixel values as described
in the previous section. After this, every Veld edge calculated by the planning system
is matched on each corresponding imaged segment, using a Veld edge matching algo-
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Test Mean pixel value 1 SD (percentage)

Reproducibility 34757 182 (0.52%)
DiUerent MU (no frame averaging) 34267 435 (1.27%)
DiUerent MU (max frame averaging) 34875 184 (0.52%)
DiUerent Veld sizes 34716 268 (0.77%)

Table 2.1: The results of the diUerent EPID pixel stability tests. Both the mean pixel value and the

standard deviation is presented.
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Figure 2.1: EPID pixel value stability regarding reproducibility (a), frame averaging on/oU and

number of MU (b), and diUerent Veld sizes (c).

rithm based on narrow band registration (Ng et al., 2003), to remove any (systematic)
misalignment of the EPID and the linac. Such a misalignment is usually caused by
the fact that the panel is manually positioned at the beginning of a treatment session.
We now have a geometrical relation between the portal image, the Veld edge and the
isocenter, since the position of the isocenter relative to the Veld edge is known from
the planning system data. With this information we can remove the penumbra artifacts
by masking out everything that is outside the Veld edge, along with every pixel that
is within 5 mm inside the Veld edge. Next, each cropped image is display equalized
(Moseley et al., 1993) and binned into 64 bins (Hill et al., 2001). The discretization fault
introduced by the binning step (each bin contains 1.56 percent of total pixel range) is
in the same range as the stability of the EPID as shown in Table 2.1. The 2D prepro-
cessed images are then stacked to a 3D volume as shown in Figure 2.2a. The x- and
y-coordinate of the origin of the volume is set to isocenter and the z-coordinate is set to
zero in the plane of the Vrst slice. The resulting stack is the target volume used during
the actual registration procedure.

The reference volume is created from the a DRR calculated from the planning CT of
a suXciently large Veld in the direction of the current beam. This DRR is repeatedly
copied and stacked until it has the same number of slices as the portal image stack (see
Figure 2.2b). The DRR volume is then binned and also display equalized. Furthermore,
the origin is deVned as described for the target volume. The produced reference and tar-
get volume are used in the registration procedure as it will be described in section 2.2.4.
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(a) Stacked segments to 3D volume.
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(b) Stacked DRR with matching parameters: x- and
y-translation and z-rotation around the isocenter.

Figure 2.2: Stack matching method.

2.2.3 Averaged projection matching method (APMM)

The averaged projection matching method is a simpliVcation of the stack matching
method. Instead of matching a segment volume with a DRR volume, the APMM reduces
the registration to a 2D problem again. The cropped and preprocessed portal images are
no longer stacked, but the portals are used to create a single 2D averaged image. In a
way, the stacked volume is projected on the base plane, just as it is commonly done
when creating a maximum intensity map (MIP) of a MRI or PET dataset, only this time
the resulting image is a mean intensity map.

The artiVcial Veld is a 2D image and therefore duplicating and stacking the correspond-
ing DRR is also no longer needed. Obviously, the calculation of the similarity maps take
far less time (proportional to the number of segments in a beam) since APMM reduces
the dimensionality of the problem. All other steps, such as the preprocessing of the
portal images, are exactly the same as described in section 2.2.2.

2.2.4 Normalized mutual information similarity maps

The target and reference volumes (or images in case of the APMM) are registered us-
ing the normalized mutual information similarity measure (NMI) (Wells et al., 1996;
Maes et al., 1997). Reason for using NMI is its theoretical robustness to intensity dif-
ferences between the target and reference images and its overlap invariant behavior
(Studholme et al., 1999). DRRs and portal images are usually not in the same pixel value
range and also the values of consecutive portal images can be slightly diUerent, although
in our case these diUerences are very small as described in section 2.2.1). Because of
these (small) diUerences, similarity measures which use a Vxed correlation between im-
age values can not be used without prior intensity based calibration. By using NMI we
avoid this extra calibration step. Furthermore NMI does not suUer from the edges which
can emerge when combining segments that do not have the exact pixel range. Other
edge-based registration algorithms, such as chamfer matching (Gilhuijs et al., 1996), are
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more likely to detect these boundaries as features rather than as artifacts. As the regis-
tration problem of both methods intrinsically is two-dimensional, we allow only three
degrees of freedom: in plane x- and y-translation and z-rotation around the isocen-
ter, which is by deVnition equal to the origin as described in section 2.2.2. Figure 2.2b
summarizes the deVnitions of the match parameters.

In order to verify the usability and to compare our methods with other existing position
veriVcation routines, so-called similarity maps were calculated. Such maps present the
relationship between the registration parameters, such as translations and rotations,
and the used similarity measure, which is in our case the normalized mutual informa-
tion measure. We varied the matching parameters as follows. The x- and y-translation
had a range of −1.5 cm to 1.5 cm both divided into 51 steps. The z-rotation had a range
of −4.5◦ to 4.5◦ and was divided in 7 steps. The total map is a 3D volume (see Fig-
ure 2.3) with dimensions 51 × 51 × 7 and the central voxel presents the similarity value
when the match parameters are all zero.

The maps are able to depict two properties that are important when developing an
automatic matching algorithm. First of all they show whether or not there is a global
maximum in the map. If the parameters associated with this peak correspond with the
ones found with a gold standard procedure, it is a method which is able to obtain enough
matching information to Vnd the correct maximum. Secondly, the similarity maps show
the optimization “landscape” around the global peak. When the landscape consists of a
lot of local maxima, standard optimization algorithms have a high probability of ending
up at a peak that corresponds with a suboptimal set of registration parameters, and thus
a misregistration.

Figure 2.3: Three-dimensional normalized mutual information similarity map with two arbitrary

orientated slices. In the middle the global peak is shown.

After the creation of the similarity maps, we reVned the global peaks by ’zooming’. We
calculated new similarity maps only this time the ranges of the x- and y-translation
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and z-rotation were smaller, while the dimensions of the map remained the same. Fur-
thermore, the centers of the new maps correspond to the point containing the global
maximum which was found earlier in the initial similarity maps. By using this strategy
the position of the optimum solution is more precise and does not suUer as much from
discretisation problems. Finding or reVning the global maximum could of course also be
done by using an optimization algorithm, only choosing and tuning such an algorithm
lies beyond the scope of this paper. However, as discussed before, we will investigate
the automatic optimization potential of a landscape by generally important properties
such the number of local maxima in the landscape.

2.2.5 Experiments

The response of the normalized mutual information measure, when using SMM and
the APMM, is demonstrated by four experiments. In the Vrst two, phantom studies are
presented that use the head and neck area of an Alderson humanoid phantom. In the
Vrst phantom experiment, matching based on a single large Veld is compared with our
methods which have a sequence of artiVcial segments formed by thin strips covering
the same area as the large Veld as their input. The large Veld was 20 × 20 cm with a 6
MV beam of 5 MU in AP direction. The “strip” Veld consisted of 10 abutting segments
with a dimension of 2 × 20 cm.

The second phantom study uses the AP beam of 17 segments of a clinical head-and-neck
IMRT plan. The plan originated from the extended patient experiment described below.
In this case the methods are compared with matching based on a large 20 × 20 cm Veld
and with matching based on the largest segment of the IMRT plan.

In the third experiment, we applied both SMM and APMM on the IMRT segments of a
clinical head-and-neck patient as a replacement of the standard 17 × 12 cm AP veriV-
cation Veld. The match results of the registration based on only the largest segment are
also presented. Furthermore, the eUect of adding more and more small segments on the
landscape of the mutual information map will be shown. We now sort the segments by
irradiated area and start using them in increasing order. This way, the eUect of adding
more information to the registration will be demonstrated.

Finally, the SMM and APMM were tested on a group of nine clinical head-and-neck
patients. The results were veriVed by means of visual inspection and again the eUect of
using more information on the position of the global maximum, is demonstrated.

All of the above experiments were delivered by using the “close-in, step and shoot”
MLC technique used in our clinic, except the “strip” plan which was sequenced with
a “sliding window, step and shoot” approach. In section 2.4 we will discuss in more
detail changes in methodology that have to be applied when using other sequencing
techniques, especially when a dynamic MLC is used. Furthermore, it must be stated that
the EPID images of the large Velds, the largest segments, and standard veriVcation Veld
have been cropped, binned and display equalized before they were used for registration,
just as it has been done for all images used by our SMM and APMM.
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2.3 Results

Figure 2.4c shows the image as it was used to obtain the results of matching of the
large AP Veld on the corresponding DRR (Figure 2.4a) of the Alderson humanoid phan-
tom. The mutual information map is shown in Figure 2.4d. From now on, we only
show one slice of the mutual information map, which contains the maximum similarity
measure of the complete volume. The slice presents all combination of the tested x-
and y-translations given a Vxed rotation angle, which is the angle that corresponds to
the highest NMI response in the complete 3D similarity map. In other words, the slice
shows the landscape with respect to the “optimal” rotation angle as it is found by the
NMI measure. In Figure 2.4c and 2.4e the results of the APMM are presented. The eUect
of the cropping procedure is clearly visible: although the complete 20 × 20 cm Veld is
irradiated, half of the total area is lost due to the masking of the penumbra eUect, re-
ducing the available matching information considerably. When comparing both mutual
information maps, both global peaks are almost on the same location (x-translation dif-
ference: 0.01 mm, y-translation diUerence: 0.11 mm, and z-rotation diUerence: 0.11◦).
As expected, the landscape of the APMM is not as good as the landscape constructed
by the large Veld matching, since it is a bit less smooth, but is still well optimizable.
The mutual information map of the SMM is exactly the same as the one of the APMM.
This is caused by the fact that all segments of the “strip” plan are not overlapping, so
the possible diUerences of using the complete segments instead of an averaged artiVcial
one is zero in this case.

The results of the phantom study involving the 17 segment AP IMRT beam are pre-
sented in Figure 2.5. Figure 2.5a shows the largest segment of the beam, which is used
for matching. In Figure 2.5b the artiVcial Veld resulting from the APMM is shown.
Notice that the APMM Veld is almost twice as large as the largest segment and that
although 5 mm of the Veld edge was cropped, still some small penumbra eUects are
visible at the border of the artiVcial Veld. This was caused by the Veld edge matching
algorithm which returned a registration which was slightly oU in combination with the
fact that the particular region was covered by only one segment. Therefore the aver-
aging step did not remove the last penumbra eUects. Nevertheless, if one looks at the
corresponding mutual information maps, the diUerences are negligible: all methods re-
sult in virtually the same global peaks (see Table 2.2), and the landscapes do not diUer
considerably in terms of smoothness and presence of local maxima.

Method X-translation Y-translation Z-rotation

(mm) (mm) (degrees)

Large 20 × 20 cm Veld 0.68 0.13 -0.92
Strip Veld 0.69 0.02 -1.03
Largest segment 0.50 0.18 -0.63
SMM 0.52 0.09 -0.75
APMM 0.51 0.07 -0.81

Table 2.2: Global peak locations of phantom IMRT experiment.
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(a) Preprocessed DRR

(b) 20 × 20 Veld (c) Strip Veld

(d) 20 × 20 Veld: similarity map (e) Strip Veld: similarity map

Figure 2.4: Results of large Veld versus “strip” Veld experiment.
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(a) Largest segment (b) Constructed by APMM

(c) Largest segment: similarity
map

(d) SMM: similarity map (e) APMM: similarity map

Figure 2.5: Results of phantom 17-segment IMRT beam of a head-and-neck plan.

The diUerences between the various matching routines became more clear when we
conducted our third more extended patient experiment. This time, four diUerent matches
were computed, resulting in the similarity maps depicted in Figure 2.6. The Vrst thing
that became apparent, is the fact that the landscapes of the SMM and APMM are far
better optimizable than the other two. Figure 2.6e shows a landscape with a lot of local
maxima, making automatic matching very diXcult, even though the used segment is
relatively large. Also the landscape of the extra position veriVcation Veld is not with-
out diXculties: not only the large ridge moving northwards from the global maximum
is worrying from an optimization point of view, but also the found optimal rotation
is considerably diUerent from the other methods (see Table 2.3). Apparently, the most
signiVcant bony structure (the jaws), is not restrictive enough in terms of automatic
rotation optimization and more cranial bony structures are needed to Vnd the correct
rotation parameter, as they are available in all other methods. This misregistration was
conVrmed by visual inspection of the data, which means that our clinical position veri-
Vcation Veld in this case was inadequate for automatic matching purposes.

The diUerences between SMM and APMM are not very large, but if one looks closely to
the results it can be observed that the APMM landscape has a slightly smoother land-
scape than the SMM. This is the result of averaging the portal images instead of using
them directly. Structures which are stable (often bony anatomy) become more impor-
tant, because they keep their original pixel intensity, where as the unstable structures
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(a) Preprocessed DRR

(b) Largest segment (c) Position veriVcation Veld (d) APMM

(e) Largest segment (f) Extra position veriVcation
Veld

(g) SMM (h) APMM

Figure 2.6: Results of the clinical 17-segment AP IMRT beam of a head-and-neck patient.
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become less important in the resulting artiVcial match image, because they get blurred.
In other words, the signal-to-noise ratio (SNR) is higher for the APMM. Even though
APMM is in this respect slightly better than SMM, both methods are inWuenced by intra-
fraction movement, where as the other two methods are not since they just use a snap
shot of the total fraction, which can lead to a false sense of accuracy.

Method X-translation Y-translation Z-rotation

(mm) (mm) (degrees)

Position veriVcation Veld 0.89 0.63 -0.66
Largest segment 1.13 1.06 -2.73
SMM 1.03 1.18 -2.77
APMM 0.99 1.16 -2.68

Table 2.3: Global peak locations of patient IMRT experiment. The standard position veriVcation
Veld does not result in a correct registration, since it matches mostly on the jaws, which is not

restrictive enough regarding the z-rotation.

The eUect of adding more information to the matching process is demonstrated in Fig-
ure 2.7. It is interesting to see that even with very small number of segments covering
only a small area, the global peak becomes visible. It also shows that the landscape
improves drastically when larger areas are covered: the number of local maxima goes
down and the global maximum becomes more clear. However, the Vgure depicting the
landscape when using only the ten smallest segments also shows that adding more in-
formation does not necessarily directly lead to an improved optimization landscape.
This means that in order to match automatically it is essential that the matching area
should be as large as possible. In other words, SMM and APMM should always be used
with as much portal image data as possible.

All eighteen matches obtained by the experiment which applied SMM and APMM on
nine head-and-neck patients resulted in a correct registration of the artiVcially con-
structed dataset with the corresponding DRR. Visual inspection was done in order to
verify the match results. Also, the eUect of adding more information to the registration
process became more obvious. Figure 2.8 shows the relation between the area of the
artiVcially constructed averaged Veld and the deviation of the match parameters from
the global solution of the APMM for each patient. In other words, all graphs are nor-
malized by setting the match parameters of the APMM to zero, which is by deVnition
the data point which uses all available image information for each patient. As excepted,
when the area is very small, the correct match cannot be found, resulting in large,
non-converging deviations of the match parameters. However, from 30 cm2 on, most
patients start to converge towards the good registration result. For seven patients the
correct optimum can be found with only relatively small areas of up to 60 cm2, whereas
two patients needed more. This is caused by the diUerences of the type of informa-
tion that is contained in these areas (stable versus non-stable structures). Nevertheless,
when the area is larger than 90 cm2, the chance of getting a misregistration is very
small. Figure 2.9 shows the results of the SMM. Note that the x-axis is normalized to
the one of the APMM graph, to make the comparison between the two methods more
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Figure 2.7: Results of adding segments to APMM. In the left column 2, 4, 6, and 8 segments are

used to create the averaged artiVcial match image, and in the right column 10, 12, 14, and 16

respectively.

convenient. It is clear that both graphs are very similar, only in the Vrst part (up to
40 cm2) there are some diUerences, which can be explained by just a lack of matching
information.

With respect to execution speed, SMM is clearly the slowest of the presented techniques,
due to the simple fact that it uses the most data. Most time is spend on the calculation
of the normalized mutual information measure. Also, because of the use of volumes
instead of 2D images, the SMM uses more memory too. Both speed and memory us-
age of SMM increase when adding more segments to the procedure, while the other
procedure only has increased memory and time consumption during the initialization
phase. In Table 2.4 the results of nine head-and-neck registrations are summarized by
showing the mean execution time and memory usage for calculating one normalized
mutual information similarity measure. Calculations were executed on an Intel Pen-
tium IV, 2.8 GHzmachine. Since the similarity maps we used have 51 × 51 × 7 = 18207
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entries, it took on average 37 minutes to create APMM-map and just over 3 hours to
create a SMM-map. When using a carefully selected and conVgured optimization al-
gorithm instead of a complete NMI map for Vnding the global maximum, we estimate
that a registration can be done by calculating the NMI roughly 100 times, yielding an
registration execution time of approximately one minute and 15 seconds for SMM and
APMM respectively.

Method Mean execution time Mean memory usage

(milliseconds) (MB)

SMM 630 97.2
APMM 123 32.6

Table 2.4: Mean execution time and memory usage for calculating a single normalized mutual

information measure when using the SMM or the APMM, based on data of nine clinical head-

and-neck patients

2.4 Discussion

It may look like APMM is the preferred way to use for automatic patient position ver-
iVcation, because it has a small advantage over SMM with respect to the SNR, and the
large advantage with respect to execution speed and memory usage. However, this is
only the case if averaging of the portal images is allowed. In section 2.2.1 we showed
that the pixel values of the raw portal images are stable and can therefore be averaged.
If this is not the case and calibration of the images is not possible or insuXcient, SMM
is the preferred way of matching portals on a corresponding DRR. Instead of combining
the absolute image pixel values directly, SMM just uses the pixel values to calculate the
normalized mutual information measure. Since NMI is independent in relation to abso-
lute pixel values, the portal images of the segments do not need to have interchangeable
intensity values.

Since these methods are based on registering bony structures, the success of the routines
still depend on the “availability” of these stable anatomies in the Veld. If clear bony
structures are visible, our methods are capable of determining the correct registration
parameters with only a limited amount of Veld area (between 40 and 60 cm2). However,
when these structures are not widely available within the part of the irradiated area,
the methods do not deliver robust registrations any more. This produces the large
deviations as depicted on the left side of Figures 2.8 and 2.9, since the chance of having
a bony structure is limited when the total Veld size is small. In this case, more Veld area
is needed to successfully Vnd the optimal maximum.

If we look at other MLC delivery techniques, such as the “sliding window, step and
shoot” technique and the dynamic MLC technique, we believe that both SMM and
APMM can be even more useful. The Veld sizes during these delivery strategies are
usually smaller, making matching based on the largest segment generally not feasible.
No adaptations to the described methods are needed when using the “sliding window”
technique to get the same beneVts. When adapting the procedures for using them in
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Figure 2.8: The behavior of the normalized match parameters of the APMM in respect to the

artiVcially constructed averaged Veld area
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Figure 2.9: The behavior of the normalized match parameters of the SMM, plotted against the

corresponding artiVcially constructed averaged Veld area of the APMM
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combination with a dynamic MLC delivery, one should choose an appropriate time in-
terval in which one portal image is constructed, since the leafs can move at diUerent
speeds during “beam on”, as opposed to the “step and shoot” methods, where the leafs
are at a Vxed position when the actual irradiation of the patient takes place. If a large
time interval is chosen, large areas of the image can have artifacts caused by travelling
leafs, but if a smaller interval is chosen, the portal images themselves can get smaller.
The optimal time interval is dependent on the way each plan is sequenced and it will
even vary within one beam of the plan. However, even with a simple timing strategy
(for instance a constant, short interval) SMM and APMM can be used as a substitute for
large position veriVcation Velds in combination with dynamically delivered treatments.

2.5 Conclusions

In this paper we introduced two new methods which can be used for oU-line patient
position veriVcation when only small IMRT Velds are available. We showed that the
matching results of the methods are comparable with the results obtained from existing
methods. When we applied them to nine clinical patients, all matches were considered
good by means of visual inspection, and there was no signiVcant diUerence found be-
tween the two methods. This means that our methods can replace the method which
uses the extra rectangular large Veld, reducing the total dose to the patient. Our data
shows that when a distinct area of 40 to 60 cm2 of the EPID is exposed during one treat-
ment beam, the maximum NMI measure found corresponds to matching parameters of
a good registration, as long as some bony structures are present in the overall irradiated
area. However, adding even more information still improves the optimization land-
scape, which is important when one adds an optimizer to the matching routine. When
the images of the EPID system are adequately normalized, APMM is preferred above
SMM, due to a slightly better SNR, a faster execution time and lower computer memory
consumption. When this is not the case APMM should not be used. We expect that
the beneVts of our method become even greater when using “sliding window, step and
shoot” or dynamic MLC steering during delivery is used, since these techniques usually
result in smaller segments.
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Simultaneous multi-modality ROI delineation in
clinical practice

This chapter is based on:
Bol G.H., Kotte A.N.T.J., Van der Heide U.A. and Lagendijk J.J.W. 2009 Simultaneous
multi-modality ROI delineation in clinical practice Computer methods and programs in

Biomedicine 96 133–140

Abstract

The delineation of tumors and their surrounding organs at risk is a critical step of the treatment

planning for radiation therapy. Besides computer tomography (CT), other imaging modalities

are used to improve the quality of the delineations, such as magnetic resonance imaging (MRI)

and positron emission tomography (PET). A practical framework is presented for using multiple

datasets from diUerent modalities during the delineation phase. The system is based on two basic

principles. First, all image datasets of all available modalities are displayed in their original form

(in their own coordinate system, with their own spatial resolution and voxel aspect ratio), and

second, delineations can take place on all orthogonal views of each dataset and changes made to

a delineation are visualized in all image sets, giving direct feedback to the delineator. The major

diUerence between the described approach and other existing delineation tools is that instead of

resampling the image sets, the delineations are transformed from one dataset to another. The

transformation used for transferring the delineations is obtained by rigid normalized mutual in-

formation registration. The crucial components and the beneVts of the application are presented

and discussed.

3.1 Introduction

Accurate delineation of tumors and surrounding organs at risk is a critical step in treat-
ment planning for modern radiotherapy. Besides the so called planning CT, which forms
the basis for radiotherapy dose calculations and treatment optimization, other imaging
modalities are added to improve the quality of the delineations. Due to the superior soft
tissue contrast over CT, magnetic resonance imaging (MRI) is one of the most promi-
nent modalities used to enhance the visibility of tumor tissue and surrounding organs
at risk (Van de Bunt et al., 2006; Daftari et al., 2005; Villeirs et al., 2005). This technique
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can be exploited by using multiple scanning sequences in diUerent directions in one
imaging session, each depicting speciVc information on which delineation decisions
can be based. Also positron emission tomography (PET) is often used for delineation
purposes, especially for identifying positive lymph nodes (Moureau-Zabotto et al., 2005;
Grosu et al., 2005; Esthappan et al., 2004).

Since these diUerent imaging datasets are becoming more and more available in the
clinic, a new infrastructure is needed that provides an eXcient and convenient way
to work with these sets. In other words, a transition has to be made from a single
dataset, CT-based delineation strategy to a multi-modality, multi-dataset based delin-
eation regime.

We have developed an application which provides a practical framework for using mul-
tiple datasets from diUerent modalities during the delineation phase of the treatment
planning. We formulated two major objectives:

• Each dataset is displayed in its own coordinate system and with its own spatial
resolution. By displaying the sets separately and keeping the image content intact
by using its own aspect ratio, delineations are performed on the patient data as
it was originally acquired and intended. This property is especially useful when
using angulated MRIs or MRIs which are imaged with an high in-plane resolution
but a relatively large slice thickness due to scanning time constraints.

• The delineation of structures can be performed in all available datasets and on
every orthogonal plane of each dataset. By using diUerent modalities simulta-
neously and therefore giving direct feedback to the physician, the delineation
consistency can improve. We transform the delineations between the diUerent
coordinate systems using a transformation which is obtained by image registra-
tion.

Furthermore, all contours which are manually delineated by a physician are never
changed or adapted by anyone or anything other than the delineator himself. This
also means that techniques such as contour smoothing, are only applied on explicit
user request. The physician stays in control of the delineation process at all times. This
objective increased the acceptance of our tool within our department considerably.

Here, we describe the crucial components of our delineation system, such as the reg-
istration phase and the simultaneous construction, transformation and visualization of
the delineations on the diUerent modalities. We also show how the framework is used
within our department.

3.2 Materials and Methods

3.2.1 Data deVnitions

Before we describe our tool in detail, we Vrst deVne the terms we use regarding the data
types needed to explain the principles our ROI delineation strategy.
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Original image data These are usually three dimensional image datasets as acquired
on a imaging modality such as CT, MRI, PET etc. The datasets have the same
resolution and slice orientation as it was captured on the imaging device.

Resampled image data Image data derived from original image data, usually placed
in a diUerent coordinate system having a diUerent resolution and slice orientation
than the original image data.

Delineation data Delineation data is captured in contours (polygons) and triangulated
3D meshes. Note that in this paper delineations are never stored or converted to
a voxel models and exist in 3D space without the of use of an underlying (original
or resampled) image dataset.

Transformation data Describes how one coordinate system is associated with an-
other coordinate system. Since we only use rigid transformations (translation
and rotation), a transformation is described in a 4 by 4 transformation matrix
when using homogeneous coordinates.

3.2.2 Clinical setup and work Wow

In Figure 3.1 the integration of the delineation tool within our department is visual-
ized. It starts with acquiring various medical images from the patient at hand: besides
the standard planning CT, usually several MRI datasets are imaged during an imaging
session and stored in a local database (Table 3.1 shows the number of imaging sessions
for each modality in 2007 and 2008). After acquisition, the registration step takes place.
The MRIs are registered to the planning CT by using an intensity based matching algo-
rithm (see section 3.2.3). To ensure the quality of the registration, all registrations are
visually inspected. Next, the delineation of the tumor and other regions of interest can
start based on all available image modalities. Because of the lightweight character of
the contouring application combined with a client-server setup (all CPU intensive tasks
are performed on the server), this is done on a standard desktop PC of the physician.

Treatement

Planning

System

Registration

Verification

Delineation

MR

CT

PET

...

Image processing module

Planning CT
+

Delineations

Figure 3.1: The delineation framework as it is currently implemented. The arrows represent a

DICOM link. Is starts with acquiring the medical images, then the registration and delineation

takes place, followed by the export of the planning CT along with the delineations to the planning

system.

After contouring, all delineations are converted to the coordinate system of the plan-
ning CT and transferred to the treatment planning system. All in- and outgoing con-
nections of our framework are solely based on DICOM and also all locally stored data
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is kept in the DICOM Vle format. We have implemented the specialized radiotherapy
subset of DICOM standard (DICOM RT) for transporting and storing the delineation
data based on the oXcial standard as described by the National Electrical Manufac-
tures Association (NEMA). But we also used the DICOM conformance statement of
our planning system for resolving some minor vendor speciVc issues. By using the
DICOM standard, we are not dependent on vendor speciVc communication protocols,
since DICOM is supported by all major commercially available imaging- and planning
systems. Furthermore, this open framework enables us to access all imaging and delin-
eation data easily for research purposes, especially when performing delineation and
advanced imaging studies.

Modality 2007 2008

CT 2635 3129
MRI 868 1208
PET 56 193
Other 9 4

Table 3.1: Number of imaging sessions for each modality in 2007 and 2008 solely used for delin-

eation purposes.

3.2.3 Registration

Before delineation can take place, the available datasets have to be registered to cor-
rectly correlate the diUerent coordinate systems. In order to reduce the number of
registrations needed, we deVne a so-called “master” dataset, which deVnes the global
reference coordinate system of our application. We normally use the standard planning
CT as the master, since this one is used during the treatment planning phase. Next,
all other datasets are registered to the master set. Since all registrations share a single
coordinate system (the master coordinate system), the other datasets are also indirectly
registered between each other.

The registration itself is performed by the Vtkview toolkit (VTK CISG Registration
Toolkit; King’s College London, London, UK). It uses the normalized mutual infor-
mation (NMI) (Pluim et al., 2003) similarity measure as its optimization parameter and
produces rigid transformations. This means that only translations and rotations are al-
lowed. We use only rigid transformations because the quality assurance (QA) of such
a registration is more insightful and observer independent than the QA of a non-rigid
registration (Hajnal et al., 2001). NMI is a well-established registration similarity mea-
sure, which makes it possible to successfully register multi- as well as mono-modality
datasets (Studholme et al., 1999; Maes et al., 1997). This means that the technique can
be used for CT-MR, CT-PET and MR-MR registration.

Although most steps of the registration procedure runs without human supervision
or intervention, all resulting registrations are checked by means of visual inspection.
In order to register various tumor sites and types, we implemented three registration
strategies:
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Full registration Uses the given image datasets as is.

Segmented registration Before the actual registration is performed a coarse segmen-
tation step is added, which makes it for instance possible to register solely based
on the bony anatomy.

Partial registration Uses only small parts of the given datasets, this enables register-
ing on speciVc regions of interest. Usually a box shaped region is deVned.

In order to make registration results even more reliable we try to make all image
datasets in exactly the same patient (treatment) position using radiotherapy speciVc
positioning procedures, such as head masks, arm rests etc. This reduces the amount
of human interaction considerably, since in most cases the registration will Vnd an ac-
ceptable transformation without any user-deVned registration initialization. When the
patient is not imaged in the same position, Vnding a good registration becomes more
complicated to achieve or is sometimes even impossible.

3.2.4 Delineation construction and visualization

The key diUerence between this system and other delineation tools is that the delin-
eation is transformed between the datasets instead of transforming the image content
beforehand by means of resampling. From the registration we have obtained the trans-
formations between the various sets, so we now know how a point in one coordinate
system can be transformed to any of the other image datasets. However, direct transfor-
mation of the contours is usually not possible, because they are originally constructed
within the planes of one of the registered datasets, and these planes do typically not
coincide with planes in another dataset.

Therefore, we construct a three-dimensional closed mesh of triangles from the stack of
contours using a parallel slice reconstruction algorithm (Boissonnat, 1988). The algo-
rithm matches similar portions of each pair of adjacent slices, and it tiles the matched
contour portions by a sequence of adjacent triangles. The matching and tiling are based
solely on the similarity between the xy projections of the two contours. No contours
in other slices are aUected. This resulting 3D mesh can be transferred to other datasets
by transforming each vertex according to the transformation matrices obtained from
the registration routine, as is schematically shown in Figure 3.2. The use of registration
matrices is possible since we only use rigid transformations. By reslicing the mesh with
planes of the other dataset at hand, the delineation is visualized.

The delineation itself is contour based. After the physician contoured the structure on
one of the orthogonal views of the image volume, a new 3D mesh can be reconstructed
and this mesh is displayed in all other datasets. By using a linked cursor, which shows
a common point in all datasets, the physician can verify the delineation on all other
datasets and adjust it if necessary.

When a contour is added or edited, a new mesh can be generated and is visualized in
all the other datasets. This way, the users can see the impact of their actions on more
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Figure 3.2: The transfer of a delineation from one image dataset to another, using the rigid trans-

formation obtained from the registration procedure. First the mesh is constructed for the contours

delineated in dataset I, after transforming the mesh, it is resliced and displayed on the planes of

dataset II.

than one dataset simultaneously and use this information during delineation. Updating
a typical delineation (in other words, regenerating the 3Dmesh from a stack of contours
and reslicing it for visualization) takes only a fraction of a second, whereas large struc-
tures (such as the body contour and the lungs) takes less than two seconds. It is also
possible to really reslice a delineation onto another dataset and continue contouring on
this other dataset until a satisVable result has been reached. As mentioned before, the
resulting VOI is then resliced on the planning CT. The polygons produced in this last
step are send (accompanied by the CT) to the planning system.

3.2.5 Hardware and software

We developed the tool in a operating system independent way by using the Java 2
programming language and its virtual machine, it runs on both Microsoft Windows
based systems as well as on GNU Linux systems within our department. The hardware
requirements depend mostly on the size of the original image datasets, but in general
we use 2.8 GHz Intel based systems with 500 MB of RAM. The framework supports
standard DICOM protocols and has an open architecture, which makes it also a valuable
research tool.

3.3 Results

In this section we describe three typical examples which show how the system is used
within our department on a daily basis. Before the framework was introduced in the
clinic, extensive testing was performed based on the European SocieTy for Radiother-
apy and Oncology (ESTRO) guidelines regarding delineation tools for radiotherapy
(Mijnheer et al., 2004). The Vrst example depicts the delineation of a prostate cancer pa-
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tient which received an intensity modulated radiotherapy treatment (IMRT). The second
example shows the delineation of a head-and-neck tumor, whereas in the last example
a cervical cancer patient is presented.

In Figure 3.3 two screenshots of the application are shown. The delineation of the clin-
ical target volume (CTV) of a prostate patient was performed on a balanced fast Veld
echo (BFFE) MRI. Both the prostate itself (especially the apex and the lateral sides) and
the bladder-prostate boundary can be easily determined on the MRI, rather than on CT.
Furthermore, the resolution of the MRI scan is much better (0.5 × 0.5 × 1.0 mm ver-
sus 0.9 × 0.9 × 3.0 mm). In order to register these datasets, the partial registration
method is used with only a small box surrounding the prostate. This way, undesired ef-
fects on the registration result caused by the movement of the prostate are minimized.
The registration accuracy was measured using four anatomic landmarks detected man-
ually from both images. The average distance between the landmarks after registration
was 1.4 mm, whereas the average accuracy outside the registered box is determined at
5.4 mm, showing the eUect of the partial registration. The 3D mesh is reconstructed
from the stack of contours deVned in the transversal slices of the CT. This means that
the contours of the coronal and sagittal view of the CT and all views of the MRI are
calculated by slicing the reconstructed 3D mesh (which is also transformed by the reg-
istration transformation in the case of the MRI) by the corresponding viewing planes.

In order to delineate head-and-neck tumors correctly (these include cancers of the sinus,
the oral and nasal cavity and the larynx), we use at our department three diUerent
modalities: a planning CT, a series of diUerently acquired MRI sequences, and a FDG
PET. Typically, the image resolutions diUer a lot: 0.9×0.9×3.0mm, 0.4×0.4×4.4mm,
and 4.0 × 4.0 × 4.0 mm for CT, MRI and PET respectively. Figure 3.4 shows three
transversal slices of the datasets. By adding MRI and PET information, outlining of
the gross target volume (GTV) and the pathological lymph nodes is more obvious than
when using solely CT information. Since everything was imaged with the patient in the
treatment mask and all sets cover the same part of the body, the complete datasets are
used during the registration phase. This resulted in a CT-MR registration accuracy of
on average 1.2 mm by using four diUerent landmarks. The accuracy of the CT-PET is
diXcult to assess due to PET thresholding artifacts, but was estimated at 3.1 mm.

In Figure 3.5 three orthogonal T2 weighted MRI datasets of cervical cancer patient are
shown. All MRIs have an in-plane pixel spacing of 0.6 × 0.6 mm and a slice thickness
of 4.5 mm. Furthermore, the planning CT has a pixel spacing of 0.8 × 0.8 × 3.0 mm.
The white contours mark the delineated CTV of the primary tumor in all images. The
border between CTV and surrounding tissue can be determined better on the MRI im-
ages than solely on the planning CT. In clinical practice the sagittal MRI is mostly used
for indicating the caudal and cranial border of the CTV, whereas the coronal view is
used for correctly determining the lateral extension of the parametrial tissue. In this
case registration of the CT and the MRIs was based on the bony structures of the pa-
tient (segmented registration), since the soft tissue itself suUers too much from internal
organ motion. The accuracy of the bone match is on average 2.0 mm. Large deviations
can be observed when choosing landmarks within the target area (up to 17 mm, due to
rectal Vlling).
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(a) Screenshot of the window with the planning CT

(b) Screenshot of the window with corresponding BFFE MRI

Figure 3.3: Two screenshots depicting the datasets which are currently used while delineating the

prostate and the surrounding tissues: one with the planning CT and the other with the corre-

sponding BFFE MRI. The cross is the linked cursor, depicting the same location in all datasets.
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(a) Planning CT, transversal (b) MRI T1 weighted, transversal (c) FDG PET, transversal

Figure 3.4: Three diUerent modalities (CT, MRI, and PET), used during the delineation phase of

the IMRT treatment planning of head-and-neck tumors. The white cross is the linked cursor,

depicting the same location in all datasets.

(a) MRI T2 weighted, transversal (b) MRI T2 weighted, sagittal (c) MRI T2 weighted, coronal

(d) Planning CT, transversal

Figure 3.5: Three orthogonal MRI datasets along with the corresponding planning CT of a cervical

cancer patient. The white cross is the linked cursor, depicting the same location in all datasets.
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Figure 3.6 shows the resampled version of the original MRI datasets of the cervical
cancer patient. The sets were resampled with trilinear interpolation to the same res-
olution as the planning CT. This technique is commonly used in other multi-modality
delineation tools. Since the caudal-cranial pixel spacing of the CT is relatively big, the
resulting sagittal and coronal MRI images loose a lot of their image quality which makes
it harder for the delineator to make a clear distinction between targets and surrounding
healthy tissue.

On the other hand, the MRIs are upsampled in the slice direction, leading to exten-
sive memory usage. Instead of having just the four original datasets loaded into com-
puter memory, with the resample technique the memory usage is usually four times
the memory consumption of the CT. In this case the total memory usage when using
our approach is 63 + 16 + 15 + 16 = 110 MB, whereas the resampling method needs
4 × 63 = 252 MB, making our method more appropriate for usage on a standard desk-
top PC. Obviously, this advantage increases when the dataset that is used as ’master’
gets even larger, for instance when a multislice CT is used.

Also in the case of the prostate patient example the eUect of direct resampling is large:
if the MRI is downsampled to CT resolution, each voxel of the resampled MRI averages
the information of 9.72 original MRI voxels, reducing the visualization of structures
considerably. When applying the same routine on the PET image of Example 2, the
information of each original PET voxel is spread on 26.34 voxels in the interpolated
PET image, creating a false perception of high resolution.

(a) Resampled MRI T2 weighted,
transversal

(b) Resampled MRI T2 weighted, sagit-
tal

(c) Resampled MRI T2 weighted, coro-
nal

Figure 3.6: The sameMRI datasets as shown in Figure 3.5, only this time resampled to the planning

CT by using trilinear interpolation. Note the degeneration of the sagittal and coronal MRI images.

3.4 Discussion and conclusions

In the previous section we showed some examples of cases where the physician is given
the opportunity of delineating targets and organs at risk in such a way that only the
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originally acquired image datasets of the patient are used. We imposed this requirement
on the system, so that the delineator has a better indication of the spatial resolution
of the diUerent scans. By using more modalities, the contours of the tumor can be
determined more accurately (Examples 1 and 3) and the chance of missing parts of the
targeted tissue becomes smaller (Example 2).

Other delineation systems used within a radiotherapy setting (such as Pinnacle TPS
(Philips, Eindhoven, the Netherlands) and Oncentra Masterplan (Nucletron, Veenen-
daal, the Netherlands)) choose to resample the datasets after registration. This can
make it hard for the physician to recognize partial volume eUects since most of the
displayed pixel values are interpolated and can therefore give a false sense of accuracy,
especially when the originating datasets have very diUerent resolutions (see Example
2). By using a diUerent strategy to link the various image datasets (thus by transforming
the delineations), we avoid these resample problems.

Although we do not resample the imaging datasets, the delineation method is still a
contour based one. This means that when a delineation originally is contoured on
one set by using the guidance of the linked cursor and is completely converted to the
planning CT, partial volume eUects still take place: the 3D mesh is ’sliced’ on the CT,
which usually has a poor caudal-cranial resolution. Therefore we advise our physicians
not to convert the delineations from one dataset to another dataset profusely. Also
when neighboring contours are very diUerent, the 3D reconstruction can cause artifacts,
because the problem of automatically connecting two very diUerent contours is not well
deVned and has many possible solutions. However, in clinical practice the contours of
a tumor changes gradually, since the resolution of the underlying MRI is determined by
the expected irregularity of the tumor type.

Another possibility is to use semi-automatic segmentation. The basic idea is to Vt au-
tomatically a 3D triangulated deformable model to the image datasets of the patient,
followed by a correction phase in which the physician can adapt the delineation manu-
ally (Lötjönen et al., 2008; Lötjönen, 2003). This type of delineation is especially useful
when the desired structure is well known in advance. However, due to the unpredictable
shape of tumors, this approach is less suitable within the radiotherapy Veld.

The real solution to the delineation discretization problem is to use a truly 3D based
delineation method instead of a contour-based one: it should allow manipulation of the
3D mesh directly on all datasets at the same time rather than using the 3D mesh as
a convenient datastructure for transporting delineations from one dataset to another.
This solves the discretization problems during delineation, however the mesh still has
to be sliced to the planning CT before it can be handled by the planning system. Such a
strategy could be developed using the reconstruction algorithm of Amenta et al. (2001),
which produces a 3D mesh from a cloud of user-deVned points instead of contours,
by-passing the contour diXculties as described in section 3.2.4.

Another diUerence with traditional resampling methods is that for instance the transver-
sal displayed slice of one dataset does not necessarily correspond with a displayed
transversal slice of another dataset. This is caused by the fact that the patient can be
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shifted or rotated between image sessions or by acquiring an angulated dataset. Only
the position depicted by the linked cursor in both datasets has a one on one correspon-
dence. However, the individual image set does not suUer from resampling artifacts (as
shown in Figure 3.5 and 3.6) and by moving the linked cursor each delineation can be
veriVed adequately.

Although the primary topic of this study is not image registration, it is important to
state that registration is a crucial step within our framework, just as it is for the resam-
pling delineation method. The quality of the registration has a direct inWuence on the
quality of the delineation which is eventually used for treatment planning. This is why
we introduced speciVc registration methods for certain patient groups, resulting in an
acceptable registration performance. Currently we are looking into the possibility to
do Vrst a rigid transformation based on bones, followed by a non-rigid registration in
the area where the tumor is situated. Still the quality assurance of such a procedure
remains diXcult and adds extra complexity to the tool.

The delineation quality obtained from our system, should be similar or better than the
delineations created with other tools. We try to avoid partial volume artifacts as much
as possible, which beneVts the overall delineation procedure. However, to really assess
the beneVts a large comparative delineation study should be performed, but that is
beyond the scope of this paper.

Since the introduction of our system at our department the awareness regarding dif-
ferences between spatial resolution of especially CT and MRI scans, has let to more
consistent imaging protocols and delineation strategies. In the future, we will add truly
3D delineation methods to our system and more advanced options (such as automated
registration assessment (Ceylan et al., 2005)) to the registration phase which will reduce
the number of necessary human interactions even more.

Here, we showed a framework in which the physician is able to simultaneously delin-
eate targets and organs at risk on multi-modality image sets, without the need of pre-
proccessing the images, using the full potential of each available dataset, while it does
not need excessive hardware requirements. The software is standardly used through-
out our department and is able to export clinically approved delineations to the beam
optimization module of the planning system.
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MRI-compatible Vducial gold markers for
prostate cancer patients

This chapter is based on:
Bol G.H., Van der Heide U.A., Kotte A.N.T.J., van Vulpen M. and Lagendijk J.J.W. 2008
MRI-compatible Vducial gold markers for prostate cancer patients in Radiotherapy and

Oncology proc. ESTRO 27, Göteborg, Sweden vol. 88, suppl 2, nr 1171 p. S374

Abstract

MRI based target delineation is rapidly gaining ground. Fiducial gold markers are poorly de-

tectable on most MRI sequences. Therefore, markers always have to be detected on a separated

CT, adding extra CT↔MRI registration errors to the treatment preparation phase. We developed

a marker which is visible on MRI and on EPID. A separate CT is no longer needed. The marker

consists of a steel core with a diameter of 0.3 mm within a gold casing. The marker is 5.0 mm

long and has a diameter of 1.0 mm. The steel core provides visibility on MRI and the gold cas-

ing on EPID. To investigate the interobserver variability, Vve experienced observers marked the

positions of the markers on three MRI sequences: a bSSFP, T1- and T2-weighted sequence. These

positions were also compared to the CT based marker positions. The bSSFP is best suited for de-

lineating the prostate and detecting the developed markers. The interobserver variability is small

(the mean absolute distances ranges from 0.16 mm to 0.30 mm). The diUerences between the

MRI based detection and the CT base detection are also small, considering it contains registration

errors: the mean absolute diUerences ranges from 0.43 mm to 1.44 mm. The gold marker with

steel core can be detected on various MRI sequences, reducing the overall systematic treatment

error.

4.1 Introduction

Fiducial marker based position veriVcation has signiVcantly improved the accuracy
of the external beam radiation therapy for prostate cancer (Van der Heide et al., 2007;
Nederveen et al., 2002; McNair et al., 2008). Because the prostate cannot be visualized
directly during treatment with megavoltage imaging, typically solid gold markers are
implanted (Dehnad et al., 2003; Van der Wielen et al., 2008; SchiUner et al., 2007). The
markers indirectly visualize the prostate position, since they have a suXciently high
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density in order to detect them on an electronic portal imaging device (EPID). Prostate
deformation cannot be detected, but the impact of this on the total dose given to critial
organs such as the rectum is negligible (Kerkhof et al., 2008). The markers are implanted
before the acquisition of the planning CT scan. From this scan the marker positions are
automatically extracted and when target contouring takes place on the same CT, a di-
rect correlation between markers positions and the planning target volume (and thus
the treatment Velds) is established. This correlation is used when the daily position of
the prostate is veriVed by detecting the gold markers with the EPID.

Although CT is still used for delineating the targeted prostate volume, MRI based con-
touring is rapidly gaining ground due to superiour soft tissue contrast and therefore
smaller intraobserver variability (De Meerleer et al., 2005; Khoo et al., 2006; Smith et al.,
2007; Parker et al., 2003). However, the gold markers are poorly detectable on most
MRI sequences (see Figure 4.2b, 4.2d and 4.2f). In order to obtain the required corre-
lation between the markers and the delineated structures, the MRI is registered to the
planning CT using for instance mutual information matching (Maes et al., 1997) or by
detecting the implanted Vducial markers on a separated dedicated MRI sequence within
the same imaging session (Huisman et al., 2005). However, due to registration errors
and intra imaging session motion respectively, the correlation between the markers and
the contours can be disturbed, introducing a systematic error into the radiation therapy
treatment.

In this study we introduce a new kind of Vducial marker which is visible on most MRI
sequences and on EPID. The goal is to delineate the prostate and accurately detect the
positions of the gold markers in the same MRI sequence. This procedure does no longer
need a MRI-planning CT registration in order to correlate the marker positions and
the delineated structures. This is important because these types of registration faults
can not be compensated during treatment, and therefore introduce a systematic error:
during treatment planning only the onMRI delineated structures are taken into account,
but when the treatment is delivered, only the positions of the markers are checked. If
the delineated structures and the markers are misaligned relative to each other due to
registration errors, no correction protocol will correct for these mistakes.

An additional advantage is that the inWuence of intra imaging session motion is mini-
mized when using just one MRI sequence for delineation and marker detection. In this
study, we describe the design of the marker, we test the reproducibility of the manual
detection of the markers, and we compare the positions of markers found solely based
on the MRI with the positions found with the current combined CT-MRI based marker
extraction procedure.

4.2 Methods and Materials

4.2.1 Fiducial markers

The new Vducial markers consist of a pure gold cylinder with a central core of surgical
steel (Ethicon Stahldraht R©). While the gold cylinder provides visibility on the EPID,
the steel core provides the artifact on MRI. The core causes signal loss due to dephas-
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ing of the spins. The shape of the resulting artifact can be predicted as described by
Lagerburg et al. (2008). The marker has a diameter of 1.0 mm and is 5.0 mm long and
has rounded tips to avoid unnecessary tissue damage. The steel core has a diameter of
0.3 mm.

Themanufacturing process starts by inserting a surgical steel thread into a hollow cylin-
der of gold. In this phase, the outer and inner circumference of the cylinder is slightly
larger than its Vnal dimensions. After this, the cylinder is stretched until the steel thread
is tightly conVned within its gold casing. Finally, the markers are cut at the appropriate
length and then lathed to obtain the rounded tips.

Figure 4.1a shows a photograph of the marker and Figure 4.1b shows a electron micro-
scopic (EM) image of a marker tip. In the center of the marker tip, the steel core is
clearly visible. The lighter material is the gold casing surrounding the steel core. The
markers are biocompatible due to the choice of materials and are easily manufactured
in large quantities. Since the edge at the rounded tip between the steel core and the
gold casing is very smooth, the marker can be properly sterilized.

(a) Gold marker with steel
core

(b) Electron microscopic image of the marker tip

Figure 4.1: Gold markers with steel core for patients treated for prostate cancer.

4.2.2 MRI sequences

All MRI exams were carried out at a 3T MRI scanner (Achieva, Philips Medical Systems,
Best, NL). The planning CTs were acquired on a single slice CT scanner (Aura, Philips
Medical Systems, Best, NL) and have an in-plane slice resolution of 0.49x0.49 mm2 and
the slice thickness is 3 mm. For prostate imaging and treatment planning, three MRI
sequences were used:
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(a) bSSFP, transversal, with steel core (b) bSSFP, transversal, pure gold

(c) T1, transversal, with steel core (d) T1, transversal, pure gold

(e) T2, transversal, with steel core (f) T2, transversal, pure gold

Figure 4.2: Visibility of the new gold markers with a steel core (Figure (a), (c) and (e)) compared

to the pure gold markers (Figure (b), (d) and (f)).
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1. A 3D balanced Steady State Free Precession sequence (bSSFP) (TR/TE= 5.3/2.4ms)
using 90 slices with a 0.5x0.5x1 mm3 reconstructed resolution and a Wip angle of
21 degrees.

2. A multi-slice T1 weighted spin echo (SE) sequence (TR/TE = 570/30 ms) using 25
slices of 4 mm and a reconstructed resolution of 0.8 mm.

3. A multi-slice T2 weighted Turbo Spin Echo (TSE) (TR/TE = 8400/120 ms, turbo
factor=13) with identical resolution and spatial coverage as the T1 weighted se-
quence.

The MRI sequences were carried out in a single imaging session and between the scans
the patient was not moved. The bSSFP had an acquisition time of 2 min 9 s, the T1 took
6 min 12 s and the T2 8 min 23 s. Time constraints were the cause of the rather large
T1 and T2 slice thickness.

The bSSFP is speciVcally designed for delineating the prostate and the seminal vesicles.
The expected geometric errors in the prostate region are small, since this sequence uses
balanced and symmetrical imaging gradients during acquisition. Furthermore, due to
the fat suppression, the boundaries of the prostate are clearly visible and also the high
resolution combined with a relatively short acquisition time make it very suitable for
use in a clinical setting. The T1 and the T2 are mainly used as diagnostic scans for
detecting hemorrhage and tumor localization within the prostate respectively.

4.2.3 Experiments

Phantom tests

We performed phantom tests to see whether the new markers have indeed an increased
visibility compared to the conventional markers. We also investigated the shape of the
artifact caused by the steel core of the marker. We used the bSSFP MRI scan, since this
sequence is the most important when delineating the prostate. During the experiments,
the markers were aligned with the main magnetic Veld in a gelatin phantom. This
setup corresponds with the most common orientation of the markers in patients treated
for prostate cancer, since the implantation of the markers occurs in the longitudinal
direction of the patient. After the phantom study we started implanting the markers
into all new prostate cancer patients and studied the artifacts in vivo.

Manual marker detection

In order to determine how precise the new markers can be detected, Vve experienced
physicians and physicists marked the location of each of the three implanted markers
in 20 patients on all MRI sequences. For all patients the planning CT, the bSSFP, the T1-
and the T2-weighted MRI were used. First, the markers are automatically detected on
the CT and each marker had its unique identiVer assigned per patient. The automatic
detection of the markers is based on thresholding the high CT values followed by the
calculation of the center of gravity. The accuracy is 0.1 mm in transversal direction
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and 0.3 mm in axial direction. This diUerence is caused by the relatively large slice
thickness compared to the in-plane resolution (Dehnad et al., 2003).

Subsequently, each observer indicated the corresponding markers in all MRI datasets.
The observers were instructed to locate the 3D position of the center of gravity of the
marker. An in house developed software package, called Volumetool (Bol et al., 2009),
was used. Three orthogonal views of the dataset at hand are presented to the observer,
along with a linked cursor. The observers were free to choose the window/level settings.
It was also possible to put a marker “between slices”. In other words, the observer was
not forced to pick the center of a voxel as a marker position. In this way, the position of a
marker can be manually interpolated between slices, which makes the whole procedure
less sensitive for large voxel sizes.

The Vnal result of the procedure is that we have for each individual marker Vve 3D
positions (from every observer one position) in each MRI sequence. From these Vve lo-
cations, we calculated the mean marker position, and computed for each orthogonal di-
rection the absolute distance between this mean marker and each contributing marker.
The mean of these absolute distances is a measure for the interobserver variability for
each MRI sequence.

DiUerences between CT and MRI based marker detection

In current clinical practice, the prostate is delineated on MRI and the markers are ex-
tracted from the CT. Registration is used to correlate both datasets. In order to inves-
tigate the diUerences between this procedure and the solely MRI based procedure, we
compared the marker positions of the CT based marker detection with the ones based
on MRI marker detection.

In order to do this comparison, the markers were all transformed to the same coordinate
system and we choose the bSSFP coordinate system as our standard. The T1 and T2
marker positions were directly mapped to the bSSFP coordinate system. Registration
was not applied, because the expected registration error (mainly caused by the large
slice thicknesses) would be larger than the intra imaging motion. However, the “bSSFP
positions” of markers which were extracted from the CT, were obtained by applying
the rigid transformation we obtained from the CT-bSSFP registration. This registration
was clinically used and was based on mutual information registration, using only small
boxes around the prostate in both datasets as its registration volumes.

The measure we used to quantify the diUerences is comparable to the one described
in Section 4.2.3: for each orthogonal direction we Vrst calculated the absolute distance
between the CT position and the MRI position of the marker. We did this for all CT-
MRI sequence combinations and summarized these results by taking the mean of the
absolute distances of each scan combination.
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4.3 Results

4.3.1 Marker induced artifacts

In Figure 4.3, the phantom experiment setup (the main magnetic Veld (B0) with respect
to the marker orientation), the signal artifacts of a new marker and a conventional
marker are shown. Due to the steel core, ring artifacts are visible around the new
marker, whereas the pure gold marker gives only a very weak signal disturbance in the
gelatin phantom. Since the ring artifacts are evenly distributed around the marker, the
center of the marker can be spotted easily. Although the precise artifacts depend on the
orientation of the marker in the magnetic Veld, the lobed, symmetrical shape remains
virtually the same when the marker has an angle of up to 40 degrees with respect to the
main magnetic Veld. Due to the nature of the implantation procedure, such large angles
are very rarely observed. The artifact shape is also depicted in Figure 4.4a. Here, three
markers are visible in this coronal slice, having the same artifact shape as seen in the
phantom experiments.

(a) B0 and marker orientation (b) bSSFP, with steel core (c) bSSFP, pure gold

Figure 4.3: Results of visibility experiment in a gelatin phantom.

The new markers contain slightly less gold than the solid gold markers (3.6 mm3 versus
3.9 mm3) and atomic mass of iron is less than the atomic mass of gold (55.84 u versus
196.97 u), but the visibility on EPID remains good (see Figure 4.4b) and they give suf-
Vcient contrast for automatic EPID marker extraction algorithms (Harris et al., 2006).
Therefore, the markers are standardly used at our department in the same fashion as
described by Van der Heide et al. (2007).

4.3.2 Interobserver variability

The results of the interobserver variability experiment for the three main axis directions
are presented in Table 4.1. The LR-axis corresponds with the lateral direction, the AP-
axis corresponds with the anterior-posterior direction and the cranial-caudal direction
is presented by the CC-axis. The LR-positions of the markers are detected consistently
on all individual MR sequences: the mean absolute distances are small. However, larger
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(a) Coronal view bSSFP (b) AP megavolt image

Figure 4.4: Gold markers with steel core in vivo.

distances in AP-direction of the T1 and the T2 compared to the bSSFP can be observed.
This diUerence is caused by the elongated (in AP-direction) and therefore circlely asym-
metric artifact that is produced by the marker in the transversal plane (see Figure 4.5).
This makes it more diXcult for an observer to determine the position of the markers
the AP-direction. The bSSFP, however, is almost perfectly round, making the decision
where to pinpoint the marker easier. As expected, it was more diXcult to consistently
detect the CC-position of the marker on the T1 and T2 scans. This is caused by the
relative thick slices of 4 mm of these scans.

Figure 4.5: Close-up of the T1 artifact. The elongated shape causes a larger interobserver variation

in AP-direction.

We also tried to manually detect the pure gold markers, but this failed due to the very
poor visibility of these markers. The only way to Vnd the markers in most cases was
by projecting the CT marker position into the MRI image and assume that the artifact
closest to that projected position was caused by the marker.
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Sequence
LR (mm) AP (mm) CC (mm)

mean abs. dist. mean abs. dist. mean abs. dist.

bSSFP 0.16 0.20 0.30
T1 0.28 0.52 0.95
T2 0.28 0.47 0.88

Table 4.1: The mean absolute distance between the mean marker position and every observed

marker position by the Vve observers on 20 patients, each implanted with three Vducial markers.

Scan combination
LR (mm) AP (mm) CC (mm)

mean abs. dist. mean abs. dist. mean abs. dist.

bSSFP CT 0.43 1.44 1.42
T1 CT 0.56 1.84 1.83
T2 CT 0.46 1.63 1.64

Table 4.2: The mean absolute distance of all markers, calculated from the distances between the

MRI position and the CT position of each marker.

4.3.3 Variability between MRI and CT

Table 4.2 shows the means of the absolute distances between the marker positions found
in various MRI sequences and the planning CT, for each orthogonal direction. It shows
the eUects resulting from the registration which is needed when using a MRI based de-
lineation and a CT based marker detection. In the LR-direction the observer diUerences
of all modality combinations are relatively small: the mean absolute distances are all
below 0.6 mm. The rather large mean absolute distance in AP-direction in the T1 se-
quence can be explained by the interobserver variation as described in Section 4.3.2 and
speciVc registration errors in that direction. In CC-direction the eUect of the large slice
thickness is also reWected in all combinations involving a T1 or a T2 scan.

Furthermore, it is important to state that, when comparing Table 4.1 with Table 4.2,
the variability between the CT and MRI, in which the registration error plays a (major)
role, is in all directions and modalities larger than the interobserver variability within
the MRI scans.

4.4 Discussion

As shown in section 4.3.2, the interobserver variation of the new markers with the steel
core, in combination with the bSSFP, is small. Since the bSSFP is very sensitive to even
small amounts of iron, the artifact is clearly visible and has a predictable and distinct
symmetrically lobed shape, from which the center of gravity is easily spotted. Further-
more, the 3D spatial resolution of the bSSFP is very high, which makes it even more easy
to point out the precise position of a marker. As explained in section 4.2.2, the bSSFP is
also very suitable for determining the outline of the prostate and the seminal vesicles.
Therefore, it justiVes the proposition that the bSSFP sequence is exceedingly suitable
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for determining the most important structures needed for tumor position veriVcation
during treatment.

Although the new markers are also visible on the T1- and T2-weighted images, detect-
ing the exact marker positions is not that straightforward and consistent compared to
the bSSFP. One problem is the poor slice thickness of the scans. Observers have to inter-
polate the CC-position of the marker and this is the main cause of the large variations
we see in that direction. This problem can be solved by longer scanning times (and
consequently thinner slices).

The other problem is more fundamental. When diUerent MRI sequences are used, the
corresponding artifact of the marker also diUers. The artifact changes due to the used
readout direction, susceptibility artifacts and the orientation of the marker in the main
magnetic Veld. This can lead to diUerences in (automatic) detectability of the markers.
Although the marker is visible on most MRI sequences, it does not necessarily mean
that it is suitable for accurately determining the position of the implanted markers (see
section 4.3.2).

When large air pockets are in the rectum near the prostate during MRI acquisition,
geometrical errors can be present in the resulting T1- or T2-weighted datasets. These
distortions are usually visible close to the rectum-prostate boundary and may obscure
the delineation of the prostate. However, with respect to determining the marker posi-
tions, the problem is not very important because the markers are placed in the central
zone of prostate rather than near the boundary. Note that the bSSFP is not inWuenced
by these geometrical errors.

Although the above problems exists, the distances between the absolute positions found
in CT and all MRI sequences are small (see Table 4.2). Especially when keeping in mind
that in order to compare two positions of a marker, Vrst a registration matrix is ap-
plied. The estimated accuracy for this registration is approximately 1 voxel and this
means that the registration error can be as large as 3 mm due to the CT slice thickness.
Since the mean absolute distances are on average well below this maximum (they are all
lower than 2 mm), we conclude that the registration step is the most dominant source
of errors. The potential marker position shifts play only a minor role in the observed
diUerences: when for instance a large systematic shift would be introduced, the result-
ing mean displacement errors would be larger than the expected registration error, but
this is not the case.

The most important modality combination to look at is the one combining the bSSFP
and the planning CT, because in current clinical practice we register the bSSFP to the
CT in order to correlate the MRI prostate delineation with the CT based marker po-
sitions. As expected, the CC-coordinates are determined more consistently compared
to all other combinations, because the slice thickness of the bSSFP is relatively small.
The LR-direction is detected more consistently than the AP-direction. This is caused
by the larger registration error in anterior-posterior direction: due to diUerent bladder
and rectal Vlling during the separate CT and MRI imaging sessions, it is slightly more
diXcult to consistently register the prostate in that direction. However, the diUerences
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between the bSSFP and the golden standard using the CT are on average in all directions
well below 1.5 mm. Therefore the bSSFP sequence can be used for both delineation of
prostate and reliable detection of the Vducial gold markers with steel core.

When comparing Table 4.1 and Table 4.2, it is clear that MRI based delineation and
marker detection can reduce the systematic treatment error. As reported before, the
diUerences between the two tables are mainly caused by CT-MRI registration errors. By
using only MRI, these errors are no longer in play: the correspondence between the
delineation and the marker positions is directly established. Furthermore, we plan to
automatically extract the markers from the MRI. In the end we try to obtain the same
accuracy as the one achieved by the automatic CT based marker extraction method.
This will reduce the systematic error even more. We expect that by using our method
we may reach a reduction of the systematic error up-to 1.0 mm in CC-direction.

When target delineation and marker detection is solely based on MRI, the treatment
planning scheme becomes diUerent. For proper dose calculation, a planning CT is still
needed. This means that the markers and delineation should be transfered to the plan-
ning CT bymeans of registration, but this registration is not as critical as the one needed
when the correlation between the CT markers and an MRI based delineation is estab-
lished: dose errors resulting from displaced air (outside the body contour or in the
rectum) are small and any positional errors with respect to for instance skin markers
are corrected by the position veriVcation procedure during the irradiation phase. Con-
sequently, the registration error is no longer systematic (the error remains during the
whole treatment), but random.

4.5 Conclusions

In this study we introduced a new Vducial gold marker with a steel core for prostate
cancer patients which is visible on most MRI sequences. We demonstrated its use with
bSSFP, T1 and T2 scans. We conclude that the bSSFP is most suitable for both delin-
eation of the prostate as well as for accurately detecting the markers. The lobed and
symmetric artifact of the marker is clearly visible and makes it easy to point out the
center of the marker consistently. Since the detection error is comparable to or lower
than the errors made registering the bSSFP to the planning CT, this approach can be
used to delineate the prostate and reliably detect the new markers within the same MRI
sequence. This can result in a lower overall systematic treatment error.
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Fast online Monte-Carlo based IMRT planning for
the MRL

This chapter is based on:
Bol G.H., Hissoiny S., Lagendijk J.J.W. and Raaymakers B.W. 2012 Fast online Monte
Carlo-based IMRT planning for the MRI linear accelerator Physics in Medicine and Biol-

ogy 57 1375–1385

Abstract

The MRI accelerator, a combination of a 6 MV linear accelerator with a 1.5 T MRI, facilitates

continuous patient anatomy updates regarding translations, rotations and deformations of targets

and OARs. Accounting for these demands high speed, online IMRT re-optimization. In this paper,

a fast IMRT optimization system is described which combines a GPU based Monte-Carlo dose

calculation engine for online beamlet generation (GPUMCD) and a fast inverse dose optimization

algorithm (FIDO). Tightly conformal IMRT plans are generated for four phantom cases and two

clinical cases (cervix and kidney) in the presence of a 0 T and 1.5 Tmagnetic Veld. We show that

for the presented cases the beamlets generation and optimization routines are fast enough for

online IMRT planning. Furthermore, there is no inWuence of the magnetic Veld on plan quality

and complexity and equal optimization constraints at 0 T and 1.5 T lead to almost identical dose

distributions.

5.1 Introduction

The UMC Utrecht (Utrecht, The Netherlands), in cooperation with Elekta (Crawley, UK)
and Philips (Best, The Netherlands), is building a MRI linear accelerator for real-time,
soft-tissue based position veriVcation and treatment monitoring for image guided ra-
diotherapy. It combines an Elekta 6 MV linear accelerator system with a Philips 1.5 T
MRI scanner (Lagendijk et al., 2002; Raaymakers et al., 2009). During treatment deliv-
ery the dose distribution of such a system is inWuenced by the presence of the magnetic
Veld of the MRI. The magnetic Veld causes a decreased build-up distance, a shifted
asymmetric penumbra and the electron return eUect (ERE) (Raaymakers et al., 2004;
Raaijmakers et al., 2005a; Kirkby et al., 2008, 2009; Oborn et al., 2009, 2010). The Vrst or-
der compensation of these eUects can be done by using opposing beams as described by
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(Raaijmakers et al., 2005a). Further compensation requires addition of intensity modu-
lated radiotherapy (IMRT).

In order to deliver accurate IMRT, the eUects of the magnetic Veld have to be incorpo-
rated during (online) treatment optimization. Most modern treatment planning systems
use pencil beam or superposition/convolution (Mackie et al., 1987; Liu et al., 1997) such
as collapsed cone techniques (Ahnesjö, 1989) for dose calculation. However, due to
the surface orientation dependency of the ERE eUect at large mass density changes,
speciVcally at tissue-air boundaries (Raaijmakers et al., 2007b), these techniques are not
suitable for accurate dose calculation for the MRI accelerator.

Monte-Carlo based dose calculation in the presence of a magnetic Veld in combina-
tion with IMRT optimization is feasible as shown by Raaijmakers et al. (2007a). They
used an inverse IMRT treatment optimization approach based on pre-calculated Monte-
Carlo based beamlet dose distribution kernels to obtain adequate homogeneous target
coverage and sparing of organs at risk (OAR). However, the amount of calculation time
(several days with a cluster of 100 CPUs for a 7 beam prostate IMRT plan) makes this ap-
proach clinically impractical, both for conventional pre-treatment treatment planning
as well as for online pre-delivery treatment planning. As for now, other commercially
available Monte-Carlo based treatment planning systems do not implement magnetic
Velds.

With the MRI accelerator it will be possible to get continuous patient anatomy updates
(translations, rotations and deformations of targets and OARs) and accounting for this
demands high speed, online IMRT re-optimization. Conventional linacs can only com-
pensate for target translations and small rotations by changing the table, gantry and/or
collimator settings pre-treatment. A daily re-optimization of the treatment plan based
on the online MRI images can fully account for these patient position uncertainties.
Consequently, there is a need for an IMRT optimization system which is fast and robust
enough to generate daily a clinically approved plan.

In this work we present an online IMRT optimization system for the MRI accelerator. It
uses a GPU based Monte-Carlo dose calculation engine (Hissoiny et al., 2011a,b) for on-
line beamlet generation and a fast inverse dose optimization algorithm (Goldman et al.,
2009). We describe a system which is able to generate tightly conformal IMRT plans
for four phantom cases and two clinical cases (cervix and kidney) in the presence of a
0 T and 1.5 T magnetic Veld. Furthermore, we show that there is no inWuence of the
magnetic Veld on plan quality and complexity.

The diUerences between the 0 T plans and 1.5 T plans are evaluated by the γ criterion
(Low et al., 1998) and the D99 target coverage. Furthermore, we show that the beamlets
generation and optimization routines are very fast and therefore usable for online IMRT
planning.
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5.2 Materials and Methods

5.2.1 Beamlet generation

The IMRT optimization exists of two steps: Vrst the anatomy speciVc beamlets for each
gantry angle have to be calculated and the second step is the inverse optimization of the
beamlets weights. The beamlets were calculated by GPUMCD (Hissoiny et al., 2011a).
GPUMCD is a fast and accurate GPU-oriented Monte-Carlo dose calculation platform
which also implements magnetic Velds (Hissoiny et al., 2011b).

Before the beamlets are generated, the CT is resampled to the dose scoring grid with
voxels of 2.0 × 2.0 × 2.0 mm3. The beamlets themselves are 5.0 × 5.0 mm2 at isocen-
ter. Since Monte-Carlo calculation requires that the various tissue types have to be prop-
erly characterized, the HoundsVeld units of the CT are used to generate a composition
phantom using four tissue types with speciVc elemental composition (air, lung, soft tis-
sue and bone) and the HoundsVeld units are also converted to mass density (Jiang et al.,
2007).

Instead of calculating all beamlets for the maximum Veld size of the MRI linac (which is
56 × 24 cm2 at isocenter) for each gantry angle, we only calculate the beamlets which
deliver dose to at least one of the target volumes in order to reduce calculation time. A
spherical margin of 0.4 cm is added to the targets with the constraint that the margin
stays within the body contour and when the mid-line of a beamlet hits the artiVcial
target, the beamlet is included into the Monte-Carlo simulation. This beamlet selection
step is performed by a standard ray casting algorithm (Foley et al., 1994).

Each beamlet was generated with 1.58 × 106 histories, with and without the presence
of a 1.5 T magnetic Veld, resulting in a statistical accuracy of approximately 1.8% (for
all voxels with dose more than 20% of dose maximum). Calculation was performed on
two Nvidia R© GeForce GTX 480 graphics cards. The current GPUMCD implementation
can calculate at most n beams in parallel where n is the number of GPU cores available.

The analytical source deVnition had the same spectrum as a 6 MV beam of a Elekta
SLi linear accelerator, which is close to the source spectrum of the linear accelerator
which will be used in the MRI linac system. Output factors were not included into the
simulation, since there is no sequencing included in our current setup.

5.2.2 IMRT optimization

The basis of the IMRT optimization algorithm was the fast inverse dose optimization
(FIDO) as described by Goldman et al. (2009). This method generates comparable, and
often better IMRT plans, than those obtained by using standard optimization techniques
that are considerably slower (Goldman et al., 2009). It reformulates the objective func-
tion for the optimization of large number of beamlets such that the optimization prob-
lem is reduced to a linear set of equations. The optimal beamlet weights are found
through matrix inversion. Due to the reformulation of the objective function these
weights are guaranteed to be non-negative.
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We implemented the algorithm in such a way that, for every target voxel, the prescribed
dose and the associated importance weight can be set individually. Also, the importance
weight of each OAR voxel can be set case-by-case. This reVnement is used by the
“dynamic importance weight assignment (DIWA)” routine as described below.

When assigning the same importance weights for complete structures, we use vol-
ume weighting in order to stay independent of the structure volumes. This allows
the use of the same importance weights for comparable target cases or for automatic
re-optimization purposes and is implemented in order to reduce the amount of user
interaction.

DIWA was added to the algorithm: after a Vrst run of FIDO with purely user deVned
constraints for complete structures, the calculated dose of the targets and OARs is eval-
uated and when certain parts of the structures do not meet a clinical dose criterion (such
as maximum dose or minimum dose), the importance weights are adjusted in an unsu-
pervised manner, according to predeVned rules. The optimization loop is then executed
for the second time. This Vne-tuning step gives more control over the optimization
result without the cost of added user interaction.

A commonly used DIWA rule removes hotspots and beamlet streaking artifacts within
the body: OAR voxels with a relatively high dose are given an higher weight in order
to reduce the dose on these locations. Figure 5.1 gives a phantom example of the eUect
of this rule on the dose distribution. The setup of the phantom is discussed in section
5.2.3.

Fast matrix inversion was implemented by using the open source C++ linear algebra
library Armadillo (Sanderson, 2010) combined with the Intel R© Math Kernel Library.
Calculation was performed on a quad core 64-bit Intel R© i5-2400 CPU, all cores running
at 3.10 GHz. The operating system was Debian Linux 6.0.3.

5.2.3 Anatomy deVnitions

The basis of all phantom anatomies was formed by a 40 × 20 × 30 cm3 water phantom.
The Vrst phantom consist of only a spherical target with a diameter of 5 cm, which is
placed in the center of the water phantom. The prescribed dose to the target was 75 Gy.
The second phantom has an additional spherical boost volume with a diameter of 3 cm

in the center of the Vrst target sphere and had a prescribed dose of 85 Gy. The third
phantom adds a OAR as a cylinder with a diameter of 4 cm and a length of 6 cm, which
slightly overlaps with the target area.

The Vnal phantom used is a horseshoe like target area with an OAR and an air cavity
inside. The target is created by removing a block of 4.4 × 4.2 × 6.0 cm3 from a larger
block of 8.4 × 6.2 × 6.0 cm3. At the center of the cavity of the horseshoe, a cylinder of
air with a diameter of 3.2 cm and a length of 10.0 cmwas placed which was surrounded
by a cylindrical OARwith a diameter of 4 cm and a length of 6 cm. The target prescribed
dose was 75 Gy.

The patient anatomies used were a cervical cancer patient and a kidney cancer patient.
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(a) Weights during Vrst FIDO run (b) Dose after Vrst FIDO run

(c) Weights during second FIDO run (d) Dose after second FIDO run

Figure 5.1: Example of dynamic importance weight assignment (DIWA): after the Vrst run of

FIDO, high dose areas are detected outside the target. The importance weights in these areas are

automatically elevated. After the second run of FIDO the hotspots are signiVcantly reduced.

The cervical tumor was choosen because it represents a case with a large target. The
kidney case represents a small boost target. For both cases the clinical CT and delin-
eations were used and the prescribed dose were 45 Gy and 25 Gy to the planning target
volume (PTV), respectively. The OARs of the cervical cancer case were the rectum, blad-
der, and the bowel. The OARs of the kidney case were the kidneys, the spinal cord, the
bowel and the spleen. A graphical representation of all anatomies used are shown in
Figure 5.2 and Figure 5.3.

5.2.4 Plan setup and veriVcation

All cases were manually planned with beamlets calculated in the presence of a magnetic
Veld of 1.5 T. After this, all cases were automatically planned without the magnetic
Veld, with exactly the same constraints as they were found manually for the 1.5 T

cases. The phantom cases and the cervix case were planned with seven Vxed gantry
angles of 0, 50, 100, 155, 205, 260 and 310 degrees. The kidney case was planned with 12
equidistant gantry angles starting at 0 degrees.

Since the isocenter of the MRI linac is in the middle of the bore of the MRI and the table
height is also Vxed, all initial isocenters were placed according to these speciVcations:
they were placed in the transversal plane through the center of gravity of the target
structure, at the central body axis, 14 cm above the treatment table.
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The main manual planning criterion was that 99% of the target volume received at least
95% of the prescribed dose (D99), while creating as steep as possible dose gradients out-
side the targets to ensure maximum OAR sparing. In order to get steep dose gradients
around the targets, the importance weights of the OARs were elevated until the D99 cri-
terion was just satisVed. Figure 5.2 and Figure 5.3 show the resulting dose distributions.

The resulting dose distributions calculated with and without the presence of the mag-
netic Veld were compared using the 2%/2 mm γ criterion. Furthermore, the D99 was
determined, and the calculation time for the beamlets generation per gantry angle as
well as the IMRT optimization routine was recorded.

In order to investigate possible complexity diUerences between the optimized beamlet
weights maps found with and without a magnetic Veld, the modulation index (Webb,
2003) for each gantry angle was calculated. The modulation index quantiVes the varia-
tions between adjacent beamlet weights map values, and this determines the degree of
diXculty MLC-based systems have to deliver such a map. Afterwards, the modulation
index was normalized to 1 for the 0 T case. This normalization was also applied to the
1.5 T case, giving the relative modulation index (RMI). If the RMI is signiVcantly larger
than 1 for the 1.5 T cases, sequencing such plans will be harder and treatment delivery
will also be more diXcult.

5.3 Results

In Figure 5.2 and 5.3, the dose distributions are presented for both the 0 T and 1.5 T

cases. All cases show a conformal dose distribution with steep dose gradients tightly
around the target structures. Also the corresponding γ distributions are presented for
all voxels having a dose of more than 10% of the dose maximum.

The relative diUerence between the D99 values at 0 T and the D99 values at 1.5 T was
calculated and the results are presented in Table 5.1. The diUerences are minimal in all
cases: the absolute relative diUerence is always smaller than 0.3%. This means that the
target coverage with and without the presence of a magnet Veld and using the same
optimization constraints are virtually equal.

Case % diUerence D99

Simple phantom, (target only) 0.00
Simple phantom, target (target, boost) 0.15
Simple phantom, boost (target, boost) 0.26
Simple phantom, target (target, boost, oar) 0.21
Simple phantom, boost (target, boost, oar) 0.09
Horseshoe phantom 0.00
Cervix 0.04
Kidney 0.09

Table 5.1: The relative D99 diUerence between the 0 T and the 1.5 T case. Note that the D99 for

the simple phantom cases with two targets are given separately for the target and boost structure.
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(a) Dose sphere 0 T (b) Dose sphere 1.5 T (c) γ sphere

(d) Dose sphere, boost 0 T (e) Dose sphere, boost 1.5 T (f) γ sphere, boost

(g) Dose sphere, boost, OAR 0 T (h) Dose sphere, boost, OAR 1.5 T (i) γ sphere, boost, OAR

(j) Dose horseshoe 0 T (k) Dose horseshoe 1.5 T (l) γ horseshoe

Figure 5.2: Dose and γ distributions of the phantom cases.

The results of the γ analysis are presented in Figure 5.4 and Table 5.2. Figure 5.4 shows
histograms of the γ values of all target voxels and OAR voxels from all cases for 0 T and
1.5 T. Almost all voxels with a dose of more than 50% of the maximum dose satisfy the
2%/2 mm γ criterion, since they have a γ ≤ 1. The average γ value for all target voxels
and all OAR voxels was 0.33 and 0.30 respectively. Table 5.2 presents the percentage of
target and OAR voxels which have a γ ≤ 1 for each case separately and for all cases
together. The horseshoe phantom has its OAR adjacent to the air cavity of the phantom
and near the high dose area. Because of the ERE eUect, the dose in this area will be
larger at 1.5 T than at 0 T which results in slightly larger γ values.

Since we want to use our approach in a online setting, calculation time of both the beam-
let generation and the optimization routines are very important. Table 5.3 presents the
average execution times per gantry angle of each case for 0 T and 1.5 T, together with
the average number of beamlets per gantry angle. The beamlet selection step reduces
the number of calculated beamlets per gantry angle signiVcantly: without this step 5376
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(a) Cervix (sagittal) at 0 T (b) Cervix (sagittal) at 1.5 T (c) γ cervix (sagittal)

(d) Kidney (transversal) at 0 T (e) Kidney (transversal) at 1.5 T (f) γ kidney (transversal)

Figure 5.3: Dose and γ distributions of the clinical cases.
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Dmax .
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Case γ ≤ 1 PTV γ ≤ 1 OAR

Simple phantom (target) 99.6% —
Simple phantom (target, boost) 99.4% —
Simple phantom (target, boost, oar) 99.4% 97.5%
Horseshoe phantom 99.5% 90.3%
Cervix 99.5% 97.6%
Kidney 100.0% 99.7%

All cases 99.5% 96.9%

Table 5.2: Percentage of voxels with dose greater than 50% of Dmax having γ ≤ 1 for all cases.

beamlets should be generated for each gantry angle, but now for a relatively large tar-
get as the cervix, on average 368 beamlets per gantry angle were needed. As expected,
the beamlet generation step is dependent on the magnetic Veld strength (Hissoiny et al.,
2011b): at 1.5 T it takes roughly twice as much time as needed when no magnetic Veld
is present, but still for a rather large clinical case as the cervix the total calculation time
already stays below 2.5 minutes when using the same number of GPUs as there are
gantry angles, given the described GPU hardware.

Case Avg beamlets Calc time Calc time

per gantry angle at 0 T (s) at 1.5 T (s)

Simple phantom 284 30.27 58.72
Horseshoe phantom 283 30.25 59.22
Cervix 368 57.85 133.99
Kidney 38 4.13 12.64

Table 5.3: Average number of beamlets and GPUMCD calculation time per gantry angle in sec-

onds. Note that for the three simple phantom cases the beamlets are reused, since the total target

area is the same for all cases.

The average timing results of the optimization step are shown in Table 5.4. There is
no inWuence of the magnetic Veld present in these results, only the number of beamlets
and whether DIWA was used is important. All cases could be optimized well within 7
seconds.

The complexity diUerences of the optimized beamlet weight maps are expressed in Table
5.5. For all cases the average RMI is close to 1 with only a small standard deviation. This
means that the complexity of the weight maps at 1.5 T is comparable with the ones
optimized at 0 T.

5.4 Discussion

With the current GPU and CPU hardware we are able to optimize a new set of Monte-
Carlo based beamlets within minutes: when having one GPU per gantry angle available,
a complete 7 beam cervix beamlet generation and IMRT optimization at 1.5 T takes
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Case Calc time Calc time

at 0 T (s) at 1.5 T (s)

Simple phantom (target) 1.46 1.36
Simple phantom (target, boost) 1.38 1.42
Simple phantom (target, boost, oar)1 2.96 2.77
Horseshoe phantom1 4.25 3.91
Cervix 6.72 6.56
Kidney 1.06 1.02

1 Optimized with DIWA

Table 5.4: Average optimization calculation time per case in seconds.

Case RMI average (SD)

Simple phantom (target) 1.00(0.04)
Simple phantom (target, boost) 0.98(0.02)
Simple phantom (target, boost, oar) 0.98(0.05)
Horseshoe phantom 0.99(0.02)
Cervix 1.00(0.01)
Kidney 1.00(0.01)

All cases 0.99(0.03)

Table 5.5: Relative modulation index (RMI), averaged over all Wuencemaps, by case and for all

cases.

about 2 minutes and 21 seconds. A kidney tumor takes a total of 14 seconds. Both
are already fast enough for a daily pre-delivery re-optimization regime and for the kid-
ney case, even an intrafraction re-optimization is possible. Faster hardware, improved
beamlet calculation parallelization and moving the FIDO algorithm from the CPU to the
GPU will directly reduce the execution time and data streaming eXciency of the sys-
tem even more. For instance, when using the successor of the GPU used in this paper
(Nvidia R© GeForce GTX 580), the GPUMCD engine is expected to run 2.5 times faster.

Also the diUerences between optimizing in the presence of a 0 T and 1.5 T magnetic
Veld are minimal: the target and the high dose OAR areas receive comparable amount
of dose in terms of D99 and γ values, although at 1.5 T the electron return eUect (ERE)
is present at the skin-air interface (see Figure 5.2 and 5.3). Since air cavities did not play
a very large role in this research, it may become more of an issue when going to targets
in the lung and the head-and-neck region, although the use of IMRT optimization with
multiple gantry angles will limit this eUect as long as the target is located within the
crossVre of the beams, as shown by Raaijmakers et al. (2007a).

We showed that when the optimization constraints of the 1.5 T cases were reused for
the 0 T cases, the resulting dose distributions were almost identical, even when us-
ing DIWA. This suggests that the optimization routine is very robust regarding the
type and/or setup of beamlets used. Therefore, we expect that the method can also
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accurately compensate for online target and OAR translation, rotation and deforma-
tion (determined from the daily MRI-based patient anatomy) by re-optimization of the
treatment plan, without the need of manually changing the constraints, which were
determined pre-treatment. Whether this is the case, will be investigated in the future.

The system currently relies on pre-treatment CT data for the tissue properties needed
for the Monte-Carlo calculation. When generating online beamlets, the pre-delivery
MRI scan has to be registered to this CT. At Vrst, we will use rigid registration, since
it can be performed within seconds. However, a completely MRI based procedure is
preferred and this will be investigated in the future, along with other registration meth-
ods, such as deformable, non-rigid registration for compensating for daily anatomical
and setup variations. Our method can also be used in combination with a conebeam
CT instead of a MRI. The advantage is that the tissue properties for beamlet generation
can be derived directly from the conebeam CT, although the HU to density conversion
is still diXcult (Rong et al., 2010; Niu et al., 2010). Also the beamlet calculation time is
shorter, since no magnetic Veld is present.

Since the focus of this paper is on the beamlet generation and IMRT optimization, issues
regarding sequencing were not investigated. One can expect that by adding sequencing
to the system, it adds extra calculation time and the resulting dose distribution will
degrade from the results shown here, since it adds another discretization step to the
process. However, the RMI results show that the optimized beamlet weight maps for
0 T and 1.5 T are equally complex, so we expect that the performance of a sequencer
for the MRI accelerator in terms of deliverability will be same as the ones used for
conventional linacs.

5.5 Conclusions

In this paper we described an IMRT planning system which correctly incorporates the
magnetic Veld of aMRI accelerator, and is fast enough to perform online re-optimization.
We showed that for the cases presented the presence of the magnetic Veld does not have
an adverse eUect on plan quality and complexity and that equal optimization constraints
at 0 T and 1.5 T lead to almost identical dose distributions. The system also will be an
invaluable research tool to further investigate IMRT planning for the MRI linear ac-
celerator, especially for targets near air cavities which are probably more aUected by
the ERE eUect. In the future, the system could be used to compensate for target and
OAR translation, rotation and deformation and could handle continuous online patient
anatomy changes.
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Compensating for the impact of non-stationary
spherical air cavities on IMRT dose delivery in

transverse magnetic Velds

This chapter is based on:
Bol G.H., Lagendijk J.J.W. and Raaymakers B.W. 2015 Compensating for the impact
of non-stationary spherical air cavities on IMRT dose delivery in transverse magnetic
Velds Physics in Medicine and Biology 60 755–768

Abstract

With the development of the 1.5 T MRI linear accelerator and the clinical introduction of the

0.35 T ViewRayTM system, delivering intensity-modulated radiotherapy (IMRT) in a transverse

magnetic Veld becomes increasingly important. When delivering dose in the presence of a trans-

verse magnetic Veld, one of the most prominent phenomena occurs around air cavities: the elec-

tron return eUect (ERE). For stationary, spherical air cavities which are centrally located in the

phantom, the ERE can be compensated by using opposing beams conVgurations in combination

with intensity-modulated radiotherapy (IMRT). In this paper we investigate the eUects of non-
stationary spherical air cavities, centrally located within the target in a phantom containing no

organs at risk, on IMRT dose delivery in 0.35 T and 1.5 T transverse magnetic Velds by using

Monte Carlo simulations. We show that IMRT can be used for compensating ERE around those air

cavities, except for intrafraction appearing or disappearing air cavities. For these cases, gating or

plan re-optimization should be used. We also analyzed the option of using IMRT plans optimized

at 0 T to be delivered in the presence of 0.35 T and 1.5 T magnetic Veld. When delivering dose

at 0.35 T, IMRT plans optimized at 0 T and 0.35 T perform equally well regarding ERE com-

pensation. Within a 1.5 T environment, the 1.5 T optimized plans perform slightly better for

the static and random intra- and interfraction air cavity movement cases than the 0 T optimized

plans. For non-stationary spherical air cavities with a baseline shift (intra- and interfraction) the

0 T optimized plans perform better. These observations show the intrinsic ERE compensation

by equidistant and opposing beam conVgurations for spherical air cavities within the target area.

IMRT gives some additional compensation, but only in case of correct positioning of the air cav-

ity according to the IMRT compensation. For intrafraction appearing or disappearing air cavities

this correct positioning is absent and gating or plan re-optimization should be used.
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6.1 Introduction

At the UMC Utrecht (The Netherlands), a new radiotherapy treatment system is being
developed, which combines a 8 MV linear accelerator (Elekta AB, Sweden) and a 1.5 T
MRI scanner (Philips, The Netherlands). This MRI linear accelerator (MRL) will enable
online visualization and thus position veriVcation of the tumor, even during beam-on
(Raaymakers et al., 2009). The current technical prototype which employs a 6 MV ac-
celerator can deliver IMRT plans and supports gating and tracking (Crijns et al., 2011,
2012b).

Due to the presence of a transverse magnetic Veld, the radiation beam has a decreased
build-up distance and a shifted, asymmetrical penumbra (Raaymakers et al., 2004). Even
more importantly, electrons leaving the tissue traverse an arc-shaped path back into
the tissue, which results in a increased dose at tissue-air interfaces (Raaijmakers et al.,
2005a; Kirkby et al., 2008; Oborn et al., 2009, 2010; Yang et al., 2013). This electron re-
turn eUect (ERE) and the reduced build-up distance depend profoundly on the entrance
or exit surface orientation, as described by Raaijmakers et al. (2007b). This paper also
demonstrated that a Vrst order compensation of ERE around a static air cavity can be
accomplished by using opposing beams. Additional ERE compensation can be achieved
by using intensity-modulated radiation therapy (IMRT) (Raaijmakers et al., 2007a).

In this paper we investigate the eUects of non-stationary spherical air cavities, centrally
located within the target in a phantom containing no organs at risk, on IMRT dose
delivery in magnetic Velds by using Monte Carlo simulations. More speciVcally, we will
look at random air cavity movements and baseline shifts, both inter- and intrafraction.
These shift types represent air cavity movement due to respiration in the head-and-
neck region and air cavity movement due to patient relaxation in the pelvic region
respectively. Furthermore, the intrafraction eUects of an appearing or disappearing
air cavities are investigated, which represents for instance appearing or disappearing
gas pockets in the rectum. By using spherical air cavities we can investigate all air-
surface orientations at once, therefore maximizing the inWuence of the ERE on the dose
distribution.

We explore strategies which are less sensitive to or could minimize the air cavity eUects
on the dose distribution in the presence of a magnetic Veld. The opposing beams strat-
egy is investigated. Also the beam setup of the ViewRayTM system is included in this
paper. The ViewRayTM system combines three equidistant 60Co beams setup with an
open 0.35 T MRI system. The setup of Fallone et al. (2009), which combines a biplanar
0.2 T MRI with a 6 MV linac is not included in the paper, although the results of the
ViewRayTM setup can be easily extrapolated to this system.

Due to ERE compensation, IMRT plans optimized for a static air cavity in the pres-
ence of a magnetic Veld have a higher degree of Wuence modulation compared to IMRT
plans optimized at 0 T. The extra modulation will most likely result in extra dose dif-
ferences when delivering these plans with non-stationary air cavities. Therefore we
compared IMRT plans optimized with and without the magnetic Veld present, while
delivering them in the presence of a magnetic Veld. This way, the robustness against
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non-stationary air cavities for the two optimized plan types can be investigated.

To make fair comparisons possible, all Monte Carlo simulations were performed for
0 T, 0.35 T, and 1.5 T. The 0 T dose distributions are used as reference. The aim of the
paper is to understand the impact of non-stationary air cavities on the dose distributions
in a transverse magnetic Veld, and to investigate potential strategies to minimize this
inWuence.

6.2 Materials and Methods

6.2.1 Phantom deVnitions and IMRT optimization

The base phantom consists of a cube of air with dimensions of 40 × 40 × 40 cm3. In
the center of this cube a 30 × 30 × 30 cm3 cube of water is placed. In the center of
the water cube the target structure is deVned as a cylinder with a radius of 6 cm and a
length of 12 cm. The air cavity used in all experiments is a sphere with a radius of 2 cm.
By using such a sphere, all air-tissue orientations can be investigated at once and the
air cavity is large enough for electrons to curve back into the tissue when a transverse
magnetic Veld is present. The reference position of the air cavity is in the center of the
phantom. All dose calculations were performed on a 2.0 × 2.0 × 2.0 mm3 grid. For
clarity, the air around the water phantom is not shown in the Vgures. Furthermore, all
(diUerence) images shown in this paper are through the central transversal slice of the
phantom and the magnetic Veld always points into the page. Figure 6.1 shows a dose
distribution, with the spherical air cavity at reference position.

50 Gy25 Gy0 Gy

Figure 6.1: Dose distribution with a spherical air cavity, optimized and delivered at 1.5 T.

The prescribed dose was 50 Gy inside and 0 Gy outside the target. Twelve equidistant
beams were used during optimization, starting at beam angle 0◦. From these, three de-
livery modes can be derived: sequential beam delivery, simultaneous opposing beams
delivery, and simultaneous delivery using three equidistant beams. We used the treat-

75



✡✠

✟
✠

☛
✡

☛✟

Chapter 6

ment planning system as described by Bol et al. (2012). It has a GPU based Monte Carlo
dose dose engine (GPUMCD) (Hissoiny et al., 2011a,b) which can incorporate the ef-
fects of diUerent magnetic Veld strengths and it has a fast inverse dose optimizer (FIDO)
(Goldman et al., 2005, 2009), which can generate tightly conformal Wuence-based IMRT
plans. The 6 MV energy spectrum of the MRL prototype was used for all simulations,
which was derived from initial beam measurements and Monte Carlo simulations. The
direction of the magnetic Veld was along the positive z-axis (perpendicular to the trans-
verse plane) and was Vxed for all simulations.

6.2.2 No air cavity and static air cavity experiments

We Vrst optimized six dose distributions: without an air cavity and with the static air
sphere at reference position, both setups at 0 T, 0.35 T and 1.5 T. In order to inter-
pret the non-stationary cases more easily, the results of the base experiments are also
presented by showing the relative dose diUerences between the 0.35 T and the 1.5 T

results and the 0 T reference results.

6.2.3 Random moving air cavity experiments

In these experiments the static optimized 0 T, 0.35 T, and the 1.5 T plans were de-
livered at the corresponding magnetic Veld strength on phantoms with 12 randomly
placed air cavity positions. For each position, every x-, y- and z-coordinate of the cen-
ter of the air cavity was drawn of a Gaussian distribution with a mean of 0 and a σ of
4 mm, and discretized to the nearest dose grid position. This ensures that the air cavity
stays within the high dose region at all times.

Interfraction random air cavity movement was simulated by delivering each plan 12
times on the phantoms with the 12 diUerent air cavity positions. For intrafraction ran-
dom air cavity movements the delivered dose was calculated by changing the anatomy
after each delivered (sequential) beam. The latter was repeated for the opposing beams
and the three equidistant beams strategy. Note that the results of the interfraction
movements are not aUected by the choice of delivery strategy, therefore these experi-
ments were not performed.

Since in these experiments the exact positions of the air cavities were known, the deliv-
ered dose distributions are rigidly transformed back to the reference position. By doing
this is, it becomes possible to compare the relative dose diUerences between the 0.35 T
and the 1.5 T results and the 0 T reference results. Note that due to the discretiza-
tion step after selecting the new random air cavity position, no re-sampling of the dose
distributions was needed. This avoids smoothing of any strong dose eUects.

6.2.4 Shifting air cavity experiments

The shifting air cavity experiments are similar to the ones described in section 6.2.3, ex-
cept the air cavity does not move in a random fashion around the reference position but
it starts at the reference position and descends in twelve steps of 2 mm in y-direction.
This mimics air cavity behavior observed for instance in patients who relax during a
fraction or during the course of treatment.
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6.2.5 Appearing/disappearing air cavity experiments

The eUect of a suddenly appearing or disappearing air cavity during a fraction is also
simulated. To maximize the eUects, the air cavity was present at the reference position
half of the fraction for each experiment. During the other half no air cavity was present.

For the appearing experiments the optimized plans without an air cavity were used, for
the disappearing ones the optimized plans with an air cavity were used. Also the same
compensating strategies were investigated by delivering the fraction using opposing or
three equidistant beams.

6.2.6 0 T optimized plans, delivered at 0.35 T and 1.5 T

All experiments of section 6.2.2 to section 6.2.5 were repeated by using the 0 T opti-
mized plans, and delivering them in the presence of a 0.35 T and 1.5 T magnetic Veld.
This way, the results of 0 T optimized plans can be compared to the ones optimized in
the presence of a magnetic Veld.

6.3 Results

6.3.1 No air cavity and static air cavity experiments

Figures 6.2a and 6.3a show the relative diUerences between the 0 T optimized plan,
delivered at 1.5 T and the corresponding 0 T optimized and delivered plan, without
and with the spherical air cavity respectively. The ERE is visible at the border of the
water phantom: scattered electrons curve back into the tissue resulting in 20 to 30 %
higher local dose, regardless of the magnetic Veld strength.

The star shaped pattern is a result of the shifted, asymmetric penumbra. The diUerence
in target coverage without the air cavity is within 1 % for all examined cases. Figure
6.3a shows shows a slight ERE eUect of about 1 %, just around the air cavity. The other
static air cavity cases do not show such an ERE eUect.

Although the local relative diUerences can be quite large (especially a the border of the
phantom), the resulting dose volume histograms (DVH) are almost identical for all cases
(see Figure 6.2a and 6.2b).

6.3.2 Random moving air cavity experiments

When the plan is optimized and delivered at the same magnetic Veld strength, the target
coverage is comparable with the target coverage at 0 T.

When delivering the 0 T plan at 0.35 T and 1.5 T, the results are similar to the ones
described in section 6.3.1: for the 0.35 T case (see Figure 6.4a) the target coverage does
not diUer from the 0 T case, but the 1.5 T case shows a slight underdosage around the
air cavity, on average -0.95 %±0.68 at the air-tissue interface (see Figure 6.4b).
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2.0%0.0%−2.0%

(a) Optimized: 0 T, delivered: 1.5 T (b) DVH

Figure 6.2: Static results, without an air cavity. The left Vgure shows the relative diUerences
between the 0 T optimized plan, delivered at 1.5 T and the corresponding 0 T optimized and

delivered plan. The right Vgure shows all DVH of the investigated cases.

2.0%0.0%−2.0%

(a) Optimized: 0 T, delivered: 1.5 T (b) DVH

Figure 6.3: Static results, with an air cavity. The left Vgure shows the relative diUerences between
the 0 T optimized plan, delivered at 1.5 T and the corresponding 0 T optimized and delivered

plan. The right Vgure shows all DVH of the investigated cases.
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(a) Optimized: 0 T, delivered: 0.35 T (b) Optimized: 0 T, delivered: 1.5 T

2.0%0.0%−2.0%

Figure 6.4: Interfraction random moving air cavity results.

The results of the intrafraction random moving air cavity, optimized at the 1.5 T or at
0 T and both delivered at 1.5 T, are depicted in Figure 6.5. At the top row the beams of
the plan were delivered in a sequential manner, the middle row using opposing beams
and the bottom row using three equidistant beams simultaneously.

For the plans optimized at 1.5 T, the inWuence of the magnetic Veld on the target dose
becomes slightly less when using opposing or three equidistant beams delivery and/or
by having a 0.35 T magnetic Veld instead of 1.5 T. Compared to the no air cavity and
static air cavity experiment results, the magnetic Veld inWuence is slightly larger or
comparable (see Table 6.1).

For the plans optimized at 0 T, the results are similar to the results of 0 T optimized
plans shown in Figure 6.3: a star shaped pattern with a slight dose decrease around the
air cavity. When delivering at 0.35 T we did not observe this decrease around the air
cavity. The target dose diUerences in terms of standard deviation is better for both Veld
strengths compared to the cases where the optimization and the delivery magnetic Veld
strength was in sync, as shown in the bottom part of Table 6.1. However, the mean of
the 1.5 T cases drops due to the lower dose around the air cavity. Note that also the
ERE at the boundary of the phantom remains, since this air-tissue interface is not in the
crossVre of the beams.

6.3.3 Shifting air cavity experiments

The main interfraction shifting air cavities results are depicted in Figure 6.6. For the
0.35 T cases diUerences regarding target coverage are minimal, regardless if the 0 T

or the 0.35 T optimized plan was used. For the 1.5 T case there was a signiVcant dif-
ference: when using the 1.5 T optimized plan, extra dose was delivered just above the
air cavity, with a peak value of 3.3 %. When the 0 T plan was used, the overdosage
disappears and the low dose rim around the air cavity appears again.
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(a) Sequential beams,
optimized at 1.5 T

(b) Sequential beams,
optimized at 0 T

(c) Opposing beams,
optimized at 1.5 T

(d) Opposing beams,
optimized at 0 T

(e) Three equidistant beams,
optimized at 1.5 T

(f) Three equidistant beams,
optimized at 0 T

2.0%0.0%−2.0%

Figure 6.5: Intrafraction random moving air cavity results, all delivered at 1.5 T, using 1.5 T and

0 T optimized plans.
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Case Mean (%) SD

No air cavity, 0.35 T 0.00 0.53
No air cavity, 1.5 T 0.01 0.53
Static air cavity, 0.35 T 0.00 0.52
Static air cavity, 1.5 T 0.01 0.53

Interfr, random pos, 0.35 T 0.02 0.30
Interfr, random pos, 1.5 T 0.01 0.29

Intrafr, random pos, sequential beams, 0.35 T 0.02 0.74
Intrafr, random pos, sequential beams, 1.5 T 0.00 0.86
Intrafr, random pos, opposing beams, 0.35 T 0.01 0.53
Intrafr, random pos, opposing beams, 1.5 T 0.01 0.60
Intrafr, random pos, 3 equidistant beams, 0.35 T 0.01 0.45
Intrafr, random pos, 3 equidistant beams, 1.5 T 0.01 0.50

Intrafr, optim 0T, random pos, sequential beams, 0.35 T 0.01 0.56
Intrafr, optim 0T, random pos, sequential beams, 1.5 T 0.27 0.67
Intrafr, optim 0T, random pos, opposing beams, 0.35 T 0.02 0.39
Intrafr, optim 0T, random pos, opposing beams, 1.5 T 0.31 0.47
Intrafr, optim 0T, random pos, 3 equidistant beams, 0.35 T 0.02 0.32
Intrafr, optim 0T, random pos, 3 equidistant beams, 1.5 T 0.31 0.42

Table 6.1: Mean and standard deviations of dose diUerences of all target voxels.

(a) Optimized, delivered: 1.5 T (b) Optimized: 0 T, delivered: 1.5 T

2.0%0.0%−2.0%

Figure 6.6: Interfraction shifting air cavity results.

81



✡✠

✟
✠

☛
✡

☛✟

Chapter 6

The same behavior is seen when shifting the air cavity in a intrafraction way (see Figure
6.7): for the 1.5 T optimized plans, delivered at 1.5 T the overdosage appears regardless
of the delivery strategy used. All peak values are below 3.4 %. For the 0.35 T cases this
hotspot is not observed. When using the 0 T plans, the low dose around the air cavity
replaced the overdosed area. Note that the high and low dose striping on the edges
of the target are due to the rigid dose remapping to the reference position: initial small
dose diUerences due to optimization and dose distribution shifts caused by the magnetic
Veld are exaggerated because of repeated shifted addition of these diUerences.

6.3.4 Appearing and disappearing air cavity experiments

Figure 6.8 shows the results for plans optimized without an air cavity present, delivered
at the samemagnetic Veld strength, using theMRL and ViewRayTM beam arrangements,
i.e. representing the physical machines. During fraction delivery, the air cavity was
present half of the time. The ERE is clearly visible around the air cavity, but it is reduced
when using the opposing or the three equidistant beam strategy. Changing to the 0 T
plan does not decrease the impact of ERE on the dose distribution.

When comparing the 0.35 T and the 1.5 T results of the opposing beams strategy, we
observed that the ERE appears more pronounced in the 0.35 T case than in the 1.5 T

case.

The experiments, as described in the previous paragraph, were repeated but this time
the optimized plans contained the air cavity. This setup mimics the disappearing air
cavity scenario. The results regarding the ERE are virtually the same for these cases,
but are not presented here.

The graphs of Figure 6.9 show the maximum diUerence values for all beam delivery
strategies, 0.35 T and 1.5 T magnetic Veld inWuences and the eUect of 0 T plan opti-
mization for both the appearing and disappearing air cavity in the target volume (ex-
cluding the air cavity). In general, appearing or disappearing air cavities result in the
same dose distributions and the more simultaneous beams used during delivery, the
more ERE compensation around the air cavity is noticeable. Except for the sequential
beam delivery, the 0.35 T and the 1.5 T results are comparable. Furthermore, optimiz-
ing at 0 Twhile delivering the plan with a magnetic Veld does not lower the inWuence of
the ERE on the dose distribution. Note that there is more underdosage than overdosage
for all graph points.

6.4 Discussion

As described by (Raaijmakers et al., 2007a) and also shown in section 6.3.1 of this paper,
the inWuence of the magnetic Veld and particularly the ERE can be compensated by
using an opposing beam geometry when having a static anatomy. IMRT only adds little
extra modulation. Plans optimized at 0 T and delivered at for instance at 1.5 T come
close to the plans optimized at 1.5 T, although a small underdosage around the air
cavity becomes visible. When an air cavity is moving randomly around the reference
position this behavior does not change, both for inter- and intrafraction movements.
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(a) Sequential beams,
optimized at 1.5 T

(b) Sequential beams,
optimized at 0 T

(c) Opposing beams,
optimized at 1.5 T

(d) Opposing beams,
optimized at 0 T

(e) Three equidistant beams, 1.5 T (f) Three equidistant beams, 1.5 T

2.0%0.0%−2.0%

Figure 6.7: Intrafraction shifting air cavity results, all delivered at 1.5 T, using 1.5 T and 0 T

optimized plans.
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(a) Three equidistant beams,
optimized and delivered at 0.35 T

(b) Sequential beams,
optimized and delivered at 1.5 T

2.0%0.0%−2.0%

Figure 6.8: Appearing air cavity, results for the ViewRayTM and MRL machine conVgurations.
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Figure 6.9: Minimum and maximum deviations for the sequential, opposing and three equidistant

beams delivery when an air cavity is appearing or disappearing at 0.35 T and 1.5 T. Results are

given for the 0 T optimized plans and the same Veld strength optimized plans. Note the graphs

of the 0.35 T cases coincide.
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When optimizing at 1.5 T, some dose is given to compensate for this eUect. However,
when a baseline shift occurs this extra dose ends up in the tissue resulting in a hotspot
as seen in Figures 6.6 and 6.7. This eUect does not occur when the plan was optimized
at 0 T, since this plan did not incorporated ERE compensation.

Given these results, the 0 T optimized plans can be used to minimize the magnetic Veld
eUects (especially the ERE) around non-stationary spherical air cavities. The results
can even be improved by using only the shifted, asymmetric penumbra eUect caused by
the magnetic Veld during dose calculation, while disregarding the ERE. This opens up
the possibility to use a kernel-based dose calculation algorithms (PfaUenberger, 2013)
instead of a full Monte Carlo calculation, for those situations with air cavities inside the
radiation Veld crossVre. This can be beneVcial for online plan re-optimization due to
shorter computational times.

Another possible strategy which does not include disregarding the ERE is 4D planning:
if the movement of an air cavity can be modeled, then it can be included in the treatment
optimization in order to minimize the ERE. In other words, this will involve an ERE
initiated robust planning regime.

Although the ERE is compensated for when the air cavity is in or near the target (and
therefore typically in the crossVre of all beams), the ERE is still an important factor
when the air cavity is outside the crossVre of the treatment beams, as seen at the bound-
ary of the phantom in all Vgures. Air cavities which are only irradiated from one angle
are subjected to maximum ERE, and this is particularly true for the skin-air interfaces.
On the other hand, those area’s are usually in the low dose regions, are typically not
used during dose optimization and the eUect on the DVH is limited as shown in section
6.2.2. A single post-optimization or even post-fraction Monte Carlo dose calculation
should suXce in order to review the ERE in most clinical cases.

When during irradiation an air cavity appears or disappears, changing to a 0 T plan
does not decrease the eUect of the ERE. Using two or three simultaneous beams can
have a positive eUect on the ERE inWuence, but due to the unpredictable behavior of
such air cavities, the residual ERE may still add up to less or more dose than expected.
We observed this positive and negative interference of residual ERE is especially when
comparing the 0.35 T and the 1.5 T results of the opposing beams strategy: in these
cases the 0.35 T ones has more pronounced over- and underdosage at the air cavity
border than the 1.5 T case, which contradicts at Vrst sight with the other results of this
paper. Furthermore, these simultaneous beam delivery strategies do not have a signif-
icant eUect on the other intrafraction cases investigated. Appearing or disappearing
air is dosimetric troublesome, but since image guidance is the key element of the MRL,
events such as passing gas should be detected and handled correctly by means of a gated
delivery or plan re-optimization based on the current patient anatomy.

Instead of having to irradiate from multiple angles simultaneously, the eUect of a non-
stationary spherical air cavity can be decreased by using a fast form of arc therapy.
With the MRL it will be possible to continuously irradiate the patient while the gantry
is rotating at approximately 6 RPM. This means that the opposing beam conVguration
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will occur every 5 seconds for each beam angle, limiting the eUects of ERE, even if an
air cavity shifts or appears/disappears. The full extent of using fast arc therapy for
compensating ERE will be investigated in future using more clinically relavent targets
that contain air-cavities, and are in close proximity to organs at risk.

As expected the inWuence of a 0.35 T magnetic Veld on a moving air cavity is less
pronounced than the inWuence of the 1.5 T. Especially for the shifting air cavity exper-
iments, the 0.35 T optimized dose distributions are closer to the 0 T optimized ones.
Since the optimized 0 T and the 0.35 T plans do not diUer as much, the gain when
using the 0 T plans instead of the 0.35 T plans is less compared to the 1.5 T cases.

6.5 Conclusions

While this study only investigated ERE compensation for the moving spherical cavities
that are centrally located in the target without considering the organs at risk, the results
form strong bases for future, clinically relevant investigations. Opposing beam conVgu-
rations can be used for compensating the dose inWuence (especially ERE) of a transverse
magnetic Veld around non-stationary spherical air cavities within the target area. IMRT
further aids in getting the required dose uniformity. When delivering dose at 0.35 T,
IMRT plans optimized at 0 T and 0.35 T perform equally well regarding ERE compen-
sation. Within a 1.5 T environment, the 1.5 T optimized plans perform only slightly
better for the static and random intra- and interfraction air cavity movement cases than
the 0 T optimized plans and are comparable to plans optimized and delivered at 0 T. For
non-stationary spherical air cavities with a baseline shift (intra- and interfraction) the
0 T optimized plans perform better. While these observations open up the possibility
to use a kernel-based dose calculation algorithms (PfaUenberger, 2013) instead of a full
Monte Carlo calculation (thus disregarding the ERE), great care must be taken in case
the air cavities are not fully covered by the beam cross Vre. For intrafraction appearing
or disappearing air cavities, gating or plan re-optimization should be used.
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Virtual couch shift (VCS): accounting for patient
translation and rotation by online IMRT

re-optimization

This chapter is based on:
Bol G.H., Lagendijk J.J.W. and Raaymakers B.W. 2013 Virtual couch shift (VCS): ac-
counting for patient translation and rotation by online IMRT re-optimization Physics in

Medicine and Biology 58 2989–3000

Abstract

When delivering conventional intensity modulated radiotherapy (IMRT), discrepancies between

the pre-treatment CT/MRI/PET based patient geometry and the daily patient geometry are min-

imized by performing couch translations and/or small rotations. However, full compensation

of especially rotations is usually not possible. In this paper, we introduce an online “virtual

couch shift (VCS)”: we translate and/or rotate the pre-treatment dose distribution to compen-

sate for the changes in patient anatomy and generate a new plan which delivers the transformed

dose distribution automatically. We show for a phantom and a cervical cancer patient case that

VCS accounts for both translations and large rotations equally well in terms of DVH results and

2%/2 mm γ analyses and when the various aspects of the clinical workWow can be implemented

successfully, VCS can potentially outperform physical couch translations and/or rotations. This

work is performed in the context of our hybrid 1.5 T MRI linear accelerator, which can provide

translations and rotations but also deformations of the anatomy. The VCS is the Vrst step to-

wards compensating all of these anatomical changes by online re-optimization of the IMRT dose

distribution.

7.1 Introduction

Intensity modulated radiotherapy (IMRT) can give a highly conformal dose distribution
to the tumor tissue, while sparing the surrounding organs at risk (OAR) as much as
possible. In conventional radiotherapy, the IMRT plan is optimized using inverse opti-
mization before the treatment of the patient is started. The target volumes and OAR are
deVned based on a pre-treatment CT, possibly combined with other imaging modalities
such as MRI or PET.
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After treatment planning, the patient is treated according to calculated beam setup for
up to 35 fractions. To minimize discrepancies between the pre-treatment CT/MRI/PET
based patient geometry and the daily patient geometry, strict target alignment and pa-
tient positioning techniques have been developed to ensure adequate target coverage
and avoidance of OAR. This is for instance accomplished by monitoring the daily mo-
tion of the patient geometry using on MV/kV imaging, cone-beam CT and in the future
by MRI. If a correction is needed, the patient is brought back to the pre-treatment state
as close as possible by using a couch translation and/or small rotation.

Conventionally, three-degree-of-freedom couches can only compensate translations of
the patient anatomy during treatment. If the patient displacement has rotational com-
ponents, compensation is not possible, due to couch limitations. The six-degree-of-
freedom couches (such as the HexaPOD robotic couch (Elekta AB, Stockholm, Swe-
den)) can compensate for small, isocentric rotations up to ±3 degrees in all princi-
ple directions (Meyer et al., 2007). Large or oU-isocenter rotations can not be cor-
rected, although they do occur in clinical practice (Ahmad et al., 2012; Lips et al., 2009;
Van der Heide et al., 2007). Deformation of targets and OAR can not be compensated by
any couch type.

Here, we introduce a method which accounts for patient translations and rotations
without changing the position of the couch. Instead, a ’virtual couch shift (VCS)’ is
performed: we translate and rotate the pre-treatment dose distribution to compensate
for the changes in patient anatomy and generate a new plan which delivers the trans-
lated and/or rotated dose distribution automatically. Essentially, VCS produces a clin-
ically similar dose distribution at a new position, so maintaining all patient speciVc
pre-treatment dose considerations.

Instead of performing a full plan re-optimization, one could also translate and/or rotate
the pre-treatment apertures to (partially) compensate for a changed patient anatomy
(Rijkhorst et al., 2009; Mohan et al., 2005). This strategy is hampered by the same type
of constraints as seen by physical couch based strategies. The eUectiveness will decrease
even more if instead of using a Wat beam proVle, a Wattening Vlter free (FFF) beam proVle
is used. For instance, an aperture shift will result in very diUerent dose deposition than
was originally intended.

The main advantage of VCS is that the correction of rotations is not hampered by couch
limitations. Furthermore, VCS is important for the development of the MRI linear ac-
celerator (MRL). The MRL combines an Elekta 6 MV linear accelerator system with a
Philips 1.5 T MRI scanner (Lagendijk et al., 2002; Raaymakers et al., 2009) and is built
for online, soft-tissue based position veriVcation and treatment monitoring for image
guided radiotherapy. Since the MRL does not allow table shifts due to the limited space
in the bore of the MRI, VCS can be used to compensate for the daily patient position
uncertainty. But more importantly, VCS is the Vrst step towards a full online plan re-
optimization paradigm (which is the ultimate goal of the MRL), resulting in an optimal
dose delivery, which takes into account the interfraction patient anatomy translation,
rotation and deformation as detected on the MRI images.
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In this paper we will show that, within the MRL framework (with its particulars due
to the presence of the 1.5 T magnetic Veld (Raaijmakers et al., 2005b, 2007b)), patient
translations can be compensated by VCS and we can also correct for large, oU-center
rotations with the same accuracy. We use a challenging phantom, with straight edges,
a concave target shape and an air cavity inside and for which the plan has sharp dose
gradients to validate our method. The method is also applied to a cervical cancer pa-
tient case. The diUerences between the pre-treatment plan and the generated plans are
evaluated by DVH comparison and, since the aim of VCS is to generate the same dose
distribution at a diUerent location, we also present the results of γ analyses (Low et al.,
1998).

7.2 Materials and Methods

7.2.1 Anatomy deVnitions

The phantom used is a horseshoe like target area with an OAR and an air cavity inside
(see Figure 7.1a). The basis of the phantom was formed by a 40 × 20 × 30 cm3 water
phantom. The target is created by removing a block of 4.4 × 4.2 × 6.0 cm3 from a
larger block of 8.4 × 6.2 × 6.0 cm3. At the center of the cavity of the horseshoe, a
cylinder of air with a diameter of 3.2 cm and a length of 10.0 cm was placed which was
surrounded by a cylindrical OAR with a diameter of 4 cm and a length of 6 cm.

Due to the sharp edges and concave shape of the target area, combined with the inner
OAR, this case is challenging to perform a VCS on. Steep dose gradients have to be
regenerated automatically with diUerent translations and rotations, without changing
the number of beams and/or gantry angles. Moreover, the air-tissue interface yield
steep dose gradients due to the electron return eUect (Raaijmakers et al., 2005b, 2007b)
induced by the magnetic Veld.

(a) Phantom case (b) Cervix case

Figure 7.1: Pre-treatment Wuence-based dose distributions of the phantom and the cervix case.

The white squares indicate the positions of the isocenters.

The patient anatomy used was a cervical cancer patient (see Figure 7.1b). The clinical
CT and delineations were used to deVne the planning target volume (PTV) and OARs.
The OARs were the rectum, sigmoid, bladder and the bowel. Note that for both the
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phantom and the cervical cancer patient case the isocenter was placed oU-center the
target volume.

7.2.2 IMRT optimization and sequencing

The inverse treatment planning system (TPS) we used is described in Bol et al. (2012).
It combines a GPU based Monte-Carlo dose calculation engine (Hissoiny et al., 2011a,b)
for online beamlet generation (GPUMCD) and a fast inverse dose optimization algo-
rithm (FIDO) (Goldman et al., 2005, 2009). It is capable of generating tightly conformal
Wuence-based IMRT plans, while incorporating the electron return eUect caused by the
presence of the 1.5 T magnetic Veld. Furthermore, the system is fast enough for online
IMRT planning: for the phantom and the cervix case presented here, the beamlet gener-
ation and IMRT optimization takes roughly 1 minute and 2.5 minutes respectively, when
using Nvidia R© GeForce GTX 480 graphics cards for beamlet generation and a quad core
64-bit Intel R© i5-2400 CPU for the IMRT optimization step. For details regarding the
beamlet generation, changes made to the FIDO algorithm and the exact timings of TPS
we refer to Bol et al. (2012).

For this paper we complemented the TPS by adding step-and-shoot MLC sequencing.
Sequencing decomposes the optimal Wuence map, calculated by the inverse Wuence opti-
mization, for each beam into deliverable MLC Veld shapes, called apertures. In this case,
the apertures are generated using the Continuous Intensity Map Optimization (CIMO)
algorithm as described by Cao et al. (2006). The number of apertures was Vxed to 15 per
beam. The used MLC deVnition is similar to the one currently installed in the MRL: it
has 80 leaf pairs, having a 7 mm leaf width at the isocenter. No minimal leaf gap is de-
Vned and interdigitation of neighboring leafs is allowed. Sequencing takes on average
an extra 30 seconds of CPU time, keeping total computation time for a single plan fast
enough for online usage.

7.2.3 Pre-treatment planning

To establish the pre-treatment dose distribution, the phantom and the cervix case were
Vrst manually planned with beamlets calculated in the presence of a magnetic Veld of
1.5 T. Seven Vxed gantry angles of 0, 50, 100, 155, 205, 260 and 310 degrees were used.
The phantom case had a target prescribed dose of 75 Gy, whereas the target prescribed
dose of the cervix case was 45 Gy.

The main manual planning criterion was that 99% of the target volume received at least
95% of the prescribed dose (D99), while creating as steep as possible dose gradients out-
side the targets to ensure maximum OAR sparing. In order to get steep dose gradients
around the targets, the importance weights of the OARs were elevated until the D99

criterion was just satisVed.

After the optimal beamlets weights were determined for each case, sequencing was per-
formed as described in Section 7.2.2. The pre-treatment DVHs after Wuence optimization
and after sequencing are presented as part of Figure 7.2.
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Figure 7.2: Summary of the DVH statistics from the phantom and the cervix case, after Wuence
optimization and sequencing. The graphs show the pre-treatment planned DVH and the mean,

Vrst and third quartile, the minimal and the maximum DVHs, after applying the 48 translations

and 42 rotations, for the target, the total OAR volume and the body.
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7.2.4 VCS experiments and comparison

All VCS experiments started by translating the complete or rotating the internal phan-
tom and patient anatomy. For each of these translations and rotations, the pre-treatment
optimized Wuence distribution was also translated or rotated with the same amount in
order to get the goal towards VCS is optimizing. The translations were deVned along
the x-, y-, and z-axis: (+x, 0, 0), (-x, 0, 0),(0, +y, 0), (0, -y, 0),(0, 0, +z) and (0, 0, -z),
with diUerent translation oUsets: 1, 2, 3, 5, 8, 13, 21 and 34 mm. The rotations were
deVned along the same axes and had values of 1, 2, 3, 5, 8, 13 and 21 degrees around
the isocenter. This means that for each case, a total of 48 translations and 42 rotations
were applied.

After a transformation was applied, beamlets were calculated for the new geometry.
These beamlets were automatically optimized by setting the prescribed dose (which
will be fed into FIDO) for each target voxel or high-dose OAR voxel to the same value
as the corresponding transformed pre-treatment Wuence value. All remaining (body)
voxels were set to zero dose with a low importance weight of 1, whereas the voxels
with a prescribed dose had a importance weight of 300. This value was determined
empirically, but the exact value proves to be not critical for the optimization result. All
OAR voxels of the phantom case were considered high-dose voxels, but with the cervix
case only the voxels receiving ≥ 30 Gy were marked as high-dose OAR voxels, since
these are considered clinically relevant.

The resulting prescribed dose and importance weights matrix are directly used as input
for the FIDO optimization routine (Figure 7.3 shows an example of the FIDO input
for the cervix case, which was rotated 13 degrees around the x-axis). It calculates the
new optimal beamlets weights, resulting in a new optimal Wuence distribution, followed
by the sequencing step as described in Section 7.2.2, which gives a deliverable dose
distribution. Note that the desired Wuence distribution is typically “non-physical”, due
to the applied transformations, but FIDO will calculate the nearest physical solution
possible. This will be discussed further in Section 7.4.

Both the resulting Wuence and dose distributions are compared with the transformed
pre-treatment results by using DVHs and by using the 2%/2 mm γ criterion. The pre-
treatment optimized Wuence distributions were used as the reference dataset for all γ
analyses. Prior to the γ analyses, the VCS results were Vrst translated or rotated back
to the original pre-treatment position in order to make a valid comparison possible.

7.3 Results

Figure 7.2 summarizes the DVH results after all translations and rotations were compen-
sated by an automatically generated VCS. The graphs show the pre-treatment DVH and
the mean, Vrst quartile and third quartile, and the minimum and maximum DVH values
extracted from all individual DVHs, calculated after each anatomy transformation. This
results in a “boxplotted“ DVH overview. The top row show the results after Wuence
optimization, the bottom row shows the results after sequencing. Note that the mean
DVH of the sequenced phantom plans performed better in terms of target coverage and
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(a) Prescribed dose (b) Prescribed weights

(c) Fluence-based optimization (d) Sequenced

0 453015
(Gy)

Figure 7.3: The images on the top row show the prescribed dose and weights used for FIDO

optimization for the cervix case where a x-rotation has been applied of 13 degrees. All target

voxels are included into the prescription, plus the OAR voxels receiving ≥ 30 Gy. The remaining

body voxels are marked as OAR. The target voxels have an importance weight of 300, all other

voxels an importance weight of 1. The images on the bottom row show the results after Wuence
optimization and sequencing.

OAR sparing than the pre-treatment plan. Furthermore, the eUect of the used 30 Gy

threshold on the cervical high-risk OAR voxels is clearly visible: from this point on, the
diUerence between the minimum and the maximum DVH decreases signiVcantly.

All Wuence based plans generated by VCS obtain virtually identical target coverage and
OAR sparing when comparing them to the pre-treatment plan. The DVHs of the se-
quenced plans are less steep due to the discretization errors introduced due to gen-
erating a distinct number of apertures with a Vnite leaf width. Other than that, the
sequenced plans produced by VCS result in similar DVHs when comparing them to the
pre-treatment sequenced plan.

Figure 7.4 shows the eUect of applying only translations, only rotations and applying
both on the mean DVH. Since all DVHs virtually coincide, VCS is as eUective for com-
pensating for (large) rotations as for translations.
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Figure 7.4: Summary of the DVH statistics from the phantom and the cervix case, after Wuence
optimization and sequencing. The graphs show the mean DVHs after the translations and rota-

tions and the graphs depicting the mean DVHs after only the translations and rotations, for the

target, the total OAR volume and the body.
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Figure 7.5: Histograms of γ values for PTV and high-dose OARs voxels of the phantom and the

cervix case after Wuence optimization. The histograms accumulate the results of all generated

plans after applying the translations and rotations.
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Figure 7.6: Histograms of γ values for PTV and high-dose OARs voxels of the phantom and the

cervix case after sequencing. The histograms accumulate the results of all generated plans after

applying the translations and rotations.
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Table 7.1 shows the percentages of voxels of all re-generated plans, having a γ value
≤ 1. For all Wuenced-based cases, well over 96% of the target and high-dose OAR vox-
els satisfy the 2%/2 mm γ criterion. Figure 7.5 and 7.6 show the general histograms of
the γ values for all generated Wuence-based and sequenced plans. The shapes of the
γ histograms with respect to rotations and translations (not presented here) are very
similar to the general histograms. Figure 7.7 shows the relation between the magni-
tude of the applied translations and rotations and the percentage of PTV and high-dose
OAR voxels fulfulling the γ criterion. All results show that the Wuence-based plans can
reproduce the original plan very accurately and the inWuence of the magnitude of the
translations and rotations is very limited. As expected, the sequenced plans show de-
teriorated results compared to the Wuence based plans, but were also not inWuenced by
the applied translations and rotations. This conVrms that VCS can compensate for both
transformations, in terms of the γ criterion, equally well, as also seen in Figure 7.4.

Case PTV PTV High dose OAR High dose OAR

Wuence-based sequenced Wuence-based sequenced

Phantom 99.7% 78.4% 97.7% 94.5%
Cervix 99.6% 62.4% 96.9% 59.1%

Table 7.1: Table containing the percentage of all PTV and OAR voxels after applying 48 transla-

tions and 42 rotations, which have a γ (2%,2 mm) ≤ 1.0. Percentages are given after optimization

and after sequencing.

7.4 Discussion

Accounting for patient translation and rotation is possible using VCS. The DVHs dif-
ferences between the automatically generated plans and the pre-treatment plans are
very small. The γ analyses conVrm this statement. There is no accuracy diUerence any-
more between compensating for rotations and translations, as there is when performing
physical couch shifts. Since new beamlets are generated for each VCS, our method also
incorporates dose eUects caused by for instance a changed body contour.

The FIDO algorithm proves to be very eXcient in re-generating a pre-treatment dose
distribution at a diUerent location and/or with a diUerent orientation within a new pa-
tient anatomy. The main reason for this is that FIDO by deVnition delivers the optimal
solution when given a dose description and importance weight for each voxel and does
that very quickly. The dose prescription is given by just applying the observed patient
transformation to the pre-treatment dose distribution and setting some default impor-
tant weights. In other words, FIDO performs very well in an online dose-painting-by-
numbers strategy. This also means that we can use any TPS with their speciVc Wuence-
based optimization strategies to generate the pre-treatment plan, and use FIDO for the
online translation and rotation correction re-optimization.

As described in Section 7.2.4, by translating or rotating the pre-treatment dose distri-
butions, a “non-physical” dose prescription will occur, e.g. the gantry position does not
Vt the pre-treatment beam path anymore. In order to avoid large errors between the
prescription and the feasible physical dose, special attention is needed for these ’beam
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Figure 7.7: Graphs show the relation between the magnitude of the translation and rotation and

the precentage of voxels fulVlling the 2%,2 mm γ criterion after beamlet optimization and after

sequencing. The graph points with no translation or rotation present the pre-treatment optimiza-

tion results.
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entry’ areas. These low dose areas typically occur far away from the target area. Com-
pensating for these artifacts will deteriorate the target coverage, since the optimization
will try to fulVll all voxel constraints. Therefore, only the high-dose (and clinically rel-
evant) part of the pre-treatment dose distribution should be used in order to perform a
proper VCS.

In this paper we start with optimizing the beamlets to get an ideal, Wuence-based dose
distribution, followed by a sequencing step. By doing this, VCS dose eUects caused
by Wuence optimization errors and sequencing errors can be separated. The repro-
ducibility of the Wuence optimization is very good, large translations and rotations can
be corrected without compromising plan quality. The vast majority of the sequenced
plans of VCS are also very close to the pre-treatment sequenced plans, but it is a fact
that converting an ideal plan into a deliverable plan is more susceptible for unfavorable
anatomies. As mentioned in Section 7.3, Figure 7.2 shows that for the phantom case,
the pre-treatment sequenced plan has such a disadvantageous geometry, leading to a
lower target coverage and a high OAR exposure than the mean of the generated plans
has in terms of DVHs. However, in a clinical setting is it unlikely that these unfavorable
anatomy occur systematically.

A disadvantage of the two step optimization approach is that the sequencing step al-
ways deteriorates the initial plan, since it does not take into account the contraints on
which the Wuence optimization was based on. This means that with our current setup
it will be diXcult to match treatment plans optimized with for instance Direct Aperture
Optimization (DAO) or Direct Machine Parameter Optimizion (DMPO). It is expected
that when we integrate the FIDO algorithm with the sequencing routine, it will be fea-
sible to regenerate these plans.

Clearly, VCS can also be used in a 0 T environment. Cone-beam CT (or even MV/kV
imaging, combined with Vducial markers) can be used to obtain the daily target trans-
lations and rotations. Also a regular TPS can be used for the re-optimization of the
treatment plan, as long as a prescribed dose per voxel can be entered and it is fast
enough for online usage.

In order to use VCS clinically, a new workWow has to be put into place. It starts with
capturing the patient displacement by for instance MRI images. Missing density infor-
mation has to be handled, for example by registering a pre-treatment CT to the newly
acquired MRI, using a pseudo CT derived from a speciVc MR scans (Johansson et al.,
2011; Berker et al., 2012) or replace the MRI image data by a bulk electron density. As
VCS considers only translations and rotations, fast rigid image registration of the cur-
rent patient anatomy to the pre-treatment patient anatomy can be used for contour
propagation. Than the treatment planning part starts as we described in this paper.
Plan quality can be assessed manually, but preferable automatically based on DVH and
γ parameters. When passing all plan constraints, the new plan can be delivered. We
expect that the whole procedure can be executed within minutes.

For QA purposes, phantom measurements can be performed after treatment. However,
we expect that after gaining experience with the online re-optimization in terms of
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phantom studies and post-fraction QA measurements, the conclusion will be that VCS
plans are safe to deliver. This expectation is based on the fact that we clinically do not
measure IMRT plans for head-and-neck or prostate cases on a phantoms anymore.

We showed VCS in context of the ongoing MRI linear accelerator project. With this
machine, not only translations or rotations, but also deformations can be detected. To
account for deformations, one may deform the pre-treatment dose distribution and use
this as input for the full re-optimization. This strategy has to be investigated further.
The VCS framework can also be a foundation on which deformations can be compen-
sated by re-optimizing a plan, not based on a Vxed pre-treatment dose distribution, but
based on clinical optimization constraints. This will result in a system which automat-
ically generates inter- or even intrafraction optimal plans which take into account the
current patient anatomy.

7.5 Conclusions

VCS can account for patient translations and rotations by online IMRT optimization,
without the need of modifying the position or orientation of the treatment couch. Both
the generated Wuence-based as sequenced plans perform well compared to the pre-
treatment plans. Within our MRI linear accelerator framework, VCS runs automati-
cally and the DVHs and γ analyses show that both translations and large rotations can
be compensated equally well. When the various aspects of the clinical workWow are
implemented successfully, VCS can potentially outperform physical couch translations
and/or rotations.
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Summary

This thesis describes various radiotherapy treatment improvements which begins with
optimizing the classical approach for patient position veriVcation based on portal imag-
ing, continues with adding MRI to the current radiotherapy scheme and ends with the
Vrst steps towards online MRI-guided radiotherapy.

In chapter 2 we present two oYine methods for detecting the position of the bony
anatomy automatically with portal imaging, even if every single portal image of each
segment of an (IMRT) treatment beam contains insuXcient matching information. Ad-
ditional position veriVcation Velds will no longer be necessary, which speeds up the
treatment and reduces the total dose to the patient. The Vrst method, the stack match-
ing method (SMM), stacks the portal image of each segment of a beam into a 3D volume
and this volume is subsequently used during the matching phase. The second method,
the averaged projection matching method (APMM), is a simpliVcation of the Vrst one,
since the initially created volume is reduced again to a 2D artiVcial image, which speeds
up the matching procedure considerably without signiVcant loss of accuracy. Matching
is based on normalized mutual information. We demonstrate our methods by compar-
ing them to existing matching routines, such as matching based on the largest segment.
Both phantom and patient experiments show that our methods produce results that are
comparable with the results obtained from standard position veriVcation methods. The
matches are veriVed by means of visual inspection. Furthermore, we show that when
an distinct area of 40 to 60 cm2 of the EPID is exposed during one treatment beam, both
SMM and APMM are able to deliver a good matching result.

Chapter 3 describes a tool which enhances the way tumors can be delineated by using
multiple imaging modalities. This tool is especially useful whenmultiple MRI sequences
are available as well as the standard planning CT. The system is based on two basic
principles. Firstly, all individual image datasets are displayed in their original form (in
their own coordinate system, with their own spatial resolution, voxel aspect ratio and
slice orientation), and secondly, delineations can take place on all orthogonal views of
each dataset and changes made to a delineation are visualized in all image sets, giving
direct feedback to the delineator. The major diUerence between the described approach
and other existing delineation tools is that instead of resampling the image sets, the
delineations are transformed from one dataset to another. The transformation used
for transferring the delineations is obtained by rigid normalized mutual information
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registration. The crucial components and the beneVts of the application are presented
and discussed.

In chapter 4 we discuss the use of MRI-compatible Vducial gold markers. Conventional
Vducial gold markers are poorly detectable on most MRI sequences. Therefore, markers
always have to be detected on a separated CT, adding extra CT-MRI registration errors
to the treatment preparation phase. We developed a marker which is visible on MRI and
on EPID. A separate CT is no longer needed. The marker consists of a steel core with a
diameter of 0.3 mm within a gold casing. The marker is 5.0 mm long and has a diam-
eter of 1.0 mm. The steel core provides visibility on MRI and the gold casing on EPID.
To investigate the interobserver variability, Vve experienced observers marked the po-
sitions of the markers on three MRI sequences: a bSSFP, T1- and T2-weighted sequence.
These positions were also compared to the CT based marker positions. The bSSFP is
best suited for delineating the prostate and detecting the developed markers. The in-
terobserver variability is small (the mean absolute distances ranges from 0.16 mm to
0.30 mm). The diUerences between the positions detected via CT and via MRI were
small, with the mean absolute diUerences ranging from 0.43 mm to 1.44 mm. Note
that these diUerences also include registration errors. The gold marker with steel core
can be detected on various MRI sequences, reducing the overall systematic treatment
error.

The studies presented in chapter 5 and subsequent chapters are conceptually diUerent
to the previous studies, as the focus shifts from oYine MRI-aided radiotherapy towards
online MRI-guided radiotherapy, by introducing a planning system for the MRL. The
MRL facilitates continuous patient anatomy updates regarding translations, rotations
and deformations of targets and OAR. Accounting for this information demands high
speed, online IMRT re-optimization. In this chapter, a fast IMRT optimization system is
described which combines a GPU based Monte-Carlo dose calculation engine for online
beamlet generation (GPUMCD) and a fast inverse dose optimization algorithm (FIDO).
Tightly conformal IMRT plans are generated for four phantom cases and two clinical
cases (cervix and kidney) in the presence of a 0 T and 1.5 T magnetic Veld. We show
that for the presented cases the beamlets generation and optimization routines are fast
enough for online IMRT planning. Furthermore, there is no inWuence of the magnetic
Veld on plan quality and complexity, and equal optimization constraints at 0 T and
1.5 T lead to almost identical dose distributions.

As mentioned in the introduction of this thesis, one of the most signiVcant eUects of
the transverse magnetic Veld on the dose distribution occur around air cavities: the
electron return eUect (ERE). For stationary, spherical air cavities which are centrally
located in the phantom, the ERE can be compensated by using opposing beams conVgu-
rations in combination with intensity-modulated radiotherapy (IMRT). In chapter 6 we
investigate the eUects of non-stationary spherical air cavities, centrally located within
the target, on IMRT dose delivery in 0.35 T and 1.5 T transverse magnetic Velds by
using Monte Carlo simulations. We show that IMRT can be used for compensating ERE
around those air cavities, except for air cavities that appear or disappear during deliv-
ery of a fraction. For these cases, gating or plan re-optimization should be used. We
also considered the use of IMRT plans optimized at 0 T to be delivered in the presence
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of 0.35 T and 1.5 T magnetic Veld. When delivering dose at 0.35 T, IMRT plans opti-
mized at 0 T and 0.35 T perform equally well regarding ERE compensation. Within a
1.5 T environment, the 1.5 T optimized plans perform slightly better for the static and
random intra- and interfraction cases of air cavity movement than the 0 T optimized
plans. For non-stationary spherical air cavities with a baseline shift (intra- and inter-
fraction) the 0 T optimized plans perform better. These observations show the intrinsic
ERE compensation by equidistant and opposing beam conVgurations for spherical air
cavities within the target area. IMRT gives some additional compensation, but only in
the case of correct positioning of the air cavity according to the IMRT compensation.
For air cavities appearing or disappearing during a fraction this correct positioning is
absent and gating or plan re-optimization should be used.

Chapter 7 introduces a Vrst step towards a real online MRI-guided treatment regime.
When delivering conventional IMRT, discrepancies between the pre-treatment patient
geometry as determined from CT, MRI and/or PET scans and the daily patient geometry
are minimized by performing couch translations and/or small rotations. However, full
compensation of rotations in particular is usually not possible. In this chapter, we intro-
duce an online “virtual couch shift” (VCS): we translate and/or rotate the pre-treatment
dose distribution to compensate for the changes in patient anatomy and generate a new
plan which delivers the transformed dose distribution automatically. We show for a
phantom and a cervical cancer patient case that VCS accounts for both translations
and large rotations equally well according to DVH results and 2%/2 mm γ analyses and
when the various aspects of the clinical workWow can be implemented successfully, VCS
can potentially outperform physical couch translations and/or rotations. This work is
performed in the context of our MRL, which can provide translations and rotations but
also deformations of the anatomy. The VCS is the Vrst step towards compensating all
of these anatomical changes by online re-optimization of the IMRT dose distribution.
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9

General discussion

9.1 Introduction

In this chapter we will discuss various topics which are subject to major changes when
migrating from an oYine MRI-aided treatment paradigm to an online MRI-guided treat-
ment paradigm using the MRL. First we will describe how the general layout of a ra-
diotherapy treatment will change and afterwards we will discuss speciVc details within
the new regime such as image segmentation, treatment planning, and quality assurance
(QA).

9.2 Changing the radiotherapy paradigm

In the introduction of this thesis we described the classical radiotherapy regime as a
sequential, deterministic process which consists of three separate phases: the treatment
preparation phase, the treatment planning phase and treatment delivery phase. With
the development of the MRL, this regime has to be adapted in order to gain maximal im-
provement in terms of OAR sparing and/or escalating the dose to the target structures.

Figure 9.1 schematically shows how the new regime will look like. The most prominent
diUerence is the fact that the classical sequential process is replaced by a continually
repeating treatment cycle. The cycle consists of an image acquisition and VOI segmen-
tation part, a treatment planning part and a treatment delivery part. With this setup
ultimate adaptive radiotherapy that adapts to the continual changes of patient geom-
etry can be achieved; the MRI, with its superior soft tissue contrast and fast imaging
techniques, provides real time information about the position of the tumor and OAR,
the online TPS adapts the current treatment plan to account for the observed trans-
lations, rotations and deformations and the adapted plan is directly delivered to the
patient.

The timescale in which this cycle runs can diUer. The most straightforward way of im-
plementing this cycle is in an interfraction manner. At the beginning of a fraction, one
or more volumetric MRI scans are acquired and segmented, and with this information a
new treatment plan is calculated and then delivered. The VCS method described in this
thesis Vts nicely within this strategy.
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Figure 9.1: MRL treatment cycle

Intra-fractional changes are also addressed as the MRL treatment cycle is repeated mul-
tiple times within a fraction, for example before each delivered segment (in case the
IMRT is delivered in a step-and-shoot fashion) or before each gantry rotation (in case of
delivering IMRT using volumetric modulated arc therapy (VMAT)). Obviously this loop
is the most demanding for all components of the cycle in terms of speed and QA; due
to the time constraints the modules must be fast and reliable and should only require
minimal human interaction.

Another challenge is how to correctly update the current patient model used for online
treatment planning when there is not enough time to acquire a complete 3D MRI scan.
One way of solving this is by deforming a full 3D MRI dataset acquired just before
the start of the fraction based on changes registered by intelligently positioned one-
or two-dimensional MRI images (Stemkens et al., 2015). For safety, this method can be
combined with a form of gating, which immediately stops the treatment delivery when
large deviations, which invalidate the current patient model, are detected.

Instead of using gating as a safety measure, gating can also be used as a primary delivery
mode within the MRL treatment cycle. This mode resides between the two timescales
described before; for each fraction a new plan is generated for a favorable anatomy
(i.e. the anatomy imaged during the gating window), but instead of adapting the treat-
ment plan during delivery or delivering the pre-calculated plan in its entirety, the deliv-
ery is paused when the patient anatomy is considered unfavorable and continues when
the favorable anatomy is restored. Tumor tracking, a method which dynamically moves
the current segment shape along with the motion of the tumor, should also be possible
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using the MRL. Before tumor tracking can be implemented, research questions regard-
ing plan generation for tracked delivery and accurate translation of segment shapes in
the presence of a non-Wattened beam (used by the MRL) must be answered. Neverthe-
less, for both the gated and tracked IMRT delivery, MRI-guidance is the key ingredient
for a successful radiation therapy treatment.

Although all of the above might suggest that a treatment simulation phase prior to the
MRL cycle is not necessary anymore, the opposite is true. Not only should the anatomy
of the patient be mapped during the simulation phase by 3D MRI images in order to
determine the targets and OAR, but the optimal position of the one and two dimen-
sional MRI images used to monitor the patient anatomy also needs to be determined.
Furthermore, dynamic information such as tumor trajectories due to breathing should
be investigated before the actual treatment starts, so that the information can be used
as prior knowledge for choosing for example the best gating window or treatment plan-
ning strategy. Therefore, the simulation phase is needed to build a patient model which
forms the basis of all patient anatomy and treatment adjustments during the MRL cycle.

The simulation phase is also important for determining the accuracy of the various MRI
sequences for an individual patient, since MRI is prone to geometrical and intensity
distortions (Bakker et al., 1992; Moerland et al., 1995). The registration and segmenta-
tion procedures can tested up to a point where even the MRI sequences are tailored to
patient speciVc needs. Furthermore, in order to calculate accurate dose distributions,
tissue density information is needed. Although these data can be obtained by segment-
ing the MRI into four tissue types (air, lung, soft tissue and fat) by using a combination
of MRI sequences (Berker et al., 2012) or via direct visualization of the bony structures
using ultrashort TE sequences (Hsu et al., 2013; Korhonen et al., 2014), combining the
MRI data with a corresponding CT is a valid solution for the most accurate means of
obtaining the required HounsVeld data. The CT can also be used to extract structures
such as the body contour, which is usually the structure most aUected by the MRI dis-
tortions.

Finally, by simulating the upcoming fractions in terms of treatment planning, the impact
of the ERE can be estimated. As shown in chapter 6, the critical eUects do not occur in
the high dose regions, i.e. in the crossVre of the beams, but mainly in the low dose areas
which are typically covered by a single beam. Nevertheless, from a QA perspective it is
good practice to detect initial plan setups which are too sensitive regarding possible ERE
related problems before treatment instead of detecting them during treatment. When
such a plan is identiVed, the impact of ERE can be reduced by adapting the base plan
parameters.

The treatment cycle regime as described in this section can also be applied in current
clinical practice, using a conventional linear accelerator along with the position veriV-
cation tools mentioned in section 1.1.3. At our department we are investigating the use
of VCS for hypofractionated prostate cancer treatment. This treatment gives high dose
(72 Gy) to the whole prostate and an additional integrated boost up to 95 Gy to the
primary lesions within the prostate in 5-7 fractions. Due to the high dose per fraction,
it is not only necessary to compensate for prostate translations during treatment (as we
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do for the current prostate treatment using 35 fractions), but also for rotations to avoid
unacceptable rectal toxicity. Our goal is to automatically generate a new treatment plan
for each fraction based on the translations and rotations determined from online detec-
tion of the Vducial gold markers (which are implanted into the prostate) using portal
imaging and deliver the new plan directly to the patient. This work will give us expe-
rience performing online plan generation as well as with the speciVc workWow and QA
procedures, which will be necessary when the MRL becomes fully operational, whilst
enabling us to improving hypofractionated prostate cancer treatment on conventional
linacs at the same time.

9.3 Image segmentation

An essential part of the MRL treatment cycle is the image segmentation phase. The
VOI delineated during the simulation phase have to be identiVed quickly and accurately
immediately after the patient has been positioned in the MRL. Since treatment couch
adjustments are not possible due to the limited space in the bore of the MRL, the patient
position reproducibility is estimated to be under 2.0 cm which is poor compared to
current clinical standards. Therefore, even for relatively simple palliative treatments,
MRI-based patient veriVcation, and thus image segmentation, must be performed. For
treatments using intrafraction plan adaptation, image segmentation is essential and, due
to the time constraints involved, the need for automation is even more urgent.

The most common semi-automatic segmentation approach is manually adapting the
contours after rigidly or non-rigidly registering a (manually) segmented simulation MRI
(or a segmented MRI of the previous fraction) with a MRI of the current fraction, using
intensity based registration methods based on for instance mutual information, cross
correlation or optical Wow. This method calls for fast, interactive and 3D reviewing and
editing tools for the editor, especially when having multiple MRI sequences available
which are tailored speciVcally for diUerent parts of the patient anatomy. The advantage
of this approach is that all delineations are reviewed by an editor, who is in the end
responsible for the quality of the segmentation. Disadvantages include the vast amount
of time it may consume, the associated increase of intrafraction motion as the patient is
on the table during the lengthened treatment preparations, and the process has an high
level of editor dependence regarding segmentation skills and knowledge.

More advanced segmentation approaches are the model-based or atlas-based segmen-
tation methods. These methods assume that VOI have an approximately standard ge-
ometry, with only limited shape variation possible. One of the most attractive features
of these methods is that all of the simulation phase data can be used; both intensity
and segmentation information can be used to individualize the models for each patient.
Drawbacks of these methods are that correctly initializing the underlying models for
generic use is hard and the algorithms are usually not very fast.

The previous paragraphs describe methods which handle the acquisition of the images
as a separate process from the image segmentation. In other words, the image acqui-
sition is not speciVcally adapted for the registration/segmentation step afterwards. By
designing MRI sequences which are tuned explicitly for a specialized registration al-
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gorithm, the speed and accuracy of the registration process can be improved. This
principle has been successfully demonstrated by Roujol et al. (2010, 2011) for of high-
intensity focused ultrasound (HIFU). They show by calibrating their optical Wow image
registration with the real-time MRI sequences, they can track organ motion up to 10
frames a second. Using these high temporal MRI sequences will in general improve the
quality of contour propagation since the anatomy changes between consecutive time
points are usually limited.

The VOI generated by automatic image segmentation will need to be reviewed andman-
ually edited, so tools must be available to quickly analyze and modify the VOI. Current
contour-based editing is probably not ideal for performing such VOI manipulation op-
erations, editing a single contour has only a very local eUect, and in order to achieve
a global change, many contours have to be edited. Interactive tools should therefore
be developed which directly create or modify the 3D polygonal mesh representation of
a VOI. Another option is to use points instead of contours to create a VOI mesh; the
points are reconstructed by a surface reconstruction algorithm to form the VOI mesh
(Amenta et al., 2001). For regular regions of the VOI only a few points are needed to
describe the surface, whereas less uniform regions will obviously require more points
to adequately describe the shape. Another advantage is that the input points are not
aUected by arbitrary image slice orientations as is the case with contours; the points
can be added to the VOI at any position the editor wishes. A drawback of this method is
that when adding just a single point the reconstruction algorithm can calculate a very
diUerent VOI surface, due to the inherently ill-posted nature of the points-to-surface
problem.

9.4 Online treatment planning

Just as image segmentation is very important, online treatment planning is also indis-
pensable for every patient group treated on the MRL, since it should at least replace
the physical couch shift used on regular linacs. Although a VCS can be performed by
shifting the segment shapes according to the detected patient anatomy changes, we
opted for a VCS based on plan re-optimization. Due to the fact that the MRL has a
Vxed collimator angle and a Watting Vlter free (FFF) beam, the segment shift based VCS
can only handle small and speciVc perturbations of the patient anatomy correctly. The
VCS, as it was introduced in chapter 7, does not have these limitations, but does need a
reliable online TPS that is compatible with the MRI to successfully implement it. This
new setup also means a whole new environment for which the current procedures for
QA for plans and treatment delivery do not work anymore and have to be reassessed.
These topics will be discussed in the next section.

Instead of rigidly transforming a pre-calculated dose distribution based on the current
position of the target structure, the next logical step after implementing the VCS is
to create a new treatment plan based on clinical constraints. This regime enhances
the “library-of-plans” concept as discussed in the introduction of this thesis: instead of
choosing from a Vxed set of pre-calculated plans, a new plan is generated for the current
fraction. In order to generate such a plan (or plans in the case of using multicriteria
optimization) a full set of correct VOI have to be determined from the pre-fraction MRI
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images, whereas a VCS can be performed based on information gathered from intensity
based registration algorithms or surrogate structures such as anatomical landmarks and
Vducial markers.

The next consideration is whether Vxed or Wexible constraints will be used during plan
optimization. With Vxed constraints, the optimization goal is to deliver the same dose
per fraction to the target, without taking into account whether the patient anatomy is
favorable or not. When using Wexible constraints, the prescribed dose per fraction may
vary within a certain tolerance. Using Wexible constraints automatically means that
when the anatomy is favorable, the fraction dose will increase and when it is unfavor-
able the dose will decrease, resulting in a better overall OAR sparing compared to using
Vxed constraints. Multicriteria plan optimization regimes that are Pareto optimal can
be used to accommodate Wexible constraints, as implemented for example in the iCycle
TPS (Breedveld et al., 2012; Voet et al., 2013). However, the use of Wexible constraints
adds complexity to the plan optimization process since some form of additional dose
tracking is needed to know whether the intended dose to the tumor has been reached
and the treatment should be considered complete. When using an uniform dose per
fraction, adding up the fractional doses should be suXcient to track the total dose, but
in general a proper voxel-by-voxel dose accumulation is required. Dose accumulation
typically involves non-rigidly registering the day-to-day MRI images, then accordingly
deforming and summing the corresponding dose distributions. Instead of using the ac-
cumulated dose as a treatment termination criterion, it is more logical to use it as a bias
dose during optimization; by doing this, all previously delivered (non-uniform) dose dis-
tributions are incorporated into the optimization process. This last strategy does imply
that the dose accumulation process also is carried out when the patient is on the table of
the MRL; before the accumulated dose can be used as a bias dose, it should be mapped
to the current patient anatomy. When using the accumulated dose as just a termination
trigger, this is not needed: the accumulated dose can be computed oYine in between
fractions, from which the corresponding Wexible dose constraints can be derived for the
next fraction.

So far only interfraction plan adaptation has been considered. Here we will discuss
online treatment planning for intrafraction usage. Online intrafraction planning diUers
from gated or tracked treatment delivery as discussed earlier, in the sense that with in-
trafraction plan adaptation, segment shapes are generated during the actual treatment
delivery. With gated delivery the segment shapes are known before delivery begins,
which is also the case when tracking of the tumor is performed with a static Veld shape.
This trackingmode is however hampered by the same limitations as a virtual couch shift
that only shifts the segment shapes; it can only handle small and speciVc perturbations
of the patient anatomy correctly. Therefore treatment planning for tracked delivery
remains an open Veld of research. Intrafraction plan adaptation uses essentially the
same MRL cycle as depicted in Vgure 9.1, but the cycle runs for each individual seg-
ment; the current patient anatomy is established, then a new segment is generated and
subsequently delivered. Intrafraction plan adaptation therefore changes the current ra-
diotherapy paradigm substantially; it replaces the deterministic fraction delivery by an
non-deterministic one.
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The change of approach introduced by intrafraction plan adaptation also means that
an important part of the current sequencing scheme, the segment weight optimization
(SWO), cannot be used anymore. In current TPS all sequencing algorithms use SWO to
further minimize the diUerence between the optimal Wuence distribution and the dose
distribution which can be delivered by the linac. This step is performed explicitly as a
Vnal optimization step in more conventional sequencers; after the segment shapes are
generated, the Vnal MU count for each segment is established by SWO. Direct aper-
ture optimizers (DAO) also use SWO but in an implicit manner during the optimiza-
tion loop itself. Essentially, in order to use SWO, all segment shapes must be pre-
determined, which is not the case when a generated segment shape with a certain MU
count is delivered to the patient. Therefore we are developing a sequencer which can be
used to generate immediately deliverable segments without using SWO (Kontaxis et al.,
2015). We show that within the intrafraction MRL cycle regime (but not yet within the
same timescale, computationally speaking), this sequencer converges for a stable pa-
tient anatomy within a few fractions towards the same dose distribution as a sequencer
using SWO. Currently, we are investigating the behavior of the new sequencer when
using moving patient anatomies and the initial results look very promising.

The current intrafraction sequencer generates step-and-shoot IMRT plans, but in the
future we will also investigate whether VMAT IMRT can be implemented. The current
intention is to view a single arc of a VMAT treatment as an analogy for a single segment
of a step-and-shoot treatment. Furthermore, instead of using at most three arcs for a
VMAT treatment, we will use a larger number of arcs, which makes the analogy even
stronger, and is better suited to the technical design of the MRL with its high gantry
rotation speed of up to 10 RPM.

9.5 Quality assurance

Beside the technical challenges regarding image segmentation, treatment planning and
treatment delivery, the QA environment in which the MRL treatment cycle will operate
is diUerent from current QA procedures. Due to the sequential nature of the current
clinical workWow, the corresponding QA measures follow the same path at the same,
relatively slow, timescale in order to guarantee an accurately delivered dose.

When aiming for an online MRL treatment, new QA procedures have to be developed
to quickly assess the quality of the MRI acquisition, the image segmentation and reg-
istration, the treatment plan quality and dosimetric deliverability, and the linac control
and calibration system. Given the online nature of the proposed MRL system, the new
procedures will assess the quality of the overall process rather than the individual plans.
By performing failure mode and eUects analyses (FMEA), the critical steps of the MRL
treatment cycle are identiVed and corresponding dedicated QA procedures are designed
to assess the reliability of the system.

Regarding the QA of the MRI acquisition, Crijns et al. (2012a) show that distortion-free
MRI imaging is feasible with the MRL. Treatment plan quality and/or deliverability and
the machine control/calibration system QA is probably achievable in the near future;
at our department most IMRT plans are directly delivered to the patient after exten-
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sively commissioning of the TPS. The QA of real time machine control (Glitzner et al.,
2015; Fast et al., 2014) and new procedures regarding absolute dosimetric calibration in a
magnetic Veld (Smit et al., 2013, 2014) are also progressing rapidly. The QA of the image
segmentation and registration processes are, however, still in their infancy. Therefore
the development of new image segmentation techniques will initially be combined with
independent position veriVcation using portal imaging and/or MRI compatible Vducial
markers, in order to gain the much needed QA experience.

9.6 From Vrst-in-man to beyond

At our department we are working hard towards the moment that the Vrst patient is
being treated with the MRL. We will test the MRL in a Vrst-in-man study targeting a
palliative, single fraction treatment of a spinal bone metastases patient. After the pa-
tient has been placed in the MRL, a MRI will be acquired and the CTV delineated by a
physician on site. Then the TPS will automatically generate a plan based on a template,
which contains speciVcally designed constraints for this treatment. The HounsVeld in-
formation for dose calculation will be provided by a pre-treatment CT which is rigidly
registered to the acquired MRI (Hoogcarspel et al., 2014). The quality of the registration
will be manually assessed. After the plan is approved by the physician and the posi-
tion of the patient is double-checked using portal imaging, the treatment plan will be
delivered to the patient.

From this Vrst treatment setup onward, we will start adding, replacing and remov-
ing components to or from the workWow to accommodate the MRL for other (more
complex) treatment sites and fractionation schemes. For example, VCS and supervised
automatic image segmentation will be added and CT-based planning will be replaced
by MRI-based planning. Portal imaging will become obsolete, since position veriVca-
tion and plan adaptations will be based on the soft-tissue contrasts provided by the
MRI. We will go from pre-fraction MRI scans to locate the tumor to intrafraction MRI
sequences to follow the position of the tumor. We will move from interfraction to in-
trafraction plan adaptation and from supervised plan selection to unsupervised online
plan alterations, from “human” monitored QA procedures to automatic QA procedures.
All of this will change the radiotherapy paradigm from an oYine MRI-aided to an online
MRI-guided one, improving the eUectiveness of external beam radiotherapy as a cancer
therapy.
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Samenvatting

Dit proefschrift beschrijft een aantal verbeteringen voor de behandeling van kanker
door middel van radiotherapie. De eerste verbetering heeft te maken met de klassieke
patientpositieveriVcatie die gebaseerd is op portal imaging. De andere belangrijke ver-
betering hangt samen met het toevoegen van MRI aan de huidige radiotherapiebehan-
deling. In het verlengde daarvan beschrijft dit proefschrift ook de eerste stappen naar
daadwerkelijk online MRI-gestuurde radiotherapie.

Bij positieveriVcatiemethoden die gebaseerd zijn op portal imaging kan zich het pro-
bleem voordoen dat ieder afzonderlijke portal image van een segment van een (IMRT)
bestralingsbundel te weinig informatie bevat om een goede botregistratie uit te kunnen
voeren. In hoofdstuk 2 van dit proefschrift worden twee oYine positieveriVcatieme-
thoden geïntroduceerd die ook in dit geval de botposities van de patiënt automatisch
kunnen detecteren. Hierdoor zijn extra positieveriVcatiebundels niet meer nodig waar-
door de behandeling minder lang duurt en de stralingsbelasting van de patiënt minder
wordt. De eerste methode is de “stack matching method”. Hierbij worden alle portal
images van alle segmenten gestapeld tot een 3D volume, en dit volumewordt vervolgens
tijdens de registratieprocedure gebruikt. De twee methode is the “averaged projection
matching method”. Deze methode is een versimpeling van de eerste methode, doordat
het initieel gecreëerde 3D volume weer gereduceerd wordt tot een artiVcieel 2D plaatje.
Daardoor wordt de registratie veel sneller zonder dat dat merkbaar ten koste gaat van
de nauwkeurigheid. De methoden worden vergeleken met de standaard positieveriV-
catiemethoden. Daaruit blijkt dat voor zowel fantoom- als patiëntstudies de resultaten
vergelijkbaar zijn.

Hoofdstuk 3 beschrijft een softwarepakket waarmee tumoren beter kunnen worden in-
getekend, doordat meerdere beeldvormende modaliteiten simultaan gebruikt kunnen
worden. Het pakket is met name geschikt voor situaties waarin er meerdere MRI se-
quenties van een patiënt beschikbaar zijn, naast de standaard radiotherapie planning
CT. Het systeem is op twee grondbeginselen gebaseerd. Ten eerste wordt iedere dataset
in zijn originele vorm weergegeven (coördinaatsysteem, spatiële resolutie, voxelafme-
tingen en plakoriëntatie). Ten tweede kan er op alle orthogonale vlakken van iedere da-
taset worden ingetekend en de aanpassingen van de intekeningen worden direct zicht-
baar op alle andere datasets. Hierdoor kan de gebruiker direct zien of de aanpassing
consistent is met de andere modaliteiten. Het grootste verschil ten opzichte van andere
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intekenpakketten is dat intekeningen naar de verschillende datasets worden overgezet
in plaats van dat alle beeldvormende datasets naar één overkoepelend 3D grid wordt
overgezet, waardoor speciVeke contrasten verloren kunnen gaan.

Het gebruik van MRI-compatible goudmarkers wordt in hoofdstuk 4 bediscussieerd.
Conventionele goudmarkers zijn slecht zichtbaar op de meeste MRI sequenties, waar-
door de markers op een aparte CT gedetecteerd moeten worden. Dit zorgt ervoor dat
er een extra CT-MRI registratie nodig is die daardoor ook een extra foutmarge in de
hele voorbereidingsfase van een radiotherapiebehandeling veroorzaakt. We hebben een
marker ontwikkeld die zowel op EPID als op MRI zichtbaar is, waardoor de CT-MRI re-
gistratiestap niet meer nodig is. De marker bestaat uit een stalen kern met een diameter
van 0.3 mm met daaromheen een laagje goud. In totaal is de marker 5.0 mm lang en
heeft een diameter van 1.0 mm. De stalen kern zorgt ervoor dat de marker zichtbaar
is op MRI en het gouden laagje eromheen zorgt voor de zichtbaarheid op EPID. Onder-
zocht is wat de interobserver variabiliteit is ten aanzien van de locatie van de marker
in drie verschillende MRI sequenties: een bSSFP, een T1- en een T2-gewogen sequentie.
Vijf ervaren observers hebben op alle sequenties de markerposities aangegeven en deze
zijn vergeleken met de CT gebaseerde markerposities. Hieruit is geconcludeerd dat the
bSSFP sequentie het meest geschikt is om zowel de prostaat als de markers te detecte-
ren. De gemiddelde absolute afstand varieerde voor deze sequentie tussen de 0.16 mm

en 0.30 mm. Deze waarden zijn inclusief CT-MRI registratiefouten. Ook voor de andere
MRI sequenties waren de afstanden klein: tussen 0.43 mm en 1.44 mm. Dit betekent
dat door gebruik te maken van deze goudmarkers de systematische fout van de totale
behandeling kan worden verkleind.

Vanaf hoofdstuk 5 wordt het focus van dit proefschrift verlegd van oYine MRI-onder-
steunde radiotherapie naar online MRI-gestuurde radiotherapie. Als onderdeel daarvan
wordt in hoofdstuk 5 een planning systeem geïntroduceerd voor de MRL. De MRL is
in staat om voortdurend de anatomie van een patiënt volgen. Zo kunnen translaties,
rotaties en deformaties van tumoren en omliggende gezonde weefsels in beeld worden
gebracht, zelfs tijdens de radiotherapie behandeling. Om deze informatie te kunnen
gebruiken om de behandeling aan te kunnen passen, is een IMRT heroptimalisatie rou-
tine nodig die snel genoeg is om dit te kunnen faciliteren. In dit hoofdstuk wordt zo’n
systeem gepresenteerd. Het bestaat uit een GPU-gebaseerde Monte-Carlo dose engine
(GPUMCD) en een snelle inverse dosis optimalisatie routine (FIDO). Het systeem is in
staat om conformale IMRT plannen te genereren, ook als er een sterk magneetveld van
1.5 T aanwezig is. Verder laten we zien dat het systeem snel genoeg is om online een
nieuw IMRT plan te kunnen maken en dat er geen invloed van het magneetveld zicht-
baar is ten aanzien van plan kwaliteit en complexiteit. Daarnaast is gebleken dat de-
zelfde verzameling optimalisatie constraints leidt tot bijna identieke dosis verdelingen,
onafhankelijk van de aanwezigheid van het 1.5 T magneetveld.

In hoofdstuk 6 wordt het eUect van bewegende, bolvormige luchtholten op IMRT dosis-
verdelingen in magneetvelden van 0.35 T en 1.5 T bestudeerd door middel van Monte-
Carlo simulaties. We tonen aan dat de eUecten van het ERE rond dit soort holten met
IMRT kunnen worden opgeheven. Echter, als er tijdens een fractie een luchtholte ont-
staat of verdwijnt, dan is compensatie van het ERE niet mogelijk. In deze gevallen kan
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gating of heroptimalisatie van het behandelingsplan uitkomst bieden. Ook is er on-
derzoek uitgevoerd ten aanzien van het gebruik van in 0 T geoptimaliseerde plannen,
afgegeven in een 0.35 T en een 1.5 T omgeving. In het 0.35 T geval, wordt het ERE net
zo goed gecompenseerd door het 0 T als door het 0.35 T geoptimaliseerde plan. In een
1.5 T omgeving, is het 1.5 T plan iets beter dan het 0 T plan voor statische luchtholten
en luchtholten die random tijdens of tussen de fracties bewegen. Bij bewegende lucht-
holten met een baseline shift resulteert het 0 T plan in een betere dosisverdeling. Deze
resultaten laten zien dat het ERE voornamelijk gecompenseerd wordt door opposing
beam conVguraties. IMRT kan voor nog betere compensatie zorgen, maar alleen als de
luchtholte zich daadwerkelijk op de geplande positie bevindt.

Hoofdstuk 7 introduceert de eerste stap richting daadwerkelijk online MRI-gestuurde
radiotherapie met de MRL. Als een patiënt met een conventioneel IMRT plan wordt
bestraald, wordt er geprobeerd om de verschillen van de patiëntanatomie ten tijde van
de planning CT en ten tijde van de behandeling te minimaliseren door de behandeltafel
waarop de patiënt ligt te transleren en tot op zekere hoogte te roteren. Grote rota-
ties kunnen echter niet opgevangen worden op deze manier. In dit hoofdstuk wordt een
nieuw concept geïntroduceerd: een online “virtual couch shift” (VCS). De dosisverdeling
die vooraf berekend is wordt op basis van de gemeten translaties en rotaties op dezelfde
wijze getransleerd en geroteerd en hiervoor wordt online en automatisch een nieuw
behandelplan gegenereerd. Voor zowel een fantoom als voor een baarmoederhalskan-
kerpatiënt laten we zien dat dit concept werkt voor zowel translaties als voor grote
rotaties. De validatie vond plaats door DVH vergelijkingen en 2%/2 mm γ analyses. Als
de verschillende aspecten binnen de klinische workWow kunnen worden geïmplemen-
teerd, dan kan een VCS mogelijk beter presteren dan een fysieke tafelverplaatsing. Dit
werk is uitgevoerd in het kader van de MRL, die naast translatie- en/of rotatieinfor-
matie, ook deformaties van de patiëntanatomie kan detecteren. De VCS is dan ook de
eerste stap richting volledige compensatie van alle anatomische veranderingen binnen
een patiënt door middel van het online heroptimaliseren van een IMRT dosisverdeling.
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