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Abstract 
 

 A limitation of current dose calculation algorithms employed in radiotherapy 

treatment planning is the assumption that the patient’s anatomy is static throughout the 

imaging, planning and delivery. 4D dose calculation methods employ non-linear image 

registration to determine the cumulative dose received in a deforming anatomy. In this work, 

we developed a 4D Monte Carlo dose calculation code, designated defDOSXYZ, which 

determines the dose received in a deforming voxel grid. Voxel deformations were determined 

from deformation vectors resulting from non-linear image registration between images of the 

reference and target states. The ANIMAL non-linear image registration algorithm was 

implemented for registration of thoracic 4D CT images. Modifications were performed to 

ANIMAL to minimize deformation vector discontinuities. A method for correcting artifacts 

in 4D CT images was developed which uses non-linear image registration to interpolate 

voxel intensities from temporally adjacent artifact-free images. Dose calculations in 

deforming phantoms and 4D CT patient data using defDOSXYZ were compared to 

conventional center-of-mass (COM) and trilinear (TL) dose remapping methods.  

defDOSXYZ calculations were determined to be accurate to within 1% by comparison 

with DOSXYZ calculations and internal consistency checks. Conventional dose remapping 

methods were found to underestimate the dose by 29% and 8%, on average, when remapping 

dose from Exhale to Inhale within simple deforming phantoms with voxel sizes of 1 cm and 

0.5 cm, respectively. These discrepancies were reduced to 0.2% for voxel sizes of 0.25 cm 

and smaller, however dose errors of 20-30% still existed in regions of steep dose gradients.  

The accuracy of non-linear image registration between inhale and exhale images for 5 

lung patients was found to be within 2 mm which was deemed acceptable for clinical dose 

calculations. Temporal interpolation using ANIMAL was demonstrated to improve image 

quality in 4D data sets containing motion artifacts.  

Comparison of dose remapping from Inhale to Exhale in an anatomical breathing 

phantom revealed that interpolation methods underestimate the dose in the penumbra and 

near the surface. defDOSXYZ calculations were also compared with two dose remapping 

methods in 4D CT patient data. Systematic offsets between the dose calculation methods 
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were noted which were attributed to inconsistent handling of voxel mass conservation in the 

image registration and dose calculations. A mass-consistent comparison of defDOSXYZ 

calculations and remapping calculations for clinically relevant planning scenarios and dose 

grid sizes revealed discrepancies in regions of steep gradients which was consistent with the 

phantom studies. No clinically significant differences in planning volume doses were noted 

between all three dose calculation methods, although conventional dose remapping failed to 

predict certain details of the cumulative dose distribution which may be important for 4D 

conformal treatment planning.  
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Résumé 
 

L’hypothèse que l’anatomie du patient est statique tout au long de l’imagerie, de la 

planification et du traitement est une limite des algorithmes actuels de calcul de dose en 

planification de traitement radiothérapeutique. Des méthodes de calcul de dose en 4D 

utilisent le recalage d’image non linéaire pour déterminer la dose cumulée reçue par une 

anatomie déformable. Dans cette thèse, nous avons développé un code Monte-Carlo de calcul 

de dose en 4D, appelé defDOSXYZ, qui détermine la dose reçue dans une grille de voxels 

déformables. La déformation des voxels a été établie à partir de la variation des vecteurs 

résultant du recalage d’image non linéaire entre les états de référence et les états cibles. 

L’algorithme de recalage d’image non linéaire ANIMAL a été appliqué au recalage d’images 

thoraciques obtenues en tomodensitométrie 4D. Des modifications ont été apportées à 

ANIMAL afin de minimiser les discontinuités dans la variation des vecteurs. Une méthode a 

été développée pour corriger les images de tomodensitométrie 4D ; cette méthode utilise le 

recalage d’image non linéaire pour interpoler l’intensité dans les voxels à partir d’images 

sans artéfacts consécutives dans le temps. Les calculs de dose avec defDOSXYZ dans les 

fantômes déformables et sur des images tomodensitométriques 4D de patients ont été 

comparés aux méthodes conventionnelles de redistribution de dose, l’une dite « du centre de 

mass » (COM), l’autre trilinéaire (TL).  

Les calculs avec defDOSXYZ ont été mesurés et sont exacts à mieux que 1 % en 

comparaison des calculs de DOSXYZ et de tests d’autocohérence. Nous avons trouvé que les 

méthodes conventionelles de redistribution de dose sous-estiment la dose, en moyen, par 

29% et 8% dans de simples fantômes déformables avec des tailles de voxel de 1.0 cm et 0.5 

cm, respectivement.  Les divergences étaient réduites jusqu'à  0.2% pour des tailles de voxel 

de 2.5 mm et plus petits, malgre des regions de divergences de 20-30% existaient  encore 

dans des régions de hautes gradients de dose. La précision du recalage non linéaire entre les 

images à l’inspiration et les images à l’expiration de cinq cas de poumon a été mesurée et est 

inférieure à 2 mm, ce qui a été jugé acceptable pour des calculs de dose cliniques. Nous 

avons démontré que l’interpolation temporelle à l’aide d’ANIMAL améliore la qualité 

d’image pour des images 4D contenant des artéfacts de mouvement. 
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La comparaison de la redistribution de dose entre l’inspiration et l’expiration dans un 

fantôme respiratoire anatomique a révélé que les méthodes d’interpolation sous-estiment la 

dose dans la pénombre et près de la surface. Les calculs avec defDOSXYZ ont aussi été 

compares avec deux méthodes de redistribution de dose sur des images de patient obtenues 

en tomodensitométrie 4D. Nous avons noté des différences systématiques entre les méthodes 

de calcul de dose, que nous avons attribuées a un traitement incohérent de la conservation de 

masse des voxels pendant le recalage d’image et le calcul de dose. Une comparaison, 

cohérent par rapport a la masse, des calculs de defDOSXYZ et des calculs de redistribution 

pour des scénarios pertinents de planification clinique et de taille de grille de doses ont révélé 

de grandes différences dans les régions a forts gradients cohérentes avec les études dans des 

fantômes. Bien qu’aucune différence cliniquement significative n’ait été notée entre les trois 

méthodes de calcul de dose, la redistribution conventionnelle de dose ne parvient pas a 

prédire certains détails de la distribution de dose cumulée qui pourrait être importante pour la 

planification de traitement conformationnelle 4D.  
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Chapter 1: 
 
 

 

Introduction 
 
 

1.1    INTRODUCTION 

In 2007, an estimated 159,900 new cases of cancer will be diagnosed in Canada1. 

Currently, lung cancer is ranked as the leading cause of death due to cancer, accounting 

for 29% and 26% of cancer deaths in men and women, respectively. The current 5-year 

survival rate ratios, compared to general survival for the public, was determined to be 

around 16%. Lung cancers are classified into non-small cell lung cancers (NSCLC) and 

small cell lung cancers (SCLC)2. The former group comprises adenocarcinomas, 

squamous cell cancers and large-cell cancers.  

Approximately 61% of all lung cancer patients require treatment with 

radiotherapy3. Radiotherapy can be applied alone or in combination with surgery and 

chemotherapy. Ionizing radiation may be used to destroy cancer cells as it induces DNA 

strand breaks by interactions which result in cell death and mutation. The goal of any 

treatment regimen is to maximize the therapeutic ratio, that is to maximize tumor cell kill 

while minimizing the incidence of side effects related to the treatment. In radiation 

therapy this translates to a goal of delivering a maximal dose of radiation to the tumor 

while keeping dose to normal tissues to a minimum. 

Radiotherapy may be delivered by external beam therapy or brachytherapy, where 

radioactive sources are placed inside the patient. External beam radiotherapy may use 

indirectly ionizing particles, such as photons, or directly ionizing particles such as 

electrons and protons. Photons are indirectly ionizing because they do not deposit dose 

directly, rather they transfer energy to electrons in tissues through their interactions. An 

important concept for radiotherapy is the absorbed dose to the medium. The absorbed 

dose is defined as the energy deposited in a small mass of medium by charged particles 

divided by the mass of that medium. The SI unit of absorbed dose is the Gray [1 Gy = 1 

Joule/kg].  

1 
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1.2    RADIOTHERAPY PROCESS 

The steps of a typical radiotherapy treatment are summarized in Figure 1.  
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Figure 1. Radiotherapy process [adapted from reference 4] 

 

Current 3D radiotherapy planning techniques require an accurate three-dimensional 

(3D) representation of the patient geometry and composition which is obtained from 

images acquired by computed tomography (CT), magnetic resonance imaging (MRI) or 

positron emission tomography (PET). In CT imaging, a kilovoltage x-ray tube produces a 

fan beam which rotates around the patient. Attenuated photons which pass through the 

patient are measured by a 360° ring of detectors. The raw CT data consists of line 

integrals of linear attenuation coefficients as a function of tube angle and detector 

distance. These projections, or image slices, are acquired in either an axial or helical 

fashion. In the former case the CT couch stays fixed as each image slice is acquired while 

in the latter case the CT couch translates the patient through the gantry simultaneously as 

the projection data is acquired. The CT pitch is defined as the couch movement divided 

by the slice width. The raw data may be viewed as a sinogram (see Figure 2).  
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Figure 2. Illustration of (a) CT acquisition and (b) resulting sinogram. 
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Using back-projection methods5 the 3D patient anatomy can be reconstructed. The 

image voxel intensities are reported in Hounsfield Unit (HU) which is the linear 

attenuation coefficient μ  scaled to the attenuation coefficient of water wμ  

 

1000 w

w
HU μ μ

μ
−

= ×   .           (1) 

 
In a PET image acquisition the patient is injected with a radioactive tracer such as 

fluorodeoxyglucose-18 (FDG-18) labeled with the positron emitter fluorine-18. The FDG 

is preferentially taken up by regions of high metabolic activity, such as tumour cells, and 

once it is metabolized it cannot be cleared thus the radioactive tracer is retained in such 

regions. The patient is then placed inside a ring detector where pairs of annihilation 

photons created by electron-positron annihilation are detected by a coincidence timing 

circuit. 3D images may be reconstructed from the detected photon counts using 

techniques similar to those employed in CT. PET represents a functional imaging 

modality as it does not provide images of the patient anatomy but of the metabolic 

processes (ie., glucose uptake) taking place. For this reason it must usually be combined 

with an anatomical imaging modality such as CT for radiotherapy planning (see Figure 

3). 

 

 
(a) 

 
(b) 

 
Figure 3. Comparison of (a) anatomical (CT) and (b) functional (PET) images. 
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The second step of the radiotherapy planning process is to identify the target 

volume(s) and any nearby dose-limiting organs. The International Commission on 

Radiation Units and Measurements (ICRU) defines concepts of target volumes for 

radiotherapy planning6 including the gross target volume (GTV), clinical target volume 

(CTV) and planning target volume (PTV). The GTV is defined as the detectable tumor 

volume while the CTV encompasses the GTV plus a margin for undetectable microscopic 

disease. Additional margins for uncertainties in the planning and dose delivery process 

are added to ensure coverage of the CTV. The goal of the treatment plan is to ensure that 

this PTV receives within 95% to 107% of the prescription dose. In an update7 to ICRU 

Report 50 the PTV margin was redefined to consist of a patient setup error margin (SM) 

and an internal margin (IM) which accounts for motion occurring during the treatment 

delivery. 

The third step is to determine a geometrical arrangement of treatment beams and 

their energies which best meet the treatment plan objectives. The conventional approach 

is to define the beam arrangement based on previous experience or a planning protocol, 

calculate the dose distribution, evaluate the plan and then make any necessary 

adjustments and repeat the above procedure. Automated inverse treatment planning 

methods may also be used where first the treatment plan objectives are defined in terms 

of doses to target volume and organs at risk and then a mathematical optimization process 

is used to determine the beam arrangements which minimize an objective function 

determined from plan objectives. The latter approach is mainly used for intensity-

modulated radiotherapy treatment (IMRT) where each beam is subdivided into 2D 

beamlets whose intensity is optimized. The advantage of this approach is that the dose 

distribution can be made to conform to the PTV very tightly which allows a higher dose 

to be delivered without exceeding dose limits of normal tissues8. Delivery of IMRT 

treatment plans requires a device for beam intensity modulation. Most commonly the 

intensity map is decomposed into a sequence of weighted subfields which can be 

delivered using a multi-leaf collimator (MLC). 

The core of a treatment planning software is the dose calculation engine. The 

properties of a radiation beam may be characterized by a number of dosimetric quantities, 

4 
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including the percentage depth dose distribution (PDD) and off-axis ratio (OAR) shown 

in Equations 2(a) and (b)): 

               
max

( )( ) 100
( )
D dPDD d

D d
= ×                                            2(a) 

  ( )
( )

,
( , )

,0
D d x

OAR d x
D d

=                                                     2(b) 

where d is the depth along the beam axis, x is the lateral distance measured from the 

beam axis and D(d,x) is the dose at the location (d,x). A typical depth dose curve and off-

axis profile for a 6 MV photon beam are shown in Figure 4.  

 

 
(a) 

 
(b) 

 
Figure 4: (a) percentage depth dose and (b) off-axis dose profile. 

 
 

Such quantities are easily measured and from them the dose at any point can be 

determined. However, they are usually measured in simple, homogeneous geometries 

with a flat surface and perpendicular beam incidence. In complex patient geometries the 

determination of these quantities becomes more difficult. Instead 3D dose calculation 

algorithms are used. These can be subdivided into correction-based algorithms or model-

based algorithms such as convolution-superposition and pencil beam models9. 

Correction-based algorithms make use of dose distributions obtained from an extensive 

set of dose measurements, such as PDDs and OARs, to which corrections are applied to 

account for the irregular field apertures, beam modifiers, patient contours and 

inhomogeneities that may be present for the patient dose calculation. In contrast, model-
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based algorithms attempt to model the physical process of dose deposition from first 

principles in order to calculate the dose distribution directly on the patient data. 

Various metrics exist by which the calculated dose distribution can be evaluated to 

determine if the treatment plan objectives have been met. The most commonly used 

metric is the dose volume histogram (DVH) which can be used to evaluate what 

volumetric fraction of a given structure is covered by a given dose level. An example of 

ideal and typical cumulative DVHs for a target volume and organ at risk are shown in 

Figure 5. Ideally 100% of the target volume receives the prescription dose Dpres and the 

organ at risk receives no dose. Practically, the organs at risk will receive some dose and 

the planner must verify that the volume receiving a given dose level does not exceed 

known organ tolerance doses10. 
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Figure 5. Ideal and typical cumulative dose-volume for (a) target volume and (b) organ at 

risk. Ideal DVHs are shown by dashed lines, typical DVHs by solid lines.  

 

For organs at risk many studies have been carried out to link dose-volume 

parameters to biological endpoints such as the amount of surviving cells after irradiation. 

These efforts have led to the development of biological models11 which can be used to 

predict the treatment outcome. The most basic quantities are the tumor control probability 

(TCP), normal tissue complication probability (NTCP) and equivalent uniform dose12 

(EUD). The EUD is defined as the dose which, if uniformly delivered to an organ, results 

in the same biological outcome as the current dose distribution. 
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The final step before treatment delivery is to verify the plan delivery and dose 

calculation. The patient setup must also be checked to ensure that tumor is in the same 

position as in the planning image. It is known that patient geometry changes can occur on 

an inter-fraction (between treatments) or intra-fraction (during treatment) time scale. 

Examples of inter-fraction geometry changes include weight loss or gain and tumour 

regression. Intra-fraction changes can occur due to physiological processes such as 

respiration, digestion and cardiac motion. It is therefore important to have an imaging 

device available at the treatment unit. Electronic portal imaging devices (EPID) mounted 

on the linear accelerator are capable of either conventional 2D image acquisition or 3D 

cone-beam imaging when 2D projections are acquired at multiple gantry angles. 

 

1.3    MONTE CARLO METHODS FOR RADIATION TRANSPORT 

Monte Carlo methods can be used to solve problems that are described by random 

processes13. Radiation transport, for example, is a random process where the probabilities 

of particle interactions are determined by their cross-sections14. In contrast to analytical 

dose calculation algorithms, Monte Carlo-based dose calculation algorithms directly 

simulate the physical interactions of particles which lead to energy deposition in a 

medium and therefore provide a potentially very accurate means of dose calculation. 

The basic process for a Monte Carlo simulation of radiation transport is outlined in 

Figure 6. Using a random number generator the different interaction cross-sections are 

sampled to determine the distance to the next interaction point and which type of 

interaction a particle will undergo. Additional geometry checking routines are often 

required to track the particle’s current location in the simulation geometry. User specified 

cutoff energies are defined below which particle transport is terminated. The simulation 

of the trajectory a single particle, including all secondary particles which are generated, is 

termed a history. 

A number of Monte Carlo dose calculation algorithms have been developed for 

treatment planning of photon and electron beams15-17. Monte Carlo techniques have also 

been employed to simulate the generation of treatment beam particles in the treatment 

machine18,19.  
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 Step 1. Pick up current particle parameters 

(E,x,y,z,u,v,w,Q).   
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

 
Figure 6. Outline of Monte Carlo simulation of photon transport 

 

1.4.   ISSUES AFFECTING THE ACCURACY OF LUNG RADIOTHERAPY 

Despite significant improvements in radiotherapy delivery techniques, 5-year 

survival rates for unresectable non-small cell lung cancer remain quite low at less than  

20%20,21. Currently, most treatment protocols use prescription doses of approximately 60 

Gy, delivered in 2 Gy fractions22. Many studies have indicated improved survival with 

increased dose23,24, however, this is limited by the incidence of radiation pneumonitis and 

fibrosis25 arising from irradiation of healthy lung. Both conditions lead to loss of lung 

function and potentially death. The incidence of radiation pneumonitis appears to 

correlate with mean dose and volume of lung irradiated25-27. 

A number of physical issues have been identified which need to be addressed in 

order to improve radiotherapy of lung28-30. The first is the improvement of dose 

calculation accuracy in order to better predict treatment outcome. Many studies have 

clearly demonstrated that conventional dose calculation algorithms fail to accurately 

predict the dose in lung31-33. Monte Carlo-based dose calculation algorithms are now 

widely regarded as the gold standard for dose calculation accuracy in such situations. A 

Step 2. Randomly sample distance x to next 
interaction based on total interaction cross-section 
μ.  

Step 3. Transport particle. Randomly sample 
interaction type. Modify particle energy and 

direction, generate secondary particles 

E < cutoff? terminate 
history 
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second issue to be addressed is the delineation of tumors in the lung. CT images alone do 

not always provide sufficient information to distinguish cancerous tissues from collapsed 

lung or necrotic tissue. Large variations in physician delineations of lung tumours have 

been reported34. Combined PET-CT imaging has been demonstrated to reduce this 

variation as well as improve identification of involved lymph nodes or distant 

metasteses35. Finally, it is known that lung tumors are not stationary and that due to 

respiration may move up to 3 cm36 during treatment delivery. The most basic effect of 

such motion is a decreased conformality of the treatment beam to the target and increased 

irradiation of the surrounding lung tissue. Such motion also leads to errors in the image 

acquisition, dose calculation and delivery. 4D radiotherapy planning methods37 including 

4D imaging, dose calculation and delivery methods are being developed to address this 

issue. 4D dose calculations methods have been developed which used non-linear 

registration to track how tissue elements move and deform with respiration. However, 

these methods involve a number of assumptions and it is not clear how this affects the 

accuracy of the dose calculation. 

 
1.5    THESIS OBJECTIVES AND ORGANIZATION 

In this thesis we report the development of a novel 4D Monte Carlo dose 

calculation algorithm for the determination of cumulative dose received by a breathing 

patient during radiotherapy delivery. The dose calculations are performed using the 

deformation vectors obtained from non-linear image registration of 4D CT lung images. 

We also report on the implementation of a registration algorithm, ANIMAL, for non-

linear registration of 4D CT thoracic images.  

 
The two main hypotheses to be addressed in this thesis are then: 

 

1. Inaccuracies due to interpolation in current 4D dose calculation methods result in 

clinically significant differences in the cumulative dose received over a breathing 

cycle.  
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2. The accuracy of non-linear registration of 4D CT images of the thorax using the 

ANIMAL non-linear image registration algorithm is clinically acceptable for 

application in 4D dose calculations in lung. 

 

The thesis is organized as follows. The second chapter reviews the impact of organ 

motion and current motion compensation methods in radiotherapy. In the third chapter 

we review current methods for incorporating the effects of patient motion into dose 

calculations. Chapter 4 introduces concepts related to non-linear image registration and 

summarizes currently available algorithms and their applications in radiotherapy. In 

Chapter 5 we discuss the development and validation of the defDOSXYZ 4D Monte 

Carlo dose calculation algorithm. The ANIMAL non-linear registration algorithm is 

introduced in Chapter 6 including a procedure for thoracic 4D CT registration and 

validation. In Chapter 7 we discuss a method of 4D CT artifact correction based on non-

linear image registration. In Chapter 8 we present a comparison of dose calculations 

performed with defDOSXYZ and conventional deformable dose calculation methods in 

lung patients. Finally, the thesis findings are discussed in Chapter 9 and some 

conclusions are presented. 
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Chapter 2: 
 
 

Organ Motion in Radiation Therapy 
 
 

2.1    INTRODUCTION 

The effect of organ motion on the accuracy of radiotherapy has recently become a 

topic of research interest. The main focus of these research efforts have been respiratory-

motion affected sites such as lung, liver and breast where the magnitude of the motion is 

largest. The AAPM Task Group 761 investigated the magnitude and impact of respiratory 

motion and provided recommendations for minimization of the resulting errors in 

radiotherapy. This task group identified three main areas of concern: (1) motion artifacts 

in image acquisition which lead to inaccurate organ delineation; (2) design of appropriate 

treatment plans ensuring adequate tumor coverage; and (3) dose delivery errors.  

In this chapter we will discuss the magnitude of respiratory motion in the lung and 

its impact on radiotherapy of the lung. An overview of current respiration management 

techniques will also be given. 

 

2.2 SOURCES OF ORGAN MOTION AND THEIR MAGNITUDES 

The magnitude of lung tumor motion due to respiration has been measured to be up to 

50 mm1, depending on the mode of breathing (shallow or deep) though on average it is 

around 1.0 cm2. Motion is predominantly in the superior/inferior direction and is greater 

for tumors located in the lower lobes of the lung. The path of motion is not necessarily 

linear. Due to differences in lung pressure in the inhalation and exhalation phases the 

motion trajectory can exhibit a hysteresis. Motion of lung tumors is often modeled as 

sinusoidal, the average breathing period is 4 seconds3, though in many patients the 

breathing traces can be highly irregular. 
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2.3    EFFECTS OF MOTION ON IMAGE ACQUISITION 

Patient motion during conventional image acquisition (CT, PET, MR) is known to 

cause image artifacts. This results in an inaccurate representation of the patient geometry 

and physical characteristics of tissues such as density or retention of a radioactive tracer. 

This leads in turn to errors in treatment planning as organ delineation and dose 

calculation rely on accurate depiction of the patient anatomy.  

The mechanism by which motion induced CT artifacts are created was described by 

Balter et al.4. Motion of an object along the superior/inferior direction during acquisition 

of axial projections leads to consecutive slices being acquired at different respiratory 

states, hence a discontinuous appearance. Motion within a single slice acquisition also 

leads to averaging of the object density states and blurring of the image. 

The severity of motion artifacts has been found to depend on the scan time and the 

velocity of the object being imaged. Ritchie et al.5 studied the minimum scan speed 

required for suppression of motion artifacts in thoracic CT imaging. They determined that 

to avoid barely perceptible artifacts in the pulmonary vessels, scan times of 25 msec or 

less were required. They concluded that even for ultrafast scanners with gantry rotation 

times of 50 msec motion artifacts would be present. Similarly, McCollough et al.6 studied 

the effect of temporal resolution on motion artifacts in CT using contrast and spatial 

resolution phantoms. Motion artifacts were noticeable for a conventional CT scanner with 

a scan time of 0.5 revolutions/sec for object speeds of 10 mm/sec. A better image quality 

was obtained with an ultra-fast electron beam CT which had a scan time of 0.1 sec. Both 

studies indicated that for conventional CT scanners image artifacts will occur unless 

image acquisition methods can be modified to avoid them5. 

Gagne et al.7 studied the impact of motion artifacts on intensity-based tumor 

delineation using mathematical simulations and a 3D motion phantom. They found that 

the spatial extent of the moving object was distorted in terms of shape and location and 

that the volume occupied over the object’s full range of motion was not accurately 

represented. The mean reconstructed moving object density was on average less than the 

static case, up to 38% at some points. They also noted that significant distortion can 

occur when the amplitude of motion exceeds the objective dimensions. Chen et al.8 

analyzed distortions of spherical objects undergoing motion during CT acquisition for 
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realistic motion amplitudes and phases. The moving sphere images appeared to be 

lengthened or shortened by up to 2 cm along the axis of motion, depending on the motion 

phase at which the scan was initiated. 

Respiration-induced motion causes the patient geometry to change as a function of 

time and necessitates adding another dimension to the image. A 3D image represents a 

single snapshot of the anatomy at a given point and time and may not accurately 

represent all the anatomical states which occur during the respiratory cycle. Shimizu et 

al.9 investigated whether a free-breathing scan accurately represented the average tumor 

position for 13 lung patients. The tumor position and cross-sectional area on the free-

breathing scan was compared with 20 sequential CT scans acquired at the position of 

maximum tumor cross-sectional area. In eight patients the tumor was not visible on the 

measured slice for some phases, this was found to occur mainly for tumors in the lower 

lobes. The tumor position was found to vary between 1.4 mm to 24.4 mm from the free-

breathing scan and the maximum tumor area varied by 120% on average (range 95% to 

183%). Evans et al.10 also cautioned that the use of a single patient scan can contribute to 

systematic errors in radiotherapy planning since only a single sample of the probability 

distribution function of patient motion is obtained.  

To summarize, breathing motion artifacts occur in most images acquired on 

conventional CT scanners. These artifacts lead to incorrect representation of the imaged 

objects’ position and volume. For imaging of anatomy undergoing respiratory motion, a 

single scan may not provide adequate information about the average tumor position.  

 

2.4    EFFECTS OF MOTION IN TREATMENT PLANNING 

The potential consequence of not accounting for motion during treatment planning 

is a failure to adequately cover the tumor over the full range of motion. A secondary 

consequence is to not accurately predict the dose distribution and hence the treatment 

outcome. The effects of organ motion on the dose distribution will be discussed in the 

next section but the predominant effect is a blurring of the dose distribution over the path 

of motion11. 

Henkelman et al.12 were the first to study the variations in the delivered dose caused 

by organ motion. They re-calculated the dose distribution on repeat CT scans acquired at 
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different respiratory phases. For an anterior-posterior beam arrangement with clinically 

realistic margins a 3% rms difference in the dose to 8 landmarks was noted between the 

time-averaged dose and the dose delivered at exhale. For a tangential beam used in a 

breast plan a 10% rms difference was found. A small blurring of the beam penumbra was 

noted for the time-averaged dose distribution but was judged clinically insignificant in 

comparison to the large penumbra of the 60Co beams used for treatment planning. The 

authors cautioned, however, that the penumbral blurring effects could be significant for 

linear accelerator beams. Ross et al.13 examined the incidence of geographic misses in 20 

patients with intrathoracic tumors treated with a parallel-opposed beam arrangement. 

Sequential images acquired with an ultra-fast scanner were examined to determine if the 

tumor moved outside of the 50% isodose line at any point in the respiratory cycle. The 

incidence of geographic misses, which were detected in 6 patients, correlated with the 

magnitude of tumor motion. In one case the minimum tumor dose was only 16% of the 

prescribed dose. Engelsman et al.14 calculated DVHs for a similar beam arranged based 

on film measurements in a cork phantom with a Styrofoam insert to simulate a tumor. For 

a 5 mm breathing motion the TCP decrease to 41.7% from 50% and the tumor EUD 

dropped from 70 Gy to 66.7 Gy over 5 fractions.  

For 3D-CRT and IMRT treatment plans where dose distributions are tightly 

conformed to the target, the potential for blurring of the steeper dose gradients15 and 

inadequate tumor coverage due to motion are expected to be greater, however, the 

literature indicate that this depends on how the PTV margins were designed. Chetty et 

al.16 estimated hot and cold spots of up to 15% in the PTV for the motion-convolved dose 

distribution compared to static calculations for 3 conformal lung patients when using 

standard margins. Mechalakos et al.17 estimated the effect of motion on GTV coverage in 

12 NSCLC patients treated with 3D-CRT and IMRT plans with conventional margins of 

1 to 2 cm.  On average the effects were small, the mean dose and TCP were reduced by 

0.6% (SD 1.2%) and 1.4% (SD 3.8%), respectively. Larger discrepancies were noted in 

cases where the margin expansion was smaller than the tumor motion. The minimum 

target dose was reduced by 5.8% on average with larger discrepancies for patients with 

large, irregularly shaped tumors. Nioutsikou et al.18 compared static and moving 3D-CRT 

and IMRT plan deliveries in a deformable phantom. They used a 1 cm PTV margin, 
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which was smaller than the motion amplitudes that were studied. Consequently an 

underdosage of the tumor, larger for 3D-CRT, was noted as well as blurring of the dose 

distribution in the tumor. Flampouri et al.19 compared the effect of motion on IMRT lung 

plans using different planning margin strategies. The standard 1 cm PTV margin 

expansion was found to underdose 3 out of the 6 patients who had motion greater than 12 

mm. No significant difference between the static and cumulative EUD to the lungs was 

noted due to volume averaging. Rosu et al.20,21 argued that with proper PTV design 

breathing motion does not significantly affect organ motion. They used margins which 

encompassed the tumor at the inhale and exhale phases. Only a slight decrease in tumor 

coverage was noted and the lung DVHs were not significantly affected due to volume 

averaging of motion-related discrepancies which are confined to penumbral regions. 

However, to maintain a constant NTCP up to a 6 Gy change in the prescription dose was 

required for some patients. 

To summarize, when organ motion was not considered during treatment planning a 

decrease in the tumor dose was noted. The magnitude of this underdosage depends on the 

design of the plan margins, and is most significant when the dose distribution is tightly 

conformed to the tumor. 

 

2.5    EFFECTS OF MOTION ON RADIATION DELIVERY 

Bortfeld11 summarized three main effects of motion on the delivered dose 

distribution: blurring along the path of motion, spatial deformations and interplay effects. 

The first effect is considered to be dominant and results in a broadening of the beam 

penumbra and reduced conformality of the dose distribution. The amount of dose blurring 

depends on the amplitude of the motion and has a greater effect in regions with steep 

dose gradients. Localized dose deformations occur because the dose distribution can vary 

spatially due to displacements and deformations of internal anatomy and interfaces 

between different tissues. Interplay effects occur in the case of dynamic beam deliveries 

such as IMRT, enhanced dynamic wedge (EDW) and tomotherapy. In the case of IMRT, 

organ and MLC leaf relative motions may lead to large point variations in the dose (see 

Figure 1). 
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(a) (b) (c) 
 
Figure 1. Illustration of the interplay between target and MLC leaf motion. An organ at 

risk, denoted by the black star, was blocked by a leaf during planning. However, due to a 

combination of leaf motion, from left to right, and target motion, from top to bottom, the 

organ is not shielded by the leaves at (b) and (c). 

 

Many investigations into organ motion effects on dose delivery have concentrated 

on interplay effects. A theoretical investigation of interplay effects in dynamic MLC 

delivery was performed by Yu et al.22 using an analytical model to calculate primary 

photon fluence variations in the target for different motion models. Point dose variations 

of up to 100% of the planned dose were found, the magnitude depended on the relative 

speed of leaf motion and target motion as well as the width of the beam defined by leaf 

pairs relative to the amplitude of target motion. For clinically realistic delivery 

parameters fluence variations ranged from 30% to 50%. The maximum deviations were 

noted when the scan speed was similar to the breathing velocity. A periodic dependence 

of dose variation on the breathing amplitude was noted for small leaf openings, with 

minima occurring when the beam width was a multiple of the breathing amplitude. 

Delivery of multiple fractions was found to smooth out these dose variations as the initial 

breathing phases varies and hence the effects of interplay vary randomly. Bortfeld et al.23 

further investigated the influence of fractionation on dose discrepancies due to interplay 

effects with DMLC, compensators and scanned beams. The expectation value of the dose 

was found to be independent of the delivery technique and was essentially a weighted 

average of the static dose over the path of motion. In a statistical interpretation of the 

interplay effect they demonstrated that the probability distribution function describing the 

dose variations approaches a Gaussian distribution for delivery of 30 fractions. The 
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standard deviation of this distribution was largest for the scanned beam and smallest for a 

physical compensator. A reduced dose rate or higher breathing frequency (less than 4 sec 

breathing period) reduced these deviations. The authors concluded that the dominant 

effect of organ motion on IMRT delivery is blurring of the dose distribution and the 

interplay effects due to dynamic delivery are small. However, they also cautioned that 

target underdosage can occur due to the tighter conformality of IMRT fields. It should be 

noted that spatial invariance of the dose distribution was assumed and the validity of this 

assumption requires further scrutiny.  

The conclusions of these two studies have been tested by experimental 

investigations24-26. Generally these experiments confirmed that dose variations due to 

motion effects were independent of delivery technique and were around 1% to 2%, for a 

typical number of fractions, though some authors showed contradictory results24. One 

concern is that the radiobiological implications of dose variations due to interplay effects 

may be larger than the physical dose variations, as the dose delivered per fraction may 

vary significantly. However, Duan et al.27 found that, although the physical target dose 

may vary by up to 20% for an IMRT field delivered to a moving phantom, the variation 

in the tumor control probability was less than 4.3% for a single fraction and was reduced 

to less than 2.4% for 2 or more fractions. Interplay effects may be non-insignificant in 

IMRT when leaf sequences contain segments with small MUs such that the time for 

delivery of a segment approaches the duration of the breathing period. Seco et al.28 

reported that deviations from the static dose distribution of up to 20% occurred even for 

30 fractions when a single low-MU segment was delivered. For two clinical cases they 

found a 7% likelihood that dose discrepancies of greater than 1% could occur. The 

authors cautioned that low-MU segments should be avoided when treating moving targets 

with IMRT. 

To summarize, the primary effect of breathing motion is to blur the delivered dose 

distribution. Anatomical deformations and motion of tissue interfaces also lead to 

localized dose deformations. For dynamic delivery techniques, interplay between the 

tumor and radiation beam motion can lead to very large point dose differences. However, 

for a clinically realistic delivery with multiple fractions dose differences are generally 

less than 2%.  
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2.6     MANAGEMENT OF RESPIRATORY MOTION IN RADIOTHERAPY 

The deleterious effects of respiratory motion in radiotherapy have been 

demonstrated and recently much effort has been put into investigation of methods to 

minimize their impact. The AAPM Task Group 76 report1 lists, in order of increasing 

complexity, 5 approaches to managing respiratory motion in treatment planning: (1) 

motion-encompassing methods; (2) forced shallow breathing; (3) breath hold; (4) gating; 

and (5) respiratory-synchronized radiotherapy.  

 

2.6.1 Motion-encompassing methods 

In the absence of any sophisticated equipment and 4D treatment techniques the 

physicist should ensure that the treatment plan provides adequate coverage of the tumor 

in the presence of respiratory motion. Basically, this entails increasing the safety margins 

which are added to the clinical target volume (CTV). An intra-fraction organ motion error 

must be measured to determine the internal target volume (ITV) defined by ICRU Report 

6029. Generally, these errors are reported as standard deviations (SD) and added in 

quadrature30,31, although there exist many so-called “margin recipes” for combining 

errors. Antolak et al.32 used a margin of 1.65SD while Stroom33 and van Herk34 separated 

errors into random (σ) and systematic (Σ) components and added these as 2.5Σ+0.7σ. 

This recipe was found to guarantee a minimum dose of 95% of the prescription dose to 

the CTV in 90% of patients but did not account for rotations or shape changes of the 

target volume. 

Individualized patient margins can be derived from motion information measured 

from fluoroscopy or CT images. In the latter case there are three approaches: (1) slow 

CT; (2) union of contours drawn on inhale and exhale breath hold CT images; and (3) 4D 

CT. In a slow CT scan the scan time is approximately 4 sec per rotation or more so that 

the tumor is blurred over its path of motion. This allows the PTV to be determined 

directly from the image intensities. Target volumes generated by the slow CT scan 

method have been found to be more reproducible and cover a larger volume35,36 than 

those delineated on free-breathing scans. Shih et al.37 compared ITV margins determined 

from slow, free-breathing and breath hold CT scans for 13 lung patients. They found that 

the free-breathing scan had the largest margin (mean 3.5 mm, SD 4.2 mm), while the 
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margins determined from the breath hold images was smallest (mean 1.1 mm SD 1.9 

mm).  

 

2.6.1.1 4D CT 

Four dimensional CT images (4D CT) provide a means of obtaining 3D information 

about patient anatomical motion and deformation. An over-sampled set of projections is 

obtained simultaneously with a respiratory monitoring signal. The respiratory phase 

determined by binning of this signal which is used to prospectively or retrospectively sort 

the projections by breathing phase in order to reconstruct a 3D image set for each of these 

phases. Originally 4D CT protocols were proposed for single-slice CT scanners but the 

image extent that could be scanned was limited by the low pitch required to minimize 

gaps between the reconstructed slices at each respiratory phase which led to rapid x-ray 

tube overheating38,39. The advent of multi-slice CT scans made it possible to overcome 

this limitation as scan times were greatly reduced. There are two approaches to acquiring 

a 4D data set on a multi-slice CT. The first method uses an axial acquisition protocol in 

which projections are continuously acquired at each couch position for a duration longer 

than the breathing period. Axial 4D-CT protocols have been reported using digital 

spirometry40 and infra-red tracking of an external marker41,42 to determine the breathing 

phase. A second 4D CT acquisition method employing a helical scan protocol was 

proposed by Keall et al.43. At the point of end-inspiration the respiratory monitoring 

system sends a pulse to the CT scanner which is used as a tag in the sinogram. The other 

time points are linearly interpolated throughout the sinogram and the corresponding 

image sets are reconstructed from the raw data at these points. A potential advantage of 

the helical acquisition protocol is that the patient dose received during the scan is not 

affected by the number of respiratory phases to be reconstructed. However, Pan44 found 

that the cine acquisition protocol resulted in a lower patient dose because the scan time 

needed to be extended by 1 breathing period for the helical scan in order to properly 

determine the starting location of the breathing cycle. Furthermore, if breathing 

irregularities occur during a helical acquisition an entire re-scan is required and the slice 

thickness is broadened due to the lower pitch. A 4D cone-beam CT acquisition technique 
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has also been developed by Sonke et al.45 which allows for daily 4D images to be 

acquired of the patient prior and during treatment. 

There are a number of issues which need to be addressed in 4D CT imaging. These 

include: increased patient dose and artifacts resulting from inaccurate phase assignment. 

The prolonged scan acquisition times for 4D CT lead to increased dose to the patient. Li 

et al.46 proposed that the x-ray tube current, and hence patient dose, can be reduced 

without significantly compromising image quality. Another significant concern is that 

breathing phases may be incorrectly assigned to acquired projections47 or that due to 

variations in patient breathing patterns images acquired at different breathing amplitudes 

may be assigned the same phase. The latter issue may be addressed by employing an 

amplitude-based sorting instead of phase-based sorting. The differences between these 

two methods are illustrated in Figure 2. Fewer reconstruction artifacts have been noted 

when using amplitude binning48-50 , however, with this approach there can be missing 

slices as images are not acquired at exactly the same amplitude49. The quality of phase-  
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Figure 2. Illustration of phase-based and amplitude-based binning methods for 4D CT 

image acquisition. Dashed lines indicate time-points which are assigned as end-

inhalation. Note that in phase-based binning images with different motion amplitudes will 

be assigned to the same phase bin. Conversely, with amplitude-based binning the motion 

amplitudes are the same at each phase bin but slice data may be missing if the patient 

does not breathe consistently. 
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binned 4D CT images can also be improved by coaching patients to breathe more 

reproducibly51. The accuracy of the sorting is also dependent on the method used to 

determine the respiratory phase. As it is not possible to directly measure the respiratory 

phase during image acquisition internal motion, surrogates are required. Examples of 

internal motion surrogates include measuring the displacement of external markers placed 

on the abdomen52,41,42, strain gauges to measure expansion of the thorax or abdomen53 to 

and spirometry to measure air intake40. It is important to evaluate whether the surrogate 

motion correlates with the internal motion54. Finally, a 4D CT dataset is only accurate if 

the patient breathes reproducibly from the treatment planning through to delivery stages. 

For patients with poor pulmonary function it is possible that a drift exists in the motion 

amplitude and mean tumor position over the course of treatment55. 

 

2.6.1.2 Patient specific margin determination 

Patient-specific internal margins can be derived from 4D CT images by a number of 

methods. First, internal margins can be derived by generation of a composite target 

volume from contours drawn on individual phases56. The effort required for manual 

delineation on all images can be greatly reduced if a non-linear registration algorithm is 

used to map contours from a reference phase to all subsequent images57. The process can 

also be automated by generating a maximum (MIP)58 or average (AIP)59 intensity 

projection image before contouring. The MIP technique consists of creating a single CT 

image from the 4D dataset in which the CT number assigned to each voxel is the 

maximum CT number which occurs in that voxel throughout the breathing cycle. The 

AIP method assigns to each voxel the average of the CT numbers which occur at that 

location over the whole breathing cycle. Effectively this reproduces the image acquired 

with a slow CT scan. Another strategy has been proposed by Wolthaus et al.60 where a 

single mid-ventilation CT scan is chosen which represents as closely as possible the time-

average position of the tumor over the respiratory cycle. Additional margins are then 

applied to encompass the tumor range of motion. Bosmans et al.61 compared four 

contouring methods: slow CT, a composite ITV drawn on a 4D CT dataset, a mid-

ventilation CT with an additional margin of A/4 (where A is the tumor motion amplitude) 

and free-breathing CT with an 8 mm margin for motion. An extra 5 mm margin was 
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added to the target volumes determined by these methods and they were assessed in terms 

of tumor coverage when the cumulative dose was calculated over the whole breathing 

cycle. They concluded that use of a slow CT resulted in underdosage of the target volume 

and that geographical misses occurred when using a free-breathing CT image. The mid-

ventilation and 4D CT images produced equally good target volume coverage, however, 

the former method was preferred as it was less labor intensive61. 

 

2.6.1.3 Inverse planning incorporating organ motion 

Methods for incorporating tumor have also been proposed for inverse treatment 

planning methods such as IMRT62-66. The advantage of these techniques is that an 

optimized plan may result in a more conformal dose distribution than conventional 

forward planning techniques. The general approach utilized by most authors is to use a 

4D dose calculation method to determine a motion kernel describing the cumulative dose 

received over the respiratory cycle for each pencil beam. The dose distribution can then 

be optimized on each breathing phase individually (for gating or tracking) or 

simultaneously for all breathing phases (if no respiratory management device was 

available).  

Coolens et al.67 investigated whether smoothing could be applied to a combination 

of intensity maps optimized on the inhale and exhale states in order to reduce the effect of 

motion on the delivered dose distribution. They found that even the use of a large 5x5 

median window filter did not significantly reduce motion effects for these plans. 

 
2.6.2 Forced shallow breathing 

Another strategy to deal with respiratory motion is to reduce the motion amplitude 

by forcing the patient to breath in a shallow manner. This approach is widely used for 

stereotactic body radiotherapy (SBRT) where the stereotactic localization frame68,69 may 

incorporate an abdominal compression plate to limit breathing motion. Reductions of 

tumor motion amplitude to less than 1 cm have been reported with this device70-72. Others 

have used a body cast73 or a vacuum-based immobilization system with an abdominal 

pressure pillow74. It is possible to significantly reduce respiratory motion by high 
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frequency jet ventilation but this has been reported only in animals75, as it is an invasive 

procedure requiring anesthesia. 

 

2.6.3 Breath hold techniques 

If the patient is capable of holding his or her breath for 10 seconds or more then it is 

feasible to deliver the treatment at the end-inhalation or end-exhalation phases. Hanley et 

al.76 proposed that a deep inspiration breath hold (DIBH) is better because the lung 

density is reduced, therefore reducing the irradiated lung volume, and irradiation of the 

heart may also be reduced. The DIBH maneuver usually requires some patient training 

and coaching and may be monitored by spirometry76-78, external markers79, an implanted 

fiducial80 or a laser tracking method81 to ensure that the patient has achieved the planned 

lung inflation level before starting irradiation. The beam on/off control may be handled 

by the therapist77, patient82-84 or a gating software85,86. Some authors have used visual 

feedback of respiration traces to improve patient breathing reproducibility79,85.  

The disadvantage of using a breath hold technique is that treatment times are 

prolonged by a factor of two or more78 and may not be tolerated by patients with 

compromised pulmonary function. Generally, a residual motion amplitude of less than 3 

mm has been reported using the DIBH procedure77,80,82-84. To improve the reproducibility 

of DIBH a device can be used which temporarily immobilizes patient breathing. This 

Active Breath Controller (ABC)87 consists of two pairs of flow monitors and scissor 

valves to control inhalation and exhalation. The valves are activated at a preselected 

breathing phase and the duration of the breath holds is 15 to 20 seconds. A highly 

reproducible lung volume and reduced tumor residual motion has been reported88-90 using 

this device. 

 

2.6.4 Gating 

It is also possible to deliver radiation only during a specific portion of the 

respiratory cycle. Gated radiotherapy was initially developed by Ohara et al.91 for proton 

radiotherapy. An advantage of gating over breath hold techniques is that patient 

cooperation is not necessarily required. Gating is also better tolerated by patients with 

poor lung function. However, the treatment efficiency is greatly reduced because the 
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beam is on only during a short period of the breathing cycle. For this reason a combined 

gated breath hold may be preferable if it can be tolerated by the patient92. Gated 

radiotherapy has been shown to significantly reduce treatment margins, especially for 

highly mobile tumors58,93,94.  

Accurate gating requires a reliable respiration monitor which has a fast response 

time, low signal-to-noise ratio and minimal baseline drift95. For the latter reason 

spirometry may not be appropriate for amplitude-based gating95,96. Authors have reported 

the use of implanted gold markers97,98, strain gauges placed around the abdomen95,99, 

infrared tracking of reflective markers100,101, stereocamera102 laser systems103 to measure 

abdominal displacements, fluoroscopy104,105 and ultrasound106,107.  A potential concern for 

the use of an implanted marker in the lung is that the implantation procedure is risky and 

markers may migrate to another part of the body which has prompted investigation of 

fluoroscopic tracking without an implanted marker104,107. External surface motion may 

not always be well correlated and in phase with the tumor motion. The highest 

correlations have been found between abdominal motion and superior/inferior tumor 

motion108-110.  

Some new concepts are introduced by gating (see Figure 3) including the gating 

window, duty cycle and residual motion. The gating window is defined by the thresholds 

which determine when the beam is turned on and off. The duty cycle is defined as the 

fraction of the breathing cycle for which the beam is on and is a measure of treatment 

efficiency. As the gating window increases the duty cycle, and and hence the treatment 

efficiency, is increased. A drawback of increasing the gating window, however, is that 

the residual motion will be increased. Therefore, when using gating an optimal balance 

between minimizing residual motion and treatment times must be found100. 

Similar to 4D CT, gating can be phase or amplitude based, although, for reasons 

similar to those for its preference in 4D CT, amplitude gating has been found to be more 

effective in reducing residual motion, however, this is negated if there is a baseline drift 

respiration signal111. The use of breath coaching and patient breathing mode, abdominal 

or chest breathing, also influence the residual motion112,113. Many gating systems also use 

motion prediction to reduce the time delay, or system latency, between crossing the 

threshold and sending an ON/OFF signal to the treatment device114.  
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Figure 3. Illustration of the concepts of gating window and duty cycle for amplitude-

based gating. Note that for amplitude gating the residual motion and the gating window 

are the same. The duty cycle is calculated as the ratio of the beam on time T to the 

breathing period τ. 

 

The use of gated radiotherapy implies that either 4D CT or gated CT images must 

be acquired so that the treatment plan can be designed on the phase of interest. Gating has 

been used for axial and spiral scan CT protocols115, including gating in sinogram 

space116, and for cone beam CT acquisition117. Gating has also been used for delivery of 

dynamic treatments such as IMRT and EDW118,119.  

 

2.6.5 Respiration-synchronized radiotherapy 
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The most sophisticated approach for managing respiratory motion is to have the 

treatment beam follow and adapt to the tumor motion and deformation. Theoretically this 

respiration-synchronized delivery would eliminate the need for internal margins. 

However, in practice a safety margin is needed to protect against errors in the tumor 

tracking and dose delivery. As the beam is delivered during the full breathing cycle the 
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delivery efficiency could potentially reach 100%, in contrast to gating. Currently 

respiration-synchronized delivery remains a research tool with the exception of one 

commercial device, the Cyberknife (Accuray, Sunnyvale CA). Despite differences in 

hardware implementation, all respiration synchronized treatment delivery devices share 

common characteristics120: (1) a method for determining target position; (2) a motion 

prediction filter to anticipate target motion for a faster response time; and (3) a method to 

re-align the beam and adapt the delivered dose distribution. The technical challenge of 

real-time tracking is that detection and response to target motion must occur in less than 1 

second. However, it is often difficult to image tumors that are located in soft-tissues. 

Therefore, implanted markers or an external surrogate are required. Continuous x-ray 

imaging of implanted markers is also limited by imaging dose received by the patient. 

 

2.6.5.1 Cyberknife 

The Cyberknife121 consists of a compact X band linear accelerator, mounted on a 

robotic arm, capable of motion with 6 degrees of freedom (rotation and translation in 3 

dimensions). It was originally developed for radiosurgery applications. Similar to 

conventional linac-based radiosurgery, the Cyberknife delivers multiple narrow beams 

from multiple directions to the target in order to obtain a highly conformal dose 

distribution. The target tracking system has two components: a stereo x-ray imaging 

system for tracking an implanted gold marker and infra-red tracking of external infra-red 

emittors placed on the patient’s surface. The x-ray system samples the target position at a 

frequency of 0.1 Hz while the infra-red tracking system is capable of a sampling rate of 

60 Hz. For this reason the tracking is based on the external motion using a correlation 

model which relates it to the internal motion. This correlation model is updated as the 

implanted marker motion is measured during treatment. The model can be linear or 

polynomial, although the latter model has been shown to be better at predicting internal 

motion when there is hysteresis122. 

 
2.6.5.2 Dynamic MLC tracking 

An alternative approach to respiration-synchronized delivery was proposed using 

dynamic MLC delivery techniques123-126 or robotic couch motion127. The DMLC-based 
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motion-adaptive x-ray therapy technique consists of maintaining a static beam’s-eye view 

of the target by superimposing the target motion onto the planned static beams. 

Synchronization of the MLC leaf motion with the target motion would be performed 

using an external marker tracking system. This method allows only compensation of rigid 

motion, however, target deformations could be compensated for by use of a “4D 

radiotherapy” methodology128. In this method, beam apertures are defined on each 

respiratory phase to account for any shape changes in the tumor. During delivery the 

MLC then tracks both target position and shape changes. A potential concern for such 

DMLC tracking techniques is that the patient’s breathing pattern may change over the 

course of delivery. It is therefore necessary to introduce a safety margin to the beam 

apertures. Alasti et al.129,130 proposed a novel method of determining these safety margins 

by using a weighted combination of static and dynamic (changing as a function of phase) 

apertures. The weighting factor depends on the degree of irregularity in the patient’s 

breathing pattern. The accuracy of DMLC tracking depends on geometric accuracy of the 

MLC leaf position, the time lag between target and leaf motion and the reproducibility of 

the patient breathing. Keall et al.131 reported a geometric accuracy of less than 1.1 mm 

and a time lag of 160 ns for DMLC tracking of respiratory motion. Safety mechanisms 

must exist for shutting off the beam if large differences between the planned and 

measured tumor trajectory occur124. Furthermore, patient breath coaching in the form of 

audio and visual prompting is important to ensure consistent breathing patterns132.  

The DMLC tracking accuracy is also highly dependent on the accuracy with which 

the tumor position is inferred. Both internal and external tracking methods have been 

investigated, the former includes an implanted electromagnetic transponder which has 

demonstrated an average tracking error within 0.32 mm for lung tumors133. The inference 

of internal motion from an external measurement may be improved by the use of a 

composite signal derived from tracking of multiple markers placed on the patient’s 

surface134. Motion prediction would allow reduction of time delay in the motion feedback 

loop controlling for leaf position changes in response to target motion. Prediction of 

irregular breathing is particularly challenging135 but can potentially reduce beam-off time. 

Authors have investigated fitting periodic functions to breathing patterns136 but it has 

been generally concluded that adaptive neural networks are best suited for breathing 
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motion prediction as they are able to adapt to changes in the breathing pattern137-141. The 

importance of accurate prediction was underlined by Vedam et al.142 who found that the 

dosimetric effect of prediction errors could approach those resulting from uncompensated 

respiratory motion.  

 

2.7    SUMMARY 

The magnitude of respiration-induced motion of lung tumors is on average 1 cm or 

more and is mainly in the superior-inferior direction. This motion potentially leads to 

image artifacts, tumor underdosage and increased volume of irradiated lung. The dose 

delivered in the presence of breathing motion is predominantly blurred along the path of 

motion although localized dose deformations occur where organs deform and large dose 

variations can occur due to interplay effects between target motion and dynamic beam 

delivery. Thus far, evaluation of motion effects on the dose distribution has relied on 

simplistic measurements and dose calculation methods. Accurate 4D dose calculation 

methods are required to properly determine the magnitude and importance of breathing 

motion on radiotherapy treatment planning and delivery. 

The most basic approach to compensate for respiratory motion is to increase the 

planning margins so that the tumor is covered throughout the breathing cycle. 4D CT 

imaging is a useful tool to gain patient-specific tumor motion information. More 

sophisticated motion management techniques include abdominal compression, breath 

hold techniques and gating. The newest development which holds the most promise, but 

is also the most complex, for conformal beam delivery in the presence of organ motion is 

respiration-synchronized radiation therapy using either a robotic linac or dynamic MLC 

tracking. Evaluation of the efficacy of all these motion compensation techniques requires 

a 4D dose calculation method to evaluate the dose delivered to the breathing patient. 
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Chapter 3: 
 

 

Methods for incorporating organ motion in 
dose calculations 

 
 

3.1    INTRODUCTION 

The result of any anatomical variations over the course of radiotherapy delivery is a 

discrepancy between the planned and delivered dose distributions. In order to improve 

the accuracy of radiotherapy such patient variations should be accounted for during 

treatment planning. As discussed in Chapter 2, this requires a method to measure the 

motion (ie., serial images or a motion surrogate) as well as a dose calculation algorithm 

which uses this motion information to give an accurate estimate of the delivered dose. 

Such methods are required to assess the impact of patient motion, to design treatment 

plans that account for the motion and finally to assess how well a given plan or treatment 

method compensates for patient motion. 

In this chapter we will review the development of dose calculation methods which 

incorporate information about patient anatomical variations. Such methods vary from 

modeling the rigid motion encountered in setup errors to the more complex deformations 

resulting from respiratory motion. Discussion of dose calculation methods are organized 

into three sections: (1) numerical methods; (2) convolution-based methods; and (3) dose 

warping methods based on non-linear image registration. 

 

3.2    NUMERICAL METHODS 

Goitein1 attempted to estimate the uncertainty on the delivered dose distribution by 

calculating the dose at nominal and extreme values of quantities which affect the dose. 

The quantities which were investigated included motion of the field-defining aperture, 

variations in source intensity, changes in tissue-equivalent depth or tissue density and 

misregistration of the beam-modifying compensator. This method required three separate 

dose calculations to be performed for each parameter to be investigated. For this case, 
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patient motion was assumed to be equivalent to motion of the beam aperture. The method 

was independent of the dose calculation algorithm used and could be applied to any 

treatment modality (ie., external beam therapy, brachytherapy). The extreme values of 

dose variation at a given point could be used to determine the “error bars” on the dose 

estimation. However, the simplicity of the method limited its use for determining dose in 

deforming anatomy.  

Killoran et al.2 randomly simulated 3D displacements of the treatment beam 

relative to the patient to determine the dosimetric consequences of setup errors. 

Assuming a Gaussian probability distribution of setup errors the dose distribution was 

rotated and translated and then resampled to the original dose grid resolution. The 

fundamental assumptions of this method are that the patient motion is rigid and that the 

dose distribution is not affected by these motions. Similarly, Mackay et al.3 derived 

surfaces from planning contours and projected them onto the daily CT image. The affine 

transformations resulting from alignment of these structures were used to shift the 

locations of sampled dose points within the planning structures. 

Mageras et al.4 extended the above method to use information about organ 

deformation determined from contours drawn on repeat CT scans to adjust the planned 

dose distribution for rigid and non-rigid motion. An initial rigid alignment of the repeat 

and planning CTs was performed first based on the bony anatomy. The remaining spatial 

differences between the contours were then resolved by means of a simple 3D contour-

based deformable registration. Dose calculation points were placed in quasi-random 

locations inside each volume of interest on the planning scan. To estimate the dose 

received for a particular motion state, the position of each point inside the planning 

contour was shifted by an amount interpolated from the contour deformations and the 

dose at the new position taken from the treatment planning dose distribution. The dose 

calculation procedure was repeated for every repeat CT scan to estimate the dose 

uncertainty at a particular dose grid point over the course of radiotherapy. The method 

was applied to radiotherapy of the prostate in order to derive so-called “confidence level” 

DVHs (CL-DHVs) that indicate the possible range of variations in DVH due to patient 

motion. This method represented the first attempt at a “deformable” dose calculation 

method in which organ deformations, in addition to rigid motion, was taken into account.  
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A mathematical formalism for determination of dose in the presence of changing 

anatomy due to both setup errors and organ motion was defined by Yan et al.5. The dose 

received by a volume element v was estimated from the cumulative dose estimated on m 

samples of the anatomical motion: 

                           ( )( ) ( ) ( )
X

( ) ( , ) , , ,D v D v m D T X v X dXd
ε

ε φ ψ ε μ σ≈ = ⋅ ⋅ ⋅∫ ∫ ε

)

,              (1) 

where  is an organ motion probability distribution function (pdf) describing the 

frequency of finding the volume element v at the position X within the reference 

coordinate system of the patient’s bony anatomy. Such a pdf can be determined from 

repeated daily scans. The setup errors є are characterized by the Gaussian pdf 

( ,v Xφ

( ), ,ψ ε μ σ  

which is characterized by a mean (μ) and standard deviation (σ) predicted from repeat 

measurements of the setup error. The composite effects of setup error and organ motion 

are then described by the joint probability distribution ( ) ( ), , ,v Xφ ψ ε μ σ⋅ . 

Mathematically, the cumulative dose is given by the expectation value of dose matrix 

D(v) on the joint distribution describing the variations of the geometric position of v. This 

can be numerically solved by the following procedure: (1) sample an organ sub-volume 

vi; (2) randomly sample a displacement from the joint probability distribution; (3) 

transform the coordinate of the volume element; and (4) calculate the dose received at the 

new position . Here it is assumed that the dose distribution is spatially 

invariant and was not significantly affected by changes in the patient anatomy. The 

authors noted that for large magnitudes of organ motion it might be necessary to 

recalculate the dose distribution on each sample of the motion m and then determine the 

cumulative dose as before but using each dose matrix Dm.  

( )(D T Xε ⋅ )

Two elegant methods for dose determination in the presence of motion were later 

presented by the same authors. The first method6 was limited to modeling interfraction 

motion and deformation and could be used to determine either the minimum, maximum 

or mean dose received by a volume element j of a volume of interest (VOI) over M 

fractions. The cumulative dose delivered to j was given by  

                                         ( it
i 1

1( ) ( )
M

D j D VOI j
M =

= × ∑ ) ,                                                  (2) 
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where { }i i 1

M
VOI

=
is the complete characterization of the interfractional patient geometric 

variations for that organ over M fractions. For each volume element a search region was 

defined which contained all manifestations of that volume element over the M fractions. 

Within this region occupancy values between 0 and 1 were assigned based on the relative 

number of fractions for which a volume element is present at a given position (see Figure 

1). By searching the region for a particular endpoint (ie., minimum dose) in each 

occupancy region and weighting that value by the occupancy value for the voxel in which 

it occurs it is possible to estimate a dosimetric quantity for each volume element. The 

authors gave an example of determination of the minimum dose received by the prostate. 

They defined a volume discrepancy distribution (VDD) displaying the fraction of time a 

given voxel of the CTV is outside of the reference PTV volume, assuming that the PTV 

was always covered. For each voxel on the boundary of the VDD a search cylinder was 

constructed whose axis was normal to the PTV surface and radius was determined by the 

standard deviation of PTV motion. Within this cylinder they searched for the maximum 

dose variation from the planning dose which was weighted by the corresponding  

 
 
 
 
 
 
 
 
 
 

 

(a) Contours corresponding to three 

observations of a volume of interest. 

The corresponding locations of a 

volume element j are shown as black 

dots. 

(b) Enlargement of box region in (a) where 

different grey levels represent 

occupancy values for each volume 

manifestation. The area enclosed by 

the connected black dots defines the 

search space for volume element j. 

 

Figure 1. Method of defining occupancy values based on multiple observations of a 

volume of interest. [adapted from reference 6]. 
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occupancy factors. A series of expected dose volume histograms (EDVH) were 

constructed for a different numbers of total fractions. A large variation between these 

EDVHs was found for a low number of fractions but they eventually converged as the 

number of fractions was increased. This indicated that a certain number of samples of 

anatomical variation were required to properly reconstruct the cumulative dose. 

In a second approach7, the temporal variation of the dose distribution was explicitly 

accounted for. Thus far this had not been modeled. Using a finite element model to derive 

a displacement map for the volume elements, the resulting dose deviations were 

separated into two components. The first component was deviations due to changes in the 

patient configuration and density while the second was due to positional displacements of 

the volume elements. The deviation between the delivered D(v) and planned dose DP(v) 

was formulated as: 

                  ,      (3) [ ] [P t 0 P 0 t t t
t 1 t 1

( ) ( ) ( ) ( ) ( , ) ( , ) ( )
n n

D v D v D v d x d v x d v x d x
= =

Δ = − = − + −∑ ∑ ]0

)
where x0 is planning position of volume element v and xt is the position of that element at 

time t. The first term is the sum of deviations between the planned dose  for a 

particular volume element and the dose 

(P 0,d v x

( )t 0d x  at the same position x0 in the dose 

distribution at time t. This term represents the dose deviations resulting from the 

changing patient configuration at each time sample and was not considered for this study. 

The second term of Equation 3 represents dose deviations due to the changing position of 

the volume element v at each time point compared to the dose at the planning position x0. 

The deviations due to position displacements were considered to have a systematic 

 and random component ( 0,v xμ ) t ( )vξ . The random component has a standard deviation 

 defined along the three axes, ( ), nσ ξ

( ) t
0

t 1

( ),
n x vv x x v

n
μ

=
= −∑ 0( )                                                (4) 

τ
t t

1

( )( ) ( )
n x vv x v

nτ
ξ

=
= − ∑  . 

The dose deviation defined in the second half of Equation 3 was also considered to 

consist of a random and systematic component: 
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( ) ( ) ( )s rD v D v D vΔ = Δ + Δ                                                  (5) 

which could be approximated as: 
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− ∂
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∂
 

       (6) 

where the T superscript indicates a 3D vector. 

The gradient and curvature terms in the above equation point to the fact that the 

cumulative dose distribution is very sensitive to the shape of the dose distribution instead 

of the shape of the subvolume displacements. This indicates that the effects of motion are 

important for critical organs which are commonly located in the beam penumbra where 

large dose gradients exist. The spectrum of dose deviations was found to have some 

dependence on the distribution of displacements in that a uniform distribution resulted in 

a broader spectrum of dose deviations compared to those resulting from a Gaussian 

distribution. 

Another stochastic model for determining the effect of inter-fractional motion on 

the planned dose distribution was presented by Maleike et al.8. Their method used a 

Monte-Carlo approach to sample many possible volume element displacements from a 

Gaussian probability distribution and calculate the resulting dose distribution. 

Approximately 10,000 displacements were sampled to generate an expectation value and 

standard deviation of the dose in each volume element. The results of these simulations 

were used to display the probability of each element receiving dose within a user-

specified interval for plan evaluation. 

Webb9 derived a simple mathematic model to determine the effect of density 

changes due to organ deformation. Incident fluence “bixels” I(u,v), or pencil beams, were 

exponentially attenuated considering the radiological depth and density variations along 

the ray line connecting a voxel of interest (x,y,z) to that bixel. The total dose received 

over a breathing cycle was determined from the sum of the doses calculated at discrete 

time steps Ddelivered(t),  

                                     ( )( ) ( )( )0 R R

total delivered
, , , ,

0

1 ( )
T

x y z t x y z t
D D

T⎡ ⎤ ⎡ ⎤⎣ ⎦ ⎣ ⎦
= ∫ t dt   .                                    (7) 
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The density variations were calculated from volume changes determined from a voxel 

displacement map obtained from non-linear image registration as follows: 

( )
( )0

0
dV(t) dV(t )

dV t
dV t

ρ ρ= ×  .                             (8) 

The dose delivered at an infinitesimal time point dt was calculated as follows: 
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.                                                                                                                                          (9) 
 
The scatter term f in Equation 9 was set to zero to simplify the calculation. The simplicity 

of this calculation limits its application to phantom studies but the work represented a 

first attempt to account for density variations in addition to voxel displacements.   

Finally, a method of estimating the effect of interplay between MLC leaf motion in 

IMRT and intrafraction target motion was presented by Naqvi et al10. Using a Monte 

Carlo convolution/superposition dose calculation method particles were randomly 

sampled from a source model and transported through an MLC geometry randomly 

sampled from the delivery sequence. Upon sampling of each particle the isocenter of the 

CT-based phantom was shifted according to randomly sampled motion vectors. The 

method accounts only for rigid motion but could conceivably be extended to model organ 

deformation. A similar approach was proposed by Litzenberg et al.11  

 

3.3    CONVOLUTION-BASED METHODS  

Many of the aforementioned dose calculation techniques used shifting of the 

planning dose distribution to model the effect of patient motion. If the dose distribution 

can be assumed to be invariant when it is shifted relative to the patient anatomy and a 

large number of fractions (i.e., shifts) are performed it is equivalent to convolving the 
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dose distribution with a pdf describing the distribution of positional deviations. Leong12 

was the first to propose that the random component of set-up errors and organ motion 

could be modeled by convolution of the dose distribution: 

( ) ( ) ( ) ( ) (', ', ' , , ' ' '
Z Y X

mot )
Z Y X

D x y z D x y z g x x h y y k z z
− − −

= − − −∑ ∑ ∑   ,       (9) 

where g, h and k are independent pdfs describing the beam position translations along the 

x, y and z directions, respectively. In the case of a rotation the pdf is a simultaneous 

function of x and y. According to central limit theorem, for a large number of fractions 

the pdf can be described by a Gaussian function, however, the applicability of this 

theorem was thought to depend on the number of fractions and the shape of dose 

distribution. 

Keall et al.13,14 developed the convolution method of Leong with the assumption 

that the positional variations are normally distributed and the motion in the 3-dimensions 

were uncorrelated. The dose could then be estimated by convolution of the planned dose 

distribution with three separate motion kernels. An interface was developed with the 

CADplan treatment planning system (Varian Medical Systems, Palo Alto, CA) to 

estimate the effect of motion on the planned dose. By comparing with direct simulation 

(shifting of the dose distribution) it was found that a minimum of 15 fractions was 

required to get a reasonable estimate of the dose distribution by the convolution method. 

Bel et al.15 used a similar convolution method to determine planning margins for the 

prostate from which they noted that the isodose lines tended to shrink after convolution 

was applied. The convolutions accounted for translation and rotations, assuming a normal 

distribution. 

Lujan et al.16,17 developed a similar method for modeling setup errors and extended 

it to modeling the effect of breathing motion on the dose distribution. Assuming the 

motion to be mainly in the superior-inferior direction they parameterized the organ 

motion as a function of time by a sinusoidal function: 

( )2
0( ) cos n tz t z b π φτ= − − ,                                          (10) 

where b is the breathing amplitude, z0 is the position at exhale, τ is period, φ  is starting 

phase of breathing cycle and n determines the shape of the model. For most patient 

 55



Chapter 3                             Methods for incorporating organ motion in dose calculations 

breathing curves more time is spent at exhale than at inhale and the breathing model can 

be adjusted to reflect this. 

A corresponding pdf, which ignores the starting phase, was derived from this 

expression. 

( )
112 1 1 2

20 0
om ( ) 1

n
n nz z z zp z nb

b b
π

−
−⎧ ⎫

⎡ ⎤⎪ ⎪− −⎪ ⎪⎛ ⎞ ⎛ ⎞⎢ ⎥= × −⎨ ⎬⎜ ⎟ ⎜ ⎟⎢ ⎥⎝ ⎠ ⎝ ⎠⎪ ⎪⎣ ⎦⎪ ⎪⎩ ⎭

 for z0-b < z < z0 .   (11) 

The convolution was applied to the entire dose grid and did not account for the fact that 

organs could have different motion characteristics. 

The limitations of the dose convolution method were discussed by Craig et al.18,19 

in the context of modeling setup errors. The assumption of shift invariance of the dose 

distribution was found to be invalid near the patient surface and at tissue interfaces. 

Furthermore, an infinite number of fractions must be delivered in order to properly 

sample the motion pdf. However, the errors due to the actual finite number of delivered 

fractions was insignificant after 15 to 20 fractions. 

The limitations of the dose convolution approach led to the introduction of the 

fluence convolution method by Beckham et al.20. Patient motion essentially results in the 

patient seeing a different incident fluence than for the static case. By reciprocity, 

convolution of the patient dose distribution should be equivalent to convolution of the 

incident beam fluence. The problem of shift invariance was then solved but the method 

was still limited by the assumption of an infinite number of fractions. The authors 

implemented fluence convolution into Monte Carlo calculations by shifting the particle 

positions in the phase space file according to a motion pdf. When comparing dose and 

fluence convolution in a heterogeneous phantom the dose convolution method was found 

to be inaccurate at the tissue interfaces. Chetty et al.21,22 also compared the fluence and 

dose convolution methods for modeling respiratory motion effects on dose to the liver 

and lung using the DPM Monte Carlo code. They convolved the particle distribution 

obtained below the MLC with a 1D pdf describing respiratory motion. Particle positions 

and directions were modified according to the pdf. Differences between fluence and dose 

convolution methods were up to 5% which the authors attributed to the shift invariance 

assumption of the dose convolution method. A method of fluence convolution in the 
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context of a conventional treatment planning system was described by Kung et al.23 

where the physical fluence map determined by superposition of weighted subfields from 

a DMLC sequence file was transformed into an effective incident fluence (EIF) which 

accounted for periodic motion of the target. The EIF was then re-introduced into the 

planning system to re-calculate the motion-affected dose distribution. Note that the 

fluence convolution methods do not account for motion along the beam direction. 

Van Herk et al.24 considered both the systematic and random components of 

prostate motion. Systematic, or preparation, errors were defined as errors in imaging or 

delineation which resulted in a shift of the dose distribution. Random, or execution, errors 

tended to blur the dose distribution. Systematic errors were randomly generated and the 

convolved (blurred) dose distribution was rotated or translated accordingly. A cumulative 

dose was estimated by summing the dose for each sampled systematic error weighted by 

the probability of that error occurring. 

 

3.4    D OSE WARPING METHODS (DEFORMABLE DOSE CALCULATIONS) 

The convolution methods presented in the previous section were limited in that a 

single probability distribution function was assumed for the whole anatomy. It is known 

that motion amplitudes vary between and within organs. Three-dimensional information 

about differential organ motion can be obtained from non-linear image registration which 

outputs a voxel displacement or deformation vector map indicating the motion and 

volumetric changes of each voxel of the image grid. Recently, 4D dose calculation 

methods, which make use of non-linear image registration vectors, were developed that 

explicitly account for organ deformations. The general approach is to calculate the 

delivered dose on multiple samples of motion states. The problem with adding these dose 

distributions is that they are not calculated on the same geometry. A given voxel 

coordinate may contain a vastly different material density and composition from one 

motion state to the next. The solution is to use the deformation vectors to track how a 

voxel moves with time and to determine the dose received at each new location (see 

Figure 2). This is equivalent to mapping the dose distribution from a given motion state 

back to a common reference state on which all the contributions can be summed. For this 

reason these methods are also referred to as “dose warping”. 
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The use of non-linear registration for 4D dose calculation was first proposed by 

Brock et al.25 who developed a finite element model to describe respiration-induced 

motion of the liver. The liver modeled consisted of 6000 tetrahedral elements for which 

the inhale-to-exhale centroid displacements were determined by finite element analysis. 

The dose received at an intermediate breathing phase φ  (varies from 0 to 1) could be 

calculated from the inhale DI and exhale DE dose distributions at the corresponding 

position (x,y,z) of that volume element at those phases: 

( ) ( ) ( )(E I, , , , , , 1D x y z D x y z D x y zφ )φ φ= + −  .                       (12) 

The cumulative dose was determined by a weighted sum of intermediate phase doses at 

phase increments of 0.2.  

Schaly et al.26 used deformation vectors from thin plate spline registration of daily 

CT images to map the dose distributions calculated on each CT image to the planning CT 

for comparison with the planned dose distribution. The warped dose distribution was 

formulated as: 

      ( ) ( )( )
iw i i i i i 0 0 0, , , ,d x y z d T x y z=  ,                                     (13) 

where di is the dose distribution calculated for the ith fraction, ( )i i i, ,x y z  and ( )0 0 0, ,x y z  

are the treatment study coordinates for the ith fraction and reference state respectively and 

Ti is transformation mapping the reference image to the ith daily CT image. The warped 

 

 
 
 
 
 
 
 
 

 

 
Reference dose grid. 

 
Warped reference dose grid superimposed 

on dose grid at motion state i. 
 

Figure 2. Illustration of the concept of calculating warped dose distribution [adapted from 

reference 26]. 
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dose  is determined from the dose at the corresponding position in di which 

is determined by linear interpolation of the dose grid to the transformed voxel centroid 

.  

(
iw i i i, ,d x y z

( )i 0 0 0, ,y z

)

T x

Rosu et al.27 investigated the effect of dose grid size on the remapped dose 

distribution. The dose distribution was calculated on breathe hold images acquired at 

exhale and inhale. A thin-plate spline registration was performed between these two 

images. The reconstructed cumulative dose was determined from the exhale dose and the 

dose at “tracked” locations in the inhale dose distribution were weighted with a pdf 

describing the fraction of time spent at each phase (70% and 30%, respectively). To 

eliminate the influence of registration errors, the authors calculated the dose distribution 

on the transformed exhale-like-inhale image instead of the inhale CT image. Two 

methods of estimating the reconstructed dose were used. In the first, the corresponding 

location of the center of mass (COM) of a reference voxel at inhale was determined and 

the dose at this point tri-linearly interpolated from surrounding voxels in the inhale dose 

distribution.  

The authors pointed out that in the case of large volume changes the tracked exhale 

voxel may overlap several voxels of the inhale dose grid. If steep dose gradients exist in 

this region then the interpolated dose at the remapped COM may not be an accurate 

representation of the received dose. They proposed a second reconstruction method 

which accounts for this possibility by subdividing each reference voxel into octants. The 

dose received by each octant was reconstructed and then averaged. They compared the 

two reconstruction methods for 4 NSCLC patients with dose grid sizes of 3.5, 5 and 10 

mm. As expected, differences in the reconstructed dose occurred in regions of steep dose 

gradients (penumbra) but no significant differences between the two methods were noted 

in terms of clinical endpoints (DVH, EUD). No significant dependence on grid size was 

noted.  

In a second study28 the authors examined how many phases of the respiratory 

motion were required to accurately reconstruct the cumulative dose and whether it is 

sufficient to linearly interpolate intermediate image states rather than acquire a 4D CT 

dataset for the whole breathing cycle. Compared to dose reconstructed from 20 breathing 
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states a “2-ave” state, reconstructed from the time weighted averaged breathing phases in 

the first and second half of the time intervals between exhale and inhale, and a “2-state” 

dose distribution reconstructed from weighted exhale and inhale dose distributions were 

found to differ by less than 2% in terms of dose in the lung. Motion between inhale and 

exhale was found to be essentially linear as no significant differences in dose 

distributions calculated on the interpolated or 4D CT images was noted. 

The trilinear interpolation method has been used by other authors to assess 

cumulative dose in lung29-31. Flampouri et al.32 used a simpler center-of-mass tracking 

method where the reconstructed dose is taken from the dose in the voxel which overlaps 

the corresponding location of the reference voxel COM without interpolation of the dose 

from neighbhouring voxels. The differences between trilinear interpolation and COM 

tracking are illustrated in Figure 3. Flampouri used B-spline registration vectors to 

determine a composite IMRT dose distribution from a 10 phase respiratory data set for 

three planning methods: uniform expansion of CTV by 5 mm or 10 mm and design of an  

ITV margin based on the union of contours drawn on all phases of the 4D CT dataset. 

They found that in 6 patients the composite dose distributions reconstructed from 5 

phases, 99.5% of points within the CTV had a dose difference of less than 3% compared 

to the 10-phase reconstruction. Larger deviations were noted when fewer phases were 

used. 

Coolens et al.33 used a “reverse” approach to dose reconstruction by applying the 

non-linear transformations directly to the dose distributions to obtained the remapped 

dose distribution on the reference phase. Note that vice versa to previous methods this 

required registration vectors relating the image on which the dose was calculated to the 

reference phase. 

All of the above mentioned dose remapping methods could be employed with any dose 

calculation algorithm, although most authors chose to calculate the dose distribution on 

each anatomical state with a Monte Carlo algorithm. Paganetti et al.34 introduced a “4D 

Monte Carlo” method using the GEANT4 Monte Carlo code for simulation of time 

dependent geometries in proton therapy. After simulation of a set number of proton 

histories (corresponding to a 0.4 second delivery) the patient geometry was updated using 

one of 10 phases of a 4D data set imported into GEANT4. Voxel positions as a function 
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of time were tracked using voxel displacement maps from B-spline registration. Using 

COM tracking, pointers in the dose matrix were updated to properly accumulate dose as 

the voxels changed position. 

 
 
 
 
 
 
 
 
 
 

 

(a) COM tracking 
 
 
 
 
 
 
 
 
 

 

(b) Trilinear remapping 
 
 
 
 
 
 
 
 
 

 

(c) Trilinear remapping with octant subdivision 
 

Figure 3: Illustration of different dose reconstruction methods. Shown in the left-hand 

column is the reference dose grid. On the right side is dose grid from which the dose is to 

be remapped to the reference phase. [parts of this figure were adapted from reference 27]. 

 

3.5    SUMMARY 

Dose calculation methods which incorporate organ motion are required to evaluate 

the effects of inter- and intra-fraction patient motion as well as to evaluate the efficacy of 
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any motion compensation method. There exist three main approaches to dose calculation: 

numerical methods, convolution and dose warping. Only the latter method is able to 

account for dose deformation effects that occur with respiration-induced intra-fraction 

motion of the patient internal anatomy. These 4D dose calculations make use of 

deformation vectors from non-linear image registration to sum dose distributions 

calculated on multiple samples of the anatomical states in order to estimate a cumulative 

dose distribution. A limitation of this current approach is that interpolation of the dose 

distribution is required which may limit the accuracy of the dose calculation in regions of 

steep dose gradients and large deformations. Furthermore, the accuracy of these dose 

calculation methods is affected by the inherent accuracy of the non-linear image 

registration vectors, which requires evaluation. 
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Chapter 4: 
 

 

Non-linear Image Registration 
 

 
4.1    INTRODUCTION  

In radiotherapy planning, rigid image registration has been used for fusion of 

images1 acquired with different modalities such at PET, MR and CT for the purpose of 

diagnosis or tumour delineation. Image registration is defined as the process of 

determining a spatial transformation which maps the features in a source image to those 

in a target image2. The source image is the image which will be transformed, the target 

image is the image that is fixed. The effect of applying the recovered transformation to 

the source image is to bring it into geometrical alignment with the target image, thus 

allowing the two images to be directly compared. However rigid registration methods are 

limited in their ability to full recover the spatial image misalignments  which arise due to 

differences in patient posture during image acquisition and anatomical changes due to 

respiration, rectal filling, insertion of a brachytherapy applicator or pathological and 

treatment response. In such cases an additional non-rigid transformation is required to 

recover the residual image differences.  

Non-linear image registration is a well established tool for neuroscience 

applications. Deformable registration of individual subject brains has allowed 

construction of normative atlases of brain anatomy which aid in automatic segmentation 

of brain anatomy and detection of pathological change. More recently, non-linear image 

registration has been used in 4D imaging and radiotherapy planning applications.  

This chapter is organized as follows: first a summary of definitions and properties 

related to image registration is given; requirements and challenges for image registration 

specific to radiotherapy applications are discussed; this is followed by a review of voxel-

based similarity metrics and transformation models which have been used in radiotherapy 

applications; and finally, methods of validation of image registration are discussed. 
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4.2    DEFINITIONS AND CLASSIFICATION 

Image registration is a broad field with a large variety of implementations. A 

detailed classification of image registration techniques was reviewed in depth by Maintz3 

and van den Elsen4 in which medical image registration methods were classified by their 

dimensionality, the nature of the registration basis, nature and domain of the 

transformation, optimization procedure, degree of automation, modalities and subjects 

involved.  

In summary, the dimensionality of the transformation can be spatial in nature (e.g., 

2D/2D or 3D/3D) or a time series (e.g., 4D CT set of 3D images). The registration 

matching may be based on extrinsic methods, such as a stereotactic frame, or intrinsic 

methods which rely on image information such as landmarks, segmented structures such 

as binary masks, surfaces, contours, or voxel properties. Voxel property methods may use 

the cross-correlation of image intensities, maximization of mutual information of both 

images or minimization of the sum of square image intensity differences, to name but a 

few. These metrics are discussed more extensively later in this chapter.  

The nature or elasticity of the registration is generally classified as being rigid or 

non-linear. The main feature of rigid registration is that it preserves the geometry of the 

source object. A rigid transformation of coordinates is mathematically formulated as 

follows3: 
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An extension of rigid transformation is the affine transformation which can have up to 12 

degrees of freedom, the extra 6 parameters describing scaling and shearing along each 

dimension.  

In contrast, a nonlinear transformation contains a higher number of degrees of 

freedom in order to allow local deformation of the image. These could be parameterized 

by a relatively low-dimensional polynomial or a Fourier series, but also can be 

represented as a free-form deformation or vector field of local translations Tlocal(x,y,z). 

These vector fields can be sparse, requiring a lower number of displacements defined at 

control points, or dense where a deformation vector is defined for each image element. In 

the case of a sparse vector field an interpolation method (e.g.; spline) is required to derive 

transformations at each image element. A rigid registration is usually performed as an 

initial estimate of the global transformation between the two images Tglobal followed by a 

non-linear registration to recover the remaining local differences. The mapping of an 

image A to image B by the transformation T can be formulated as: 

                               ( )global local( , , ) ( , , ) ( , , ) ( , , )B x y z A x y z x y z A x y z= Τ = Τ +Τ .            (3) 

The optimization procedure refers to how the transformation parameters are 

determined. They can be either computed directly or determined using numerical 

methods to find an optimal solution in terms of image matching while respecting 

constraints of the transformation model. In both cases, care must be taken to ensure that 

the objective function is convex in nature so that a global minimum, and therefore a 

unique solution, exists.  

Finally, registration methods may also be classified by the image modalities and 

subjects involved. Mono-modal image registration has been implemented in practically 

all image modalities. Multi-modal registration is employed in radiotherapy to aid in 

delineation of organs by combining functional and anatomical images (e.g.; PET-CT, 

MR-CT). Intra-subject registration involves comparing images of the same patient 

acquired with different image modalities or at different times (e.g.; portal image to DRR, 

 68



Chapter 4                                                                              Non-linear Image Registration 

repeat CT scans over course of radiotherapy) while inter-subject registration is often used 

to compare healthy and diseased subjects. 

 

4.3    CHALLENGES AND REQUIREMENTS FOR NON-LINEAR IMAGE 

REGISTRATION 

Image registration in the context of medical imaging is challenging due to the 

possible non-existence of image correspondence. There may be features in the source 

image that do not necessarily have unique matching counterparts (unique 

correspondence) in the target image5. This can arise because of image artifacts, noise, 

partial volume effects, a change in voxel intensities, or anatomy that may be present in 

one image but not in another due to tissue motion or fluid flow between the image 

acquisitions. The fact that one-to-one correspondence does not exist means that there is 

no unique spatial transformation between images. The transformation model must then be 

appropriately designed so that the registration converges towards an anatomically 

realistic solution.  

Some other considerations need to be made when designing a non-linear 

registration algorithm. The transformation should be symmetric so that the transformation 

of image A to B should be equal to the inverse of the transformation from image B to A. 

The transformation should also be continuous so that it preserves the topology of the 

source image without tearing. Such deformations are termed diffeomorphic, which means 

that they are one-to-one, continuous, differentiable, and maintain the image topology. 

The algorithm should be robust in the presence of image noise. This sensitivity to image 

noise is mainly determined by the similarity metric used. Ideally the registration 

implementation should be computationally efficient. The transformation should also be 

independent of the image resolution or scale on which it is estimated, however for many 

algorithms the magnitude of the recoverable deformation is limited by the resolution on 

which it is estimated. Thus multiresolution approaches, where registration is performed 

iteratively by estimating the deformation vectors at a low resolution scale and possibly a 

reduced image resolution6, are often required. On each successive scale step the 

deformation vector map is refined using the previously estimated transformation as an 

initial estimate. 
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Non-linear image registration algorithms contain 3 distinct components: a similarity 

metric; optimization method; and a transformation model. The next sections will review 

voxel-based similarity metrics and transformation models used in image registration. 

 
4.4    VOXEL-BASED SIMILARITY METRICS 

The purpose of a similarity metric is to numerically determine how well two images 

are matched2,7. In a non-linear registration algorithm the similarity function is analogous 

to an external force which drives the deformation of the source image so that it matches 

the target image. The discussion here will be limited to voxel intensity-based metrics 

although similarity can be measured in terms of geometric features such as landmarks, 

curves or surfaces. In the case of landmark matching, if corresponding point landmarks 

can be extracted on both images the registration can be driven by minimization of the 

distance between landmark pairs. A similar approach may be applied to surface matching. 

The particular choice of which voxel-based similarity metric is used depends on whether 

registration is mono-modal or multi-modal and its robustness in the presence of noise.  

The most basic approach is to minimize the sum of squared image intensity 

differences defined as: 

                                   ( ) ( ) ( )
2

i i
1,

i
SumSqrdDiff A B A x B x

N
= −∑

r r     ,                      (4) 

where A and B refer to source and target image intensities and N is the number of image 

samples. This method assumes that the voxel intensities in both images have the same 

contrast and intensity level and differ only by Gaussian noise, therefore it cannot be 

applied to multi-modality registration or where image level or contrast is different 

between images. The sum of squared image intensity differences is also very sensitive to 

the presence of a small amount of outlier voxels which have large differences in image 

intensities.  

If it can be assumed that intensities of the two images are related by a linear 

function (i.e., similar contrast, but not necessarily the same intensity level) then image 

similarity can be measured in terms of correlation (xcorr) of voxel intensities over the 

overlapping region of both images. The correlation coefficient (corrcoeff), or normalized 
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cross-correlation, is more robust with respect to non-preservation of image intensities. 

Both metrics are generally used for mono-modal registration:  
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where A  and B  denote the mean image intensities. 

 

Efforts have been made to reduce the sensitivity of correlation metrics to localized 

variations in image intensities due to image artifacts through the use of robust correlation 

coefficient which reduces the effect of statistical outliers8.  

The sum of square difference and correlation metrics are commonly used in mono-

modal registration of CT images9, however they are not suitable for MR or when contrast 

is used in one image because of image intensity variations. In this case mutual 

information-based metrics are more appropriate.  

Maximization of mutual information assumes that voxel intensities in the source 

and target images have a functional relationship. In this approach, the image voxel 

intensities are assumed to have a functional relationship. The amount of information in an 

image, or variation of anatomical features, can be quantified by the entropy H(A) or 

average information10 contained in an image A  as: 

                                             ( ) ( ) ( )AA log
a A

H A p a p a
∈

= − ∑  ,                                       (7) 

where pA(a) is the probability of occurrence of a given voxel intensity a within images A. 

The measure is averaged over all ranges of voxel intensities. 

When two images are brought into alignment the entropy of the combined image 

will be minimized as the amount of repeated information is increased. Minimization of 

this joint entropy 11 can be used to drive image registration: ( ,H A B)

                                        ( ) ( ) ( )AB AB, , log
b B a A

H A B p a b p a b
∈ ∈

= − ∑ ∑ ,     ,                    (8) 
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 where pAB(a,b) is probability of joint occurrence of a given voxel intensity a in image A 

with an intensity b in image B. 

However, this metric is limited when large regions exist on both images whose 

overlap is not maximized when the images are perfectly registered12. In such cases the 

joint entropy will not be at a minimum when the images are registered. To overcome this 

limitation the concept of mutual information ( ),I A B  was introduced simultaneously by 

Collignon13 and Viola14. This approach minimizes the joint entropy while simultaneously 

maximizing the information content of both images in the region of overlap: 

                ( ) ( ) ( ) ( ) ( ) ( )
( ) ( )
AB

AB
A B

,
, , , log

b B a A

p a b
I A B H A H B H A B p a b

p a p b∈ ∈
= + − = ∑ ∑  . (9) 

It can be seen from the above formula that when the two images are statistically 

independent there is no correspondence between them so that 

                                                         ( ) ( ) ( )AB A B,p a b p a p b=   ,                                 (10) 

and the mutual information is zero. Mutual information still has some dependence on the 

amount of image overlap and Studholme12 proposed a normalized mutual information 

(NMI) metric to overcome this. In this case, the mutual information is normalized to the 

join entropy of the overlapping volume as follows: 

                                                
( )
( , )( , )

,
I A BNMI A B

H A B
=      .                                        (11) 

Normalized mutual information is used in multi-modality registration (e.g., PET-CT) and 

registration of MR images or images with and without contrast. 

Many other similarity metrics exist, these include ratio of image uniformity, 

partitioned image intensity and correlation ratio7. It is also possible to combine different 

similarity metrics, such as voxel intensities and landmarks, in order to reduce the 

ambiguities of registration based on image intensities alone.  

 

4.5    TRANSFORMATION MODELS 

In theory, for a non-linear transformation represented by a set of free-form local 

deformations it is possible that all points in the source image could be mapped to a single 

point in the target image if no constraints are placed on the allowable deformations15. 
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Deformation constraints or regularization of the vector field are defined by the 

transformation model. In the context of radiotherapy, transformation models based on 

splines, optical flow, elastic and fluid properties, diffusive and biomechanical models 

have been used in non-linear image registration. 

 

4.5.1 Splines: Thin-plate and B-splines 

A spline-based algorithm is a parametric transformation model which provides a 

sparse vector field based on displacements of control points.  An interpolating function, 

the spline, is used to determine the displacements at all other points in the image. There 

are two types of commonly used spline interpolants: thin-plate splines and B-splines. 

They differ in their range of influence; thin plate splines have a global influence while B-

splines have influence only in local region of control points.  

Bookstein16 introduced the concept of thin-plate splines (TPS) which model the 

deformation resulting from displacement of a control point as the bending of a thin metal 

sheet in its minimum energy configuration. The 2D basis function of the interpellant is : 

                                              ,                                            (12) 2( , ) ( ) logz x y U r r r= − = − 2

2where . The basis function U(r) in equation (12) is the fundamental solution 

of the biharmonic equation: 

2 2r x y= +
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 .                                     (13) 

This equation represents the minimum bending energy configuration of a thin metal sheet 

fixed at (0,0).  

For multiple control points, the shape and energy of the spline are given by the sum 

of interpellants which are each centered on the control point. At an infinite distance from 

each landmark the interpellant goes to zero. The accuracy of the registration depends on 

the number of control points. However, as the displacement of each control point has a 

global influence on the image deformation this approach is time consuming and usually 

not applied to registration of the whole image.  

Brock et al.17 used a thin-plate spline algorithm18 for nonlinear registration of CT 

images of the liver acquired at inhale and exhale breathe holds. A contrast agent was used 
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for imaging and, as the spatial distribution of the contrast varies between the exhale and 

inhale images due to the time delay between their acquisition, a mutual-information 

based similarity metric was used. The registration process consisted of segmenting the 

liver and placing 24 control points on the exhale image using a probabilistic liver model 

derived from an average of images of 32 patients at exhale. Control points were placed 

with an approximately uniform density. A rigid registration was first performed using 4 

control points and placing corresponding points at the same locations in the inhale 

images. The nonlinear registration initially used 12 control points whose displacements 

were determined by Nelder-Mead simplex optimization19 in order to maximize the 

mutual information. After a control point displacement is sampled, the warp is 

interpolated to all other points in the liver and the mutual information of both images is 

calculated. A final optimization is then performed using all 24 control points. The 

complete registration required approximately 18700 iterations and 5.5 hrs on a Dec Alpha 

Server per subject. The accuracy of the registration was evaluated by comparing the 

transformed exhale coordinates of additional manually placed bifurcations to their 

corresponding coordinates at inhale. The accuracy was 0.13 cm (L/R) 0.15 cm (A/P) and 

0.15 cm (S/I) which was comparable to reproducibility of the corresponding bifurcation 

identification. 

Coselman et al.20 used a mutual-information based thin-plate spline algorithm to 

register CT images of the lung acquired at inhale and exhale breath holds. Registration 

was performed on one lung only, using 30 control points placed on 6 planes along the 

inferior/superior direction. On each plane 4 control points were placed on the border of 

the lung and 1 point inside. An initial estimate of the deformation was determined by 

matching locations of the control points at exhale to approximately placed corresponding 

landmarks at inhale. Manual versus pseudo-random homologous landmark placement 

was investigated and it was determined that the random placement resulted in  systematic 

errors during the registration. The control point displacements were refined by simplex 

optimization based on maximization of mutual information. An average accuracy of 1.7 

(L/R), 3.1 (A/P) and 3.6 mm (I/S) was obtained, evaluated on vascular and bronchial 

bifurcations. 

 74



Chapter 4                                                                              Non-linear Image Registration 

Schaly et al.21,22 used a contour-driven TPS algorithm for registration of inter-

fraction prostate images for the purpose of dose accumulation. Corresponding landmarks 

were automatically extracted from the prostate contours in additional to manual 

identification of bony anatomy landmarks. The registration procedure required 15 

minutes on a 2.4 GHz processor and the average registration error for 10 clinical prostate 

cases was 3.0 mm.  

Another application of thin-plate splines in non-linear image registration is as an 

interpellant for block-matching techniques23,24. Block matching is a locally rigid 

registration procedure which is performed on smaller sub-regions of the source image. A 

thin-plate spline is used to interpolate deformations between these rigidly registered sub-

regions. Such algorithms have been demonstrated to be fast enough for online adaptive 

radiotherapy applications. Malsch et al.23 used automatically selected control points in 

the source image along tissue boundaries. Corresponding points in the target image were 

determined by rigid registration of a region around each control point based on 

maximizing the normalized correlation coefficient of image intensities. Deformation 

vectors at all other image points were determined using a series of locally defined 3D thin 

plate splines. The time required for registration of repeat prostate, para-spinal and head 

and neck cases was less than 6 minutes on a 2.8 GHz Pentium IV processor. A similar 

implementation was used by Kostelec e. al.24 for registration of brain MR images. The 

source image was first divided into quadrants which were rigidly registered to the target 

image. The registration was subsequently refined by subdividing each quadrant into 

further quadrants and repeating the registration.  

In registration methods employing B-splines a mesh of regularly spaced control 

points is superimposed on the image. The free-form deformation at every point in the 

image local ( , , )x y zΤ is given by the product of the control point displacements with the 

local cubic B-spline interpellants.  

                                  ,     (14) ( ) ( ) ( )
3 3 3

l m n i+l,j+m,k+n
l 0 m 0 n 0

( , , )local x y z B u B v B w φ
= = =

Τ = ∑ ∑ ∑

where Bi is the ith basis function of the B-spline and φ  is an n x m x l mesh of control 

point displacements. 
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As the splines have local influence, changing the position of a control point will 

only affect the transformation in the local region. The number and spacing of the control 

points determines the magnitude and complexity of the recoverable deformation, at a cost 

of increased computing time. The registration process is therefore usually implemented in 

a multi-resolution process where the control grid spacing is iteratively refined25. An 

advantageous feature of B-splines is that they are refinable, that is the basis functions can 

be re-expressed in terms of one or more smaller basis functions26 as more control points 

are added. These multiresolution approaches also improve the computational efficiency 

and reduce the likelihood of discontinuities or tearing of the deformation vector field. A 

non-uniform spacing of control points is also possible by designating the status of each 

point as active or passive25. 

The registration is driven by maximizing a similarity function Cs at the control 

points while the deformations are constrained by a cost function Cd which is analogous to 

the 3D bending energy of a thin plate of metal27: 

                                                ,                                       (15) s ( , ) ( )TC C A B C Tλ= − + d
where the superscript T denotes a transformed image, λ is a regularization factor which 

determines the amount of smoothing and  

( )
2 2 2 2 2 22 2 2 2 2 2

X Y Z
d 0 0 0 2 2 2

1 2 2 2T T T T T TC T dxdydz
V xy xzx y z

⎡ ⎤⎛ ⎞ ⎛ ⎞ ⎛ ⎞ ⎛ ⎞ ⎛ ⎞ ⎛ ⎞∂ ∂ ∂ ∂ ∂ ∂⎢ ⎥= + + + + +⎜ ⎟ ⎜ ⎟ ⎜ ⎟ ⎜ ⎟ ⎜ ⎟ ⎜ ⎟⎜ ⎟ ⎜ ⎟ ⎜ ⎟ ⎜ ⎟ ⎜ ⎟ ⎜ ⎟⎢ ⎥∂ ∂ ∂∂ ∂ ∂⎝ ⎠ ⎝ ⎠ ⎝ ⎠ ⎝ ⎠ ⎝ ⎠ ⎝ ⎠⎢ ⎥⎣ ⎦
∫ ∫ ∫ yz

, 

 (16) 

where V is the volume of the image domain. An important feature of this cost function is 

that it is differentiable, and therefore a gradient descent method28 can be used to optimize 

the control point displacements.  

B-spline algorithms have been used for non-linear registration of MR images of 

breast and liver with and without contrast27, as well as PET to CT multimodal29 and 4D 

PET30 and CT lung monomodal images. Rueckert et al.27 used a normalized mutual 

information based B-spline algorithm for non-linear registration of pre- and post-contrast 

breast MR images. They used a smoothing weight λ of 0.1 and tested control point 

spacings of 20 mm, 15 mm and 10 mm. The 10 mm control point spacing was found to 

be optimal as it allowed a higher flexibility in terms of deformation complexity. Rohlfing 
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et al.31  applied B-spline registration to gated MR images of the liver at exhale and inhale. 

A multiresolution registration starting with a control point spacing of 4 cm and ending 

with a 2 cm spacing was used. The determinant of the Jacobian of the local deformations 

at each control point was monitored during the optimization and was forced to be positive 

everywhere to ensure a continuous transformation. 

Rietzel e. al.32 used a B-spline algorithm33 for registration of 4D CT lung images 

starting with an initial control point spacing of 3 mm, refining this to a 0.75 mm spacing 

for the final resolution step. The average registration error based on manually identified 

landmarks in 5 patients was 2.1 mm. B-spline based registration of lung images has also 

been reported by Ruan et al.34, Stancanello et al.35 and Schreibmann et al.36. The first two 

authors introduced modifications to model the variation in stiffness of different tissues. 

Stancanello35 allowed the smoothing weight to vary as a function of the CT number while 

Ruan34 used a cost function to penalize changes in tissue element volumes based on the 

Jacobian determinant of the deformations in the region of each control point. McLelland 

et al.37 presented an interesting application of B-spline registration to build a continuous 

4D motion model of the lung based on B-spline fitting of control point displacements as a 

function of respiratory phase. This model allows reconstruction of the anatomy at any 

point in the breathing cycle with an accuracy of 1.6 mm. In their case a control point 

spacing of 2 cm was sufficient to obtain an average registration accuracy of 1.3 mm.  

On average, computational time for B-spline registration has been reported to be a 

few hours35. Schreibmann36 reduced the computation time to a few minutes by registering 

5 or more control volumes which were placed in regions where local deformation was 

negligible and treating each control volume as spline control point. Each control volume 

was cubic or spherical in shape with a size of 1 to 2 cm. Additional control points were 

sometimes required to fully cover the image. The algorithm was tested on 4D CT lung 

images and a registration accuracy of 2 mm was obtained when using 2 cm size control 

volumes.  

 

4.5.2 Optical flow 

The optical flow method proposed by Horn and Schunck38 registers two images by 

solving for the velocity distribution of bright objects moving from the source to target 
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image, based on object intensity. In the case of image registration only two time points, 

the two images, are considered so the velocity field is equivalent to the deformation field. 

The optical flow method has the underlying assumption that image intensities are 

essentially constant which limits its application to mono-modal registration. Based on the 

assumptions of constant image intensity ( ),I r tr  and small displacements, the velocity 

field v  is solved from the following equation using the Taylor expansion: r

                               ( ) ( ) ( ), , , II r t I r r t t I r t I r t
t

δ δ δ δ ∂
≈ + + ≈ +∇ ⋅ +

∂

rr r r r r  .                       (17) 

Since image noise may cause small changes in image intensity from one image to the two 

intensity terms ( , )I r tr  do not cancel and are instead replaced by an error term εb. 

Dividing both sides of Equation 17 by  tδ  we obtain:  

                                          ( ) b,II v r t
t

ε∂⎛ ⎞∇ ⋅ + =⎜ ⎟∂⎝ ⎠

r r r .                                                        (18) 

The intensity of a moving point is considered to not change so that  ( ),I r t
t
∂⎛ ⎞ =⎜ ⎟∂⎝ ⎠

r 0  and: 

                                      1 2 3
I I Iv v v
x y z bε
∂ ∂ ∂

+ + =
∂ ∂ ∂

     ,                                                    (19) 

where I
x
∂
∂

 etc. are the image intensity gradients along the x,y,z directions.  

This expression alone is not enough for a unique determination of the velocity field. 

A regularization term sε controlling the smoothness of the velocity field is added which 

minimizes the square magnitude of the optical flow velocity gradients: 

                
22 232 i i i

s
i 1

v v v
x y z

ε
=

⎛ ⎞⎛ ⎞∂ ∂ ∂⎛ ⎞ ⎛ ⎞⎜= + +⎜ ⎟⎜ ⎟ ⎜ ⎟∂ ∂ ∂⎜ ⎟⎝ ⎠ ⎝ ⎠⎝ ⎠⎝ ⎠
∑ ⎟   .                                    (20) 

The velocity field is then determined by minimizing the following expression over the 

whole image volume V: 

                                                    ( )2 22 2
b s

V
ε α ε ε= +∫∫∫         ,                                        (21) 
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where α determines the relative importance of image matching and smoothness. The 

above equation is solved using variational calculus to get the following recursive 

equation of the velocities in each voxel: 

                               ( ) ( ) ( )
( ) ( ) ( )

( )
n

n+1 n 22

I r
v r I r

tv r v r I r
I rα

⎛ ⎞∂
⋅∇ +⎜ ⎟∂⎜ ⎟= −∇

⎜ ⎟+ ∇⎜ ⎟
⎝ ⎠

rrr r
rr r r r

r r
    ,                  (22) 

where nv  is average velocity of nearest neighbours, T
s

I
tI I

t
∂

= −
∂

 is residual difference 

between the two images and n indicates the iteration number. 

As previously mentioned, optical flow employs a small deformation assumption 

which means that this method can only recover deformations which are smaller or equal 

to the voxel size. For this reason a multiresolution strategy is needed, similar to that used 

for B-spline transformation. In this case the optical flow is estimated first on low-

resolution images, then repeated on images of increasing intensity using the previously 

estimated transformation as a starting estimate for the next registration. An advantage of 

this method is its computational efficiency, requiring relatively few iterations to 

converge2.  

Guerrero et al.39 used optical flow registration with an empirically determined 

smoothing weight of α=1.4 to estimate intrathoracic tumour motion based on breath hold 

CT data sets acquired at exhalation and inhalation. An rms error of less than 0.25 mm 

was reported for recovering a known thin-plate spline deformation. The recovered voxel 

displacements were used to compute a measure of ventilation40 from the change in CT 

number of corresponding voxels in 4D data set. Optical flow has also been used in a 

multiresolution implementation for registration of 4D CT lung images41. El Naqa et al.42 

reported the use of a smoothing weight ( )rα r which adapts to local image features to 

register 4D CT lung images according to the function: 

                                         ( ) ( )( )( )0 1 exp /
2

r I r Tαα = + − ∇
r r ,                                       (23) 

where T and α0 control the trade-off between smoothing and matching. T is a cutoff point 

which was estimated from the histogram of the spatial gradients.  
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4.5.3 Demon’s and diffusive models 

The “Demon’s” algorithm proposed by Thirion43 models the image registration as a 

diffusion process. The target image may be thought of as possessing semi-permeable 

membranes which allow the source image (deformable model) to diffuse through the 

interfaces by the action of small “demons” located on the membranes. Points in the 

deformable model are attracted by all points in the target image which are similar. 

Thirion presented different implementations of this concept, one of which uses the optical 

flow equation to solve for the velocities of points within the deformable model: 

                                 ( ) ( ) ( ) ( )( ) ( )
( )( ) ( ) ( )( )
s t t

n+1 n 2 2
t s t

I r I r I r
v r v r

I r I r I r

− ∇
= +

∇ + −

rr r r
r r r r

r r r r
  .                      (24) 

Thirion stated that optical flow is similar to the demons since all pixels where the 

intensity gradient is non-zero behave as demons which force the images into alignment. 

In their implementation43, the image velocities were solved using a sum of squared image 

intensity difference matching criterion and gradient descent minimization. After each 

iteration, the summed estimate of the velocities was smoothed in order to suppress the 

effects of noise and ensure continuity. Such regularization approximates the properties of 

a viscous fluid and large, discontinuous deformations are possible where the image 

gradients are small.  

Cachier44 and Pennec15 used a modified implementation of the above equation to 

limit the maximum displacements to 1
2α

 where α > 0: 

                                 ( ) ( ) ( ) ( )( ) ( )
( )( ) ( ) ( )( )

s t t
n+1 n 2 22

t s t

I r I r I r
v r v r

I r I r I rα

− ∇
= +

∇ + −

rr r r
r r r r

r r r r
 .                 (25) 

This modified version was used for registration of breathe hold images using weighting 

factors α of 0.5 to 0.6545,46. The summed estimate of the velocities on each iteration was 

smoothed with a Gaussian function. The registration was terminated after 150 iterations. 

A multiresolution registration process with a maximum resolution of 256x256 required 

15 minutes on a Pentium 4 2.8 GHz processor. The authors demonstrated that the 

estimated velocity fields were continuous, however, the Gaussian regularization appeared 

to introduce a small number of discontinuities within the deformation vectors. The 
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registration was also tested for inverse consistency (Tab=Tba) and transitivity 

(Tab+Tbc=Tac). The mean consistency error was found to be 1.3 mm and the transitive 

error was 1.8 mm when estimating deformation vectors on a 2 mm resolution. Sarrut et 

al.47 also used this implementation of the Demon’s algorithm for temporal interpolation 

between inhale and exhale data sets for the purpose of reconstructing intermediate 

respiratory phases. As the sum of squared intensity difference metric assumes constant 

image intensity, modification of lung voxel intensities was required to account for lung 

density changes that occur with inhalation. This “a priori lung density modification” 

method improved the registration accuracy from 6.3 (3.8) mm to 2.7 (1.1) mm. 

Intermediate density images were generated using local volume changes approximated 

from the Jacobian determinant to modify the interpolated CT numbers. 

Wang et al.48,49 further modified the above implementation of the demon’s 

algorithm to introduce an additional “active force” in order to improve the computational 

efficiency and allow large deformations. This additional force arises from Newton’s third 

law as a reactive force in the diffusing image which acts on the static, target image: 

           ( ) ( ) ( ) ( )( )

( )
( )( ) ( ) ( )( )

( )
( )( ) ( ) ( )( )

t
2 22

t s t
s tn+1 n

s
2 22

s t s

I r

I r I r I r
v r v r I r I r

I r

I r I r I r

α

α

⎡ ⎤∇
+⎢ ⎥

⎢ ⎥∇ + −
⎢ ⎥= + −
⎢ ⎥∇
⎢ ⎥
⎢ ⎥∇ + −⎣ ⎦

r r

r r r r
r r r r r r

r r

r r r r

 .        (26) 

The authors found that registration using this modified version converged more rapidly, 

requiring 40% fewer iterations. Full registration of a 256x256x61 image required 6 

minutes on a 2.8 GHz Pentium processor. They used a weighting factor α of 0.4, 

Gaussian smoothing and a 3 step multiresolution approach for registration of a 

deformable pelvis phantom, as well as prostate and head and neck patient images 

deformed with thin-plate spline deformation fields. The mean magnitude difference 

between the simulated and recovered deformation vectors was 0.5 ± 1.5 mm for prostate 

images and 0.2 ± 0.6 mm for head and neck images. The registration recovered the 

motion of 23 embedded plastic beads inside the deformable pelvic phantom with a mean 

registration error of 0.8 ± 0.5 mm. The reported accuracy for registration of repeat pelvic 

CT images was 1 mm. 
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A non-linear image registration algorithm similar to the Demon’s method was 

developed by Lu et al.50. The registration problem was formulated as solving for the 

displacement field  that minimizes an energy functional ( )u rr r ( )uε r  which depends on the 

residual image difference ( ),R r ur r  and the bending energy given by the sum of squared 

Laplacians of the deformation field: 

                               ( ) ( ) ( )( )3 3 2i2
j

i 1 j 1r V
,u R r u v rε λ

= =∈
dr

⎡ ⎤
= +⎢ ⎥

⎢ ⎥⎣ ⎦
∑ ∑∫

r r r r r         ,                  (27) 

where λ is a weighting factor for  the regularization  and controls tissue stiffness and 

was set to 0.1, ( ) ( ) ( )s, tR r u I r u I r= + −
r r r r r  is the residual of image intensities and 

( ) ( )ii
j j

u r
v r

x

∂
≡

∂

r
r r . The Laplacian regularization term 2u∇  in Equation 27 is also known 

as the Tikhonov regularizer51 and defines the registration as a diffusion-type process 

where the source image can be thought of as diffusing into the target image while driven 

by a similarity force defined by the image intensity residual. 

This registration method was tested against known deformations using both 

synthetically deformed images and a deformable phantom. For small deformations on the 

of 3 to 4 mm the registration error was less than 1 mm. Non-linear registration of inter- 

and intra-fraction lung and prostate clinical images was performed for the purpose of 

automated contouring as well as comparison of daily MV cone-beam CT images to a 

planning kVCT image for deformable dose accumulation52. Registration required less 

than 3 minutes to register a 256x256x61 image on a 933 MHz Pentium III processor. This 

variational calculus method was also used for automated contouring53 and determination 

of tumour motion envelopes54 from 4D CT images.  

A similar method was used by Gao et al.55 for registration of serial images of the 

prostate. In this case, to avoid oversmoothing discontinuous regions where the image 

intensity gradient becomes infinite, a variable weight was used for the regularization: 

                           ( ) ( )( )0 s t,f I r u I rλ λ= +
r r r           ,                                            (28) 

where λ0 was determined empirically and    

( ) ( ) ( ) 2
s t s1f I r u I r I r u= + − + ∇ +
r r r r r                           .                               (29) 
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The resultin ations were solved by a finite difference schem

with a multiresolution approach.  

 viscous fluid 

For non-linear registration based on elastic models56-58 the source image is modeled 

 by an external driving force to match 

the t

g partial differential equ e and 

 

4.5.4 Physical models: elastic and

as an elastic continuum which is being deformed

arget image. Similar to the previously discussed models, the image matching 

problem is formulated as the minimization of an objective function which penalizes 

deformations while maximizing image similarity. The image similarity is described as an 

external body force while the deformation penalty term is an internal force which resists 

deformation and is represented by the elastic strain energy. The minimum value of the 

objective function represents an equilibrium configuration where the total potential 

energy of the system reaches a minimum. Assuming small displacement gradients (ie., 

smooth deformations) this equilibrium is described by Navier’s displacement equations: 

                                    ( ) ( ) ( )( )20 u r u r bμ λ μ= ∇ + + ∇ ∇⋅ +
rr rr r r r         ,                       (30) 

r
whe e, λ and μ are the Lame elastic con

stiffness of the elastic body and therefore the smoothness of the deformations.  

difference 

schem

They used normalized cross-correlation as a similarity metric with the body 

force t

re b  is the body forc stants which control the 

This equation is highly nonlinear so numerical solutions are necessary. In practice, 

the Navier equation is solved iteratively on a finite grid of points using a finite 

e and the boundary condition that forces and displacements at the image boundary 

go to zero. 

Bajcsy et al.56 used an elastic registration algorithm to register CT images of brain 

to an atlas. 

 proportional o the gradient of the similarity function. The elastic constant λ was set 

to zero, allowing only longitudinal stretching but no lateral shrinking, and a 

multiresolution registration was used to overcome the small deformation limitation as 

well as to improve computational efficiency. Gee et al.57,58 used an elastic model to 

register serial breath hold MRI lung images in order to study motion of lung tissue. Using 

normalized cross-correlation, they reported an average accuracy of 1.14 ± 0.93 pixels for 

a 3.5 mm image resolution. Christensen et al.59 presented an elastic registration algorithm 
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which ensures inverse registration consistency by simultaneously estimating the forward 

and reverse transformation and placing a quadratic penalty term in the objective function 

which penalizes differences between the two transformations. 

Due to the computation complexity and small deformation assumptions, the elastic 

registration models mentioned above have generally not found applications in 

radiotherapy. The exception is a somewhat different approach to elastic registration 

which was formulated by Pekar et al.60. This parametric model uses an adaptive grid of 

irregularly spaced control points. A Gaussian-shaped force is applied at each of these 

control points whose strength, direction and area of influence are parameters to be 

optimized in the registration process. From an analytic solution of Navier’s equation for a 

Gaussian-shaped force the following expression for the displacement at the point of force 

application is derived: 

                                            ( )( )

( ) ( )
r 0 3

5 6 1

3 2 1

v v
u f

Y vπ σ
=

− +
=

−

r        ,                                    (31) 

where σ is the Gaussian full-width at half maximum, Y and ν are elastic constants and f is 

s fluid models overcome the small deformation approximation of many 

regis

the magnitude of the applied force. Using a sum of squared image intensity difference 

similarity function the control point location, σ and f are optimized using a Levenberg-

Marquardt optimization scheme61. Registration of a 3D prostate CT data set as well as 

thoracic PET and CT image registration required 1 hour using a multiresolution approach 

starting with a 3x3x2 regularly spaced control grid. Images appeared to correlate well by 

visual inspection though a quantitative analysis of the registration accuracy was not 

performed. 

Viscou

tration algorithms to allow large, local nonlinear deformations while preserving 

image topology62-65. Time dependence is added to the displacement field ( ),u r tr r  between 

the deforming source image and the target image in an Eulerian reference frame. The 

velocity field ( ),v r tr r  describes the time rate of change of the displacement field and the 

two are linked by the material derivative: 

                                                    
3

i
ii 1

duv vu u
dt t r=

∂ ∂
+= =
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∑

r r r
r            .                                   (32) r
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In the Eulerian reference frame this  maps points in the template to  displacement field

points in deforming continuum. A viscous-fluid analog of Hooke’s law describes the 

forces resisting deformation of the image, however this differs from elastic models in that 

the stress induced as the image deforms is allowed to relax over time. Therefore the 

internal energy does not necessarily increase with increasing deformation and large 

deformations are allowed. Assuming a Newtonian fluid with a very low Reynold’s 

number the Navier-Stokes equation describing the equilibrium velocity field is: 

                                              ( ) ( ) ( )2 0v v b uμ λ μ∇ + + ∇ ∇⋅ + =
rr rr r r    ,                              (33) 

( )b u
r rwhere μ and λ are viscosity constants and  is the body force which is given by: 

                                       [ ] [ ] ( )( )s t s r+u
,b r u I r u I r Iα= − + − ∇

r rr r
r r

r r r         .                          (34) 

The previous equations are evaluated directly with no small deformation 

 with an initial zero displacement 

calcu

 a 

approximation. Starting field the body force is 

lated and the linear PDE (Equation 33) is solved, using small time increments, for 

the instantaneous velocity at time t using a successive over-relaxation difference scheme 

which is a weighted average between previous iterate and computed Gauss-Seidel 

iterate28. Effectively the problem is four-dimensional but it is solved in 3D using Euler 

integration along the time dimension. Using an iterative form of material derivative the 

displacement field is then determined. Although the solution to the Navier-Stokes PDE is 

continuous, discontinuities can occur when it is solved on a finite grid. Therefore, the 

determinant of the Jacobian of transformation was evaluated on each iteration and when 

it falls below 0.5 a new deformed source image is propagated and registration is restarted. 

The final step of the registration process is to concatenate all these resulting 

transformations.  This viscous-fluid model has been applied for registration of CT images 

acquired before and after insertion of brachytherapy catheter for purpose of dose mapping 

for multiple-insertion courses of intra-cavitary brachytherapy62. The registration of a 

192x192x64 image required 4.5 hrs and 400 iterations on a 195 MHz processor. Keall et 

al.66 also reported the use of this algorithm for registration of thoracic 4D CT images. 

A similar implementation by Foskey et al.67 used minimization of an energy 

functional ( )E ur  based on the sum of squared image intensity differences and
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regularization term Lreg which is a differential operator based on the Navier-Stokes 

equations. The PDE was solved for the deformation field similarly to the previously 

mentioned viscous fluid model using time integration of the velocity field:  

                       ( ) ( ) ( )( )( ) ( )2 2
t s reg

V V,t
, ,E u I r I r u r t dr L v r t drdt= − + +∫ ∫

r r r r r r    .     (35) 

With variational calculus the problem reduces to the differential equation: 

                                ( )( ) ( )t s s reg( ) ( , ) ( , ) ( , )I r I r u r t I r u r t L v r t− + ∇ + =
r r r r r r r r r          ,           (36) 

                 (37) 

registration of pelvic images for use in autom

tation and dose mapping in adaptive radiotherapy of the prostate. The authors 

where ( )2( , ) ( , ) ( , ) ( , )L v r t v r t v r t v r tα β γ= ∇ + ∇ ∇⋅ +
r r r r r r r r        .                     reg

The algorithm was applied for ated 

segmen

introduced a novel method of image pre-processing to deflate regions of bowel gas which 

lead to discontinuities within the deformation field because they may be present in one 

image but not the other. By masking the bowel gas on a given image a velocity field is 

calculated, based on the image gradient, which collapses the masked region to a point:  

                                       ( )( ) ( )defl reg, ,I u r t L v r t∇ =
r r r r          .                                    (38) 

The full transformation is then given by: 

) ( )( )( )1
s-def defl t-defllu u u r                                       (u x τ−= +

r         ,                               (39) r r r r

where τ is an initial rigid transformation, s-deflur and t-deflur are the transformations which 

the source a a

 and target imag

inhale images. A 

three

maximum error was 3.2 mm in the superior-inferior direction which was limited by the 

collapse bowel gas on spectively, and ur  is the nd target im ges, re defl

transformation between the deflated source es.The following values were 

used for the regularization terms: α=0.01-0.02   β=0.01-0.02   γ=0.001-0.0001 depending 

on whether a coarse (4x), medium (2x) or fine resolution (full image resolution) was used 

for the deformation grid. The calculation time was 12.5 min for the full registration, for a 

final mesh size of 187x217x195, on a on a 3GHz Intel Xeon processor.  

Pevsner et al.68 used the same algorithm to register 4D CT images of non-small cell 

lung cancer patients and map tumour contours from end-exhale to end-

-dimensional distance-to-agreement between manual and automapped contours as 

well as 41 bronchial and vascular bifurcations was used to evaluate the registration. The 
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2.4 mm slice thickness. The mean contour and bifurcation error were 2.6 mm and 2.9 

mm, respectively. 

A combined fluid-landmark registration approach was proposed by Joshi et al.69. 

The landmark-based approach is more computationally efficient than a voxel-based 

viscous-fluid registration and, due to the lower dimensionality of the problem, there is no 

need to discretize the solution along the time dimension. The approach is similar to that 

of landmark matching by thin-plate splines however instead of the quadratic TPS penalty 

term a diffeomorphic energy functional 2Lv based on fluid mechanics was used where 

( )2L a b c= − ∇ + ∇ ∇⋅ + . The cost function to be minimized is then: 

                    ( )( ) ( ) ( ) ( )
1 N

n n n n
0 V

, , ,1C v r t Lv r t t x r u rβ= + −∑∫ ∫
r r r r r r r r  ,            (40) 

arks, β  weights the balancing of the sm

2 2

n 1
drd

=

where N is the number of landm n oothness of 

velocity field against matching landmarks and  nxr  is the landmark displacem

 

tion can be derived by the use of finite 

element analysis (FEA). In this method the organ to be modeled is divided into smaller 

deformation are derived 

from 

hange in location of four fiducial points on the 

inner

ent. 

4.5.5 Biomechanical and finite-element based models (FEM) 

Biomechanical models of organ deforma

volume elements and boundary conditions on the motion and 

serial images. These boundary conditions define the forces acting on the volume 

elements from the source to target image. These forces induce displacement of each 

volume element according to Newton’s first law and Hooke’s law, using information 

about the elastic properties of the tissues. PDEs for each volume element must be solved 

numerically to determine the equilibrium deformed state, the final result being a 3D 

displacement for each volume element. 

An FEM-based model of the rectum was first presented by Yan et al.70.  Based on 

contours of the rectal wall drawn on daily CT images a 3D mesh of volume elements with 

1 mm resolution was generated. The c

 and outer rectal wall, determined on each CT slice, were used as boundary 

conditions. The displacements were solved using the ABAQUS finite-element modeling 

software assuming an elastic modulus of 0.5 N/m2 and a compressibility of 0.3. The 
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authors used these displacements to determine the cumulative dose received by the rectal 

wall over the treatment course. Another FEM-based model of pelvic images was 

presented71 for MR-guided brachytherapy where registration of the planning and intra-

operative MR images is required to account for changes in the patient positioning. In this 

study the authors used different material properties for the central gland and peripheral 

zone of the prostate. 

The accuracy of any biomechanical model is dependent on the accuracy of the 

selection of corresponding boundary points72 as well as material properties. Chi et al.73 

studied the sensitivity of the accuracy of FEM-based registration to the uncertainty on the 

elasti

oothed surface meshes. Using the 

Hype

c properties of the rectal wall, prostate and bladder wall. For hollow, thin organs a 

30% uncertainty in elastic properties led to a 1.3 mm registration error while for a solid 

organ an error of 4.5 mm was obtained. Another study74 investigated the effect of 

variations in the elastic modulus and compressibility inside the liver and whether it is 

sufficient to assume homogeneous material properties. 

Brock et al.75-77 developed multi-organ 4D models for the abdomen and thorax 

based on inhale and exhale CT and MR images. The contours from the treatment 

planning system are first converted into triangulated sm

rmesh software a 4-node tetrahedral mesh with elemental volume of 0.03 cm3 is 

created from these surface meshes. Material properties and surface interfaces are assigned 

to each element. A linear elastic material was assumed with homogeneous, isotropic 

organ properties. The HYPERMORPH software then determines the boundary conditions 

by aligning the organ surfaces from the source and target images. The finite-element 

analysis (ABAQUS) to solve for the displacements at each node of the tetrahedral mesh 

required 332 s for the abdomen and 495 s for the thorax on a 2.0 GHz P6600 processor. 

In the multi-organ model organs are defined as being explicitly deformed or implicitly 

deformed, in which case the organ deformations are determined by the displacements of 

explicitly deformed organs and the properties assigned to the organ surface interfaces. 

The average vector accuracy of the inhale-to-exhale registration was 0.44 cm and 0.24 

cm for the lung and liver, respectively. A linear path of travel was assumed between these 

extreme states and intermediate states were created by fractional displacements of the 

mesh nodes. 
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A biomechanical breast model created for the VTK framework was also 

developed78 to simulate breast deformations which occur during DCE-MR 

mammography. The breast tissue was segmented into fatty and fibroglandular tissues to 

which

ferent transformation models discussed above, in terms of 

their degree of computational complexity, smoothness constraints and any limiting 

d depends on the image 

size a

ments 

 different elastic properties were assigned. Models using different volume element 

sizes, linear and hyperelastic tissue properties, varying compressibility and boundary 

conditions were investigated. 

 

4.6    COMPARISON OF TRANSFORMATION MODELS 

A comparison of the dif

assumptions, is given in Table 1. The registration time require

nd processor, therefore average values from the literature are reported. 

 

Table 1. Comparison of non-linear registration algorithms used in radiotherapy 

Model Registration time Smoothness constraint Com

Thin-plate spline minutes-hours Gradient of Suitable for single 
tration deformations organ regis

only 
B-spl

 
 ine minutes-hours Gradient of 

deformations
Optical flow minutes Gradient of ve

field 
locity Small deformation 

assumption 
Diffusive minutes Gradient of 

deformations 
 

Elastic hours Linear-elastic Small deformation 
assumption 

Viscous fluid -Stokes ic hours Fluid Navier Diffeomorph

FEM minutes  Linear-elastic 

 

 
4.7   VALIDATION OF REGIS

he accuracy of image registration can be assessed qualitatively and quantitatively. 

isual inspection of a red-green image overlay or difference images of the deformed 

 of mismatch. Quantitatively, the 

accuracy can be assessed based on metrics such as image similarity and distance to 

IMAGE TRATION 

T

V

source and target image can be used to identify regions
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agree

aluated on the entire image volume means that no information is available 

about

nd target images. For this reason, observer landmark identification errors 

shoul

pped contour to a manual contour of the same structure on the 

target

ment of point landmarks or contours. These metrics can be evaluated on actual 

patient data or by recovering simulated deformations of the patient images or images of a 

deformable phantom. The drawback of the former approach is that patient images are not 

necessarily artifact free. However, the latter method may not represent physically realistic 

deformations.  

Image similarity metrics such as cross-correlation and mutual information may be 

used to quantitatively assess registration accuracy. These metrics provide a global 

measure of the image matching and are automatic and simple to compute. However, the 

fact that it is ev

 areas of local mismatch. A potential solution is to calculate the correlation over 

smaller regions. A novel metric similar to the gamma index79 was proposed by Brock et 

al.80 which is a combination of voxel intensity difference and minimum distance to voxel 

agreement. 

Readily identifiable features such as vascular and bronchial bifurcations can be 

used as landmarks to assess a point-by-point distance to agreement. The accuracy of this 

metric is limited by the accuracy with which homologous landmarks can be identified on 

the source a

d be quantified.  

Manual structure contours may also serve as a ground truth by which to evaluate the 

performance of image registration. An application of non-linear image registration in 

radiotherapy is to automate mapping of manual contours from one image to another. By 

comparing the automa

 image a spatial distribution of distance to agreement (DTA) can be calculated. This 

can be performed in 2D or 3D, although the later approach is preferred to account for 3D 

motion that occurs in a 3D registration. It is also possible to calculate an area or volume 

overlap between the manual and auto-mapped contours. For a 3D calculation of DTA a 

3D triangulated surface is determined from the 2D contours, where the size of the 

triangles influences the accuracy of the DTA calculation. Authors have differed in their 

approach to calculating the DTA between the surfaces; either as radial projections from 

the COM of one of the structures or along the surface normals of the triangles. The DTA 

can be analyzed as a 2D polar map81,68 or a colormap superimposed on the organ 
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surface36. A possible drawback of the radial DTA approach is that it may give multiple 

values for DTA along a single rayline (see Figure 2). 

 
 
 
 
 
 

 

 
 
 
 
 
 
 

(a) (b) 

ent between two contours by (a) radial 

 the  radial distance approach in (a) is 

 
Figure 2. Calculation of distance 

istance and (b) normal distan

to agreem

ce. A drawback of

at it can return multiple intersection points along a particular rayline. 

 nonlinear image 

gistration. Rigid motion phantoms  are obviously limited in their ability to produce 

defor

d

th

 
It is difficult to quantify image registration accuracy on patient data where image 

artifacts can occur. For this reason both rigid and deformable phantoms, where the 

geometry is exactly known, have been developed for validation of
39re

mations. A deformable phantom consisting of a silicon block with an embedded 

matrix of Teflon beads was developed for validation of FEM models82.  Different loads 

were applied by a compression plate and measurable deformations of the beads compared 

to displacements from FEA. Lu et al.83 designed a balloon phantom embedded in a gel 

matrix which was inflated by insertion of a heavy oil. About 300 plastic beads implanted 

around the balloon were used for verification of the registration. The achievable 

deformation was around 1 mm. The development of anthropomorphic deformable 

phantoms for validation of image registration has thus far been limited. Kashani et al.84 

used a rigid diagnostic thoracic phantom filled with compressible foam in which tumor-

simulating inserts of varying sizes and composition were embedded. Deformations were 
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achieved by compression of the foam with a diaphragm plate. No investigation of 

registration accuracy was performed.  

Mathematical breathing phantoms, such as the Nurbs-based Cardiac-Torso (NCAT) 

phantom85,86, can be used to generate artifact-free 4D CT images. The software uses non-

uniform rational B-splines (NURBS) to model the heart, spleen, stomach, kidneys, spine, 

liver,

g the spatial transformation which 

aps a source image as closely as possible to a target image. Registration algorithms are 

as rigid or non-linear, depending on whether the transformation is 

globa

 lungs, diaphragm and ribs. Motion of these organs is modeled by applying time-

dependent translations to the control points defining the NURBS surface of each organ. 

NCAT models only anterior/posterior and inferior/superior respiratory-induced motion. 

3D CT images of the phantom can be obtained at any intermediate phase of the breathing 

cycle at a resolution specified by the user by ray-tracing through the phantom at a given 

slice spacing. The phantom dimensions and breathing characteristics are adjustable 

through a series of parameters specified in an input file. Guerrero et al.87 used the 

displacement vectors defined for each control point to validate deformation vectors 

predicted by a thoracic non-linear image registration. 

 

4.8    SUMMARY 

Image registration is the process of determinin

m

generally classified 

lly or locally defined. Non-rigid, or non-linear, registration algorithms are capable 

of recovering complex localized deformations. A non-linear registration method requires 

a similarity metric, optimization method and transformation model. Many different 

transformation models have been developed and they differ in terms of computational 

complexity, physical constraints and underlying approximations. Validation of non-linear 

registration can be performed qualitatively or quantitatively based on intrinsic image 

features. Because images may contain artifacts which affect determination of registration 

accuracy, validation may be best performed using anthropomorphic phantoms which 

undergo physically realistic deformations. 
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Chapter 5: 
 

 

A direct voxel tracking method for 4-
dimensional Monte Carlo dose calculations 

in deforming anatomy 
 
 

5.1    INTRODUCTION 

In this chapter we discuss the limitations of current 4D Monte Carlo dose 

calculation methods and present an alternative algorithm based on the 

EGSnrc/DOSXYZNRCNRC Monte Carlo dose calculation code. In this method, the 

same dose calculation grid is used for estimation of the dose received at each breathing 

phase. The dose calculation grid is deformed using the deformation vectors obtained from 

non-linear image registration. A procedure for validation of this 4D dose calculation 

method in simple deforming phantoms is presented. 

The study presented in this chapter was previously published as the following paper 

“A direct voxel tracking method for four-dimensional Monte Carlo dose calculations in 

deforming anatomy” E. Heath and J. Seuntjens, Med. Phys. 33 434-445 (2006). 

 

5.2    LIMITATIONS OF CURRENT DOSE WARPING METHODS 

Deformable dose calculation methods attempt to account for breathing motion 

effects by explicitly calculating the dose distribution received at intermediate phases of 

motion. For example, in the case of a lung treatment, 10 phases within the breathing cycle 

might be sampled. In order to determine the contribution of dose accumulated at these 

different geometries to the overall dose it is necessary to re-map the dose at each phase to 

a reference anatomy. To do this the correspondence between voxels at intermediate phase 

and the reference phase must be determined. Non-linear image registration algorithms 

produce a three-dimensional map of deformation vectors which describe the 

transformation required to map a source image to a target anatomy. Dose re-mapping 

methods using non-linear image registration have been reported in the literature, the 
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simplest approach being the center-of-mass (COM) remapping method which assumes a 

one-to-one correspondence between undeformed voxels at different phases. The 

deformation vectors are used to determine the new reference voxel indices to which the 

dose is translated1,2. However, the effect of applying these deformation vectors is to 

deform the voxels of the source image and, in the case of large deformations, the re-

mapped, undeformed reference voxels do not necessarily exactly overlap the voxels of 

the dose grid at the phase from which the dose is to be remapped (see Figure 1). In such a 

situation it is incorrect to assume that the dose contribution to voxel (i,j,k) of the 

reference grid arises solely from the voxel (i’,j’,k’) of the dose grid at phase T which 

contains the remapped dose point. Such deformations may occur in the thorax where the 

lung volume has been measured to change by 20% with normal respiration3.  

Such changes in volume imply that a one- to-one correspondence between the 

voxels in images at different respiratory phases does not necessarily exist. A more 

accurate estimate of the remapped dose can be obtained by tri-linear interpolation of dose 

from voxels in the vicinity of  the  transformed centre of mass of the reference voxel4,5. 

Rosu et al.6 suggested refining this tri-linear interpolation method by sub-dividing voxels 

to improve the resolution of re-mapped dose points.  

 

  

Reference grid Dose grid at phase T 
 

Figure 1:  Illustration of possible voxel deformations which occur when remapping dose 

to a reference phase. Using deformation vectors relating the reference anatomy to the 

anatomy at phase T the center of mass of voxel (i,j,k) of the reference phase is mapped 

to voxel (i’,j’,k’) at phase T. Assuming a one-to-one voxel correspondence only the dose 

in voxel (i’,j’,k’) at T will contribute to the dose in voxel (i,j,k) at the reference phase. 
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Any form of dose interpolation provides only an approximation of the remapped 

dose and the accuracy of such methods in regions of large dose gradients remains 

uncertain. Furthermore, these methods ignore the changes in voxel density which must 

occur as voxels are deformed if mass is conserved and, as different dose grids are used at 

each phase, preservation of tissue type on a voxel-by-voxel basis is also neglected. 

Therefore the accuracy of these techniques in regions of large deformations may also be 

limited.  

 
5.3    MATERIALS AND METHODS 

5.3.1 Proposed 4D Monte Carlo dose calculation method 

The accuracy of 4D dose calculation methods could be improved if the dose 

distribution obtained on a phase of interest could be exactly remapped back to the 

reference phase. There are two possible approaches to this. The first would be to calculate 

a deposited energy per voxel on the phase of interest and then remap this to the reference 

grid, dividing by the mass of the reference voxels to obtain the remapped dose 

distribution. However, in order to accurately calculate the contributions of remapped dose 

to the reference grid the fractional overlap of the deformed voxels on the reference grid 

must be known. Methods for determining the volume overlap of non-rectangular voxels 

on a rectangular grid are very computationally expensive and may not be practical.  

A second method would be to retain the same reference dose grid for calculation of 

the dose at the phase of interest but to deform these voxels to match the anatomy at 

different phases of the respiratory cycle. The voxel deformations would be obtained from 

deformation vectors resulting from non-linear image registration of the anatomy at 

inhalation to the exhalation (reference) phase. In this method energy deposition and 

hence, the dose distribution is exactly remapped to the reference phase. As voxel 

densities are adjusted as they deform, the total energy deposited in the phantom at a given 

phase is therefore inherently conserved when remapped to the reference phase.  

We chose to implement a 4D Monte Carlo dose calculation algorithm based on this 

second approach. For this purpose we modified the EGSnrc/DOSXYZNRCnrc7 Monte 

Carlo user code to perform particle transport in deforming voxels. 
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5.3.2 EGSnrc Monte Carlo code 

The Electron Gamma Shower (EGS)8 Monte Carlo code was initially developed at 

the Stanford Linear Accelerator for simulation of the interactions of high energy 

electrons. The code was later modified for applications to Medical Physics with the 

inclusion of low energy physics, simulation of photon interactions and improved 

transport and boundary crossing algorithms9-12. Based on this updated EGSnrc code, the 

BEAMnrc code13 was subsequently developed for simulation of radiation beams 

produced in medical linear accelerators.  

 
 
 
 
 
 
 
 
 

 

 

 

 

 

 

 

 

Figure 2: Structure of the EGSnrc Monte Carlo code [adapted from reference 11]. 

 
The EGSnrc code is written in MORTRAN which is a FORTRAN pre-processor 

code. The code structure, shown in Figure 2, is designed for easy modification by the 

user. The particle transport subroutines are contained within the main EGS code while the 

simulation geometry and quantities to be scored are specified by the user in the 

HOWNEAR, HOWFAR and AUSGAB subroutines in a separate user code. These user 

codes also interact with the HATCH and SHOWER subroutines of the EGS code which 

define properties of all materials in the simulation geometry and initialize particles for 
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transport, respectively. The latter can obtain particles from a built-in source type (i.e., 

isotropic point source, rectangular uniform source) or from a phase space file which 

contains the charge, energy, location and trajectory of particles generated from a 

BEAMnrc simulation of the treatment unit. The HOWFAR and HOWNEAR geometry 

checking routines14 are used to determine if a particle will cross a subregion boundary on 

a particle transport step. Specifically, the HOWFAR subroutine calculates the distance to 

the nearest boundary along the current particle’s trajectory while the HOWNEAR 

subroutine calculates the nearest perpendicular distance. The HOWFAR subroutine is 

used by the photon transport subroutine. The HOWNEAR subroutine is used by the 

PRESTA-I (Parameter Reduced Electron Step Transport Algorithm) electron transport 

algorithm but if the EXACT boundary crossing algorithm is used then at a specified 

distance to a region boundary the electron transport switches to single scattering mode 

and the HOWFAR subroutine is used to find the distance to the boundary. 

The DOSXYZNRCnrc7 Monte Carlo dose calculation code is an EGSnrc user code 

which simulates the transport of particles and scores their dose deposition in a Cartesian 

geometry. For calculation of dose deposition in a patient, a voxelized representation of 

the patient’s geometry must be specified in an input egsphant file containing the 

dimensions, material and density of each voxel. This file is generated from patient CT 

images and a CT-to-electron density calibration curve. Material specification tables with 

known ranges of electron density ranges for different patient tissues are used to assign a 

material type to each voxel. The boundary checking process in DOSXYZNRCnrc is as 

follows. The HOWFAR subroutine is called for the current particle which is about to be 

transported by a distance USTEP, the straight line distance to the next interaction. The 

current voxel coordinates of a particle are determined based on its region number. The 

distance from the particle’s current position to each of the 6 voxel faces is calculated. The 

minimum distance is then compared to USTEP to determine if the particle is to be 

transported to a new voxel or if it undergoes an interaction within the current voxel. 

 

5.3.3 defDOSXYZNRC code 

The EGSnrc/DOSXYZnrc7,12 (NRCC, Ottawa) user code was modified to perform 

particle transport in deformed voxels as summarized in Figure 3(a).  During initialization 
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of a simulation, the deformation vectors are read in and the volume of each deformed 

voxel is calculated by subdividing each voxel into 6 pyramids and calculating each sub-

volume. Voxel densities obtained from the reference CT image are then modified to 

preserve the total voxel mass. These modified densities are used by the particle transport 

routines of EGSnrc. The geometry checking subroutines, HOWFAR and HOWNEAR, 

were modified to calculate distance from the current particle position to the nearest 

boundary in non-rectangular voxels. Voxel faces are sub-divided into 2 planes which are 

each defined by 3 nodes (see Figure 3(b)) as deformations may cause 4 nodes defining a 

voxel face to become non-coplanar. Based on the deformed nodes of the current voxel the 

distance either along the current trajectory (HOWFAR) or along a normal vector to plane 

(HOWNEAR) is calculated for all 12 planes. Planes to which the particle runs parallel to 

or away from are neglected.  

 

 

 
(a) 

 
(b) 

 

Figure 3: (a) Summary of modifications made to DOSXYZNRCnrc code. Nomenclature 

refers to the names of various subroutines in EGSnrc. (b) Plane definitions for deformed 

voxels. 
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Because the calculation of distance to a plane assumes infinite extent, it is necessary 

to test if the intersection point lies within the plane bounded by the three nodes. This was 

determined by comparing, at each node of the plane, the cross-product of the vectors 

formed by the intersection point and the adjacent node to the normal vector for the plane. 

If the intersection point is outside the plane bounded by the three nodes then the cross-

product and normal vector will be at 180° with respect to each other for one of the plane 

nodes (see Figure 4). As this method involves only multiplication, it is fairly 

computationally efficient.  

 
A

intersection 
point 

A-INTV
r A-BV

r

B

C

 
 
 
 
 
 
 
 
 
 
 
Figure 4. Method of testing if an intersection point lies on the plane bounded by points 
A,B,C. When testing node A, the cross-product formed the vectors X 

r
is into 

the page, while the normal vector of the plane is out of the page. 
A-BV
r

A-INTV

 
 

From the true intersection points the minimum distance and corresponding plane 

number are determined. This is compared with the distance to the nearest interaction 

(USTEP) proposed by EGSnrc and in the case that the distance to the nearest plane is 

smaller, the new region number to which the particle is transported is determined based 

on the plane it intersects. Upon completion of a simulation, the energy deposited in each 

voxel is then divided by mass of the voxel to obtain the cumulative reference dose.  

To initially determine the region number there must be a layer of undeformed 

voxels around the phantom through which particles pass. Therefore an additional shell of 

voxels is added to the phantom and the corresponding null vectors must be added to the 

deformation vectors matrix. 

Automated accumulation of the dose received at multiple anatomical states is 

possible by randomly sampling the deformation vectors during the simulation from a 
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table 

ation 

Calculations with the new defDOSXYZNRC code were initially tested with no 

nst calculations using DOSXYZNRCnrc. In the absence of deformation 

vecto

 whose internal or external boundaries were 

defor

describing fractional displacements as a function of breathing phase (indicated as 

$egsinp.breathe in Figure 3). As updating the geometry on each incident history can be 

time consuming the sampling can be implemented on a batch-by-batch basis where a 

number of histories are run for each geometry. Such a batch by batch vector-resampling 

may, at a later stage, also provide options for statistically optimizing the simulation as not 

all phases in the breathing cycle equally contribute to dose in the outlined volumes. 

However, enough samples to sufficiently reconstruct the breathing curve must be 

obtained. A measured breathing curve or an analytical model15 is required for sampling 

the deformations. This approach assumes that intermediate displacements can be linearly 

and uniformly interpolated from the exhale-to-inhale displacements. This is not 

necessarily accurate, especially when hysteresis exists. A better method would be to 

parameterize the displacement vectors as a function of phase, as proposed by McClelland 

et al.16. However, their method was based on a B-spline algorithm which had a relatively 

sparse grid of control points (17x17 per slice) compared to our case where deformation 

vectors are estimated at a resolution equal to the dose grid resolution (typically128x128 

per slice). 

 

5.3.4 Valid

deformations agai

rs the two dose calculations are expected to be identical to within the stochastic 

uncertainty of the Monte Carlo calculation. 

The voxel deformation method was tested by comparing calculations in a static 

phantom with a second deforming phantom

med to match those of the static phantom. In the first test the deforming phantom 

consisted of two voxels whose inner boundary was deformed (see Figure 5 (a) and (b)). 

The dose in each voxel of both the static and deforming phantoms was calculated for a 

1x1 cm2 parallel beam of 6 MeV photons incident in the +z direction. In the second test a 

6x6x6 cm3 tissue phantom consisting of 1x1x1 cm3 voxels was deformed to 6x6x3 cm3 

along the direction  of the beam axis (see Figure 5 (c) and (d)). Dose profiles were 

calculated for a 2x2 cm2 parallel beam of 2 MeV photons incident in the +z direction. The 
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dose profiles were compared with profiles in a static phantom with the same dimensions 

as the deformed phantom. In both cases the initial density of the voxels of the deforming 

phantom was chosen so that the density of the deformed voxels would match the density 

of the corresponding voxels in the static phantom. 

 
 

ρ = 0.7 g/cm3 

ρ = 2 g/cm3 

ρ = 1 g/cm3 

(a) (b) 

z 

 

 

ρ = 1 g/cm3 

ρ = 0.5 g/cm3 

(c) (d) 
 
Figure 5: Geometry of deformation phantoms used for consistency check: (a) Test : static 

hantom (b) Test 1: deforming phantom with changing internal boundaries only (c) Test 2: 

ethod used to test the internal consistency of the deforming voxel 

technique was to regenerate primary photons upon each interaction. The Fano theorem17 

states that under conditions of charged particle equilibrium the electron fluence is 

 1

p

static phantom (d) Test 2: deforming phantom where dimension along beam axis is 

compressed from 6 cm to 3 cm. The density of the deformed phantoms matches that of the 

static phantoms. 

 
 

Another m
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indep

      
 

Figure 6. Phantom for testing internal consistency of voxel deformation technique. 

endent of density variations. Therefore, if the primary photon fluence is constant, 

the deformations should have no effect on the dose in a phantom regardless of the 

deformation of any boundaries. The AUSGAB scoring subroutine was modified to 

discard scattered photons after interactions, regenerate the original photon and place it on 

the transport stack.  Scattered electrons are also transported. The net result of all this is to 

create an equilibrium electron fluence throughout the deforming structure. Dose 

calculations were performed on a 5.5x5.5x16 cm3 water phantom consisting of 

0.5x0.5x0.5 cm3. The phantom is surrounded by air. Only a column of 3x3 voxels 

centered on the beam axis undergo deformations. Each of the first 4 layers of voxels 

expand to 1 cm along the z direction, the next 6 layers are compressed to 0.375 cm and 

the next 4 layers are compressed to 0.25 cm along the z direction (see Figure 6). The 

outer phantom dimensions remain unchanged. Dose profiles in the deformed phantom 

were calculated with and without photon regeneration for a 4x4 cm2 pencil beam of 2 

MeV photons incident along the +z direction. 

1.5 cm 
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5.4    RESULTS 

5.4.1 Comparison with DOSXYZNRCnrc 

A comparison of dose profiles calculated with DOSXYZNRCnrc and 

defDOSXYZNRC, with zero deformation vectors, is shown in Figure 7. Both 

calculations were performed with identical transport parameters. To simulate 100 million 

histories, the DOSXYZNRCnrc calculation required 4.1 hrs on a 1.7 GHz Pentium M 

processor. The defDOSXYZNRC calculation time was approximately 4 times longer. 

The average statistical uncertainty on the dose profiles shown in Figure 7 is 1%. The two 

calculations agree within 1%, on average, indicating that the modifications to 

DOSXYZNRCnrc have not introduced any statistically significant errors in particle 

transport in absence of deformations.  

 

(a) (b) 

Figure 7: Comparison of defDOSXYZ (without deformations) and DOSXYZnrc 

calculations in water phantom with 6 MV 10x10 cm2 phase space (100 million histories) 

for (a) depth dose profiles at x=0 y=0 and (b) lateral profile at depth=5 cm. 

 

5.4.2 Validation in simple deforming phantoms 

5.4.2.1 Phantom with internal boundary deformations 

The ratio of the dose in each voxel of the deforming phantom (shown in Figure 5 

(a) and (b)), before and after deformations are applied, to the dose in corresponding voxel 

f the static phantom is reported in Table 1. Before the internal boundary deformations 

are applied the dose in the deformed phantom is lower than that of the static phantom due 

to differences in voxel density and dimensions. When deformations are applied to match 

o
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the deformed phantom boundaries to the static phantom the defDOSXYZNRC code 

reproduces the dose in the static phantom to within 1%. 

 

Table 1: Ratio of dose in deformed phantom to static phantom (internal deformations) 

Phantom Dose ratio in Voxel 1 Dose ratio in Voxel 2 

before deformation 0.87 ± 0.01 0.096 ± 0.002 

after deformation 1.00 ± 0.01 0.992 ± 0.006 

 

ncertainty of 

e dose points is 1%. The defDOSXYZNRC calculation with deformations exactly 

 calculated with DOSXYZNRCnrc. 

ed to be accurate to 

withi

5.4.2.2 Phantom with external boundary deformations 

Dose profiles calculated in the phantom with external boundary deformations with 

and without deformations are shown in Figure 8.  The average statistical u

th

reproduces the dose in the static phantom as

Therefore dose calculations within deforming phantoms were deem

n 1%. 

 

Figure 8. Comparison of central axis depth dose profiles in def c phantoms 

r a 2x2 cm2 incident beam of 2 MeV photons (10 M histories). “Deformed” refers to 

efore deformations are applied. 

“Rem

ormed and stati

fo

DOSXYZnrc calculations in the deforming phantom b

apped deformed” refers to the defDOSXYZ calculation in the deforming phantom 

where deformations which map external boundaries to those of static phantom have been 

applied.  
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5.4.3 Internal consistency check using photon regeneration 

A comparison of dose profile calculations in a phantom with internal deforming 

boundaries, with and without photon regeneration, is shown in Figure 9. A 4x4 cm2 

pencil beam of 2 MeV photons was incident on the phantom from the +z direction. With  

 

(a)                             (b) 
 

Figure 9: (a) Depth dose profiles calculated with defDOSXYZ in deforming phantom 

with and without photon regeneration. (b) Geometry of deforming phantom in which a 

central column of voxels are alternately expanded and compressed. 

 

photon regeneration the effects of the deformations are not apparent, therefore we have  

confi

sing the voxel deformation dose calculation method mass is conserved during the 

deformation process. Therefore we are calculating energy deposition in a conserved 

amount of tissue or material. In contrast to current dose remapping methods, the 

deformable dose calculation method provides a natural and accurate way to construct 

dose mass histograms18 and the use of the latter concept for plan evaluation of time 

dependent treatment planning dose calculations should be investigated. 

The current implementation assumes that a continuous deformation field can be 

obtained from non-linear registration. The continuity of voxel deformations is required to 

dence that particle transport is correctly performed with the deforming boundaries. 

 

5.5    DISCUSSION 

U
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determine the new region number when particles are transported across a deformed voxel 

boundary. However in the thorax it is known that the chest wall remains relatively 

stationary while the lungs slide along a thin membrane. Therefore modifications may be 

required to allow voxel faces which are shared by two voxels to be dislocated in such 

discontinuous regions.  

A drawback of the current implementation of defDOSXYZ is the increased 

calculation time compared to the DOSXYZnrc code, approximately 4 times longer for the 

phantom geometries used in this validation study. This increase in calculation time is 

attributed to two main r ns: (1) a doubling of the ining a voxel 

us doubling the number of distance to plane calculations to be performed on each 

ld be implemented. 

urthermore, by using knowledge of the previous plane that was crossed when entering 

. 

, 

can also be used to reduce defDOSXYZ simulation times. 

5.6    

ethods is 

requir

easo  number of planes def

th

particle transport step; and (2) additional coding to test particle-plane intersection points. 

There a number of ways to reduce the calculation time. For example, a more efficient 

coding which reduces the number of calculation steps cou

F

the current voxel, the number of distance to plane calculations could be reduced

Variance reduction methods19, which increase the efficiency of Monte Carlo simulations

 

SUMMARY 

In this chapter we presented the development of an in principle exact method for the 

calculation of dose in deforming anatomy where incident particle trajectories and dose 

deposition are tracked in deforming voxels. The modified version of DOSXYZnrc, 

termed defDOSXYZ, was validated and calculations were found to be accurate to within 

1% of the local dose. A comparison with conventional dose remapping m

ed to determine what clinical impact the approximations introduced by these 4D 

dose calculation methods may have on determination of the cumulative dose.  
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Chapter 6: 
 
 
Quantification of accuracy of the Automated 
Nonlinear Image Matching and Anatomical 
Labeling (ANIMAL) non-linear registration 

algorithm for 4D CT images of lung 
 

 
6.1    INTRODUCTION 

In this chapter the ANIMAL non-linear image registration algorithm and its 

application to registration of 4D CT thoracic images for 4D Monte Carlo dose 

calculations is described. First, the features of the ANIMAL code and the various 

registration parameters which control the recoverable deformation field are presented. 

The concept of deformation vector discontinuities is then introduced and modifications to 

the ANIMAL code which minimize the incidence of these discontinuities are described.  

A procedure for patient-specific optimization of registration parameters is described 

as well as three methods for evaluation of registration accuracy. A study of optimized 

registration parameters and the resulting accuracy for 5 lung patients is presented.  

Finally, the issue of a further investigation of the use of tissue-dependent 

deformation stiffness factors is presented in an effort to obtain physically realistic 

deformations from non-linear image registration. 

Some aspects of the work presented in this chapter was previously published as the 

following paper “Quantification of accuracy of the automated nonlinear image matching 

and anatomical labeling (ANIMAL) nonlinear registration algorithm for 4D CT images 

of lung” E. Heath, D.L. Collins, P.J. Keall, L. Dong and J. Seuntjens, Med. Phys. 34 

4409-4421 (2007). 
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6.2    ANIMAL NON-LINEAR IMAGE REGISTRATION ALGORITHM 

6.2.1 Previous work with ANIMAL 

The ANIMAL (Automated Nonlinear Image Matching and Anatomical labeling) 

non-linear registration algorithm was developed by Collins et al.1,2,3 for automated 

segmentation of 3D MR images of brain by registration of a subject brain to a labeled 

stereotaxic atlas. With this method, previously labeled structures on the atlas can be 

transferred to the subject brain. The recovered deformation fields can also be used to 

quantify anatomic variability among the subjects to be registered. Registration of a 

subject (source) brain to a model (target) brain was iteratively refined using a 

multiresolution method where the image blurring and deformation grid size were reduced 

after each registration step.  

In an initial study2 the accuracy of non-linear registration was evaluated by 

comparing automated and manual segmentations of structures in a simple ellipsoid brain 

phantom, a more complex digital brain phantom and 11 normal volunteers. In the first 

two studies the phantom images were deformed by a known thin-plate spline warp. The 

percentage volume difference as well as volume overlap of the true and segmented 

structures was evaluated. For the simple brain phantom a structure overlap of better than 

99% was achieved. This was reduced to 97% for the digital brain phantom and 87% for 

the human MRI data. A further study3 evaluated the registration accuracy by comparing a 

recovered transformation to a known deformation for a human brain image. An rms error 

of 2 mm was reported for recovery of deformation of up to 19.7 mm.  

 

6.2.2 Characteristics of ANIMAL registration algorithm 

The ANIMAL code recovers a 3D mesh of deformation vectors which match as 

closely as possible a source image S to a target image T. Displacements d at each node of 

the deformation lattice are determined independently using 3D simplex optimization4 

which minimizes an objective function  (Equation 1a) consisting of an image 

similarity function 

s t( , ; )S I I N

( s t, ; , )R I I xrN  and a cost function ( ),C xrN  (Equation 1b). A number 

of voxel intensity-based similarity functions are available within the ANIMAL code 

including: image difference; sum of squared image difference; normalized cross-

correlation; and the correlation coefficient. It is also possible to use image intensity 
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gradient data as an additional feature volume with the cross-correlation similarity 

function. The relative importance of the cross-correlation of gradient images in the 

overall objective function is determined by a weighting factor which is greater than 1. In 

this work we used the correlation coefficient of image intensities (Equation 1c) as a 

similarity function: 
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In these equations N is the non-linear transformation between the source and target 

images and xr  represents the n nodes of the deformation lattice L. The behavior of the 

cost function , an empirically determined function, is very flat until the 

displacement d approaches dmax, the 3D spacing of the undeformed deformation lattice 

nodes. Therefore only deformations approaching dmax are penalized. The constant factor 

of 0.2 in equation 1(c) was chosen by trial and error to avoid over-penalizing small 

deformations1. The image similarity function 

( ,C xrN )

s t( , ; , )R I I xrN

s ( )

 is based on maximizing the 

correlation coefficient of the source image intensities I v  and the corresponding target 

image intensities (t )( )I vN  over n samples in a local sublattice of elements xv V∈ r in the 

vicinity of each node xr . The relative importance of image similarity versus the extent to 

which large deformations are constrained is determined by the similarity-cost ratio α as 

shown in Equation 1(a). 
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6.2.3 Registration parameters 

The ANIMAL code is highly flexible due to the large number of registration 

parameters that can be varied including: deformation lattice spacing, lattice diameter 

(LatDia), sublattice (SubLat), iteration weight (IW), and smoothing weight (SW).  

The deformation lattice spacing defines not only the resolution of the recovered 

deformable field but also the radius of the 3D simplex, therefore limiting the amount of 

deformation that can be recovered on a single iteration of the registration optimization. 

The user-specified lattice spacing is super-sampled by a factor of two prior to estimation 

of deformations. The lattice diameter and sublattice parameters are related to the 

evaluation of the image similarity as illustrated in Figure 1. The lattice diameter defines 

 

Figure1: Illustration of deformation lattice with lattice spacing d superimposed on target 

and source images. Lattice nodes are represented by filled circles. Image similarity is 

evaluated over a region defined by the lattice diameter (LatDia) in the vicinity of a 

deformed lattice node. The sublattice defines the number of samples used within this 

region, measured as the number of samples across the region diameter. 

d

LatDia

 source image target image 

 
the region in the vicinity of each lattice node over which the image similarity is 

evaluated. Generally it should be large enough to cover residual motion between the 

source and target image. The sublattice parameter defines the number of nodes within the 

lattice diameter at which image similarity is measured, (i.e., sublattice = 3 specifies that 
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image similarity is measured on a 3x3x3 grid) and should be chosen such that the node 

spacing is greater than or equal to the image resolution. 

The smoothness of the recovered deformation map is controlled by the iteration and 

smoothing weight parameters. The iteration weight (IW) determines the fraction of the 

deformation estimated on the current iteration that is added to the sum of previously 

estimated deformations. A lower IW can result in a smoother estimate of the deformation 

field but requires more iterations and may result in an incomplete recovery of the 

deformation field. The smoothing weight (SW) is a global regularization factor which 

controls the smoothness of the recovered deformation field by specifying the relative 

fraction of the deformation which is averaged with its 26 local neighbors: 

( ) ( ) ( )i i (1 )d x SWd x SW d x= + −
r rr r

i
r               ,                             (2) 

where ( )id xr  denotes the average deformations in the neighborhood of node ixr  (i.e., 26 

nodes). An SW of 1.0 means that the deformation at a given node is the average of its 

neighbours while a weight of 0.0 specifies no smoothing (see Equation 2) 

Two implementations of deformation vector smoothing are possible: global and 

local smoothing. In the global smoothing method, after addition of the current estimation 

of the remaining deformation, smoothing is applied to the sum of currently estimated 

vectors on each iteration of the registration process. This smoothing strategy emulates the 

properties of a linear-elastic medium. In contrast, when using the local smoothing method 

only the current estimate is smoothed. No smoothing is applied after addition of the 

current to the previous summed estimate of the deformation field. This method models 

the image as a visco-elastic medium since it is possible to recover larger deformations. In 

this work we used the global smoothing implementation as it results in a more continuous 

deformation field. 

 

6.3    METHODS AND MATERIALS 

6.3.1 Deformation vector discontinuities 

To our knowledge, the ANIMAL algorithm has not yet been applied to the 

registration of 4D CT lung images. There are a few features of this type of registration 

which require consideration. First, we wish to obtain deformation vector fields for input 
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to the defDOSXYZ 4D Monte Carlo code. Therefore, we require deformation vectors to 

be defined for each voxel of the dose calculation grid which relate the position of this 

reference voxel to its position at the target phase. Secondly, large deformations of up to 2 

to 3 cm are expected when registering between extreme breathing phases. The magnitude 

of the recoverable deformations is limited by the deformation lattice spacing in 

ANIMAL. Given the relative scale of the anatomical deformations compared to a typical 

dose grid spacing (e.g., 5 mm or less) a multi-resolution registration method will be 

necessary. Finally, for accurate particle transport with defDOSXYZ through the 

deformed reference geometry, the deformation vectors must preserve the topology of the 

anatomy. This requires that the ordering of voxel nodes should be respected which 

implies that the deformation field is continuous. An example of discontinuous 

deformation vectors applied to a dose voxel is shown in Figure 2. If the applied 

deformation vectors cause the node ordering for a particular voxel to be inconsistent the 

opposing planes of the resulting deformed voxel can intersect causing the voxel to be 

“collapsed”. This causes errors for the 4D dose calculation because the volume element 

in which energy deposition is scored becomes ill-defined. 

Discontinuities or “tearing” within the deformation field can occur as a result of 

physical reasons such as discontinuous motion between different tissues, as may occur at 

the chest wall/lung boundary or between the lobes of the lung. In this case discontinuities 

in the deformation field are unavoidable if we wish to correctly model the tissue motion. 

Discontinuities can also be caused by inconsistencies in the source and target image 

features caused by anatomy which is present in one image but not in the other or caused 

by image artifacts. Thirdly, discontinuities can occur as a result of the registration process 

within ANIMAL. Since deformations are estimated at each node independently, it is 

possible for neighboring deformation vectors to overlap. It is these erroneously 

introduced discontinuities which we wish to minimize. 
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(a) Example of deformation vectors (represented by arrows) applied to reference voxel 

(in black) where voxel node ordering is not maintained. The deformed voxel (in red) is 

turned inside out.  

 
(b) Example of “collapsed” voxel. The front plane intersects the back plane of the voxel 

(intersection point shown as blue dot). 

 

Figure 2. Creation of a “collapsed” voxel due to application of discontinuous deformation 

vectors. 

 

6.3.2 Modifications to regularize deformation vector discontinuities 

Deformation vector discontinuities can be minimized by increasing the smoothing 

weight parameter (SW). However, as this is a global regularization parameter the 
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registration accuracy at all points in the image may be penalized. Another option is to 

explicitly test and correct for discontinuities in the estimated deformation field during the 

optimization process. The ANIMAL code was modified so that after each iteration of the 

registration process the determinant of the Jacobian matrix of the non-linear 

transformation N(x) in the local neighbourhood of each node is calculated, as shown in 

Equation 3.  
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where ux,uy and uz are the components of the displacement vectors u  comprising the non-

linear transformation at node

r

xr ,  N( xr )= xr +ur . 

  
The determinant of the Jacobian matrix provides an estimate of the local volume change. 

A negative value indicates a discontinuity5,6 at that node. In the modified ANIMAL code 

the deformations at nodes which are identified as discontinuous are replaced by an 

average of the deformations of the 26 local neighbors. 

Any discontinuities which remain after the optimization process are removed by 

local or global smoothing of the deformation vectors with a Gaussian kernel. The kernel 

full-width half maximum (FWHM) was chosen as a multiple of the image resolution 

(usually 2 to 4) which, when applied to the deformation vectors, removed all remaining 

discontinuities. 

 

6.3.3 Registration process and optimization of registration parameters 

The image data to be registered consisted of 4D CT images of the thorax acquired at 

the MD Anderson Cancer Centre using the axial mode of a PET-CT scanner (Discovery 

ST, GE Medical Systems, Milwaukee, WI)7. Scans were retrospectively sorted into ten 

breathing phases with an image resolution of 0.98 mm and slice thickness of 2.5 mm. 

Details on patient GTV motion, tumor location, source and target phases are summarized 
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in Table 1. The exhale or inhale phases were selected as reference phase. As these 

extreme phases represent the largest displacements to be recovered, registration between 

these phases represents the most stringent test of registration accuracy. Therefore the 

registration was performed between the inhale and exhale phases except for Patients 1 

and 3 where registration was also performed between the reference and intermediate 

phases. The patient anatomy was masked on the target and source images to exclude the 

CT couch and other objects around the patient from the registration.  

 

Table 1: Characteristics of tumor motion for 4D CT patients 

Patient # GTV size 

(cm3) 

GTV 

location 

Max GTV 

motion* (cm) 

Source 

phase 

Target 

phase 

1 5.2 upper L lobe 1.2 Inhale Exhale 

2 1.4 mediastinum 1.1 Exhale Inhale 

3 5.2 mid R lobe 2.1 Exhale Inhale 

4 106.4 lower R lobe 0.9 Inhale Exhale 

5 17.0 upper L lobe 1.6 Exhale Inhale 

*measured as change in centre of mass of GTV between exhale and inhale 

 

As the deformation lattice spacing controls the maximum amount of recoverable 

deformation on each step size, rather than determining the deformation field at a single 

resolution it is more computationally efficient to use a multiresolution approach to the 

registration. A multiresolution registration consists of performing the registration on 

blurred images to recover the gross features of the deformation field, followed by 

registration at increasing resolution to recover more localized details of the deformations. 

Such an approach minimizes the number of iterations required to recover a  

given scale of deformation and also results in a smaller chance of getting caught in local 

minima in objective function or creating discontinuities within the deformation field8.  

The multiresolution registration process was initiated with a deformation lattice 

spacing of 16 times the image resolution. For each subsequent iteration, the deformation 

lattice spacing was decreased by a factor of two, using the transformation recovered on 

the previous step as a starting estimate. The images are blurred using a Gaussian kernel 
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with a FWHM equal to the deformation lattice spacing. This effectively downsamples the 

image resolution so that the features are on the same scale as the resolution at which 

vectors are estimated. The use of a Gaussian kernel for such purposes is desirable as it is 

isotropic and does not introduce any spurious details in the blurred images. During 

optimization of the registration the deformation vectors are “super-sampled” or estimated 

at a resolution twice that of the user specified deformation lattice spacing. Therefore the 

Nyquist criterion of sampling the deformation field at 2 times the underlying resolution is 

satisfied.  Four resolution steps were used for the registration, on the last step the 

registration is effectively performed on the original image resolution due to deformation 

lattice super-sampling. The image resolution was kept non-isotropic, as in the original 

images. 

The lattice diameter, sublattice, iteration and smoothing weights were determined for 

each registration step by systematically testing many possible combinations to see which 

resulted in a stable objective function with the lowest minimum. The process was 

automated by using a script which generates the command lines for running ANIMAL 

with variable parameter combinations. For the lattice diameter the search space consisted 

of values between 1x and 4x the deformation lattice spacing with steps of 0.5. Sublattice 

values between 5 and 10 were tested with steps of 1.0. The search process is summarized 

in Figure 2. First an initial estimate of the lattice diameter (LatDia) and sublattice 

(SubLat) is performed using an iteration weight (IW) of 1.0 and a smoothing weight 

(SW) of 0.5 for 5 iterations. Based on these optimized values the optimum iteration and 

smoothing weights are determined for 30 iterations. Using these values, the lattice 

diameter and sublattice are optimized again. If the values are not the same as initial 

estimate the parameter optimization is repeated until convergence is reached. 
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Step 1. Using IW=1.0 SW=0.5 for 5 iterations find LatDiainit 
and SubLatinit which minimize objective function. 

Step 2.Using LatDiainit and SubLatinit for 30 iterations find 
IWopt and SWopt which minimize objective function 

 
 
 
 

Step 3. Using IWopt and SWopt for 30 iterations find new 
LatDiaopt and SubLatopt 

 set LatDiainit = LatDiaopt 
and SubLatinit = SubLatopt 
and return to Step 2. 

 NOLatDiaopt = LatDiainit ? 
 Sublatopt = SubLatinit? 
 

YES 
 
 

registration is finished. 

 
Figure 2: Process for determination of optimum registration parameters IWopt, SWopt, 

LatDiaopt and SubLatopt. IW is the iteration weight, SW is the smoothing weight, LatDia 

is the lattice diameter and SubLat is the sublattice size. For the lattice diameter the search 

space consisted of values between 1x and 4x the deformation lattice spacing with steps of 

0.5. Sublattice values between 5 and 10 were tested with steps of 1.0. 

 
6.3.4 Analysis of registration accuracy 

The registration accuracy between the transformed and target images was evaluated 

after each resolution step of the registration process by 3 metrics: image cross-

correlation, distance-to-agreement (DTA) of manually identified landmarks and DTA of 

3D surfaces derived from contoured planning structures.  

 

6.3.4.1 Image correlation 

Image correlation was evaluated by first applying the recovered non-linear 

transformation to the source image and re-sampling the image intensities on the original 

voxel grid by tri-linear interpolation. The normalized cross-correlation of image 

intensities, between this transformed image and the target image, was calculated as per 

Equation 4: 

 128



Chapter 6    Quantification of accuracy of the ANIMAL non-linear registration algorithm 

                                            s t
2 2

s t

I Ixcorr
I I

= ∑

∑ ∑
  ,                                                     (4) 

where Is is the resampled transformed source image intensity and It is the target image 

intensity. Note that the cross-correlation was calculated for voxels inside the masked 

patient anatomy only. 

 

6.3.4.2 Landmark analysis 

Registration accuracy was also determined using manually identified homologous 

landmarks on the source and target images including vascular and bronchial bifurcations, 

fiducial markers, and bony anatomy. Examples of anatomical landmarks are shown in 

Figure 3. Typically 20-30 landmarks were identified for each patient image set which 

were well distributed throughout the patient volume. The displacement of these 

landmarks was compared to the estimated displacements at the same locations 

interpolated from the recovered deformation vectors. The differences between the actual 

and predicted displacements were compared along each direction as well as summed in 

 

  

(a) (b) 

Figure 3. Examples of landmarks (indicated by circles) used for registration accuracy 

analysis. 

 

quadrature as a 3D vector error. The accuracy with which homologous landmarks were 

identified was quantified by having three independent observers identify the 

corresponding landmarks on the target image for one patient. 
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6.3.4.3 3D DTA analysis 

A 3D DTA analysis based on planning contours was also performed. The GTV, 

spinal cord, heart and lungs were manually contoured on the source and target images. 

The same window and level were used for contouring on both images to improve 

contouring consistency. Repeated contouring of the GTV and heart by 3 independent 

observers for one patient data set was used to quantify reproducibility of manual 

contours. Automatic contouring based on image intensity thresholds was also used to see 

if this improved contouring consistency of the GTV between phases. 3D surface meshes 

were created from these contours by one of two methods. For Patients 2 and 7 the 

smoothed triangulated meshes were extracted from Pinnacle (Philips Medical Systems, 

Andover, MA) contour (.roi) files9. For the remaining patients triangulated surfaces were 

created using a method of connecting points on adjacent contours within a specified 

angular interval as illustrated in Figure 4.  

First contour points are interpolated at a desired in-slice resolution (e.g.,1 mm for 

spinal cord, 2 mm for GTV and heard, 5 mm for lungs). Triangles connecting two 

adjacent slices are constructed by connecting the first points on each slice. The third 

vertex is formed by the next point on one of the two slices, whichever falls within the 

angular interval specified by the desired resolution. The structure ends are closed by 

triangulating the first and last slice in a “bicycle wheel” fashion formed by connecting the 

contour center of mass and the contour points.  

For each structure the triangulated surface for the source image is deformed using 

the recovered deformations by tri-linear interpolation of deformations at each triangle 

vertex. The center of mass of this deformed surface and the target surface is compared. A 

3D DTA was calculated by averaging the minimum distance between the deformed and 

target surface for each triangle of the deformed surface along its normal. The DTA along 

the surface normals was used instead of the radial distance used by other authors9,10 as it 

avoids incorrect identification of the closest surface point where concavities exist. For 

each structure an average 3D DTA and COM shift were determined. The distribution of 

the DTA could be visualized by assigning a color map to the triangles of the deformed 

surface based on the calculated DTA for each triangle. 
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(a) 
 

(b) 
 
Figure 4. Triangulation of contour points. Contour points are first interpolated at desired 

in-slice resolution. (a) Connection of interpolated points on adjacent contours that lie 

within a user-specified angular interval. (b) Triangulation of end contours by connecting 

contour center-of-mass (COM) with contour points. 

 

6.3.5 Investigation of mass conservation in image registration 

It has been pointed out by some Rietzel et al.11 that the transformations obtained 

from non-linear image registration do not conserve mass, instead it is image intensities 

that are preserved. This has implications for the accuracy of the defDOSXYZ Monte 

Slice i Slice i+1 

T1
T2

interpolated contour 
points 

T1
T2

T3

contour COM 
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Carlo code in which voxels are deformed using these non-linear transformations and their 

densities are adjusted to conserve the mass, especially when comparing with other dose 

remapping techniques in which dose is calculated on the transformed image. 

To investigate the extent to which mass is not conserved by the non-linear 

transformations obtained from ANIMAL we compared density matrices obtained from 

the transformed reference image against density matrices derived from the reference 

image in which the voxels were deformed using the deformation vectors and then 

remapped by trilinear interpolation with octant subdivision12 back to the rectangular 

image grid. In the latter case, voxel densities were adjusted to conserve mass as voxel 

volumes changed with deformation.  

 

6.3.6 Modifications to allow multiple smoothing weights 

To enforce realistic tissue deformations it is desirable to incorporate information 

about tissue elastic properties into the choice of registration parameters. Ruan et. al.13 

used a tissue specific non-rigidity penalty in the cost function to reduce bone warping in 

non-linear image registration. The non-stiffness of the warping was determined from the 

determinant of the Jacobian matrix of the local deformations.  

In the ANIMAL algorithm, the smoothing weight effectively controls the amount of 

recoverable deformation. We modified the code to allow specification of two smoothing 

weights, one for all tissues, excluding the lungs, identified in a mask file and another 

value for the lung tissue. All deformation lattice nodes which were inside the tissue mask 

were assigned a smoothing weight of 1.0. The smoothing weight for the other tissues was 

optimized as mentioned previously. The registration of Patient 1 was repeated with the 

modified code and the deformation vectors were compared to the previously obtained 

vectors in terms of volume changes which occur within the masked tissues. 

 

6.3.7 Dependence of 4D dose calculation accuracy on non-linear image registration 

accuracy 

To investigate how non-linear image registration accuracy affects the accuracy of 

4D dose calculations which use the deformation vectors, dose calculations were 

performed on the Patient 1 images using deformation vectors recovered at the 2 mm, 4 
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mm, 8 mm and 16 mm deformation lattice spacings.  A two-field 3D conformal treatment 

plan was created on the inhale image and using the defDOSXYZ code the dose received 

at the exhale phase was calculated. The dose grid size was 3.90624 x 3.90624 x 2.5 mm3, 

each set of deformation vectors were resampled to match the dose grid resolution. More 

details of the treatment plan and Monte Carlo dose calculations are given in Chapter 8. 

The resulting inhale-exhale dose distributions were compared in terms of dose volume 

histograms for target volumes and organs at risk. 

 

6.4    RESULTS 

6.4.1 Influence of registration parameters on objective function 

The effect of registration parameters on the behavior of the objective function for 

inhale to exhale registration on a deformation lattice spacing of 16,16,40 mm for Patient 

1 is summarized in Figure 5.  

For this patient the optimal registration parameters were selected to be a lattice 

diameter of 60 mm, sublattice of 5 nodes, an iteration weight of 1.0 and the smoothing 

weight 0.2. From Figure 5 it can be seen that a sub-optimal selection of some registration 

parameters can lead to an unstable objective function. For example, if the lattice diameter 

is too large compared to the image resolution and deformations to be recovered then the 

similarity function evaluated at each node becomes insensitive to changes in image 

features because they are averaged out (see Figure 5 (a)). Likewise, a lattice diameter 

which is smaller than the image resolution will not be able to distinguish any features for 

registration. The choice of sublattice is dependent on the lattice diameter but it can be 

seen that an increased number of sublattice nodes, and hence increasing number of 

samples of image similarity, is preferred, however, this comes at a cost of longer 

registration times.  

The influence of iteration and smoothing weights are shown in Figures 5(c) and (d). 

For this particular registration a lower iteration weight resulted in underestimation of the 

deformations to be recovered. With no regularization of the deformations (smoothing 

weight=0) the objective function is not stable, but if the smoothing weight is set at 1.0 

then ANIMAL is not able to completely recover the deformations required to optimize 

the objective function value. 
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Figure 5. Influence of registration parameters on objective function 
 

 

6.4.2 Optimized registration parameters for 4D CT patients 

The optimized registration parameters determined on each registration step for all phases 

between inhale and exhale on Patient 1 are summarized in Table 2. A similarity-cost ratio 

between 0.98 and 1.0 was used as a balance between maximizing image correlation and 

minimizing the number of discontinuities. This is consistent with values reported in a 

study on optimizing ANIMAL parameters for inter-subject registration of brain14.  

Some general trends were noted in the optimized parameters, namely that as the 

deformation lattice spacing decreased, the iteration weight decreased and smoothing 

weight increased. This indicates that as lattice nodes become more closely spaced a 

higher amount of smoothing is needed to ensure continuity of the deformations. On the 2 

mm registration step, the optimized iteration weight was significantly lower than on 

previous steps; this is discussed further in Section 6.4.6. 
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Table 2: Optimized registration parameters for Patient 1. The reference phase is T0 

(Inhale). 

Target 

Phase 

GTV 

motion 

(mm) 

Lattice 

Spacing 

(mm) 

Lattice 

Diameter 

(mm) 

# 

Sublattice 

nodes 

Iteration 

Weight 

Smoothing 

weight 

Number 

of 

iterations 

T5 12.0 16,16,40 60 5 1.0 0.2 30 
  8,8,20 40 7 0.9 0.3 50 
  4,4,10 25 9 0.9 0.5 7 
  2,2,5 15 5 0.5 0.6 10 
        
T4 12.0 16,16,40 50 9 1.0 0.2 20 
  8,8,20 35 8 0.9 0.3 20 
  4,4,10 20 10 1.0 0.6 4 
  2,2,5 20 5 0.3 0.5 15 
        
T3 10.0 16,16,40 50 9 1.0 0.2 40 
  8,8,20 35 8 0.9 0.3 40 
  4,4,10 25 9 1.0 0.5 30 
  2,2,5 20 5 0.4 0.5 10 
        
T2 7.0 16,16,40 40 10 1.0 0.2 30 
  8,8,20 35 8 1.0 0.3 30 
  4,4,10 30 9 0.8 0.5 15 
  2,2,5 15 5 0.5 0.7 5 
        
T1 3.0 16,16,20 40 10 0.9 0.2 30 
  8,8,20 35 8 0.9 0.3 15 
  4,4,10 35 8 1.0 0.8 50 
  2,2,5 20 5 0.2 0.3 30 
 

The optimized lattice diameter size relative to the deformation lattice spacing also 

increased as the deformation lattice spacing decreased indicating that a large amount of 

residual motion relative to the lattice spacing remained to be recovered on these steps. 

Comparing optimized registration parameters for registration of different phases we noted 

that lattice diameter size decreased on registering phases where the amount of GTV 

motion decreased.  

The optimized registration parameters determined for registration between the 

extreme phases for all patients are listed in Table 3. Note that registration was not 

performed on the 2 mm lattice spacing for all patients, the reasons for this are discussed 
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later. From this table it is evident that there is some inter-patient variation in the 

optimized registration parameters due to differences in breathing motion and patient 

geometry. 

 
Table 3: Optimized registration parameters registration between extreme phases of all 

patients.  

Patient# GTV 
motion 
(mm) 

Lattice 
spacing 
(mm) 

Lattice 
Diameter 

(mm) 

# 
Sublattice 

nodes 

Iteration 
Weight 

Smoothing 
weight 

Number 
of 

iterations
1 12.0 16,16,40 60 5 1.0 0.2 30 
  8,8,20 40 7 0.9 0.3 50 
  4,4,10 25 9 0.9 0.5 7 
  2,2,5 15 5 0.5 0.6 10 
        
2 11.2 16,16,40 60 6 0.8 0.2 20 
  8,8,20 50 7 0.9 0.4 35 
  4,4,10 40 8 0.9 0.4 20 
  2,2,5 20 8 0.8 0.7 20 
        
3 21.3 16,16,40 100 9 0.9 0.2 40 
  8,8,20 40 8 1.0 0.4 10 
  4,4,10 40 8 1.0 0.6 30 
        
4 12.5 16,16,40 50 6 1.0 0.2 3 
  8,8,20 35 7 0.7 0.3 30 
  4,4,10 20 10 1.0 0.7 40 
  2,2,5 20 10 0.5 0.6 30 
        
5 17.5 16,16,40 100 10 0.9 0.2 60 
  8,8,20 50 9 0.9 0.3 10 
  4,4,10 16 8 1.0 0.6 70 
 

6.4.3 Sensitivity of registration accuracy to registration parameters 

Although lattice diameter and sublattice varied between registrations of different 

phases for individual patients, the relative consistency of iteration and smoothing weights 

in Table 2 led us to question the sensitivity of the registration accuracy to the choice of 

registration parameters. It would speed up the registration process if the parameters need 

to be optimized only for registration between the extreme phases and these values could 

be used for all other phases. Thus, for Patients 1 and 3 the registration of the intermediate 
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phases was repeated using the optimized parameters determined for the registration of the 

extreme phases. The registration accuracy was determined using the individual phase 

optimized parameters and the extreme phase optimized parameters, as shown in Tables 

4(a) and (b).  

 
Table 4a: Sensitivity of registration accuracy to registration parameters for Patient 1. 

Reference phase is T0 (inhale). One standard deviation on the mean DTA is quoted in 

brackets. 

Lattice  
Spacing  

(mm) 

Optimized parameters Image 
xcorr 

3D Bif 
error  
(mm) 

T0-T5 parameters Image 
xcorr 

3D Bif 
error  
(mm) 

Target Phase = T1 
 LatDia SubLat IW SW   LatDia SubLat IW SW   

16,16,40 40 10 0.9 0.2 0.9968 1.3  
(1.4) 

60 5 1.0 0.2 0.9966 1.2 
 (1.4) 

8,8,20 35 8 0.9 0.3 0.9979 1.0  
(0.9) 

40 7 0.9 0.3 0.9978 1.0  
(1.0) 

4,4,10 35 8 1.0 0.8 0.9981 0.8  
(0.9) 

25 9 0.9 0.5 0.9975 0.7  
(1.0) 

Target Phase = T4 
 LatDia SubLat IW SW   LatDia SubLat IW SW   

16,16,40 50 9 1.0 0.2 0.9908 3.6  
(4.3) 

60 5 1.0 0.2 0.9905 4.1 
(5.4) 

8,8,20 35 8 0.9 0.3 0.9955 2.1  
(1.6) 

40 7 0.9 0.3 0.9952 1.9 
 (1.9) 

4,4,10 20 10 1.0 0.6 0.9956 1.3  

(1.6) 

25 9 0.9 0.5 0.9956 1.3  

(1.6) 
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Table 4b: Sensitivity of registration accuracy to registration parameters for Patient 3. 
Reference phase is T5 (exhale). One standard deviation on the mean DTA is quoted in 
brackets. 

Lattice 
Spacing 

(mm) 

Optimized parameters Image 
xcorr 

3D Bif 
error  
(mm) 

T0-T5 parameters Image 
xcorr 

3D Bif  
error  
(mm) 

Target Phase = T1 
 LatDia SubLat IW SW   LatDia SubLat IW SW   

16,16,4

0 

100 9 1.0 0.2 0.9928 3.5  

(3.1) 

100 9 0.9 0.2 0.9938 2.8  

(2.5) 

8,8,20 50 7 1.0 0.4 0.9952 1.6  

(1.5) 

40 8 0.9 0.4 0.9952 1.6  

(1.7) 

4,4,10 40 8 1.0 0.4 0.9962 1.3 

 (1.3) 

40 8 1.0 0.6 0.9962 1.3 

 (1.2) 

Target Phase = T4 

 LatDia SubLat IW SW   LatDia SubLat IW SW   

16,16,4

0 

100 9 1.0 0.3 0.9979 1.1 

 (1.2) 

100 9 0.9 0.2 0.9978 1.2 

 (1.2) 

8,8,20 50 6 1.0 0.6 0.9983 1.1 

 (1.2) 

40 8 0.9 0.4 0.9983 1.2  

(1.2) 

4,4,10 40 7 1.0 0.5 0.9981 0.9 

 (1.0) 

40 8 1.0 0.6 0.9986 1.0  

(1.0) 

Abbreviations: 

3D Bif error = 3D bifurcation registration error                         LatDia = Lattice diameter 

SubLat = number of sublattice nodes                                          IW = iteration weight 

SW = smoothing weight 

 
Using these registration parameters instead of optimizing on each individual phase was 

found to have no significant effect on the registration accuracy despite significant 

changes in the lattice diameter and sublattice. This insensitivity is attributed to the 

relative smoothness of the deformation fields which means that the recovered 

deformations are not significantly affected by changes to the registration parameters. 

 
6.4.4 Summary of registration accuracy in 4D CT thoracic images 

An example of triangulated GTV contours at the reference phase, a deformed GTV 

surface and the resulting colour map of DTA when compared with a target phase GTV is 

shown in Figure 6. The colour map in Figure 6(c) displays DTA between the two surfaces  
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< 1 mm 

1-2 mm 

1-3 mm 

 3-4 mm 

 4-5 mm 

> 5 mm

(a) (b) (c) 
 

Figure 6. (a) Example of triangulated GTV. (b) Deformed (white) and target (blue) 

triangulated surfaces from Pinnacle contour file (c) colour map of DTA for surfaces in 

(b). Pink regions of colour map indicate that distance-to-agreement between surfaces is 

greater than 5 mm. 

 

super-imposed on the deformed surface. In this case, colors were assigned to each 

triangle of the deformed surface using 1 mm DTA bins. The pink regions indicate 

triangles where the distance to the target structure exceeds 5 mm. Note that most of the 

surface is aligned with less than 2 mm error. Large discrepancies between the deformed 

and target surfaces may be noted at the same location in Figure 6(b). 

 The registration accuracy as evaluated on the 4 mm registration step for each 

patient is summarized in Table 5. The reproducibility of the homologous landmark 

identification on the exhale and inhale phases for Patient 5 as determined from 

identification of 22 landmarks by three independent observers was 1.7 mm (0.6 mm SD). 

For the same patient, the reproducibility of the manual contours of the GTV was 1.6 mm 

(0.7 mm SD) in DTA and 3.4 mm (2.3 mm SD) in COM shift. For the heart, the average 

vector DTA between manual contours drawn by three independent observers was 1.7 mm 

(0.4 mm SD) and the COM shift was 1.7 mm (0.7 mm SD). The average vector (3D) 

bifurcation error was 1.6 mm (0.3 mm SD) for all 5 patients. On average, the COM shift 

and 3D DTA between the transformed and target GTV contours was 2.0 mm (0.4 mm 

SD) and 1.6 mm (0.3 mm SD), respectively. The average 3D DTA between transformed 

and target structures for the GTV, heart, spinal cord and lungs was 1.8 mm (0.4 mm SD). 
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For the 3D surface DTA analysis of Patient 2 the lung contours were omitted because the 

full extent of both lungs was not present in the exhale and inhale images. The registration 

accuracy results shown in Table 5 are within the range of the uncertainty of the 

bifurcation and contour DTA analysis. Using auto-contoured structures resulted in an 

improved registration accuracy compared to manually contoured structures (data not 

shown). This was expected as the image registration is driven by matching image 

intensities and the contouring reproducibility is superior to manual contouring.  For 

Patients 1 and 3, a similar or improved registration accuracy for all metrics was obtained 

for registration between the reference and intermediate phases. 

 

Table 5. Final registration accuracy on inhale-exhale registration (deformation lattice 

spacing= 4,4,10 mm). One standard deviation on the mean DTA is quoted in brackets. 

Patient 

# 

3D bifurcation 

error (mm) 

Original Image 

xcorr 

GTV COM shift 

(mm) 

GTV DTA (mm) Average DTA 

(mm) 

 Prereg. Postreg. Prereg. Postreg. Prereg. Postreg. Prereg. Postreg. Prereg. Postreg.

1 4.6 

(5.4) 

1.5  

(1.4) 

0.982 0.998 12.5 1.8 7.3 

(5.2) 

1.8 

(1.3) 

4.6 

(2.4) 

2.0 

(0.6) 

2 6.8 

(4.7) 

1.4  

(1.4) 

0.978 0.994 11.2 2.0 4.3 

(3.5) 

1.2 

(0.8) 

5.4 

(4.1) 

1.2 

(0.8) 

3 8.7 

(7.5) 

1.6  

(1.3) 

0.980 0.995 21.3 2.7 16.0 

(6.5) 

1.6 

(0.7) 

6.7 

(5.7) 

2.1 

(1.0) 

4 4.2 

(3.7) 

1.3  

(1.1) 

0.985 0.995 9.0 2.1 5.9 

(0.9) 

2.0 

(0.6) 

4.3 

(1.9) 

2.1 

(0.7) 

5 10.3 

(9.0) 

2.0  

(1.6) 

0.980 0.995 16.3 1.6 10.0 

(8.0) 

1.4 

(0.1) 

7.1 

(3.8) 

1.8 

(0.9) 

avg 6.9 

(2.8) 

1.6  

(0.6) 

0.981 0.995 14.1 

(4.8) 

2.0 

(0.4) 

8.7 

(2.4) 

1.6 

(0.4) 

5.6 

(1.7) 

1.8 

(0.4) 
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6.4.5 Dependence of registration accuracy on deformation lattice spacing 

The intermediate registration step results were analyzed by the three registration 

accuracy metrics for Patient 1 (see Table 6). Most of the image difference measured in 

terms of bifurcation and contour DTA was recovered by the 4 mm registration step with 

little significant improvements on the 2 mm step size. Similar results were noted for 

Patient 3. The registration on the 4 mm deformation lattice spacing required 

approximately 5 min/iteration on a 2.2 GHz Athlon processor with 2 GB of RAM and 

this increased to 40 min/iteration, mainly due to memory swapping, at the 2 mm step size, 

10-30 iterations were required for these step sizes.  

 

Table 6: Registration accuracy for inhale-exhale registration for Patient 1 evaluated at 

different deformation lattice spacings. One standard deviation on the mean DTA is 

quoted in brackets. 

Lattice 

Spacing 

(mm) 

Xcorr 3D Bif error 

(mm) 

GTV COM 

shift (mm) 

GTV DTA 

(mm) 

Avg DTA 

(mm) 

Initial 0.982 4.6 (5.4) 12.5 7.3 (5.2) 4.6 (2.4) 

16,16,40 0.990 4.2 (5.3) 7.3 5.6 (0.6) 3.2 (1.6) 

8,8,20 0.993 1.9 (1.9) 3.0 2.5 (1.2) 2.3 (0.8) 

4,4,10 0.998 1.5 (1.4) 1.8 1.8 (1.3) 2.0 (0.6) 

2,2,5 0.997 1.2 (1.2) 0.9 1.7 (1.7) 1.8 (0.6) 

 

6.4.6 Incidence of deformation vector discontinuities 

The location of the discontinuous nodes in the deformation vectors recovered on the 

2 mm resolution step for Patient 2 is shown in Figure 7. Discontinuities were found to 

occur at the interfaces between sliding tissues, such as the chest wall and lung or 

diaphragm boundary, as well as in the heart and in the lung in the vicinity of 4D CT 

artifacts. The large number of discontinuities in the region of the diaphragm is also 

attributed to the fact that the diaphragm was not present in the inhale image therefore the  
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(a) 

 
(b) 

Figure 7. Location of discontinuities in deformation vectors from exhale to inhale for 

Patient 2 relative to anatomy. Discontinuous regions are indicated in red. 

 

anatomy was inconsistent. For the other four patients discontinuities were noted at similar 

locations but the incidence of discontinuities was lower. 

The incidence of vector discontinuities for Patient 2, with and without the 

modification of ANIMAL for interpolation of discontinuous nodes, is summarized in 

Table 7. The modification resulted in a reduced number of discontinuous nodes only on 

the 8 mm and 4 mm steps. Similar results were noted for the other four patients. 

 

Table 7: Incidence of deformation vector discontinuities for exhale-to-inhale registration 

of Patient 2 with and without modifications to ANIMAL for interpolation of 

discontinuous nodes. 

Number of discontinuous nodes (% of deformation lattice) Lattice spacing 

(mm) Without interpolation With interpolation 

16,16,40 3 (0.05%) 4 (0.07%) 

8,8,20 3 (0.007%) 2 (0.004%) 

4,4,10 327 (0.09%) 197 (0.05%) 

2,2,5 852 (0.03%) 926 (0.03%) 

 

The fraction of deformation lattice nodes which were discontinuous increased as 

deformation lattice spacing was decreased. This is in part attributed to the larger spacing 

between the nodes as well as the increased amount of image blurring which is performed 

at the lower resolution registration steps which tends to blur out image artifacts. It is 
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interesting to note that the incidence of discontinuities along the chest wall/lung interface 

was relatively low. This may be due to a lack of high contrast features in the lung 

adjacent to the stationary chest wall which undergo large displacements as well as 

sufficient regularization of the vectors. The exception is near the diaphragm, which slides 

along the chest wall. 

From Table 7 it is apparent that the modifications to the ANIMAL code did not 

completely remove all discontinuities. This is because only the local neighborhood of a 

node which is identified as being discontinuous is used for interpolation of the 

deformation vector at that node. If the deformation vectors at one or more of the 

surrounding nodes are also inconsistent with respect to its neighbors, which is more likely 

to occur as the deformation lattice spacing is reduced, the interpolated deformation vector 

will likely be discontinuous and the original discontinuity is not removed. This could be 

resolved by interpolating over a larger number of nodes. For the 2 mm registration step, 

interpolating over a 124-node local neighborhood reduced the number of discontinuities 

to 759. The relatively low optimized iteration weight obtained at the 2 mm deformation 

lattice spacing is attributed to the large number of discontinuities which occur at this step 

size.  

Up to and including the 4 mm resolution step, the remaining discontinuities could 

be removed by a smoothing with a Gaussian kernel of FWHM of two times the 

deformation lattice spacing over a region of radius 3 x FWHM in the immediate 

neighborhood of the discontinuous node. This had a lesser impact on registration 

accuracy compared to increasing the smoothing weight. On the 2 mm resolution step, 

global smoothing of the deformation vectors was required to remove the discontinuities. 

The registration accuracy was not found to be significantly affected by this smoothing. 

For Patient 1 the bifurcation error on the 2 mm resolution step was 1.5 mm (1.1 mm SD) 

without smoothing and 1.2 mm (1.2 mm SD) after smoothing with a Gaussian kernel with 

FWHM of 7.8 mm for the X and Y components of the deformations and 10.0 mm for Z 

component.  
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6.4.7 Issues of mass conservation in image registration 

The transformed and deformed density matrices at the exhale phase for Patient 1 are 

shown in Figure 8(a) and (b). The density difference between these two images, 

normalized to the density of tissue (1.0 g/cm3) is shown in Figure 8(c) and a 

corresponding histogram of percentage density differences for all voxels within the 

patient are shown in Figure 7(d). The mean density difference inside the patient was 16% 

(22% SD) with differences up to 600% occurring in the heart and diaphragm. As more of 

the diaphragm is present in the exhale image than in the inhale image, the resulting 

registration vectors stretch the diaphragm from which leads to a reduction in the density 

when mass conservation is enforced. Similarly, the large density differences in the heart 

are attributed to image artifacts, induced by cardiac motion, which cause inconsistencies 
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Fig 8. (a) Transformed exhale image, (b) Deformed exhale image that is remapped to the 

rectangular grid using trilinear interpolation with octant subdivision, (c) percentage 

density difference map normalized to maximum density of (a) and (d) histogram of 

density differences. Image size has been downsampled to 128x128x80. Maximum density 

of image (b) is 3.4 g/cm3. 
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in the anatomy and are consequently modeled as tissue compression by the ANIMAL 

deformation vectors. The effect of these density differences on the calculated dose 

distribution depends on a number of factors including beam geometry and extent of 

density discrepancies and needs to be investigated further. 

It should be noted, however, that mass is not necessarily conserved in 4D CT 

images. Particularly in the lung the mean density of lung tissue changes between inhale 

and exhale. In this work we did not account for the change in density, though other 

authors have modified the lung densities of the source image so that the densities are 

consistent15. 

 
6.4.8 Results of assigning multiple smoothing weights 

The mask used to define tissues to be assigned a different smoothing weight is 

shown in Figure 9. The tumor, heart, chest wall and mediastinum are included in the 

tissue mask. These structures were segmented automatically based on image intensity 

values. The previously optimized registration parameters were used, however, the 

number of iterations was re-optimized. Different smoothing weights for the masked 

tissues were investigated, though a smoothing weight of 1.0 was found to minimize 

volume deformations in these tissues. For the unmasked regions the previously optimized 

values for the smoothing weights were used: 0.2 for the 16,16,40 mm step, 0.3 for the 

8.8,20 mm step and 0.5 for the 4,4,10 mm step. Generally more iterations were required 

when using the tissue masking but it is likely that this could change if the registration 

parameters for the deforming structures were re-optimized. 

 
Inhale (source) image 

 
Tissue mask 

 
Figure 9. (a) Source image and (b) corresponding binary tissue mask. All tissues included 

in the mask appear in white. 
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The registration accuracy, evaluated as a 3D landmark error vector, along with the 

number of discontinuous nodes and number of nodes with volume changes greater than 

5%, are summarized in Table 8. For the results shown in this table, the smoothing weight 

for masked tissues was 1.0. The tissue masking significantly reduced the deformations 

which occurred in these tissues. The number of discontinuous nodes on the 4,4,10 mm 

step was decreased which indicates that this tissue masking technique may be a useful 

approach for regularizing discontinuities. No significant changes in the registration  

 

Table 8. Registration accuracy for Patient 1 inhale-to-exhale registration with and without 

tissue masking evaluated by landmark analysis. (SW = 1.0 for masked tissues, SW = 0.2 

(16,16,40), 0.3 (8,8,20) and 0.5 (4,4,10) for unmasked tissues). 

Step Size 

(mm) 

No tissue mask With tissue mask 

 N. disc 

nodes 

N. vol 

changes > 5% 

3D Bif 

error 

(mm) 

N. disc 

nodes 

N. vol 

changes > 5% 

3D Bif error 

(mm) 

16,16,40 0 317 (5%) 3.2 (3.4) 0 102 (2%) 3.3 (3.9) 

8,8,20 0 3064 (6%) 2.0 (2.0) 0 1734 (4%) 1.7 (1.9) 

4,4,10 1 22275 (6%) 1.5 (1.4) 0 14854 (4%) 1.3 (1.4) 

 
accuracy were noted, which was expected as most of the landmarks were located within 

the lung and the landmarks in the bony anatomy undergo very little motion.  

To see how the tissue masking affected registration of organs within the mask the 

3D DTA analysis of deformed and target planning contours was repeated for the tissue 

masking registration (see Table 9). A small, but not statistically significant, improvement 

in registration accuracy was noted when using tissue masking. 

The comparison of transformed and deformed density images was repeated for the 

transformations recovered on the 4,4,10 mm registration step. As seen in Figure 10(c) the 

use of tissue masking reduces the magnitude of tissue deformations which occur in the 

lung and diaphragm. The maximum difference between the transformed and deformed 

density images was reduced from 30.7 g/cm3 to 12.5 g/cm3 while the mean density 
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difference was reduced from 0.33 g/cm3 to 0.25 g/cm3. Since the registration parameters 

are the same for the lung there is little change in lung deformations; however, if the 

parameters were re-optimized it is possible that the reduced volume deformations in 

tissue may result in increased lung deformations. 

 

Table 9. Registration accuracy for Patient 1 inhale-to-exhale registration with and without 

tissue masking evaluated on planning contours.  

Step Size 

(mm) 

No Tissue mask With tissue mask 

 GTV 

COM shift 

(mm) 

GTV DTA 

(mm) 

Avg DTA 

(mm) 

GTV 

COM shift 

(mm) 

GTV DTA 

(mm) 

Avg DTA 

(mm) 

16,16,40 7.3 5.6 (0.6) 3.2 (1.6) 7.7 5.5 (1.5) 3.0 (1.6) 

8,8,20 3.0 2.5 (1.2) 2.3 (0.8) 2.3 2.3 (1.4) 2.1 (0.6) 

4,4,10 1.8 1.8 (1.3) 2.0 (0.6) 1.2 1.8 (1.8) 1.9 (0.5) 

 

 

(a) Transformed source 

image 

 

(b) Deformed density image 

no mask 

 

(c) Deformed density image 

with mask 

 
Figure 10. (a) Transformed Inhale-to-Exhale density image and corresponding deformed 

Inhale density images without (b) and with (c) tissue masking. 
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6.4.9 Dependence of dose calculation accuracy on image registration accuracy 

The dose-volume histograms for the clinical target volume (CTV) for Patient 1 are 

shown in Figure 11. The registration accuracy corresponding to each set of deformation 

vectors is listed in Table 6. It can be seen that the deformation vectors recovered on the 8 

mm, 4 mm and 2 mm steps result in very similar DVHs. The average statistical 

uncertainty of the dose in the CTV was 3%. The mean dose error in the CTV was 4% for 

the vectors recovered on the 16 mm step vectors compared to the 2 mm step vectors. The 

16 mm step deformation vectors registration error exceeds the dose grid resolution. For 

the 8 mm and 4 mm step vectors the mean difference in the CTV dose compared to the 2 

mm step vector calculation was 2% or less. 
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Figure 11. Inhale-to-Exhale dose volume histograms for Patient 1 CTV. 

 
Rosu et al16 investigated the sensitivity of the cumulative dose distribution to 

registration accuracy in lung. They found no significant effect on the dose when the 

registration accuracy was smaller than the dose grid size, however, dose discrepancies of 

a few Gray occurred for relatively small registration errors in regions of steep dose 
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gradients. More investigation of the dependence of 4D dose calculation accuracy on the 

image registration accuracy is needed. 

 
6.5    DISCUSSION 

The registration accuracy obtained with ANIMAL for all 5 patients using a 

deformation lattice spacing of 4 times the image resolution (4 mm) was comparable to the 

uncertainty of the registration accuracy evaluation metrics. The modest improvement in 

registration accuracy on the 2 mm deformation lattice spacing as well as the increased 

number of discontinuities and increased interpolation required to remove them leads us to 

question whether it is necessary to perform the registration on this final resolution step. 

Ultimately the requirements for image registration accuracy should be determined by its 

influence on the 4D dose calculation accuracy which, in turn, is limited to the inherent 

image resolution. 

Among the different accuracy metrics used, each had its advantages and 

disadvantages. Image cross-correlation offers a global measure of registration accuracy 

which is simple to compute and automatic. However, because it is a global measure no 

information can be discerned about local regions of disagreement and the values are not 

very intuitive, especially for predicting the resultant 4D dose calculation accuracy. 

Homologous landmarks give a point-to-point measure of the registration accuracy but are 

limited by the accuracy with which they can be identified and the registration accuracy 

can be quantified only in those regions where suitable landmarks can be found.  

It should also be noted that the assessment of the image registration accuracy using 

readily identifiable landmarks is biased due to the fact that these high-contrast objects are 

more easily brought into alignment by a similarity function based on matching image 

intensities. Distance to agreement of planning contours is a less accurate metric than 

using landmarks as it does not involve matching homologous points, but provides a better 

coverage over a structure surface and gives an intuitive measure of registration accuracy 

in regions where the dose calculation accuracy is of interest.  

To account for the discontinuous motion which occurs at the chest wall/lung 

boundary, other groups11 have registered the lungs separately. However, the requirement 

for a continuous deformation field for the 4D Monte Carlo dose calculation is not 
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compatible with the use of two separate sets of deformation vectors which are likely to be 

discontinuous across their boundaries unless a boundary matching criterion is used. In 

our case, acceptable registration accuracy with a limited number of discontinuities was 

obtained by masking and registering all tissues simultaneously. However, the patient 

images that were used in this study contained tumors that were not in close proximity to 

the chest wall. In the case where the tumor appears to slide along the chest wall we would 

expect that registration of both stationary and moving tissues together would limit the 

ability of ANIMAL to recover the motion of the tumour as the algorithm assumes a 

continuous deformation field. 

The regularization of vector discontinuities could be partially accomplished by 

interpolation of deformations at discontinuous nodes which modestly reduced the number 

of discontinuities within the deformation field. The limitation of this regularization 

method is that it is applied after the estimate of the deformation vector is obtained. 

Therefore, if the deformation vector estimated at a particular node on each iteration is 

consistently discontinuous, despite the interpolation correction, the final sum of corrected 

estimates may still be discontinuous. An alternative, and more native, approach to 

regularizing discontinuities would be to implement a penalty term within the objective 

function which is based on the Jacobian determinant value at each node17. Such an 

approach can be used to control different levels of stiffness for tissues13 as well as 

enforcing conservation of mass. In its current implementation, mass conservation is not 

enforced by the ANIMAL algorithm. This must be considered when using the recovered 

deformation vectors for input to our defDOSXYZ 4D Monte Carlo dose calculation code. 

A drawback of the ANIMAL algorithm in its current implementation is the large 

number of registration parameters that need to be tuned and the significant inter-patient 

variation in the optimized values for these parameters. Before this algorithm can be 

implemented for clinical use, further work is needed to examine the sensitivity of the 

registration accuracy to these parameters and to determine a set of global parameters 

which can be applied to all or readily identifiable subsets of 4D CT patients. On the other 

hand, the flexibility of the algorithm presents a number of advantages including a 

possibility of using image gradient data as an additional similarity feature for registration, 
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the availability of numerous similarity functions and the relative ease of algorithm 

modification. 

 
6.6    SUMMARY 

In this chapter we discussed the application of the ANIMAL non-linear image 

registration algorithm was used for registration of thoracic 4D CT images using a 

multiresolution strategy. The code was modified to interpolate deformations at nodes 

where discontinuities in the deformation vectors occur. Image registration accuracy was 

evaluated by cross-correlation of transformed and target images, distance-to-agreement 

analysis of anatomical landmarks and triangulated surfaces constructed from manual 

contours. On average, the 3D DTA of transformed and target landmarks was 1.6 mm. 

Comparing transformed and target 3D triangulated surfaces derived from planning 

contours, the average GTV COM shift was 2.0 mm and the 3D DTA was 1.6 mm. An 

average DTA of 1.8 mm was obtained for all planning structures. All accuracy metrics 

were within the uncertainty of the landmark and contour analysis. With the code 

modification, the number of discontinuities was unchanged or modestly reduced, except 

on the final resolution step. Issues such as level of registration accuracy required and 

mass conservation in image registration need to be addressed for application of non-linear 

registration for 4D dose calculation. 
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Chapter 7: 
 
 

A non-linear image registration-based 
correction method for motion artifacts in 4D-

CT 
 
 

7.1    INTRODUCTION 

In this chapter we review sources of image artifacts in 4D CT image acquisition and 

present a method for correction of these artifacts using interpolation of adjacent image 

data. A temporal interpolation method is investigated which uses non-linear image 

registration of temporally adjacent artifact-free breathing phases. The temporal 

interpolation method was validated by simulating 4D binning artifacts using a 

mathematical breathing phantom. The method was also applied to correction of artifacts 

in patient 4D CT images.  

 

7.2    IMAGE ARTIFACTS IN 4D CT 

As mentioned previously in Chapter 2 section 2.6.1.1, although 4D CT by definition 

decreases motion artifacts by labeling acquired slices by the breathing state significant 

artifacts can still occur in 4D image data sets due to binning artifacts and motion during 

slice acquisition. An example of a 4D CT artifact is shown in Figure 1. In these images 

the anatomy appears discontinuous as it is reconstructed from image slices acquired at  

 

 

Figure 1. Examples of image artifacts occurring in 4D CT images. 
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different breathing amplitudes. 

Binning artifacts can occur due to improper identification of the breathing phase1,2 

or because the patient breathing amplitude varies from one respiratory cycle to the next. 

These artifacts can be minimized by the use of amplitude-based 4D CT image sorting4,5 

or by retrospectively sorting phase-binned data by breathing amplitude1-3. The 

effectiveness of the latter method is limited by the temporal resolution of the phase bins 

and is not possible if the original patient breathing trace is unavailable. It is still possible 

to have artifacts in amplitude-binned data if image data is missing for a particular 

breathing amplitude or if the range of each amplitude bin is large. To exactly reconstruct 

the CT image at a given breathing level it is necessary to use projections acquired at 

exactly the same breathing state. 

Artifacts in 4D-CT images affect organ delineation, non-linear registration and dose 

calculations performed on these images. In the case of non-linear registration image 

artifacts may cause discontinuities within the recovered deformation field because an 

artifact present on the source image is not present on the target image. Such 

discontinuities could potentially be used to identify image artifacts. Mutaf et. al.6 reported 

the effect of phase binning errors on the volume of a moving spherical phantom 

determined from 4D CT images as well as average and maximum intensity pixel images 

generated from the same data. Volumetric deviations of up to 40% were noted when the 

motion amplitude approached the phantom dimensions. 

 

7.3    MATERIALS AND METHODS 

7.3.1 4D-CT artifact correction method 

We propose a method for correcting artifacts in 4D CT images when the original 

raw image data and breathing curve are not available. The correction method replaces the 

artifact-containing region by CT numbers interpolated from adjacent artifact-free images. 

For artifacts with small spatial extent (ie., confined to one slice) it would be possible to 

use spatial interpolation. However, it is not always clear what is the true anatomical 

representation. Furthermore, spatial interpolation is not possible at remote image 

locations where neighboring slices are not present. 
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Temporal interpolation of adjacent artifact-free 4D-CT images is possible using 

non-linear image registration to determine the anatomical deformations which occur 

between the images to be interpolated (see Figure 2). By determining an appropriate 

weighting factor for the deformation vectors and applied this to the source image, it is 

possible to reconstruct the corrupted intermediate image. To improve the registration 

accuracy, and hence the image interpolation, it may be preferable to segment the anatomy 

of interest and perform registration on that region alone instead of the entire image. An 

example where this method is advantageous is when some parts of the anatomy may 

undergo large displacements whereas adjacent anatomy is stationary (ie., lungs and chest 

wall). Segmentation may also be necessary for a registration algorithm such as ANIMAL, 

where the deformation regularization parameters are globally defined. 
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Step 1. Identify image artifact on current phase T. 

 

 
Step 2: Identify temporally adjacent artifact-free images Phase Ta and Tb and segment 

anatomy to be reconstructed. Determine non-linear transformation U(x|Ta -> Tb) from 

Phase Ta to Tb. 

 
 Phase Ta(w* U(x|Ta -> Tb)) 

Step 3: Determine weighting factor w which most closely reproduces Phase T and apply 

to Phase Ta. 
 

 
Phase Ta(w* U(x|Ta -> Tb)) 

 
Phase T 

 

Step 4: Replace the CT numbers in region containing artifacts on Phase T with 

corresponding region from reconstructed image. 

U(x|Ta -> Tb) 

 
Figure 2. Procedure for artifact correction method using temporal interpolation. 
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7.3.2 Validation using NCAT phantom 

The artifact correction method was validated by synthesizing binning artifacts in CT 

data generated using the NCAT v1.12 mathematical breathing phantom7,8. These images 

are artifact-free by definition and can serve as objective ground truth. Artifacts were 

introduced in an image corresponding to 10% of full inhalation by combining image data 

generated for this phase at three different magnitudes of diaphragm motion (0.5 cm, 2.0 

cm and 4.0 cm) as shown in Figure 3(b). CT images were generated with an image size of 

256x256, a pixel size of 1.953 mm and a slice thickness of 2.5 mm.  

 

  
(a) Simulated CT image at 10% inhalation, 

diaphragm displacement = 2 cm 

(b) Simulated 4D-artifact image by 

replacing image slices in (a) with slices 

from images generated for 2 cm and 4 cm 

diaphragm displacement 
 

Figure 3. NCAT phantom images at 10% inhalation with and without simulated artifacts. 

 

Non-linear registration was performed between the adjacent artifact-free images, 

generated for a maximum 2 cm diaphragm displacement, at full exhalation (0% 

inhalation) and 20% of full inhalation. Registration was performed in four steps using 

deformation lattice spacing of 32 mm, 16 mm, 8 mm and 4 mm respectively. On each 

registration step the phantom images were blurred with a Gaussian kernel of FWHM 

equal to the deformation lattice spacing. The registration parameters are summarized in 

Table 1. 

The 10% inhalation image was reconstructed by empirically determining a 

weighting factor for the deformation vectors which resulted in a transformed image most 

closely matching the 10% inhale image. The best match was determined both visually 

and quantitatively from the difference image between the transformed and target image. 
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Table 1. ANIMAL parameters for registration of NCAT full exhalation to 20% inhalation 

Deformation 
lattice 

spacing 
(mm) 

Iteration 
weight 

Smoothing 
weight 

Lattice 
diameter 

(mm) 

Sublattice iterations 

40,32,32 1.0 0.7 140 9 3 

20,16,16 1.0 0.3 70 9 10 

10,8,8 0.7 0.6 30 7 15 

5,4,4 0.6 0.6 20 6 10 

 

The accuracy of the image interpolation method was evaluated by comparing the 

correlation and voxel intensity difference between the artifact-containing and artifact-free 

data before and after correction. 

 

7.3.3 Application to patient data 

We applied the artifact correction method to two sets of patient 4D CT data 

containing motion artifacts in the heart and tumor, respectively (see Figures 4 and 5). The 

accuracy and efficiency of the registration in these cases was improved by segmenting 

only these structures for registration between the adjacent phases. The improvement in 

image quality was evaluated visually. 

 

7.3.3.1 Patient 1 

4D-CT images for Patient 1 contained a significant image artifact in the tumor 

where it appears to be split into two parts on the 20% and 40% exhalation images (phase 

1 and 2). As the tumor did not appear to undergo any deformation between the adjacent 

inhale and 60% exhalation images it was decided that a rigid transformation would best 

describe the motion between these images. 

The source and target images were first downsampled to a 256x256 resolution. The 

tumor was then segmented on the source and target images and the resulting masks were 

used for a rigid registration with a resolution of 0.97656 x 0.97656 x 1.25 mm3. 
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 (a) Inhale (Phase 0) 

Source image 

(b) 20% Exhale (Phase 1) 

Image to be interpolated 

(c) 60% Exhale (Phase 3) 

Target image 
 

Figure 4. 4D CT images for Patient 1 showing artifact-containing image (b) and 

temporally adjacent artifact-free images (a) and (c). Image size is 256x256x56. Location 

of the image artifact is indicated by arrow. 

 

The segmented tumor at Phase 0 was linearly displaced using the rigid 

transformation with different weighting factors and the transformed tumor position was 

compared to the inferred correct tumor location on the original Phase 1 image. Using 

image manipulation methods available with the MNI Brain Imaging Toolbox the region 

of Phase 1 containing the corrupted tumor representation was replaced with the 

interpolated tumor image. 

 
7.3.3.2 Patient 2 

 (a) Inhale (Phase 0) 

Source image 

(b) 40% Exhale (Phase 2) 

Image to be interpolated 

(c) 60% Exhale (Phase 3) 

Target image 
 

Figure 5. 4D CT images for Patient 2 showing artifact-containing image (b) and 

temporally adjacent artifact-free images (a) and (c). Image size is 256x256x88. The 

location of the image artifact is indicated by the arrow. 

 

Images at Phases 1 and 2 for Patient 2 contained a binning artifact in the heart (see 

Figure 5b). The heart and mediastinum were segmented on the source and target images 
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using image intensity thresholds. Non-linear registration between these images was 

performed with ANIMAL using the masks on 5 resolution steps ranging from 32 mm to 2 

mm for the deformation lattice spacing. The registration parameters are listed in Table 2. 

 

Table 2. ANIMAL parameters for registration of Patient 2 inhale to 60% exhalation 

Deformation 
lattice 

spacing 
(mm) 

Iteration 
weight 

Smoothing 
weight 

Lattice 
diameter 

(mm) 

Sublattice iterations 

40,32,32 1.0 0.1 80 5 2 

20,16,16 0.5 0.5 60 9 10 

10,8,8 0.5 0.5 30 7 10 

5,4,4 0.2 0.6 20 6 10 

5,2,2 0.2 0.5 20 8 5 

 

Similar to Patient 1, a weighting factor for the non-linear transformation was determined 

which, when applied to the source image, reconstructed the Phase 2 image as closely as 

possible. As shown in Step 4 of Figure 2, the voxel intensities were copied from the 

interpolated image to the original Phase 2 image for the region of the heart containing the 

artifacts. 

 

7.4    RESULTS 

7.4.1 Validation with NCAT phantom 

The transformed target image resulting from non-linear registration of the NCAT 

images at 0% and 20% inhalation is shown in Figure 6 (b). A difference image formed by 

subtracting the transformed and target images is shown in Figure 6 (c).  

From this image it can be seen that a good match between the transformed and 

target images is obtained. Some regions of discrepancy exist at tissue boundaries, due to 

interpolation of the transformed image, and in the ribs. The poor registration of the ribs 

could be improved by segmenting moving and stationary tissues and performing 

registration of each region separately. The cross-correlation of the source and target 

images before and after registration was 0.9527 and 0.9945, respectively. 
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(a) target image (20% 

Inhalation) 

(b) transformed exhale image (c) difference image 

abs(transformed-target) 
 

Figure 6. Comparison of target and transformed NCAT images at 20% Inhalation. The 

absolute difference in image intensities in shown in (c). Regions in white have voxel 

intensity difference > 10% of the maximum voxel intensity in (a). 

 

10% inhalation images were generated by weighting this non-linear transformation 

with factors ranging from 0.3 to 0.5, the resulting differences images between the artifact-

containing 10% inhalation and interpolated images are shown in Figure 7. Although the 

highest correlation (xcorr) was obtained for a weight of 0.5 visual inspection of the left 

diaphragm region indicates that a weight of 0.4 results in the closest reconstruction of the 

10% inhalation image. Image correlation calculated over the whole anatomy is influenced 

by large differences in the regions containing artifacts, a more quantitative determination 

of the weighting factor could be determined by calculating correlation in an artifact-free 

region of interest.  

 

(a) Weight = 0.3 

(xcorr=0.9903) 

(b) Weight = 0.4 

(xcorr=0.9927) 

(c) Weight = 0.5 

(xcorr=0.9928) 
 

Figure 7. Absolute image intensity difference images at 10% inhalation (interpolated-

original) for different weighting factors.  
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Figure 8 shows the 10% inhalation image before and after the artifact correction 

method was applied. Correlation of the artifact-free (Figure 8c) and corrupted images 

(Figure 8a) improved from 0.971 to 0.992 after artifact correction. The corresponding 

difference images also confirmed removal of the artifacts. However, some small areas of 

discrepancy are introduced at the tissue boundaries of the left lung due to an imperfect 

registration in this region.  

 

  
(a) before (a) after (c) artifact-free image 

  

 

(c) difference image before (d) difference image after  
 

Figure 8. 10% inhalation and differences images (a) before and (b) after artifact 

correction method is applied. 

 

7.4.2 Correction of Patient 1 images 

(a) location of segmented 

tumor before registration on 

60% exhale image 

(b) location of segmented 

after linear registration on 

60% exhale image 

(c) interpolated tumor 

position on 20% exhale 

image 
 

Figure 9. Linear registration of segmented tumor. Original (a) and transformed tumor 

image (b) is superimposed on the target 60% exhale image, (c) interpolated tumor 

position (weight = 0.3) superimposed on 20% exhale image. 
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In Figures 9 (a) and (b) the segemented source and transformed tumor images are shown 

superimposed on the target 60% exhale image. The cross-correlation of the transformed 

and target segmented tumor is 0.8853. The translation of the tumor position determined 

from the linear registration was scaled by a factor of 0.3 to match the presumed tumor 

location on the 20% exhale image. The determination of the weighting factor in this case 

was somewhat subjective, however, the inference of the correct tumor position on this 

phase was guided by examining the tumor location of the adjacent phase images. 

The 20% exhale (phase 1) images before and after artifact correction are shown in 

Figure 10 with the physician delineated contours. It can be seen that the presence of the 

artifact affected the tumor delineation and if a corrected image had been available the 

target volume would be reduced. 

 

  
(a) original 20% exhale image (b) corrected 20% exhale image 

 

Figure 10. 20% exhale image for Patient 1 before and after artifact correction was 

applied. Physician delineated target volume contours are shown in pink. 

 

7.4.3 Correction of Patient 2 images 

The segmented inhalation and 40% exhalation images are shown in Figures 11 (a) 

and (b). Initial cross-correlations of these two images, evaluated on the target image 

mask, was 0.9842. After non-linear image registration the correlation improved to 

0.9917.  

A weighting factor of 0.9 for the non-linear transformation was determined to best 

match the original 40% exhale image (see Figure 12). The corrected image in Figure 

13(b) was formed by replacing image voxel intensities in the original 40% exhale image 

with values from the interpolated image in the region around the heart (as illustrated in 

Step 4 of Figure 2). 
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(a) Source image (b) Target image (c) Transformed image 
 

Figure 11. (a) Segmented inhalation (source) and (b) 40% exhale images (target) with (c) 

transformed image resulting from non-linear registration of segmented images. 

 

(a) 40% exhale image (b) Interpolated 40% exhale image 

 

Figure 12. Original and interpolated 40% exhale images. The interpolated image in (b) 

was determined using a weighting factor of 0.9. The artifact indicated by the white arrow 

is not present in the interpolated image. 

 

(a) 40% exhale image before correction (b) 40% exhale image after correction 

 

Figure 13. 40% exhale image before and after artifact correction. Physician delineated 

heart contours shown in pink. 
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7.5    DISCUSSION 

7.5.1 Limitations of the correction method 

The artifact correction method requires temporally adjacent artifact free images. As 

the image data in the 4D CT data set consists of binned image sets, possibly 

corresponding to different breathing levels, these images may not be entirely free of 

artifacts. In this chapter the method was applied to visually identified artifacts however 

additional image artifacts may not be readily detectable and affect the accuracy of the 

temporal interpolation method. It may, however, be possible to detect image artifacts by 

registering two datasets as any inconsistencies in the anatomy would result in 

discontinuities in the recovered deformation field. 

Another aspect of the artifact correction method that requires further investigation is 

the selection of the weighting factor for interpolation of the image data at the phase to be 

corrected. It is not sufficient to determine the weighting factor from the phase indices. 

Ideally the breathing amplitude at the phase of interest and the neighboring phases could 

be obtained from the patient’s breathing curve measured at the time of image acquisition. 

The fractional displacement would provide a good estimate of the weighting factor. In the 

absence of such information the weighting factor could be determine by maximizing 

correlation between the original and interpolated images in a region of interest close to 

the region to be corrected. Furthermore, the accuracy of temporal extrapolation to end of 

phase images may be limited.  

Finally, in order to quantify the accuracy of the correction method on patient data 

organ contours which estimate the correct anatomy are required. The physician must 

identify image artifacts and consider the location and shape of the anatomy on 

neighbouring phases when delineating organs.  

 

7.5.2 Other artifact correction methods employing image registration 

Our proposed artifact correction method makes use of reconstructed image data for 

interpolation. An alternate approach would be to use the raw projection data to interpolate 

slices at exactly the same breathing level. Ehrardt et. al.9 used optical flow-based 

registration between scans acquired at neighboring respiratory states to interpolate images 

at the desired breathing level. The tidal volume measured by digital spirometry during 
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image acquisition was used to weight the velocity field given by the image registration. 

The method was implemented for an axial multi-slice CT acquisition so that 

interpolations were performed on scan segments acquired at each couch position. The 

optical flow-based interpolation was shown by visual inspection and quantitative 

measures to be superior to simple nearest neighbor linear interpolation.  

 

7.6    SUMMARY 

In this chapter we presented a method to correct 4D CT artifacts which occur due to 

errors in phase binning. The method does not require the patient breathing curve from the 

CT acquisition and relies instead on temporal interpolation of adjacent artifact-free CT 

data based on the non-linear transformation between these images. The method was 

demonstrated to improve image quality while reconstructing anatomy with a reasonable 

accuracy in both simulated and patient 4D CT images. Such correction methods have the 

potential to improve accuracy of organ delineation, image registration and dose 

calculations which use of 4D CT data. 
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Chapter 8: 
 
 

A comparison of dose warping methods for 
4D Monte Carlo dose calculations in lung 

 
 

8.1    INTRODUCTION 

Dose calculation methods which incorporate tissue motion are an important tool for 

evaluating the effect of respiratory motion on the delivered dose distribution. A 4D dose 

calculation method uses a sum of remapped doses calculated on 4D CT images of the 

patient at different respiratory phases to determine the cumulative dose received over the 

entire respiratory cycle. Non-linear image registration is used to track how tissue 

elements move and deform from a reference phase to each imaged phase. A number of 

methods for remapping the dose to the reference phase have been proposed, including 

center-of-mass (COM) tracking1 and trilinear interpolation2. In this chapter we compare 

calculations of dose distributions remapped between extreme breathing phases against the 

4D Monte Carlo dose code defDOSXYZ in which the reference dose grid voxels deform 

to match anatomical deformations at the phase of interest. Remapped dose distributions 

are compared in geometries ranging from simple deforming phantoms to 4D CT patient 

data. Thus far, only the grid size dependence of dose remapping methods has been 

discussed in the literature1. No comparison of the trilinear remapping method and the 

simpler COM remapping method has been made. Such a study is required to determine 

what errors are introduced by the use of simpler dose warping methods and the potential 

improved accuracy using the defDOSXYZ code. 

Some aspects of the work presented in this chapter was previously published as the 

following paper “A direct voxel tracking method for four-dimensional Monte Carlo dose 

calculations in deforming anatomy” E. Heath and J. Seuntjens, Med. Phys. 33 434-445 

(2006). 
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8.2    METHODS AND MATERIALS  

8.2.1 Dose remapping methods 

Three methods of 4D Monte Carlo dose calculation were compared: warping dose 

distributions calculated with DOSXYZnrc using COM remapping, using Trilinear 

remapping with octant subdivision and dose calculations using the deformable voxel 

tracking code defDOSXYZ. For all comparisons performed in this study the 

DOSXYZnrc and defDOSXYZ simulations used the same phase space file, transport 

parameters and number of histories. ECUT and PCUT were set to 0.7 MeV and 0.001 

MeV, respectively and the EXACT boundary crossing algorithm with a skin depth of 3 

electron mean free paths was used.  

 

8.2.1.1 Trilinear remapping 

In this study we implemented the dose remapping technique using tri-linear interpolations 

which was described by Rosu et al.1. The dose is calculated on the anatomy at a given 

breathing phase (T) or deformed state from which we wish to remap the dose to the 

reference anatomy. The voxel correspondence of the reference grid to this phase is then 

obtained from registration of the reference anatomy to the deformed anatomy at phase T. 

Each reference voxel is subdivided into octants and the translation of the center of mass 

of each octant from the reference phase to the deformed state is determined by 

interpolating from the deformation vectors at the voxel nodes (see Figure 1). After the 

center of each octant is remapped to the dose calculation grid, the dose at this point in the 

deformed state is interpolated from the dose in the neighbouring voxels. The dose in each 

reference voxel is then determined from the average of the re-mapped dose in each 

octant.  
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Reference dose grid  Dose grid at phase T

 

Figure 1: Illustration of trilinear dose re-mapping method where reference voxels are 

subidivided into octants. The center of mass of each octant is mapped to the dose grid at 

phase T and the dose contribution to this point is interpolated from neighbouring voxels 

(indicated by dashed lines). Adapted from Figure 2(b) of Reference 1. 

 

8.2.1.2 COM remapping 

A COM dose remapping method, similar to that of Flampouri et. al.2, was 

developed based on the above trilinear dose remapping without octant subdivision and 

with no dose interpolation. In this case the remapped dose in each reference voxel (i,j,k) 

is taken from the voxel (i’,j’,k’) at phase T which overlaps the corresponding mapped 

location of the reference voxel center of mass. The differences between the COM and TL 

dose remapping approaches are illustrated in Figure 3 of Chapter 3. 

 

8.2.2 Comparison of dose warping methods in simple deforming phantom 

Dose calculations with the defDOSXYZ code were compared with calculations 

remapped from “exhale” to “inhale” using the trilinear interpolation method in simple 

rectangular phantoms with voxel sizes ranging from 1.0 cm to 0.25 cm and deformations 

from 10% to 50% (see Figure 2). The densities of voxels in the deformed “exhale” 

phantom were adjusted to ensure conservation of mass. 

Dose profiles along the z axis of the phantom were calculated for beam incidence 

along the z axis (parallel to the deformations) and with the beam oriented 90 degrees to 
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the z axis (perpendicular to deformations). In the latter case the central axis of the beam 

was aligned along the distal edge of the deformed phantom in order to test the accuracy 

of the dose remapping in a region of high dose gradient. For the trilinear remapping 

method, the dose was calculated using DOSXYZnrc on the exhale geometry and then the 

dose was remapped to the inhale geometry. For the defDOSXYZ method the calculation 

used the inhale geometry as the reference dose grid and deformed this grid using the 

vectors relating the inhale to exhale geometry. 

 

 

 
 
 
 
 
 
 
 
 
 

 

(a) Parallel beam incidence (b) Perpendicular beam incidence 
 
Figure 2. Geometry of deforming phantom. Voxel densities are 0.5 g/cm3 at the inhale 
phase and 1.0 g/cm3 at the exhale phase (indicated by grey shading). Dashed line 
indicates location of dose profiles.   

 
8.2.3 Comparison of dose warping methods in anatomical breathing phantom 

To investigate the nature of dose discrepancies that could be expected when using a 

tri-linear interpolation dose remapping method for patient calculations the defDOSXYZ 

and trilinear dose remapping methods were compared using 4D CT images generated 

using the NCAT mathematical breathing phantom3,4. A breathing period of 4 seconds, a 

maximum AP expansion of 1.2 cm and a 2 cm diaphragm motion were specified which is 

consistent with normal breathing. 3D CT images were created at exhale (phase=0) and 

inhale (phase=0.455) with a voxel size of 0.3125 cm and 160x160x160 pixels with no 

cardiac motion.  

The exhale image of the NCAT phantom was registered to the inhale image using 

the ANIMAL non-linear registration algorithm. Registration of the exhale NCAT image 

2x2 cm2 6 MV 
incident beam 

Exhale

Inhale

depth
2x2 cm2 6 MV 
incident beam 

Exhale

Inhale
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to the inhale image was carried out starting at a deformation lattice spacing of 2.5 cm and 

reducing the step size by a factor of two for each subsequent registration. The 

transformation determined at the previous step size was used as starting estimate for the 

next step size. The correlation coefficient of image intensities was used as a measure of 

image similarity. The smoothing weight was set to 1.0 to maximize the smoothness of the 

estimated deformations. At each step size the optimum combination of registration 

parameters (lattice diameter, sublattice and similarity) were determined based on the final 

objective function value. The correspondence of the target image and the transformed 

source image was also inspected visually and their cross-correlation was calculated. The 

deformation maps were also tested for discontinuities which cause collapsed or 

overlapping voxels. As a preliminary validation of the registration accuracy the 

deformation maps were compared to the respiratory motion vectors defined for each 

control point in the NCAT phantom. At the end of the registration process the 

deformation vectors were interpolated to the resolution of the dose calculation grid to 

obtain the vectors at the nodes of each voxel and written to a file for input to the 

defDOSXYZ code. 

If the image registration is not perfect, then the deformed exhale anatomy will not 

exactly reproduce the inhale anatomy. Therefore the deformed anatomies on which the 

defDOSXYZ and trilinear remapping calculations are performed will not be identical. In 

order to minimize the effects of registration errors on the comparison of  defDOSXYZ 

and the trilinear dose mapping method, the density matrix on which the inhale dose 

calculation was based was generated by transforming the exhale density matrix with the 

exhale-to-inhale transformation. This transformed exhale density image was then 

resampled to the original grid resolution using trilinear interpolation. For the trilinear 

remapping approach, a dose distribution was calculated on the transformed exhale 

anatomy using DOSXYZnrc with 1 billion histories from a 10x10 cm2 6 MV phase space 

file incident anteriorly. The dose contribution from this phase to the reference exhale 

image was then determined using the Exhale-to-Inhale deformation vectors. For the 

defDOSXYZ calculation, the dose contribution from the inhale phase to the reference 

exhale anatomy was calculated using the same Exhale-to-Inhale vectors for the same 
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incident beam. The resolution of the dose grid for all calculations was equal to the CT 

voxel resolution. 

 
8.2.4 Comparison of dose warping methods in 4D CT patient data 

8.2.4.1 Patient data 

4D CT images for 2 lungs patients were used to compare COM remapping, 

Trilinear remapping and defDOSXYZ calculations. Patient 1 had a 5.2 cc tumour (GTV) 

located in the upper left lobe which underwent a displacement of approximately 1.2 cm 

between exhale and inhale (see Figure 3(a)). Patient 2 had a 112 cc primary target volume 

(GTV) located in the right lower lobe with mediastinal nodal involvements of 63 cc and 

12 cc, respectively (see Figure 3(b)). The primary target volume underwent a maximum 

breathing excursion of 9 mm. 

 

 
(a) Patient 1 

 
(b) Patient 2 

ITV3 

ITV2 

ITV1 

CTV 

 

Figure 3. Location of target volumes for 4D CT Patient 1 and 2. 

 

Thoracic 4D CT images for Patient 1 were acquired at the MD Anderson Cancer 

Centre using the axial mode of a Discovery ST PET-CT scanner (GE Medical Systems, 

Milwaukee, WI). Scans were retrospectively sorted into ten breathing phases with an 

image resolution of 0.98 mm and slice thickness of 2.5 mm. Images for Patient 2 were 

acquired at the Massachusetts General Hospital using a Lightspeed Qx/I 4-slice CT 

scanner (GE Medical Systems, Milwaukee, WI). 
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8.2.4.2 Non-linear image registration 

Non-linear image registration was performed between the extreme breathing 

phases. For Patient 1 the reference phase was Inhale and the target phase was Exhale. 

Registration was performed using the ANIMAL code using a multiresolution process 

ending with a deformation lattice spacing equal to the image resolution. The average 

registration accuracy for this patient was evaluated to be 1.2 ± 1.2 mm based on manually 

identified landmarks. For Patient 2, registration between the exhale and inhale phase was 

performed using a B-splines method5 with a 50 mm control point spacing. Based on 

expert identified homologous points the average accuracy of deformable registration in 

the lungs was 4.21 ± 2.42 mm. 

 

8.2.4.3 Treatment plans 

Three different treatment planning scenarios were considered. Patient 1 was 

planned using a 2-field 18 MV 3D-CRT plan using the CADplan treatment planning 

software (Varian Medical Systems, Palo Alto, CA). The target was delineated on the 

reference inhale phase and a 7 mm margin was added for microscopic extent. No 

additional margins for setup uncertainties were used. Two planning strategies were 

considered for this patient: (1) tracking and (2) no motion compensation. For the tracking 

case a treatment plan was defined on the target exhale phase and for the non-motion 

compensated case the plan was defined on the inhale phase with no additional margins to 

account for the inhale-exhale tumor motion. In both cases the dose received at the exhale 

phase remapped to the inhale phase was evaluated. The prescription dose was 60 Gy, 

delivered in 15 fractions.  

Patient 2 was planned using a 5-field IMRT plan with the CORVUS (NOMOS 

Corp., Cranberry Township, PA)) treatment planning software. Internal target volume 

(ITV) margins were determined based on fusion of target volumes drawn on separate 

phases of the 4D CT image set  and a further 8 mm expansion was added for the planning 

target volume. The prescribed dose was 63 Gy delivered in 35 fractions. Characteristics 

of the three planning strategies are summarized in Table 1. 
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Table1: Planning scenarios considered for 4D CT patient data 

Planning 

scenario 

Patient Maximum GTV 

motion (mm) 

Plan type Margins Reference 

phase 

ITV margin Patient 2 9 IMRT ITV + 8 mm Exhale 

Tracking Patient 1 12 3D-CRT on 

exhale phase

GTV + 7 mm Inhale 

No motion 

compensation 

Patient 1 12 3D-CRT on 

inhale phase 

GTV + 7 mm Inhale 

 

8.2.4.4 Dose calculations 

Phase space files were generated using a BEAMnrc model of the linear accelerator. 

For Patient 1 particles were tracked through the linear accelerator jaws to a scoring plane 

70 cm below the target. For Patient 2 particles were tracked to a scoring plane above the 

jaws. Transport through the jaws and MLC was performed using a model developed by 

Siebers et al.6 which was modified to model multiple Compton scatter interactions7. 

Two separate patient dose calculations were performed. For the dose calculations 

employing dose remapping, the DOSXYZnrc code was used to calculate the dose 

distribution on a patient density matrix generated from the transformed reference 

anatomy. Similarly to the calculations in the anatomical breathing phantom, for these 

calculations we use the transformed anatomy instead of the target phase anatomy to 

eliminate errors introduced by registration inaccuracies. The dose distribution was then 

remapped to the reference geometry using both COM and trilinear (TL) remapping 

methods. A second dose calculation was performed using the defDOSXYZ code to 

determine the dose received by the deformed reference-to-target geometry. The dose 

calculation process is summarized in Figure 4. Note that the dose between the extreme 

phases only was calculated. For all calculations a nominal dose grid size of one-quarter 

image resolution was used (4x4x2.5 mm3), however different dose grid spacings were 

investigated for Patient 1 to determine the influence of dose grid size on discrepancies 

between the different dose calculation methods. 

 176



Chapter 8       Comparison of dose warping methods for 4D MC dose calculations in lung 

1. Calculate dose on transformed reference 

anatomy 

1. defDOSXYZ calculation on reference 

anatomy using deformation vectors 

2. Remap dose distribution to reference 

phase using COM or TL remapping 

2. Dose calculated on deformed anatomy 

on reference voxel grid. 

(a) Dose remapping calculation (b) defDOSXYZ calculation 

 

Figure 4. Illustration of dose remapping and defDOSXYZ dose calculation process. 

 

8.2.4.5 Evaluation 

The dose distributions calculated by the three methods: defDOSXYZ, remap COM 

and remap TL were compared in terms of dose volume histograms determined for all the 

planning structures as well as dose difference maps. Dose difference maps were 

compared with dose gradients, deformation magnitude and volume changes to investigate 

their influence on any discrepancies between the 4D dose calculation methods. 
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8.3    RESULTS 

8.3.1 Comparison of deformable dose calculation methods in simple deforming 

phantoms 

8.3.1.1  Simulation times and incidence of boundary crossing errors 

DOSXYZnrc and defDOSXYZ simulations were run with sufficient incident 

histories to obtain a statistical uncertainty of less than 1% for the dose inside the water 

phantom. For the DOSXYZ simulations this required simulation times ranging from 3 

minutes to 26 hours on a 1.7 GHz Pentium M processor for voxel sizes of 1.0 cm to 0.1 

cm, respectively. The defDOSXYZ simulation times were 4 to 11 times longer, 

depending on the voxel size. This increase in the ratio of simulation times was attributed 

to an increased incidence of boundary crossing errors as the voxel size was reduced.  

Boundary crossing errors occur when the boundary crossing algorithm incorrectly 

determines that a voxel boundary has been crossed. On the subsequent particle transport 

step, the inconsistent assignment of the current voxel index relative to the actual particle 

position causes the HOWFAR subroutine to return a negative minimum distance to the 

next particle boundary. These errors are known to occur in DOSXYZnrc simulations and 

are attributed to two sources. First, truncation of calculated distances occurs when storing 

these quantities in a 4-byte floating point representation. These “round-up” errors can 

lead to uncertainty in determining whether a particle has crossed a boundary when the 

distance is on the order of 10-5 cm or less. The increased number of calculation steps in 

defDOSXYZ leads to a higher potential for round-up errors. Second, the PRESTA-I 

electron transport algorithm uses an approximation of the distance to the voxel boundary 

which has been demonstrated to generate boundary crossing errors8. An increased 

incidence of such errors in defDOSXYZ simulations is attributed to the complex nature 

of the deformed geometries. It should be noted that for dose calculations in an 

undeformed geometry, the incidence of negative distances in defDOSXYZ was consistent 

with that for DOSXYZnrc. 

The incidence of these boundary crossing errors was minimized by two approaches. 

First, we used an 8-byte floating point representation for all quantities calculated by the 

HOWFAR and HOWNEAR subroutines. Second, the EXACT boundary crossing 

algorithm, which employs a more accurate distance to boundary calculation, was used for 
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all simulations. A skin depth of 3 electron mean free paths, at which the boundary 

crossing algorithm switches to the PRESTA-I algorithm, was found to minimize the 

incidence of boundary crossing errors.  

The occurrence of boundary crossing errors was handled in the same manner as for 

the DOSXYZnrc code. When HOWFAR returned a negative distance on the order of 10-4 

cm or smaller the distance to the boundary was reset to zero and the particle was moved 

to the voxel boundary. When a negative distance which is larger in magnitude than this 

cutoff occured the particle was discarded.  

 

8.3.1.2  Dose profiles 

The comparison of the two dose remapping methods in simple deforming phantoms 

is summarized in Figures 5 through 12. In Figure 5 depth dose profiles are compared for 

a 50% voxel deformation as a function of voxel size for a 2x2 cm2 6 MV phase space 

incident along the depth direction, parallel to the deformations. The trilinear remapping 

method underestimates the remapped dose in the inhale phantom by 25%, on average, for 

1 cm voxels, 3.7%, 2.0% for 0.5 cm and the 0.25 cm voxels, respectively and 1% for the 

0.1 cm voxel size. Larger discrepancies of up to 31% exist in the regions of steep dose 

gradients at the entrance and distal surfaces of the phantom. The very large discrepancies 

for the 1 cm voxel size are attributed to the (rather unrealistically) large voxel size 

relative to the beam dimensions (2x2 cm2) which causes dose along the central axis to be 

interpolated from points laterally outside the beam when using the trilinear remapping 

method. The voxels of the phantom are arranged such that the beam central axis 

coincides with a lateral voxel boundary. The results for this voxel size are expected to be 

sensitive to the location of the voxel boundaries with respect to the beam central axis. 

Figure 6 shows the same calculations repeated for perpendicular beam incidence. 

The dose profiles for the inhalation phase are shifted to deeper depths as the voxels shift 

along the depth direction with expansion from exhale to inhale. Due to the steep dose 

gradients that exist in the beam penumbra (up to 60%/2.5 mm) the discrepancies with the 

trilinear method are more significant than for parallel beam incidence but improve with 

smaller voxel size. Excluding the penumbra, the trilinear method underestimates the 
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remapped dose by 29%, 8.0% and 0.2%, on average, for the 1 cm, 0.5 cm and 0.25 cm 

voxel sizes. Discrepancies in the penumbra region are significantly larger than for the  

 

(a) (b) 
 

(c) (d) 
 
Figure 5. Depth dose profiles for beam incidence parallel to deformations for different voxel 

sizes: (a) 1 cm voxels 50% deformation (b) 0.5 cm voxels 50% deformation (c) 0.25 cm voxels 

50% deformation and (d) 0.1 cm voxels 50% deformation. Dashed lines indicate phantom 

boundaries at inhale and exhale phases. The material beyond the phantom boundaries is air. 

 
case with parallel beam incidence. As expected, a better estimation of the remapped dose is 

obtained when interpolating over a finer grid resolution. However, the accuracy in regions 

where dose gradients exist is limited by the dose averaging over contributions of neighbouring 

voxels when interpolation is performed. Furthermore, since the compression of the reference 

voxels to the exhale phase is accounted for by defDOSXYZ the calculation of dose on the 
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exhale phase is performed at a higher resolution than in the case of the trilinear remapping 

method. This is the reason why the trilinear remapping still shows some averaging in the high  

 

 

(a) (b) 

 

 

(c) (d) 
 

Figure 6. Depth dose profiles for beam incidence perpendicular to deformations for different 

voxel sizes: (a) 1.0 cm voxels 50% deformation (b) 0.5 cm voxels 50% deformation (c) 0.25 cm 

voxels 50% deformation and (d) phantom geometry. Dashed lines indicate phantom boundaries at 

inhale and exhale phases. The material beyond the phantom boundaries is air. 

 

 

gradient areas even as the voxel size is reduced. 

In Figure 7 depth dose profiles are compared in a phantom consisting of 0.25 cm voxels 

for different deformation magnitudes. Note that for the 10% deformation case it was necessary  
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(a) 

 
(b) 

 
(c) 

 

Figure 7. Depth dose profiles for 0.25 cm voxel phantom with parallel beam incidence for 

different deformation magnitudes: (a) 50% deformation (b) 25% deformation and (c) 10% 

deformation. Dashed lines indicate phantom boundaries at inhale and exhale phases.  

The material beyond the phantom boundaries is air. 
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(a) 

 
(b) 

 
(c) 

 

Figure 8. Depth dose profiles for 0.25 cm voxel phantom with parallel beam incidence for 

different deformation magnitudes: (a) 50% deformation (b) 25% deformation and (c) 10% 

deformation. Dashed lines indicate phantom boundaries at inhale and exhale phases. The 

material beyond the phantom boundaries is air. 
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for the inhale phantom to be extended to 10 cm in depth, compared to 6 cm for the 50% and 

25% deformation. The trilinear method underestimates the remapped dose on average by 2.0% 

for a 50% deformation to 1.0% for the 25% and 0.5% for the 10% deformations. The magnitude 

of the deformation has an impact on how well the deformed voxels are aligned with the 

reference grid. The larger the deformation the more the remapped dose point at inhale deviates 

from the center of the exhale voxel to which it is mapped and the more the dose is interpolated 

from dose in neighbouring voxels. In the case of perpendicular incidence (see Figure 8) the 

accuracy of the trilinear interpolation method does not appear to be significantly affected by the 

magnitude of voxel deformations. Instead, the discrepancies between the defDOSXYZ 

calculation and the trilinear method appear to be mainly due to the steep dose gradients which 

exist for this configuration. 

 
8.3.2 Comparison of deformable dose calculation methods in anatomical breathing 

phantom 

Overall, the magnitude and general direction of the estimated deformation vectors agreed 

with how the respiratory motion is modeled in NCAT which leads us to conclude that ANIMAL 

can recover deformations on the order of those introduced by respiratory motion. However, a 

more rigorous validation of ANIMAL for such applications is required. The optimized 

registration parameters are summarized in Table 2. 

 

Table 2: Optimized parameters for ANIMAL non-linear registration of NCAT phantom inhale 

and exhale images. 

Step Size 
(mm) 

Lattice 
diameter (mm) 

Sub lattice 
(nodes) 

Similarity-
cost ratio 

Iterations Final cross-
correlation 

Initial cross-correlation: 0.988 

25 80 10 0.3 10 0.995 

12.5 40 8 0.8 6 0.997 

 

Due to how respiratory motion is modeled in the NCAT phantom at the chest surface large 

gradients in the deformations exist and registration could be performed only down to a 

minimum lattice resolution of 12.5 mm (deformations are subsampled at a 6.25 mm lattice 

spacing then averaged) otherwise collapsed voxels occurred. The use of this relatively large step 
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size limits the accuracy of the registration. However, using the transformed Exhale image for 

the trilinear remapping method ensures that comparison of the dose calculation methods is 

independent of the registration accuracy. The majority of voxel deformations calculated by the 

defDOSXYZ code as the anatomy is transformed from Exhale to Inhale are less than 10%. 

However, 26 voxels (0.001% of the phantom voxels) underwent volume deformations 

(compressions) of 200%. 

The dose distribution calculated on the transformed exhale anatomy with DOSXYZnrc is 

shown in Figure 9(a). The remapped dose distributions at exhale determined using trilinear 

interpolation and the defDOSXYZ code, respectively, are shown in Figures 9 (b) and (c). The 

DOSXYZnrc calculation required 5.2 hours when split on 5 processors while the defDOSXYZ 

calculation required 12 hours. Dose deformations at the chest surface are visible which 

correspond to the inf/sup motion at these points. The percentage dose difference normalized to 

the maximum remapped Inhale (defDOSXYZ) dose, is shown in Figure 9(d). The maximum 

dose difference, on the order of 57% of the maximum remapped dose, occurs at the surface. 

This region of large dose discrepancy consists of a layer of 1 voxel thickness, which may be 

attributed to interpolation errors which occur when the transformed Exhale image is resampled 

to the original image grid resolution. However, beyond this surface layer the dose in the buildup 

region is underestimated by approximately 10%. This is consistent with the results in the simple 

deforming phantom study for which the deformations were perpendicular to the direction of 

beam incidence (see Figure 6). Otherwise, dose differences on the order of 10-20% occur in the 

penumbra, particularly on the inferior beam edge. 

The majority of the deformations (see Figure 10) are along the AP direction,  parallel to 

the incident beam, however where the largest dose discrepancies occur there are also significant 

deformations along the inf/sup direction. This is again consistent with the observed dose 

differences in the simple deforming phantoms where larger discrepancies are obtained with 

perpendicular beam incidence. 
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(a) (b)  

 
(c) (d)  

 
Figure 9. Comparison of remapped inhale dose in NCAT phantom (a) dose calculated on  

Transformed Exhale anatomy with DOSXYZnrc  (b) Transformed Exhale dose remapped  

to Exhale (reference) phase using trilinear interpolation with octant remapping method  

(c) Inhale dose remapped to Exhale (reference) phase calculated with defDOSXYZ (d)  

difference map (defDOSXYZ-Trilinear)/max(defDOSXYZ). The dose grid resolution is  

3.125x3.125x3125 mm3. 
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Figure 10: ANIMAL Exhale-to-inhale deformation vectors corresponding to Figure 9. 

 
8.3.3 Comparison of deformable dose calculations in 4D CT lung patients 

8.3.3.1 Patient 1 2-field 3D CRT plan: tracking scenario 

(a) DVH comparison for nominal dose grid size 

The Inhale-Exhale dose-volume histogram for the CTV is shown for the three different 

dose calculation methods in Figure 11. The dose calculated on the transformed inhale (target) 

anatomy, which is the planned dose distribution, is included to illustrate the effect of remapping 

the dose to the reference phase. Five hundred million histories were calculated for each beam, 

requiring 30 hrs for a DOSXYZnrc calculation when split among five 3 GHz processors. The 

time for defDOSXYZ simulations were approximately 10 times slower than for DOSXYZnrc. 

The average statistical uncertainty on the dose calculated in the CTV was approximately 3%. 

Note that the ICRU requirement9 of 95% coverage of the target volume by the prescription dose 

was not met because the treatment plan was generated using a dose calculation algorithm 

(CADplan) which assumed a homogeneous water composition for the patient. This does not 

predict the loss of lateral electronic equilibrium in the low density lung tissue which results in a 

lower dose to the tumour. 

+ Y

+ Z
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Figure 11. CTV DVH for Patient 1 tracking case. Dose grid size is 128x128x80 (4x4x2.5 mm3). 

 

Though at first it appears to be not statistically significant, there is a systematic 2-3% 

offset in the CTV dose between defDOSXYZ and remapping calculations. Comparison of the 

deformed density image, on which defDOSXYZ calculations are performed, and the 

transformed density images, on which DOSXYZnrc calculations are performed and then 

remapped to the reference phase, revealed an average 2% difference in density between these 

images. This investigation was similar to that carried out in Chapter 6 section 6.4.7. The 

deformation vectors obtained from ANIMAL do not conserve mass which caused the lung 

density to be higher in the deformed inhale images compared to the transformed inhale images. 

The increased lung density explains why the defDOSXYZ calculations are systematically 

higher. The presence of more tissue results in an increased generation and interactions of 

secondary electrons which leads to more dose deposition. 

We therefore decided to repeat the defDOSXYZ calculations without modifying the voxel 
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Figure 12.  CTV DVH for Patient 1 for defDOSXYZ calculation with no density modification 

for mass conservation. Dose grid size is 128x128x80 (4x4x2.5 mm3). 

 

densities as they were deformed (see Figure 12). In this case the mass of the deformed voxel 

image was verified to be equal to the mass of transformed image. The removal of the mass 

conservation from defDOSXYZ calculations resulted in a 1% decrease in the mean dose and 

improved the agreement with dose remapping calculations.  For all subsequent comparisons we 

used these non-density adjusted dose calculations.  

A comparison of corresponding dosimetric parameters including the mean dose (Dmean), 

minimum dose (Dmin), maximum dose (Dmax), the dose which covers 95% of the target volume 

(D95%) and the highest dose to 5% of the target volume (D5%) is listed in Table 3. No 

statistically significant differences between defDOSXYZ and the remapping methods were 

noted for any dosimetric parameters in Table 3 .The mean difference in the dose calculated in 

the CTV by the remapping methods compared to defDOSXYZ was 3%.  
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Table 3. Comparison of dosimetric parameters for Patient 1 CTV. 

Parameter DefDOSXYZ (Gy) Remap COM (Gy) Remap TL (Gy) 

Dmean 60.5 59.7 60.1 

D95% 53.7 52.3 52.7 

D5% 66.2 65.8 65.9 

 

  
(a) defDOSXYZ (b) COM remapping 

  
(c) TL remapping (d) legend for isodose lines 

 

Figure 13. Dose distributions for Patient 1 tracking case on reference (inhale) phase. Dose 

distributions are normalized to the prescription dose of 60 Gy. Dose grid size is 128x128x80 

(4x4x2.5 mm3). 
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The dose distributions for the three methods are shown in Figures 13 (a) through (c). Two main 

observations can be made. First, there is more “warping” of the defDOSXYZ dose distribution 

along the superior/inferior direction compared to the TL and COM remapped dose distributions. 

This is because the higher 80-90% isodose lines extend more inferiorly into the lung for the 

defDOSXYZ calculation. However the extent of the low dose isodose lines is approximately 

consistent between the calculation methods. The discrepancies in the high dose regions can be 

attributed to the limitations of interpolation methods in regions where dose gradients exist, an 

effect which was already demonstrated in the simple deforming phantoms (see Figure 5(b)). 

The second observation is that there exist localized regions of discrepancy at tissue interfaces, 

for example at the right edge of the tumour and the chest wall/lung interfaces. These 

discrepancies are attributed to differences in the deformed geometries, used by the dose 

remapping methods compared to defDOSXYZ, on which the dose is calculated. For the dose 

remapping methods the dose distribution is calculated on the transformed image which has to be 

resampled to a rectangular grid. Partial volume averaging of voxel intensities leads to 

inconsistencies in the patient representation in such regions of sharp density gradients. In the 

case of the tumour/lung interface, this contributes to the reduced shoulder of the CTV DVH for 

the remapping methods compared to defDOSXYZ. The comparison of remapped dose in such 

regions is influenced by the voxel size, as partial volume averaging also occurs in defDOSXYZ 

calculations depending on the voxel size and location of voxel boundaries with respect to tissue 

boundaries. 

A 0.6% difference in the mean dose between the trilinear and COM remapping methods 

was noted. Essentially the DVH for the COM remapping calculation appears to be a lower 

resolution version of the TL remapping calculation. This result is intuitive since the TL 

remapping uses octant subdivision the resolution of this method is inherently higher compared 

to COM remapping. The dose distributions for the remapping methods are similar, although in 

the case of TL remapping the dose distribution is smoother because interpolation of the 

remapped dose is performed. 

Dose volume histograms for the planning organs at risk are shown in Figure 14. There is 

10% reduction in the maximum spinal cord dose for the defDOSXYZ calculations compared to 

the remapping calculations. This can be attributed to the discrepancies in the dose deformations 

at the lung/chest wall interfaces evident in Figure 13. No significant differences can be 
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discerned between the calculation methods for the heart but the remapping methods 

underestimate the mean dose and the volume receiving at least 20 Gy (V20Gy) in the left tumour-

containing lung by 0.8 Gy and 4 cGy, respectively. These observations are consistent with the 

larger extent of the higher isodoses for defDOSXYZ calculations compared to remapping 

calculations. 

(a) Spinal Cord (b) Heart 

(c) Left Lung (d) Right Lung 

Figure 14. Dose volume histograms for organs at risk for Patient 1 tracking scenario. Dose grid 

size is 128x128x80 (4x4x2.5 mm3). 

 

(b) Investigation of dose difference correlations 

To determine the factors which lead to differences between the remapping and 

defDOSXYZ calculations we studied the correlations between dose differences and deformation 

magnitude, volume change and dose gradient (see Figure 15). The normalized cross-correlation  
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between the percentage local dose difference (Figures 15(a) and (b)) and the gradient of the 

defDOSXYZ dose distribution (Figure 15(c)), the vector magnitude of the exhale-to-inhale 

deformations (Figure 15(d)) and the fractional volume change, calculated as the determinant of 

the Jacobian of the local deformations vectors for each voxel, (Figure 15(e)) was calculated 

over the whole dose grid (128x128x80). The influence of statistical uncertainties was  

  
(a) local percentage dose difference  

100*(defDOSXYZ-COM)/defDOSXYZ 

(b) local percentage dose difference 

100*(defDOSXYZ-TL)/defDOSXYZ 

 
(c) dose gradient map 

(cGy/mm) 

(d) deformation magnitude 

map (mm) 

(e) fractional volume change 

map 

 
Figure 15. Sagittal sections through isocenter (corresponding to Figure 13) of local dose 

differences ((a) and (b)) and (c) local dose gradient, (d) deformation magnitude and (e) 

fractional volume change for Patient 1 tracking case. Resolution of images is 4x4x2.5 mm3. 

 

minimised by considering only voxels with a statistical uncertainty of 10% or less. This 

corresponded to a local dose threshold of 10 Gy. Therefore, for these voxels, only local dose 

differences greater than 10% were considered significant and were included in the calculation 

of the correlation values shown in Table 4.  

 193



Chapter 8       Comparison of dose warping methods for 4D MC dose calculations in lung 

Visually, the dose difference maps appear to correlate with both dose gradient and 

deformation magnitude although calculation of cross-correlation values reveals that for COM 

remapping discrepancies compared to defDOSXYZ are more strongly influenced by 

deformation magnitude. For TL remapping discrepancies are most strongly correlated with dose 

 

Table 4. Normalized cross-correlations for TL and COM remapping evaluated over voxels in 

3D 128x128x80 image with statistical uncertainty of 10% or less and a local dose difference of 

greater than 10% for Patient 1 tracking case. 

 defDOSXYZ – TL defDOSXYZ - COM 

Deformation magnitude 0.203 0.241 

Dose gradient  0.212 0.108 

Volume change 0.051 0.090 

 

gradient. 

For COM remapping it can be expected that as the deformation magnitude increases 

deformed voxels are increasingly less aligned with the rectangular voxels of the dose 

distribution to be remapped. In this case, due to lack of interpolation, simple point dose 

remapping does not accurately estimate the remapped dose. Similarly, it is interesting to note 

that the correlation with deformed voxel volume change is stronger for COM remapping than 

for TL remapping. This could be attributed to the reference voxel subdivision used for the latter 

method which is better able to account for voxel volume changes.  

The correlation of TL remapped dose discrepancies and dose gradient is consistent with 

the previous comparisons in simple deforming phantoms. The TL remapping method appears to 

introduce more artifacts in the remapped dose distribution in the beam penumbra (indicated by 

white arrow in Figure 15(b)) compared to the COM remapping method. It was already 

demonstrated in the deforming phantoms that deformation size (ie. volume change and 

deformation magnitude) had a limited influence on differences between TL remapping and 

defDOSXYZ (see Figure 7). 

 

(c) Dependence on dose calculation grid resolution 

CTV dose volume histograms are shown in Figure 16 for two different dose grid 
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resolutions: 4x4x5 mm3 (128x128x40) and 2x2x2.5 mm3 (256x256x80). Agreement between 

defDOSXYZ and the remapping calculations is improved when the voxel size was reduced. 

Furthermore, agreement between COM and TL calculations is improved. This is consistent with 

the observation of improved agreement between defDOSXYZ and TL calculations in the 

deforming phantoms.  

(a) 128x128x40  dose grid (b) 256x256x80 dose grid 

Figure 16. Comparison of CTV DVHs for two dose grid resolutions (a) 4x4x5 mm3 and (b) 

2x2x2.5 mm3. 

 
8.3.3.2  Patient 1 2-field 3D-CRT plan: no motion compensation 

 (a) DVH comparison 

A comparison of CTV dose volume histograms for the no motion compensation 

scenario is shown in Figure 17. The number of simulated histories per beam and the 

calculation times were the same as for the tracking case.  The static dose calculations on 

the transformed (i.e., delivered dose) and reference (i.e., planned dose) are included to 

illustrate the magnitude of the motion effect. Note that the defDOSXYZ calculations 

discussed here do not employ density modifications to conserve mass, for reasons 

discussed in the previous section. In this case the plan was not designed to cover the 

tumour in the target phase so there are significant dose gradients across the CTV which is 

manifested as a reduced shoulder of the DVH (D95%) compared to the tracking scenario. 

In this case defDOSXYZ calculations predict a 13% and 16% reduction in the D95% 

compared to COM and TL remapping, respectively (see Table 5). The mean dose 

difference in the CTV for the remapping methods is 5% which is significant compared to 
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the 3% statistical uncertainty for the dose in this region. The corresponding dose 

distributions are shown in Figure 18. It can be seen that the sharp dose gradients are 

washed out in the remapping calculations which leads to prediction of better perceived 

tumour coverage and hence an enhanced D95%. When  an intermediate breathing phase is 

considered, to estimate the cumulative dose, the discrepancies between in the D95% 

calculated by defDOSXYZ and COM and TL remapping are reduced to 4% and 5%, 

respectively. For the organs at risk the results were similar to those reported for the 

tracking scenario. 

 
Figure 17. CTV dose volume histogram for Patient 1 no motion compensation scenario. 

Dose grid size is 128x128x80 (4x4x2.5 mm3). 

 

Table 5. Comparison of dosimetric parameters for Patient 1 CTV for no motion 

compensation planning scenario. 

Parameter defDOSXYZ (Gy) Remap COM (Gy) Remap TL (Gy) 

Dmean 57.5 58.6 59.0 

D95 41.3 46.9 48.0 

D5 65.7 65.6 65.4 

 

 196



Chapter 8       Comparison of dose warping methods for 4D MC dose calculations in lung 

(a) defDOSXYZ (b) COM remapping 

 

(c) TL remapping (d) legend for isodoses 

 

Figure 18. Dose distributions for Patient 1 plan with no motion compensation on 

reference (inhale) phase. Dose distributions are normalized to prescription dose of 60 Gy. 

Dose grid size is 128x128x80 (4x4x2.5 mm3). 
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(b) Correlations of dose differences 

The local dose difference maps are shown in Figure 19. As motion effects are larger 

for this planning scenario the discrepancies between defDOSXYZ and the remapping 

calculations are increased and hence correlations with dose gradient, deformation 

magnitude and volume change are enhanced (see Table 6). For both remapping methods, 

dose discrepancies correlated most strongly with the dose gradient.  

(a) local percentage dose difference  

100*(defDOSXYZ-COM)/defDOSXYZ 

(a) local percentage dose difference  

100*(defDOSXYZ-TL)/defDOSXYZ 

 

Figure 19. Sagittal sections of local dose difference maps through isocenter 

(corresponding to Figure 18) for COM and TL remapping compared to defDOSXYZ for 

the no motion compensation scenario. Dose grid size is 128x128x80 (4x4x2.5 mm3). 

 

Table 6. Normalized cross-correlations for TL and COM remapping evaluated over 

voxels in 3D 128x128x80 image with statistical uncertainty of 10% or less and a local 

dose difference of greater than 10% for Patient 1 no motion compensation case. 

 defDOSXYZ – TL defDOSXYZ - COM 

Deformation magnitude 0.532 0.549 

Dose gradient  0.750 0.768 

Volume change 0.095 0.101 
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8.3.3.3  Patient 2 7-field IMRT plan: ITV scenario 

 (a) DVH comparison  

A comparison of dose volume histograms for the three target volumes is shown in 

Figure 20. Dose calculated on the transformed reference (exhale) phase is included to 

indicate the magnitude of target motion. Two hundred million histories were simulated 

for each beam, resulting in an average statistical uncertainty of 5% in the ITV. Similar to 

Patient 1, a systematic offset between remapping and defDOSXYZ calculations was 

noted. On average, there was a 5% difference in density between the deformed and 

transformed reference density matrices. defDOSXYZ calculations repeated without 

density adjustments are indicated by open circles in Figure 20. A corresponding 

comparison of dosimetric parameters for ITV1 is listed in Table 7. Although the re-

calculation of defDOSXYZ dose distributions resulted in a 2% decrease in mean dose 

and improved agreement with  

 
(a) ITV1 
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(b) ITV2 

 
(c) ITV3 

 
Figure 20. Comparison of target volume DVHs for Patient 2. Dose grid size is 

128x128x80 (4x4x2.5 mm3). 
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Table 7. Comparison of dosimetric parameters for Patient 2 ITV1. 

Parameter defDOSXYZ 

(Gy) 

defDOSXYZ no density 

correction (Gy) 

Remap COM 

(Gy) 

Remap TL 

(Gy) 

Dmean 65.5 64.4 61.9 61.9 

D95 56.7 56.2 53.2 53.3 

D5 71.9 70.7 68.4 68.0 

 

 

remapping methods there was a greater than 5% discrepancy in the D95%, minimum and 

maximum doses calculated by these methods. 

The dose remapping methods underestimated these parameters compared to the 

defDOSXYZ calculation. Though such results are somewhat consistent with errors 

introduced by interpolation there still appeared to be a systematic offset between 

remapping calculations and defDOSXYZ. The dose distributions shown in Figure 21 

indicate the defDOSXYZ calculation predicts more coverage of the tumour by the 

prescription (100%) isodose line. Steeper dose gradients are also more evident in the 

defDOSXYZ calculation.   

Significant offsets in the mean target volume doses were noted for the fields at 

gantry angles of 120° and 250°. Investigation of the deformation vector magnitude 

Jacobian map of volume change revealed sharp gradients in the deformation magnitude 

and complex pattern of localized volume changes (see Figure 23) in the region transected 

by the these fields. Such deformations are clearly not physically realistic. Note that in 

contrast to the Patient 1 dose calculations, the deformation vectors used for Patient 2 

calculations were obtained from a B-spline image registration algorithm. There is 

possibly some correlation between the dose difference and Jacobian maps but this is not 

conclusive. The location of the planning structures is indicated in Figure 22(e). The target 

volumes are located in a region of large localized volume expansions. These regions also 

coincide with areas of significant dose gradients in the defDOSXYZ dose distribution.  
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(a) defDOSXYZ (b) COM remapping 

 

(c) TL remapping (d) isodose legend 

Figure 21. Dose distributions normalized to prescription dose of 63 Gy. Dose grid size is 

128x128x80 (4x4x2.5 mm3). 

 

We therefore hypothesized that the systematic offset of the defDOSXYZ 

calculations is due to these localized regions of large volume expansion and shrinkage. 

This hypothesis was tested by smoothing the deformation vectors with a Gaussian kernel  
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(a) percent local absolute dose differences  
100*(defDOSXYZ-TL)/defDOSXYZ  (%) 

(b) defDOSXYZ dose distribution  (cGy) 

(c) Jacobian map of fractional volume 
change 

(d) Z component of deformation vectors 
(mm) 

 

 

(e) location of target and heart contours  

Heart 
ITV2 

ITV1 

Figure 22. Illustration of correspondence between regions of large dose differences (a) 

and dose gradient (b) in axial slices of 120° field with complex deformation vectors 

volume change (c) and magnitude (d) distributions and (e) location of target volumes and 

heart. Resolution of images is 2x2x2.5 mm3. 
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(a) Jacobian map of fractional volume 

change 

(d) Z component of deformation vectors 
(mm) 

Figure 23. Volume change and Z component of magnitude of smoothed inhale-to-exhale 

deformation vectors in axial slice corresponding to Figure 23(c) and (d). 

 

of FWHM = 32,32,40 mm and repeating the calculations. Note that a new transformed 

image for remapping calculations was generated using the smoothed vectors. The 

magnitude of the Z component and Jacobian map of the smoothed vectors is shown in 

Figure 24. 

The resulting DVHs for ITV1 before and after smoothing are shown in Figure 25. 

The smoothing does not significantly affect the mean value of the deformations and 

volume changes but rather the magnitudes of the minima and maxima are reduced. When 

the deformation vectors are smoothed there are no differences between the defDOSXYZ, 

remap TL and remap COM calculations (see Figure 25(b)). The original defDOSXYZ 

using the unsmoothed vectors has been included for comparison. It is interesting to note 

that the defDOSXYZ DVH is unchanged by vector smoothing compared to the 

remapping methods. It is possible that the changes in the dose distribution induced by 

smoothing the deformation vectors are not resolvable for the current dose grid size. 

Furthermore, in the absence of tissue boundaries, the dose distribution is expected to be 

inherently smooth. Conversely, the dose distributions obtained by point dose remapping 

appear to be sensitive to not only the magnitude but also to localized gradients in the 

deformation vectors. It could be postulated that artifacts in the remapped dose 

distribution could be induced by interpolation of the remapped dose obtained by 
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discontinuous point displacements. It is important to note that when a physically realistic 

deformation field is used, the discrepancies between defDOSXYZ and dose remapping 

methods are resolved. As in the case of mass conservation in image registration, this 

demonstrates the importance of determining a physically realistic and continuous 

deformation field for deformable dose calculations even if they are performed using 

interpolation methods. 

(a) original ITV1 DVH (b) ITV1 DVH for calculation with 

smoothed vectors 

 

Figure 24. ITV1 dose volume histograms for 120° field with and without smoothing of 

deformation vectors. 

 

Dose volume histograms for the organs at risk are shown in Figure 25. Generally, 

the effects of motion, and therefore discrepancies between dose calculation methods, 

were smaller for these organs as they have larger volumes compared to the targets and 

hence localized dose differences and even motion effects are averaged out. As with the 

target volumes evidence of a systematic offset between defDOSXYZ and remapping 

calculations can be seen. Again we postulate that these are due to the complex 

deformation maps, however since dose is averaged over a larger volumes the effects of 

large localized dose discrepancies is reduced. 
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(a) Heart 

 
(b) Spinal Cord 
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(c) Left Lung 

 
(d) Right Lung 

Figure 25. Dose volume histograms for organs at risk. Dose grid size is 128x128x80 

(4x4x2.5 mm3). 
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No statistically significant differences were noticed in dosimetric parameters 

including mean and maximum dose, V20Gy and V30Gy for these organs, with the exception 

of the minimum dose. The minimum organ dose was however overestimated in the left 

lung by 12% and 13% for the COM and TL remapping methods, respectively, and 

underestimated by 9% by both methods for the spinal cord. 

 

(b) Investigation of dose differences correlations  

A comparison of dose difference maps, dose gradient, fractional volume change and 

deformation magnitude is shown in Figure 26. The corresponding normalized correlation 

values are shown in Table 6. For both remapping methods dose discrepancies were most 

strongly correlated with dose gradients. Again, fractional volume change had more 

significant correlation for COM remapping compared to TL remapping. 

 

Table 6. Correlations of local dose differences evaluated over voxels in 3D 128x128x68 

image with statistical uncertainty of 10% or less and a local dose difference of greater 

than 10% for Patient 2 ITV plan. 

 

Parameter COM-defDOSXYZ TL-defDOSXYZ 

Def mag 0.114 0.302 

Vol change 0.079 0.023 

Dose grad 0.324 0.543 
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(a) local percentage dose difference  

100*abs(defDOSXYZ – COM)/defDOSXYZ
(b) local percentage dose difference  

100*abs(defDOSXYZ – TL)/defDOSXYZ 

 
(c) dose gradient (cGy/mm) (d) deformation magnitude 

(mm) 
(e) fractional volume change 

 

Figure 26. Correlations between dose difference maps ((a) and (b)) compared to and (c) 

local dose gradient, (d) deformation magnitude and (e) fractional volume change for 

Patient 2. Resolution of images is 4x4x2.5 mm3 (128x128x80). 

 

8.4    DISCUSSION 

The results of comparing defDOSXYZ calculations with dose remapping methods 

indicate that the latter methods tend to underestimate the dose in regions where steep 

dose gradients and large deformations exist.  The dose calculation methods converge if 

the dose grid resolution is increased but for clinically relevant dose grid sizes the 

remapping methods lead to local dose differences in excess of 25% in penumbral regions 

for a realistic patient plan. For a well designed plan which accounts for motion the 

location of these gradients should be such that they had little influence on the planning 

structure dose volume histograms. However this might not be the case if we are 

evaluating the effect of motion on a conformal static treatment plan in order to assess the 
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efficacy of a motion mitigation device or for calculation of a motion kernel to be used in 

4D inverse planning. The results presented in this chapter represent the maximum 

possible deviations as only extreme breathing phases were considered. The calculation of 

a cumulative dose distribution, including intermediate phases for which there is less 

motion, would tend to reduce these discrepancies. This requires further investigation.  

For the deforming geometries considered in this study, defDOSXYZ simulations 

required a 5 to 11 increase in calculation time compared to DOSXYZnrc calculations. A  

important contribution to this increased calculation time was an increase in the incidence 

of boundary crossing errors which occur when calculating dose in deformed geometries.  

A significant issue in this study was that the ability to conserve mass with the 

defDOSXYZ calculation method could not be exploited as deformation vectors from 

non-linear registration of patient 4DCT images did not conserve mass. In the deforming 

phantoms this was not an issue as the voxel densities were adjusted to ensure that the 

dose was being calculated on exactly the same voxel density and composition for all 

calculation methods. Discontinuous deformation vector patterns can cause systematic 

effects, as demonstrated for the ITV plan case, further reinforcing the sensitivity of 

deformable dose calculation methods on the deformation vectors. It is essential that a 

physically realistic, continuous, deformation field is used for these dose calculations.  

Finally, no statistically significant differences between the COM and TL remapping 

methods could be discerned for patient 4DCT data although the latter method most 

closely approximated the dose predicted by defDOSXYZ. The TL remapping method 

with octant subdivision is in theory better able to account for voxel volume changes but 

was also found to introduce more errors in penumbral regions due to interpolation. As 

both methods are computationally efficient to implement it would be preferable to use the 

TL remapping approach. 

 
8.5    SUMMARY 

In this chapter we presented a comparison of three dose calculation methods in 

deforming anatomies ranging from homogeneous phantoms which are compressed along 

their Z axis, to a mathematical breathing phantom and 4D CT patient data. The 

defDOSXYZ 4D dose calculation code was compared with dose remapping methods 
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employing center-of-mass tracking and trilinear interpolation. The trilinear method 

underestimated the dose by up to 26% within the field for a phantom consisting of 1 cm 

voxels and a 2x2 cm2 incident beam. Larger discrepancies occured in the penumbra 

region. The discrepancies were reduced with decreasing voxel size and deformation 

magnitude. A comparison of dose remapping from Inhale to Exhale in a mathematical 

breathing phantom revealed dose discrepancies of up to 16% in the penumbra region and 

8% near the surface where significant deformations occur. For realistic treatment 

planning scenarios no clinically significant differences were noted between dose 

remapping and defDOSXYZ calculations. However, for an extreme case where target 

motion was not included in the plan, the target volume coverage was underestimated by 

up to 16% by remapping methods. Definitive conclusions about the discrepancies 

between dose calculation methods requires further investigation with a larger patient set 

and calculation of cumulative dose rather than considering only extreme phases. Dose 

discrepancies between defDOSXYZ and remapping methods were found to correlate 

most strongly with the gradient of the dose distribution. The accuracy of all the dose 

remapping methods was influenced by the continuity of deformation vector fields as 

determined by non-linear image registration. 
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Chapter 9: 
 
 

Conclusions and Outlook 
 
 

9.1 SUMMARY AND CONCLUSIONS 

Thus far, the efficacy of radiotherapy in the treatment of lung cancer has been 

limited by the inability of current treatment planning approaches to account for the 

significant tumour motion induced by respiration that occurs during imaging and 

delivery. Research efforts aimed at minimizing these motion have resulted in a new 4D 

treatment planning methodology based on 4D imaging, non-linear image registration and 

4D dose calculation. The final accuracy of a 4D plan is dependent on the inherent 

accuracy with which each of these steps is carried out. Non-linear image registration is 

not yet a clinical tool as there are many issues which remain to be addressed, including 

how to evaluate the registration accuracy and its influence on dose calculation accuracy. 

Finally, current 4D dose calculations methods employ a number of approximations which 

brings into question their accuracy in regions of steep dose gradients and large 

deformations. 

A 4D Monte Carlo dose calculation code, defDOSXYZ, was developed which 

calculates the cumulative dose received in a deforming voxel grid. This is a more natural 

approach to deformable dose calculation as the energy deposition is determined in a 

conserved density and atomic number characterized amount of tissue. In contrast to 

conventional methods where mapping or interpolation of the dose to a reference state is 

required, defDOSXYZ utilizes the same dose scoring grid for all states of motion. We 

validated defDOSXYZ calculations by comparison with the DOSXYZ Monte Carlo code 

and by consistency checks performed in deforming phantoms. The accuracy of these 

calculations was demonstrated to be within 1%. 

To obtain the deformation vectors necessary to track how voxels deform from one 

motion state to the next we implemented the ANIMAL algorithm for non-linear 

registration of thoracic 4D CT images. A registration procedure was developed whereby 

the optimal combination of the many parameters controlling the registration could be 
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determined. Registration accuracy was measured by three methods including image 

correlation, landmark analysis and distance to agreement of planning structures. 

ANIMAL required a number of modifications before the resulting deformation vectors 

could be used for 4D dose calculation. A method for testing and regularizing deformation 

vector discontinuities was implemented to ensure a continuous deformation field. It was 

determined that the non-linear transformations did not conserve voxel mass; therefore an 

initial investigation into the assignment of tissue specific deformation regularization 

parameters was performed. A quantification of registration accuracy in five 4D CT lung 

patients demonstrated that this modified version of ANIMAL is capable of an average  

registration accuracy within 2 mm. An investigation of the influence of registration 

accuracy on 4D dose calculation accuracy concluded that a registration accuracy which 

less than the dose grid resolution is required. This indicates that ANIMAL is capable of 

registering 4D CT images with an accuracy acceptable for clinical dose calculations. 

A potential application of non-linear registration is the correction of artifacts in 4D 

CT images. These artifacts affect the accuracy of any subsequent image registration or 

dose calculation. An interpolation method based on non-linear image registration of 

temporally adjacent artifact-free images was developed using the ANIMAL algorithm. 

The accuracy of the artifact correction method was evaluated by simulating binning 

artifacts in images generated using a mathematical breathing phantom. The correlation 

between the corrupted and original artifact-free images improved from 0.971 to 0.992 

after artifact correction. The method was used to interpolate artifact-containing regions in 

two 4D CT data sets. The image quality was improved after correction though 

quantification was difficult as the ground truth was not known. 

Deformable dose calculations using the defDOSXYZ code were compared with two 

conventional deformable dose calculation methods employing center-of-mass (COM) 

dose remapping and dose remapping with trilinear (TL) interpolation. The dose deformed 

between extreme breathing phases was compared in a simple deforming phantom for 

different voxel sizes and deformation magnitudes. The TL remapping approach was 

found to underestimate the dose within the field by up to 29% for a voxel size of 1.0 cm 

with larger discrepancies occurring in penumbral regions. The discrepancies were 

reduced with decreasing voxel size and deformation magnitude. For more clinically 
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realistic voxel sizes of 0.5 cm and 0.25 cm the TL remapping approach underestimated 

the dose by 8% and 0.2%, respectively. A comparison of dose remapping from Inhale to 

Exhale in a mathematical breathing phantom revealed dose discrepancies of up to 16% in 

the penumbra region and 8% near the surface where significant deformations occurred 

perpendicular to the direction of beam incidence. The TL and COM remapping methods 

were compared to defDOSXYZ calculation of dose deformed between inhale and exhale 

for 3 different treatment planning scenarios in 4D CT lung patient images. Large 

discrepancies of more than 25% occurred in the beam penumbra and dose deformation at 

tissue interfaces were underestimated by the remapping methods. Generally, no 

statistically significant differences in clinically relevant plan evaluation parameters, such 

as dose volume histograms, were noted with the exception of the motion evaluation case 

where the D95% was underestimated by up to 16%. Discrepancies between defDOSXYZ 

and remapping calculations were determined to correlate most strongly with the 

magnitude of the dose gradients. In one patient, complex deformation gradients led to a 

systematic 2 Gy underestimation of the mean target volume doses.  These discrepancies 

were resolved when smoothing was applied to the deformation vectors.  

The non-linear transformations for both 4D CT patients were determined to not 

conserve image mass and therefore the assumption of mass conservation for 

defDOSXYZ calculations was found to result in a systematic offset compared to dose 

remapping calculations because the density matrices on which the dose was calculated 

were not consistent. A rigorous accuracy evaluation of these dose calculation methods 

requires a consistent approach to mass conservation for both image registration and dose 

calculation. The assumption of mass conservation is not valid in all dose accumulation 

scenarios and the comparison between dose calculation methods requires site specific 

evaluation. 

For clinically-relevant planning scenarios with motion compensation, conventional 

dose remapping methods were determined to have no significant dose discrepancies when 

compared with defDOSXYZ. However, when motion effects are large dose remapping 

methods fail to accurately predict the cumulative dose which may be important for 4D 

inverse planning methods which incorporate motion effects into the treatment planning 

process.  

 215



Chapter 9                                                                                       Conclusions and Outlook 

A limitation of the 4D dose calculation method comparison presented here is that 

only extreme breathing phases were considered in the calculation of the cumulative dose. 

The magnitude of the dose discrepancies is expected to be smaller for intermediate 

phases where there is less motion and therefore the overall magnitude of cumulative dose 

differences will be reduced.  

The relatively long simulation times required for the current implementation of 

defDOSXYZ hinders its application to clinical 4D dose calculation. Although future 

revisions will attempt to improve calculation efficiency in its current form the code 

presents a useful tool for validating faster dose remapping methods. For example, 

defDOSXYZ and dose remapping calculations can be compared to quantify the limit of 

accuracy of the former methods for a given voxel size and anatomical deformations.  

 

9.2 OUTLOOK 

Accurate representation of the dose deposition in a deforming anatomy requires a 

physically realistic model of the changing patient anatomy. The current implementation 

of the defDOSXYZ code assumes a continuous deformation field which may limit its 

application to sites where discontinuities exist in the vicinity of planning structures. 

Further modification to transport particles across discontinuous voxel boundaries is 

required in order to accurately model the discontinuous tissue motion which occurs at the 

lung/chest wall interface. This would allow the image registration to be performed 

separately on segmented moving and non-moving structures potentially improving the 

registration accuracy in these regions.  

The lack of mass conservation in image registration is currently a significant 

problem which limits its application to accurate 4D dose calculations in lung. Currently 

there is much investigation into obtaining physically realistic deformations from non-

linear image registration. For future 4D dose calculations it might be preferable to use a 

finite-element model-based registration algorithm which models physical properties of 

tissues. Incorporation of tissue-specific regularization parameters into ANIMAL is also 

another possibility.  

Currently, non-linear image registration using ANIMAL requires the optimization 

of a large number of registration parameters. For implementation of routine patient 4D 
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CT registration the determination of parameter class solutions is required. Such a study 

would require a large number of patient data sets to study how optimized registration 

parameters vary as a function of pathology, anatomical variability and patient motion.  

Many interesting issues were brought to light by the comparison of dose remapping 

methods and defDOSXYZ in 4D CT patient data. The study performed here was only 

preliminary and further investigation of the differences between the dose calculations 

needs to be performed to understand the influence of the deformation maps, dose 

distribution (i.e., 3D CRT vs. IMRT planning), target volume location, the number of 

treatment fields, accumulation over multiple breathing phases and the influence on dose 

in organs at risk.  

Finally, to evaluate the total uncertainty of the 4D dose calculation process, 

including image acquisition and registration accuracy, a comparison of dose calculations 

in a deformable anthropomorphic phantom is required.  

The 4D dose calculation method developed in this thesis could easily be extended to 

other anatomical sites such as the abdomen and to the evaluation of inter-fraction motion 

effects. The fact that it is based on a Monte Carlo dose calculation code also allows the 

study of interplay effects by linking time-dependent treatment head simulations to the 

time-dependence of the patient dose calculation1. 

4D radiotherapy dose calculation methods are an essential tool for future 

radiotherapy developments. Currently, the trend in radiotherapy development is towards 

individualization of patient treatment to reflect differences in individual patient 

geometries, tissue functional status, radiosensitivity and tumour characteristics, as well as 

organ motion. 4D dose calculation methods can be used to assess the delivered dose 

distribution on an individual patient basis in order to determine the most appropriate 

planning and motion compensation method. Furthermore, 4D dose calculation methods 

are needed to evaluate the application of emerging radiotherapy techniques, such as 

scanned heavy ion beams, in sites known to be affected by respiratory motion.  Finally, 

important progress in the refinement of dose-outcome models essential to radiotherapy 

planning has been made by improving dose calculation accuracy. The additional accuracy 

gains offered by 4D dose calculation methods now make possible significant 
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improvements to these models and potentially improved outcomes of patients receiving 

radiotherapy treatment.  
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