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Abstract 

Intensity and energy modulated radiotherapy dose planning with protons and very-high 

energy (50-250 MeV) electron beams has been investigated. A general-purpose inverse 

treatment planning (ITP) system that can be applied to any combination of proton, 

electron and photon radiation modalities in therapy has been developed. The new ITP 

program uses a very fast proton dose calculation engine and employs one of the most 

efficient optimization algorithms currently available. First, the ITP program was 

employed to investigate intensity-modulated proton therapy (IMPT) dose optimization 

for prostate cancer. The second application was to evaluate the potential of intensity-

modulated very-high energy electron therapy (VHEET) for dose conformation. For an 

active proton beam delivery system the required energy resolution to reasonably 

implement energy modulation was found to be a function of the incident beams' energy 

spread and became coarser with increasing energy spread. For passive proton beam 

delivery systems the selection of the required depth resolution for inverse planning may 

not be critical as long as the depth resolution chosen is at least equal to FWHM/2 of the 

primary beam Bragg peak. In the study of the number of beam ports selected for IMPT 

treatment of the prostate, it was found that a maximum of three to four beams is required. 

Using proton beams for inverse planning of the prostate instead of photon beams gave the 

same or better target coverage while reducing the sensitive structure dose and normal 

tissue integral dose by up to 30% and 28% of the prescribed target dose, respectively. In 

evaluating the potential of VHEET beams for dose conformation, it was found that 

electron energies greater than 100 MeV are preferable for VHEET treatment of the 

prostate and that implementation of energy modulation in addition to intensity 

modulation has only a modest effect on the final dose distribution. VHEET treatment 

employing approximately nine beams was sufficient to give good dose conformation. 

Compared to intensity-modulated x-ray therapy (IMXT) of the prostate, VHEET 

provided comparable target coverage but significantly greater sparing of the sensitive 

structures (10%) and normal tissues (12% of the prescribed target dose). 

i i i 
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Chapter 1 

Introduction 

1.1 The goal of radiation therapy 

The main goal of radiation therapy is to maximize the probability of complication-free 

tumour control. The efficacy of radiation therapy is therefore directly linked to the ability 

to deliver a sterilizing dose of radiation to the target tumour volume while simultaneously 

minimizing the dose to, and volume irradiated of, surrounding normal tissues. 

Unfortunately, it is often very difficult to simultaneously fulfill the two goals of control 

and avoidance of complications since it is impossible to irradiate the target tumour 

without simultaneously irradiating healthy normal tissue. Finding an optimal balance 

between these conflicting goals has been, and continues to be, one of the most important 

tasks in external beam radiation therapy planning. 

Much of the recent advances in radiation therapy have been devoted to the development 

of improved methods to tailor the high dose volume to the shape of the target tumour 

volume, thus making it possible to increase the dose to the target tumour while at the 

same time maintaining or reducing the dose to the surrounding normal tissues. In 

conventional therapy, shielding blocks have been placed in the path of the radiation beam 

to protect organs at risk and other surrounding normal tissue. Typically, two to four 

coplanar beams arranged orthogonally and/or in a parallel-opposed manner around the 

patient are used, so that the beams intersect in the target volume and form a "box-like" 

envelope around it. Conformai therapy (Proimos 1960, 1961, Takahashi 1965) was 

proposed in the early sixties as a means to improve dose conformation. However, due to 

the lack of adequate computing power and three-dimensional patient anatomical data, it 

was not feasible to calculate the 3D dose distribution in the entire target volume. 

Development of 3D diagnostic imaging techniques, such as computed tomography, 

magnetic resonance imaging, positron emission tomography, and ultrasound, over the last 

few decades and the availability of cheaper and more powerful computers have led to 

implementation of 3D dose calculation methods that accurately predict the dose 
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distribution in the entire target volume by making use of full 3D patient anatomical data. 

Consequently, treatment planning has improved to the point that accurate and efficient 

clinical implementation of conformai therapy is feasible. Intensity-modulated radiation 

therapy (IMRT) is generally accepted as the most flexible technique to deliver conformai 

therapy. This approach to conformai therapy, in general, requires the delivery of a 

relatively large number of beams with non-uniform intensity profiles to achieve greater 

conformity of a high dose volume to the shape of the target volume and to improve target 

dose homogeneity. Greater dose conformity offers the potential to achieve a significantly 

improved treatment outcome by improving local tumour control while maintaining or 

even reducing the adverse reactions to normal tissues. However finding an optimal 

treatment plan is difficult. 

1.2 Optimization of radiation therapy planning 

Conventional radiation therapy planning, also called forward planning, starts with a 

selection of incident beam configurations for a given target volume and associated patient 

geometry. Then calculations proceed to determine the resulting dose distributions from 

these initial conditions. In an attempt to find a better plan, the treatment planner manually 

adjusts some treatment or machine parameters, re-calculates the dose distribution in the 

patient, and evaluates it for its acceptability. In general, the degrees of freedom available 

for optimization include the radiation particle type, beam energy, beam directions, beam 

collimation, beam intensity profiles, and the dose delivery technique. Treatment plan 

optimization requires changes to a large number of free variables, on the order of 101 0 

(Lind and Brahme 1992). The human planner is only able to explore a very small fraction 

of this search space. Even then, such manual "optimization" is prone to non-optimal 

convergence, extremely time-consuming and impractical. The only practical way to 

handle such a large number of variables is by computerized optimization or inverse 

treatment planning. Unlike conventional treatment planning, inverse planning starts with 

the specification of the desired dose distribution to the target volume and of dose limits to 

organs at risk that will maximize the probability of controlling the tumour without 

causing severe normal tissue injury. Then the computer attempts to determine the optimal 

set of initial conditions or treatment parameters that will produce the desired dose 
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distribution. A number of computer optimization methods have been developed for 

inverse planning and its potential to allow tumour dose escalation while maintaining or 

reducing normal tissue complications has been clearly demonstrated (Boyer 1998, 

Brahme 2000, Carol et al. 1997, Cho et al. 1998, Gustafsson 1996, Holmes and Mackie 

1994a, 1994b, Hristov and Fallone 1998, Llacer 1997, Preiser et al. 1997, Webb 1994, 

Wu and Mohan 2000, Xing and Chen 1996). 

Does inverse planning produce the absolute optimal plan? The answer to this question is 

no. This is because finding an optimal plan in the entire (~1010) multi-parameter space is 

impractical as it requires too much computing power and time to be achievable. 

Consequently, some parameters are pre-selected by experienced planners and held fixed 

prior to optimization. Then the optimum plan for this limited-parameter space is found. 

The parameter commonly allowed to vary is the beam intensity or fluence profile. There 

is no reason to believe that the optimum of the limited-parameter search space is the same 

as that of the entire multi-parameter search space. 

1.3 Rationale for intensity and energy modulated radiotherapy with charged 

particle beams 

In the last decade, much of the research effort to improve optimization of radiation 

therapy has been devoted to the development and implementation of techniques for 

inverse IMRT planning and delivery. These efforts have primarily concentrated on x-rays 

and little attention has been given to charged particles, i.e. electrons and protons, even 

though charged particles have therapeutic advantages over x-rays in the treatment of 

some tumour sites. First, charged particles have a finite and well-defined range beyond 

which the dose drops off rapidly to negligible values, whereas x-rays have a theoretically 

infinite range. Therefore, with charged particles it is possible to deliver a sterilizing dose 

to a target tumour that is in close proximity to an organ at risk while simultaneously 

delivering a comparatively much reduced dose to that organ and other healthy tissues 

(Asell et al. 1997, Carlsson et al. 1997, Ebert and Hoban 1997, Gustafsson et al. 1994, 

Hyodynmaa et al. 1996, Lomax 1999, Lomax et al. 2001). Moreover, the range of 

charged particle beams depends on their incident energy. The higher the energy the 
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greater the range. It follows that to achieve improved dose conformation about the target 

volume multiple electron beams or proton beams of different energies can be used 

simultaneously to irradiate a target to account for its varying shape and depth. The 

concomitant modulation of beam intensity and energy in charged particle therapy has 

been shown in computer simulation studies to give more flexibility in shaping the dose 

distribution than a single-energy beam that is only intensity-modulated (Asell et al. 1997, 

Ebert and Hoban 1997). In addition, proton beam depth-dose curves exhibit the Bragg 

peak region close to the end of their range (Sandison and Chvetsov 2000). The higher the 

proton beam incident energy the deeper the location of the Bragg peak. The presence of 

the Bragg peak further increases the tumour-dose to normal tissue-dose ratio for proton 

beams relative to that achievable with photon beams. Because of these advantageous dose 

deposition characteristics of charged particles, intensity and energy modulated 

radiotherapy with electron beams and proton beams have the potential to provide 

improved treatment outcomes compared to intensity modulated x-ray therapy (Brahme 

2000). However, the dose conformation potential of modulated electron and proton 

beams and the merits of using these beams, as opposed to photon beams, for inverse 

planning have not been fully investigated. For electron beams, the few studies on inverse 

planning that have been conducted have been limited to the relatively low energy range 

of 5-50 MeV, even though electron beams of energy up to 250 MeV have been shown to 

have some therapeutic advantages over electron beams in the lower energy range 

(Brahme 2000, DesRosiers 2000). 

1.4 Literature review 

1.4.1 Inverse planning for modulated electron therapy 

A number of authors have used electron beams of energy in the range 5-50 MeV for 

inverse planning and have shown that the concomittant modulation of incident electron 

beam energy and intensity results in highly conformai dose distributions that allow for 

greater dose sparing of adjacent sensitive structures than a single-energy beam that is 

only intensity-modulated (Asell et al. 1997, Ebert and Hoban 1997, Gustafsson et al. 

1994, Hyodynmaa et al. 1996, Ma et al. 2000). Gustafsson et al. (1994), for example, 
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have developed a generalized pencil beam algorithm, which is of the iterative constrained 

steepest descent type (Press et al. 1992a), that permits the concomitant modulation of 

beam intensity and energy. The authors applied this algorithm to a test simulation case 

consisting of an advanced cervix tumour as the target and the rectum, bladder, and small 

bowel as the organs at risk. The results show that the use of both simultaneous 

irradiations with multiple electron energies and mixed beams of photons and electrons 

whose intensities are modulated can provide improved treatment outcomes. Hyodynmaa 

et al. (1996) have applied the generalized pencil beam algorithm (Gustafsson et al. 1994) 

to study the problem of combining intensity modulated electron beams of different 

energies to produce optimized dose distributions in the target volume and organs at risk 

based on a radiobiological treatment objective. This degree of electron beam 

manipulation allowed greater tailoring of the high dose region of the resulting dose 

distribution to the target region than for single energy intensity modulated beams. 

Simulation studies of a chest wall target volume showed that the combination of intensity 

and energy modulation can account for both the change in dose due to variations in 

source-to-surface distance, the increased dose buildup due to oblique incidence, and the 

increase in range needed on the lateral edge with the curving patient surface. Asell et al. 

(1997) have shown that intensity and energy modulated electron beams can be employed 

to shape the dose distribution in the presence of surface irregularities and internal 

inhomogeneities. 

In addition to the steepest descent algorithm, the simulated annealing routine has been 

employed for inverse treatment planning with modulated electron beams. Ebert and 

Hoban (1997) have used the simulated annealing algorithm and a physical objective 

function to determine optimal electron phase spaces for specific desired dose 

distributions in electron beam therapy. For simple desired dose distributions, their results 

demonstrate the benefit of energy modulation for shaping dose distributions under 

conditions of varying target depth, the benefit of angular and intensity modulation for 

compensating disequilibrium effects and the advantage of their combination in increasing 

surface dose buildup. For desired complex dose distributions, the various degrees of 

freedom can be optimally combined to provide a high level of dose conformation about 

the target region. 
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More recently, Ma et al. (2000) have used a Monte Carlo based dose calculation engine 

for inverse planning with modulated electron beams. These authors applied their planning 

system for optimization of breast cancer treatments that included the chest wall to obtain 

highly conformai dose distributions about the target volume. They also investigated the 

potential of using the standard photon multileaf collimators (MLCs) for electron beam 

collimation and found that electron scattering in air prior to reaching the patient surface 

was a major problem. This problem was however considerably minimized when the air 

volume in the treatment head and that between the head and the patient surface were 

replaced by a helium atmosphere. As a better alternative, Ma et al. (2000) have developed 

and proposed a prototype multileaf collimator (MLC) specifically for shaping electron 

beams for intensity and energy modulated radiotherapy delivery. To reduce the amount of 

electron beam scatter reaching the patient surface, the proposed electron M L C has been 

fitted to the bottom of an electron applicator, thereby minimizing the penumbra 

broadening in the air to the patient skin. 

Nonetheless, the limited penetration possible with electron beams of energy in the range 

5-50 MeV coupled with their relatively large penumbra make such beams unsuited to the 

treatment of deep-seated tumours. Electron beams of energy in the range 150-250 MeV 

do not have these problems since they have useful range in tissue that is comparable to or 

greater than a typical patient thickness and electrons of this energy scatter much less 

(DesRosiers 2000). These benefits led DesRosiers et al. (2000) to propose the use of very 

high energy (150-250 MeV) electron beams for therapy. Intensity-modulated very-high 

energy electron therapy (VHEET) may be delivered by electromagnetic scanning (Lief et 

al. 1996, Karlsson et al. 1998) of a pencil beam that makes the use of blocks, multileaf 

collimators and the implementation of dynamic multileaf collimation (required for 

delivering photon-IMRT) redundant. In addition, beam scanning allows an additional 

degree of freedom (i.e. beam incident angle) that eliminates the need for couch rotations 

when delivering non-coplanar beams. These advantages are expected to lead to fast, 

efficient and accurate dose delivery due to the minimal reliance on moving mechanical 

devices and the potential to deliver a large number of fields in a reasonable timeframe 

(DesRosiers et al. 2000). An even faster delivery technique might be to combine scanned 

beams and dynamic multileaf collimation, which together might furnish some important 
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advantages with regard to the speed and quality of the treatment (Brahme 2000). This 

technology is already available for clinical electron beams (Brahme 1987) and has also 

been used for proton beam therapy (Montelius et al. 1991, Renner et al. 1994). 

To date there has not been published any detailed study that evaluates intensity-

modulated VHEET to ascertain its potential for dose conformation and to identify those 

variables that influence optimized dose distributions for this treatment modality. To 

establish the merits of VHEET in relation to intensity-modulated x-ray therapy a detailed 

comparison of treatment plans optimized using these two treatment modalities is 

required. 

1.4.2 Inverse planning for intensity and energy modulated proton therapy 

In proton therapy, a passive approach is often used to achieve depth modulation. In this 

case an accelerator generating a single beam energy is used in conjunction with a range 

modulator to produce a spread-out Bragg peak (SOBP) (Gardey et al. 1999, Koehler et al. 

1975). The use of SOBPs of fixed extent is one of the simplest beam delivery techniques 

for intensity modulated proton therapy (IMPT) (Lomax 1999). Here, all beam elements 

in all beam portals are associated with a single SOBP whose width is dictated by the 

global minimum and global maximum target depths for the selected beam orientations. 

The next level of complexity in dose delivery for IMPT involves the use of variable-

extent SOBPs. In this case, each beam element is associated with a single SOBP whose 

extent depends on the minimum and maximum target depths along its ray-line. A highest 

level of flexibility in the delivery of proton therapy is offered by the 3-D IMPT 

technique. In this approach, individual Bragg peaks are used rather than SOBPs. The 

intensity of each Bragg peak within each beam element is regarded as a free optimization 

variable and is allowed to vary independently of all others, as opposed to the use of 

SOBPs, in which the intensities of all constituent Bragg peaks are not independent of 

each other. A common feature of the passive methods described above is that in all cases, 

an energy degrader is inserted in the path of the primary accelerator beam to degrade its 

energy to a required value before being incident on the patient surface. This is often 

referred to as a range shifter. Alternatively, intensity and energy modulated radiotherapy 
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with proton beams or 3D IMPT may be delivered by rapidly varying the accelerator beam 

energy to achieve depth modulation simultaneously with variation of intensity across the 

field (Haberer 1993). This latter approach, commonly referred to as the active beam 

modulation method, has been shown in simulation studies to give more flexibility in 

shaping the dose distribution than the passive techniques (Carlsson et al. 1997). 

The potential of intensity modulated proton therapy (IMPT) has been demonstrated in 

simulation studies by a number of authors (Carlsson et al. 1997, Lomax 1999). Carlsson 

et al. (1997) have used Monte Carlo and analytical methods to calculate proton pencil 

beam kernels for dose optimization. They used these kernels to optimize plans for an 

advanced cervix tumour based on a radiobiological treatment objective, namely, the 

probability of complication-free tumour control (P+). These authors compared a two-field 

to a four-field plan to determine the influence of the number of fields on the final dose 

distribution and the potential of IMPT for shaping dose distribution. Carlsson et al. 

(1997) found that for both the passive and active beam modulation methods, the P+ 

parameter was higher for the four-field than the two-field configuration. They also found 

that for a given number of beam ports the active method produced plans that were 

superior to those generated using the passive method. While this study has provided some 

valuable insights into IMPT and has shown some effects of varying the number of portal 

fields on the final treatment plan, it did not investigate the effects of varying energy 

resolution on the final dose distribution and thus these authors gave no guidance on how 

an "optimal" energy resolution might be selected to achieve adequate depth modulation. 

In addition, Carlsson et al. did not investigate the influence of beam orientations, nor did 

they conduct any study on the effects of varying beamlet width on the optimal treatment 

plan. 

Lomax (1999) has compared optimal treatment plans for a nasopharynx tumour which 

were designed using various intensity modulation methods for proton beams. This author 

found that for a large number of fields using the 3D IMPT offered only a small 

improvement over SOBP-based methods. Thus when a large number of beam ports are 

available, the choice of intensity modulation technique depends more on the complexity 

of the planning techniques and/or beam delivery, rather than its potential for dose 
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conformation. However, for a small number of fields only 3D IMPT was capable of 

generating plans of a quality comparable to those optimized for a large number of beams. 

Lomax concluded that the number and selection of incident fields may have a strong 

influence on the final treatment plan. However he did not investigate all the variables 

affecting the final dose distribution, namely, the energy resolution for modulating the 

beam energy, the beamlet width for modulating the beam in lateral dimensions, and the 

influence of the importance factors assigned to the target and sensitive structures to 

control their relative importance. 

More recently, the 3D IMPT technique has been implemented clinically by Lomax et al. 

(2001) for the treatment of a patient with thoracic chordoma. Through the use of a three-

field technique, the authors achieved a homogeneous target dose and sparing of the spinal 

cord through field patching and computer optimization of the 3D beam intensity profile 

for each field. Sensitivity of the resulting optimized plan to beam delivery and 

calculational errors was determined through both the assessment of the potential effects 

of range and patient setup errors, and by the application of Monte Carlo dose calculation 

methods. They concluded that 3D IMPT plans can be calculated and delivered safely in 

the clinic using existing proton hardware and that highly conformai dose distributions can 

be generated using small numbers of fields in particularly challenging situations. 

In spite of these recently demonstrated therapeutic advantages of IMPT, there still remain 

the need to address a fundamental problem of IMPT dose optimization for proton beams, 

i.e., to identify and understand the influence of those variables affecting optimized 

treatment plan for a given tumour site and how these variables interact with each other to 

shape the dose distribution. To quantify the relative merits of IMPT and to justify the 

need for the development and clinical implementation of this treatment modality, a 

detailed comparison of dose distributions optimized using IMPT and intensity-modulated 

x-ray therapy (IMXT) is required. Such a comparison has not yet been reported in the 

literature. 
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1.5 Thesis overview 

The goals of this work are twofold. First, it concentrates on the development of a general 

inverse treatment planning system for external beam therapy with an arbitrary radiation 

modality and/or for mixed beam therapy. Second, this study employs the developed 

inverse planning system for dose optimization studies using intensity and energy 

modulated beams of protons and very high energy electrons. The remainder of the thesis 

is organized as follows. In chapter 2, the inverse treatment planning problem is 

formulated as an optimization problem. This starts with a discussion of the pencil beam 

equations used to compute dose distributions. Next, a description of some important 

available optimization techniques is given. 

Chapter 3 discusses the development of the inverse treatment planning system. It starts 

with a general description of the inverse planning program, followed by a description of 

the dose calculation engine. Finally, a discussion of the optimization algorithm and 

objective functions employed is given. 

In chapter 4, we address a fundamental problem of IMPT dose optimization, i.e., to 

identify and understand the influence of those variables affecting the optimized treatment 

plan and how these variables interact with each other to shape the dose distribution. This 

study was performed using a simulated prostate cancer treatment. First, the characteristics 

of proton pencil beams and beamlets used to compute the proton dose distributions are 

discussed. Second, optimized treatment plans are designed and the associated proton 

phase spaces evaluated as a function of a number of beam parameters, including (i) the 

importance factors incorporated into the objective function to control the relative 

importance of the target and sensitive structures, (ii) the energy resolution chosen to 

implement energy modulation, (iii) the width of beamlets chosen to ensure adequate 

lateral beam modulation, (iv) the number of beams, and (v) the beam orientations. Third, 

the effect of incident proton beam energy spread on the optimized dose distribution is 

investigated. Finally, the dose distribution optimized using a passive and the active beam 

modulation methods for proton beams are compared. 

In chapter 5, intensity-modulated VHEET is evaluated to ascertain its potential for dose 
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conformation and to identify those variables that influence optimized dose distributions 

for a simulated prostate cancer model. Optimized dose distributions were designed and 

evaluated as a function of several variables, including the objective function target and 

sensitive structure importance factors, the beam energy, number of energy bins (required 

for modulating the beam energy), the number of beams, and their orientations. 

A comparison of VHEET, IMPT, and intensity-modulated x-ray therapy (IMXT) is given 

in chapter 6. Such a comparison is required to assess the relative merits of VHEET beams 

and protons beams in radiation oncology. This study was performed on a set of simulated 

prostate cancer models of varying complexities. The development of the electron loss 

model pencil beam algorithm for the computation of electron pencil beam dose 

deposition kernels is discussed in chapter 7. Finally, in chapter 8, a summary of the 

results and the pertinent conclusions as well as proposals for future work are given. 
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Chapter 2 

Inverse planning as an optimization problem 

2.1 The inverse problem of radiation therapy planning 

Inverse radiation therapy planning can be formulated in the form of an integral equation, 

which expresses the resultant dose distribution in the patient for a given incident radiation 

field. The most elementary incident radiation beam is a point monodirectional pencil 

beam which gives rise to energy deposition k(E,Q,r,r') at point r in a medium for a 

given beam energy E, incident position r', and direction Q(0,(|>) of incidence. The 

absorbed dose at a point r in the patient resulting from photon beams is then given by an 

integral over the incident photon energy fluence ^E<Ci{r'), differential in energy and 

angle, at all points ? on the patient surface (Gustafsson et al. 1994): 

D(r)= \\\\\k(E,Q.,r,7')VEÇi(r')dEdQ.d2r', (2.1) 
s 

where the spatial integrals have to be performed over the relevant entrance surface, S, of 

the patient. 

For incident charged particles like electrons and protons, the pencil beam dose deposition 

equation is formulated as 

D(f) = ¡¡¡¡¡q(E,Q,r,r')0EXÍ(r')dEdQd2r', (2.2) 
s 

where 0 £ ni?') is the incident particle fluence differential in energy and angle, at a point 

Fon the patient surface, and the energy deposition kernel q(E,Q,r,r') is the mean 

specific energy deposited at r per incident charged particle of energy E and direction 

Q(0,<|>) incident at point r' on patient surface. In order to facilitate the calculation of the 

dose distribution D(r), Eqs. (2.1) or (2.2) is reformulated numerically as a simple matrix 

equation (Gustafsson et al. 1994, Holmes and Mackie 1994b): 
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d = Pw. (2.3) 

In Eq. (2.3), d e 5R" is a vector representation of the 3-D dose distribution D(r) whose 

components are given by 

where X(i), Y(i), and Z(i) are the x, y, and z coordinates, respectively, of the i dose point 

or voxel. P is the pencil beam matrix whose components Py, called dose deposition 

coefficients, represent the normalized dose deposition to the ith dose point from the f 

beam element having intensity or weight vv,-. The vector w e W" is the vector 

representation of the intensity profiles or weights and is decomposed into m components, 

each of which represents the fluence or weight of an individual beam element. Suppose 

the target volume is irradiated with mm different beam modalities each with mE different 

energy bins from mn different source positions, and the intensity profile for each source 

position is decomposed into mm discrete components, then the total number of beam 

elements, or bixels, in the fluence vector w equal m = mmmEmnmÙJ. Thus, the pencil 

beam matrix P consists of n x m components, where n is the number of voxels in the 

vector representation of the 3-D dose distribution D{r) and m is the number of beam 

elements or beamlets. 

d.t =D(X(i),Y(i),Z(i)), / = 1,2,...,«, (2.4) 
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Voxel i 

Figure 2.1. Schematic showing the dose contribution Pif^¡ to voxel i from the f beam 

element having intensity or weight w.. The total dose deposited in each voxel is 

calculated as the sum of dose contributions from all incident beamlets from all beam 

ports. 
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Equation (2.3) may be written out explicitly as 

fai fPn Pn • • Pxma • 
1 

d2 

= 

Pix P22 • " Pirn. • Pin, 

Pnl • P nmm P nm ^ 

(2.5) 

The unknown quantities in Eq. (2.5) are the beamlet weights or intensity values Wj, The 

question is how to calculate these beamlet weights for a given prescribed dose 

distribution d. This has been called the inverse problem of radiation therapy planning. 

The conventional forward planning approach is obviously not applicable here because of 

the huge number of degrees of freedom involved. It is generally not possible to find a 

physically realistic exact solution to this equation where the vector w of beamlet weights 

is unknown. One reason for this is that exact solutions in general contain some negative 

components of the vector w. This represents a non-physical situation that is not 

permissible since beamlets weights or intensity values are physical quantities required to 

be non-negative. Second, in almost all cases, some approximations are required to 

simplify the problem. This causes the resultant dose distributions to deviate further from 

the ideal dose distributions. The aim is therefore to find a solution that satisfies as closely 

as possible some treatment objective. Inverse radiation therapy planning is thus a 

constrained optimization problem. 

2.2 Optimization techniques 

2.2.1 Optimization criteria 

In radiation therapy optimization, clinically meaningful objectives and constraints of the 

treatment must be clearly defined. These are formulated quantitatively through an 

objective function, which is minimized or maximized, depending on its nature. Both 

physical and biological criteria can be defined (Brahme 1995). The former involves 
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criteria that can be expressed in terms of well-defined and measurable physical quantities, 

such as the absorbed dose and volume. The biological criteria account for the 

radiobiological properties of the tumour and/or normal tissues and may be defined to 

describe the tumour control probability (TCP), the normal tissue complication probability 

(NTCP), or the probability of complication-free tumour control. 

A well-known example of a physical objective function is the mean squared deviation 

between the calculated dose distribution and the desired dose distribution in the relevant 

patient volume, which has to be minimized. Although this least-squares objective has 

some desirable mathematical properties and is easily implemented, it causes some 

problems when it is applied to radiation therapy problems. The major difficulty is to 

control the balance between normal tissue sparing and the delivery of sufficient dose to 

the target tumour volume. The problem can be reduced to some degree by applying 

different weighting factors, commonly called penalty factors or importance factors 

(Bortfeld et al. 1990, Xing et al. 1999, Wu and Zhu 2001), for the target and different 

sensitive structures and by prescribing a tolerance dose value greater than zero in the 

organs at risk. In the case of sensitive structures that are able to withstand large doses as 

long as the treated volume is relatively small, it is more appropriate to use dose-volume-

histogram (DVH) constraints, which take into consideration the volume effect to some 

degree. A maximal DVH constraint can be formulated as follows: No more than "Vmax%" 

of the volume should receive a dose that exceeds "Z)m f l X" (Bortfeld 1999). For the target 

volume a minimal dose or D V H constraint may be specified in addition to a maximal 

dose or D V H constraint as follows: No more that "Vmax%" of the target volume should 

receive less than a dose of "Dmin". These constraints can be applied in conjunction with 

or instead of the least-squares or linear objectives. 

2.2.2 Desirable properties of an optimization algorithm 

An efficient and general algorithm for radiation therapy optimization should have the 

following characteristics (Gustafsson 1996): It must have (i) the ability to handle heavy 

or large-sized problems, (ii) the ability to solve problems involving linear as well as 

nonlinear objective functions that may be of interest in a modern radiotherapy clinic, (iii) 
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the ability to account for all constraints on the treatment plan, (iv) a short computing 

time, (v) modest random access memory requirements, and (vi) the ability to find the 

global extremum of the treatment objective function. A large number of optimization 

algorithms have been proposed for radiation therapy planning. Each of these algorithms 

has its merits and shortcomings and the choice of a particular one depends on the 

optimization problem at hand, which in radiation therapy optimization, are very broad in 

scope. These algorithms are almost entirely iterative ones. This means that they start with 

an initial guess of the solution estimate and modify the solution step by step until the 

optimum is found. The number of iterations required range from a few dozen to several 

million, depending on the type of algorithm chosen. The computing times vary by the 

same order of magnitude. In general, optimization algorithms can be classified as being 

either deterministic or stochastic. The most commonly used algorithms of each type are 

described in the next section. 

2.2.3 Deterministic optimization algorithms 

Deterministic algorithms are those in which the rules that determine the modifications 

made to the solution estimate in each iteration step are deterministic, i.e. they do not 

contain any random element (Bortfeld 1999). In inverse radiation therapy planning, the 

best known and frequently used algorithms of this type are the quasi-Newton (or 

gradient) methods. These are based on Newton's method of multi-dimensional function 

minimization and contains the implicit assumption that the treatment objective function 

can be modeled as a quadratic in the neighbourhood of the minimum, which is associated 

with the vector w0 : 

f(w)*f(w0) + VJ(w0?(w-wJ+±(w-wjH(w-wJ. (2.6) 

In Eq. (2.6), V w / ( w 0 ) is the gradient off evaluated at w0 and is given by 
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(2.7) 

9w. 

whereas H is the Hessian matrix defined as 

e2/ J¡j_ 

H = (2.8) 

Most generally, the objective function is defined in such a way that its minimum 

corresponds with the optimal treatment plan. As stated previously, the argument w is a 

vector whose component Wj stands for the intensity of one beam element in one beam 

profile. In Newton's method the minimum is found when the gradient, V w / ( w ) , of the 

quadratic is zero: 

In unconstrained problems where negative beam weights are possible and Eq. (2.6) is 

exact the minimum can be reached in a single step: 

This assumes that the inverse Hessian matrix H 1 is exact (i.e. H 'H = I, where I is the 

identity matrix). In general it is very difficult, i f not impossible, to compute the inverse 

Hessian matrix, so an approximate inverse Hessian H" 1 is often used. The resulting effect 

is that the minimum is no longer reached in a single step, rather, it is approached 

iteratively by many steps. Such iterative techniques are termed quasi-Newton methods 

(Luenberger 1989, Press et al. 1992a). The approximate inverse Hessian H"'can be 

chosen as a constant of the iterations or it can be updated at each iteration step as long as 

V w / ( w ) = V „ / K ) + H ( W - w J = 0. 

w-w0=-H-lVwf(wQ). (2.9) 
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it is positive definite (i.e. ( w - w 0 ) T H _ 1 (w-w0) > 0) to ensure that a downhill direction 

of descent is always taken at each step. Starting at a general solution estimate wk one 

goes downhill toward the minimum w0 via intermediate solution estimate wk+l such that 

the distance to the minimum is decreased between successive solution estimates. The 

Newton's iteration for the unconstrained problem is thus given by 

w w = w 4 - H - f V w / ( W t ) . (2- 1°) 

As mentioned previously, a further complication for radiation therapy applications is the 

requirement that the beamlet weights or intensity values w be nonnegative. Application 

of the quasi-Newton method for inverse planning is thus a constrained minimization 

problem that, in general, requires iteration regardless of the approximations used for the 

inverse Hessian matrix. For constrained minimization problems the iteration formulae are 

in general similar to Eq. (2.10), however, a variety of methods have been applied to 

enforce the positivity constraints on the beamlet weights. Perhaps the simplest method is 

to reset to zero those beamlet weights having negative values at the end of each iteration 

step before initiating the next iteration (Gustafsson et al. 1994). An advanced method for 

handling the bounds on the beamlet weights is to break each iteration into a two-step 

process. The first involves finding a set of active variables i.e. those beamlet weights that 

are at the lower bound of zero. In the second, the set of active variables are held fixed at 

the lower bound of zero and the optimization is performed on the subspace of the 

remaining free variables where the bounds on the free variables are initially ignored. 

After an approximation has been found one can then backtrack into the feasible region to 

satisfy the positivity constraints (Byrd et al. 1995). 

One of the main advantages of quasi-Newton methods is that they have a relatively short 

computing time. However, they have a drawback that they may get trapped at a local 

minimum of the objective function, instead of the global one. This problem does not 

necessarily occur in practice. For example, in the case of linear and least-squares 

objectives with maximal and minimal dose constraints on the relevant sensitive structures 

it has been shown that there are no local minima at all (Bortfeld 1990, Deasy 1997). With 
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physical objectives and constraints described previously, local minima can occur only 

when D V H constraints are applied. Even then, local minima are not generally a problem, 

as pointed out by Bortfeld (1999). However, local minima become a serious problem in 

situations where beam orientation optimization is required. In such cases it is preferable 

to use a stochastic optimization algorithm to ensure that the global minimum is found. 

2.2.4 Stochastic optimization algorithms 

Stochastic optimization algorithms are iterative optimization algorithms that basically 

throw the dice to find new positions in the search space at each iteration step. These 

random search techniques do not require the computation of the objective function 

gradient and derivatives. The reason why these techniques are attractive is that they allow 

escape from local minima. In inverse planning, the most widely used algorithm of this 

type is simulated annealing (Kirkpatrick 1983). Annealing is a physical process in which 

a material is rapidly heated to high temperatures, after which it is allowed to cool down 

slowly into an optimum crystal state. This process is simulated in radiotherapy for the 

optimization of treatment plans. Simulated annealing is an iterative method where each 

problem variable is randomly increased or decreased by a constant value, and the 

objective function is calculated taking into account the modified problem variable. If the 

objective function decreases relative to its previous value, the modification is always 

accepted. A modification that leads to an increase e in the objective function value may 

also be accepted with a decreasing probability, given by the Boltzmann distribution 

function, exp(-£ I kT), where k is the Boltzmann constant and T is the temperature. The 

higher the temperature, the higher the probability of acceptance of a worse solution 

estimate. The temperature also determines the average size of the random steps (i.e. the 

amount by which the beamlet weights are changed in each iteration step) within the 

search space. It follows that simulated annealing is not a pure downhill technique as are 

gradient methods. There is a way out of local minima by climbing up the nearest hill and 

descending into the next deeper valley. The second way out is by tunneling through the 

nearest hill by means of a long jump (i.e. by making a large step). For high temperatures, 

which are used during the first iterations, practically all of the random steps are accepted, 

even if they lead to bad treatment plans. The temperature is lowered from one iteration 
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step to the next, leading to smaller step sizes and hence to a finer examination of the 

search space during the progression of the iteration. The lower temperature leads to 

smaller probabilities of hill climbing as well. When the temperature gets very low at the 

end of the iteration procedure, and one is in the valley with the global minimum, there is 

practically no way out anymore. One is then descending to the minimum similar to 

downhill techniques. Although simulated annealing has an advantage of not getting 

trapped at a local minima of the objective function, it has a shortcoming of being 

computationally slow. Because of the random principle involved, the algorithm does 

many detours before it arrives at the optimal solution. 

There are different implementations of simulated annealing for radiation therapy 

planning. These include conventional Simulated Annealing (SA) (Morill et al. 1991, 

Webb 1991, 1992, 1993), Fast Simulated Annealing (FSA) (Mageras and Mohan 1993), 

Very Fast Simulated Reannealing (VFSR) (Ingber 1989), and so-called Variable Step 

Size Generalized Simulated Annealing (VSGSA) (Rosen et al. 1995). FSA is an 

improvement to the basic simulated annealing algorithm which uses a faster cooling 

scheme, thereby potentially reducing the number of iterations required. In FSA, all 

problem variables are updated simultaneously according to random numbers from a 

Cauchy distribution rather than the Boltzmann distribution. It has been shown that FSA 

routine converges in fewer iteration steps than the standard simulated annealing scheme 

(Mageras and Mohan 1993). VSGSA has been used for the optimization of beam weights 

(Rosen et al. 1995) in radiation therapy. In VSGSA, each new step size is influenced by 

the objective function benefit of the previous steps in the same direction, as was the case 

for the gradient methods but with a random element involved. For the same number of 

iterations, VSGSA is able to provide better or sometimes considerably better solutions 

than SA and FSA algorithms, and also performed slightly better than the VFSA scheme. 

Nonetheless, even with these improved algorithms, the number of iteration steps and 

consequently the calculation time is orders of magnitude higher than the quasi-Newton 

algorithms, even for small-sized problems. Another shortcoming of simulated annealing 

algorithms is that their implementation requires prior experience since the rate of 

temperature decrease and the modification rate of the step size have to be decided prior to 

the optimization. 
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Chapter 3 

Development of a multi-modality inverse treatment planning system 

3.1 Introduction 

The development and implementation of inverse treatment planning (ITP) techniques for 

radiation therapy optimization has opened new doors for dose conformation. Most of the 

existing inverse treatment planning systems (Boyer 1998, Carol et al. 1997, Cho et al. 

1998, Holmes and Mackie 1994a, 1994b, Hristov and Fallone 1998, Liu et al. 1999, 

Llacer 1997, Preiser et al. 1997, Spirou and Chui 1998, Webb 1994, Wu and Mohan 

2000, Wu and Zhu 2001, Xing and Chen 1996) are limited to photon beam therapy and 

only a few programs are general enough to be applied to an arbitrary radiation modality 

or a combination of different modalities. One of the latter ITP programs is the 

generalized pencil beam algorithm (Gustafsson et al. 1996), which has the ability to 

account for several degrees of freedom available in a modern radiation therapy clinic. In 

spite of its generality it employs the relatively inefficient steepest descent scheme (Lind 

1990) as its optimization engine. With the increasing interest in mixed beam therapy, as 

well as intensity- and energy modulated radiotherapy with charged particle beams, it has 

become necessary to have not only a general ITP program having the capability for 

multimodality applications but also one that employs an efficient optimization engine and 

fast dose calculation models. This was in part the motivation for the development of the 

current ITP program. 

The main components of an optimization program suitable for inverse treatment planning 

are the dose calculation engine and the optimization engine. For charged particles, the 

dose calculation engine typically employs a pencil beam algorithm or Monte Carlo model 

to compute 3D dose distributions in the target volume and all relevant structures for a 

given set of beam parameters. The optimization algorithm is required for optimizing the 

beam parameters, e.g. the beam weights or intensity profiles, based on a specified 

objective. This chapter describes the main features of a general ITP system that has been 

developed for the optimization of external beam therapy for an arbitrary radiation 
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modality and/or mixed beam therapy, which employs a combination of different radiation 

modalities. The presentation starts with a general description of the optimization 

program, and this is followed by an overview of the pencil beam dose calculation model 

for proton beams that has been implemented in the ITP system. Finally, a description of 

the optimization algorithm and the objective functions employed are given. 
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Figure 3.1. The optimization program flowchart. 

3.2 Overview of the optimization program 

A flowchart of the optimization program is presented as Fig. 3.1 on page 23. In order to 

optimize a plan, the user must first interact with the optimization program by supplying 

input data. This starts with the selection of user-specified options for the particular 

application which range from type of available patient data and the format of patient 
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contour information, the objective function to use, dimensions of beam elements, 

dimensions of patient voxels, etc. Next, the contour data and/or density information for 

all volumes of interest (VOIs) are supplied or read in as input and then the dose 

prescription and dose constraints as well as the importance factors for all VOIs are 

specified. The importance factor quantitatively describes the relative importance of 

achieving the prescribed dose distribution in a particular VOI; the higher the importance 

factor assigned to a VOI, the more important it is to achieve the prescribed dose 

distribution in that structure. Using the contour data in conjunction with a line scan 

algorithm, all voxels that lie within each VOI or structure are determined (Mohan et al. 

1987). To differentiate between the target and the various sensitive structures, a unique 

structure number is associated with each VOI so that all voxels that lie within a given 

structure are tagged with the same structure number that is identical to that for the VOL 

The remaining set of input data that are required by the optimization program is the 

specification of beam parameters. These include the type of the radiation modality (i.e. 

electrons, protons, or photons) to use, beam energy or energy bins required, the number 

of beam portals and the orientations of the beams. In addition, the algorithm (i.e. Monte 

Carlo or a particular pencil beam algorithm) that has been used for the computation of 

pencil beam dose kernels must be specified by the user. The preceding information is 

required by the optimization program in order for it to successfully identify and locate the 

pre-calculated and stored pencil beam dose kernel data for a particular dose calculation 

algorithm. These precalculated pencil beam dose kernels are needed for the calculation of 

the pencil beam matrix elements or dose deposition coefficients for all beamlets from all 

beam ports. As mentioned previously, these dose deposition coefficients, denoted by p.., 

represent the normalized dose deposition of the/* beam element to the ith voxel. To speed 

up the dose distribution calculations during the optimization, the pencil beam matrix P is 

generated automatically from pre-calculated pencil beam dose data by the optimization 

program prior to initiation of the optimization process and stored for later use. This 

process involves transformation of coordinates of each patient voxel from the patient 

coordinate system (Starkschall 1998) to the beam coordinate system (Starkschall 1998), 

followed by interpolation of the pre-calculated dose data in the beam coordinate system 

to obtain the dose deposition coefficient of each patient voxel from the current beam 
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element. After having generated the pencil beam matrix or all dose deposition 

coefficients, the optimization program initializes the intensity matrix and subsequently 

computes the dose distribution in the entire target volume and associated organs at risk. 

Next, the optimization program goes on to calculate the objective function value and its 

gradient array, and tests for convergence. If a termination criterion is satisfied, then the 

optimization program outputs the optimal treatment plan and terminates, otherwise, the 

program adjusts the intensity matrix and keeps on iterating until there is convergence or a 

stopping criterion is met. 

The current ITP program has been developed for general use. It can been applied to a 

variety of treatment planning optimization problems. These include applications 

involving uncharged (e.g. photons) and charged particles (e.g. electrons and protons) as 

well as those involving a combination of different radiation modalities, such as mixed 

photon and electron beam therapy. For the optimization of charged particle therapy, 

which in general has the beamlet energy, intensity or weight, and incident angle as 

degrees of freedom, the developed ITP program has the capability for optimizing plans 

using simultaneous intensity and energy, or angle modulated beams. In addition, the ITP 

system utilizes as its optimization engine one of the most efficient optimization 

algorithms currently available, namely, the bound limited memory Broyden-Fletcher-

Goldfarb-Shanno scheme (L-BFGS-B) (Byrd et al. 1995, Zhu et al. 1994). It also 

employs the Proton Loss Model pencil beam algorithm (Sandison and Chvetsov 2000) to 

ensure accurate and fast dose computations for proton beams of energies spanning the 

entire therapeutic range. For the same reason the Electron Loss Model pencil beam 

algorithm (see chapter 7) has been developed and implemented for the calculation of dose 

distributions for electron beams of energies up to 30 MeV. In future work, this electron 

dose calculation model will be extended to electron energies of up to 250 MeV. In the 

meantime, electron pencil beam dose kernels for these higher energy beams have been 

calculated for this work using the PENELOPE Monte Carlo code (Baro et al. 1995). 
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3.3 Dose calculation engine 

3.3.1 Overview of the Proton Loss Model for pencil beam calculation 

The Proton Loss (PL) equation (Sandison and Chvetsov 2000) is an analytical transport 

model derived from the Fermi-Egyes diffusional multiple scattering theory (Eyges 1948) 

and the Gaussian theory of energy straggling, and takes into account inelastic nuclear 

reactions, pathlength straggling and energy-loss straggling. Pathlength straggling and 

inelastic nuclear collisions are modeled as depth-dependent absorption processes in the 

transport equation, and energy straggling is taken into account by using a weighted 

superposition of a discrete number of elementary pencil beams with weights defined by 

the Gaussian evolution of the proton energy spectrum with depth. A numerical 

comparison (Sandison and Chvetsov 2000) of the dose distribution predictions of the PL 

model with measurements and PTRAN (Berger 1993a) Monte Carlo simulations 

indicates the model is both computationally fast and accurate. 

^ + ^ ^ + ^ ^ + f l ( ( z ) + ^ ( ^ > ^ ) V = ̂ t e + ^ i (3.1) 
dz x ÔX y dy { ' 4 x y y 4 [d&2

x de]) 

The PL transport equation (3.1) under the continuous slowing down approximation is the 

Fermi-Eyges equation with two additional terms, namely Z,(z) and y(z)(62

x + 02)JA, 

describing the absorption of protons due to inelastic nuclear collisions and pathlength 

straggling, respectively. In Eq. (3.1), y/ = y/(x,y,z,0x,6y) is the distribution of primary 

electron electrons. 

The simulation of pathlength straggling is based on a method that stems from an integral 

form of Yang's equation (Sandison et al. 1994). In order to account for pathlength 

straggling, Yang modified the FE equation by including a differential term that accounts 

for the difference between depth and pathlength. It was shown that the Laplace transform 

of the solution to the Yang equation with respect to the excess pathlength variables 

satisfies the FE equation with an additional term that corresponds to inclusion of an 

angle-dependent absorption cross section into the FE equation (Sandison et al. 1994). 
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This angle-dependent cross section is of the form y{z)(02

x + 0^)/4, where 0X and 0y are 

projected angles in the X-Z and Y-Z planes, respectively. 

Equation (3.1) with the cross section Z,(z) set to zero was analytically solved for the 

case of depth independent (i.e. constant) scattering power Tand loss parameter ^(Papiez 

and Sandison 1990). This solution is not, in general, a two-dimensional Gaussian as was 

the case with the analytical solution to the FE equation. However, it becomes a Gaussian 

multiplied by a depth-dependent particle attenuation factor describing the loss of particles 

due to pathlength straggling, if the incident pencil beam is normal to the irradiated 

surface or the surface is irradiated by a Gaussian distribution of particles in x, y, 0X, and 

0y whose mean values of x, y, 0X, and 0 are equal to zero. For the case Z,(z) * 0 this 

solution will be multiplied by an additional exponential term that describes reduction in 

particle number with depth due to inelastic nuclear collisions. So, under above 

conditions, the solution to Eq. (3.1) is given by 

f[z,(í)+(r(£)/4)4,(í)]rf£ i r- / 2 ,\ - , \ - / 2 2II -
0 1 c-[A0(i)(x2

 +y2 )-2A, {eix+dyyYA2{dj +62. )]/A ^ ^ y/(x,y,z,0x,0) = e 
n A 

where Â0(z) = l^TÏy tanh(« + \s[Tyz, (3.3) 

is the mean squared angular spread of the Gaussian and the parameter a is defined 

through the initial angular variance A00 of the incident beam as 

a = arctanh({ J/JTA^ ), (3.4) 

The cross-correlation parameter Ax{z) and the mean squared spatial spread A2(z) are 

defined through the angular spread A0 (z) as 

4(z) = 4,(z), (3.5) 

Â2(z) = t2Â0(z) + 2s2. (3.6) 
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where the auxiliary parameters s and t are given by 

t = tanh(z') 
sinh(a) 

+ sinh(a + 2z) ^JTy 
tanh(z') (3.7) 

t0 + tanh(z') 
sinh(2zQcosh(«) + 8 ( z > _ t a n h ( z > ) ) ( 3 g ) 

sinh(a + 2z') yjTy 

In Eqs. (3.7) and (3.8), the parameters to and s0 characterize the cross-correlation and 

mean squared spatial spread of the incident beam and the scaled parameter z defined as 

follows: 

(3.9) z'=\JTyz. 

The probability N(z) of finding a particle at depth z can be obtained by integrating Eq. 

(3.2) over the angular and radial variables 

N(z) = e 0 

-}[s,(í)+(r(í)/4K(í)]dí 
(3.10) 

For the depth-dependent scattering power T(z) and parameter y(z) , we can separate the 

calculational region into thin layers where these functions can be approximated by 

constant values and apply the analytical solution Eq. (3.2) recursively for these layers. 

It has been assumed up to this point that all particles at the same depth have the same 

energy since the beam is considered monoenergetic and continuously slowing down. The 

energy Ê(z) at depth z is defined by the characteristic equation 

dE 
dz 

+ S(E) = 0 (3.11) 

with the initial condition Ê(z - 0) = E0. Thus, in the PL transport equation, all protons 

travel along the same space-energy characteristic given by Eq. (3.11). To apply the PL 

transport equation to the entire region of the Bragg peak, we introduce a family of depth-
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energy characteristics and allow protons to diffuse between characteristics. In order to 

simulate this diffusion, we split the energy region of the energy straggling spectra into 

narrow energy intervals and assume all particles within an interval have the same energy 

i.e. a ô-functional energy distribution. Then we apply the PL transport equation within 

each interval. Instead of a single pencil beam problem with initial energy EQ we consider 

a discrete number of elementary pencil beam problems with initial energies 

E0m,l <m<M so that M = 27V+ 1 is the number of elementary problems, E0N+I = E0 is 

the initial energy of the beam and E0M+L - E0M - s is the energy interval between initial 

energies. The energy interval [E0M -e/2,E0M +ell\, l < m < M i s associated with the 

energy E 0 M . For each initial energy E 0 M we solve the pencil beam problem given by Eqs. 

(3.2) and (3.11) and find a vector i//m{x,y,z,6x,6y), 1 < m < M of elementary pencil 

beam solutions. The full proton pencil beam solution with energy straggling is 

constructed as a weighted linear combination of these CSDA elementary pencil beam 

solutions: 

M 
^P(x,v,z ,^ ,^) = 2]w m (z)^(x,v,z,^,^). (3.12) 

m=\ 

The weights wm (z), \<m<M are given by 

wm{z)=(!*"^Az,Wd(W, \<m<M, (3.13) 

where f(z,AE) is the normalized energy spectrum of protons at depth z expressed as 

f(z,AE) = T = L = e#**f'*4m (3.14) 

In Eq. (3.14), the mean AE and the variance al are calculated as follows: 

AE = Sz, (3.15) 
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a¡=4m4Zz2n0

l-^^z. (3.16) 

where in Eq. (3.16), e represents the elementary unit of electrical charge, z is the charge 

on the proton, Z and « 0are the charge and the density of the scattering centres, 

respectively, and f3 = v¡c is the ratio of particle velocity v to the speed of light c. 

The probability of finding a particle at depth, N(z), is obtained by integrating Eq. (3.2) 

over lateral and angular coordinates: 

N{z) = Yjwm{z)e^ . (3.17) 

The depth-dose distribution for the proton loss model can be calculated by means of the 

ICRU (ICRU 1984a) formulation of absorbed dose at r : 

r r» [dE ÛWF O I 
D{T)-lí | â t " + E ^ r \ d E J C ì ' (3-18) 

where V F £ £ Ì is the differential fluence of particles in energy and angle and 5 is the 

pathlength. For an elementary pencil beam where all particles travel in the same direction 

parallel to the z axis and have the same energy at given depth z, Eq. (3.18) reduces to 

Dm (2) = Sm (z) Nm (z) - Em ( z ) ^ ^ , (3.19) 
dz 

where Nm(z) is the number of particles at depth z, Sm(z) is the stopping power and 

Em (z) is the particle energy. Substitution of the expression for the number of particles 

Nm(z) given by Eq. (3.10) into Eq. (3.19) and differentiating yields the following 

expression for the depth-dose distribution for every characteristic: 

t 
Dm(z) = Sm(z)Nm(z) + Em(z)Nm(z) a(£ 0 ,z)X,Jz) + ^ i 0 m ( z ) (3.20) 
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where the coefficient 0 < a(E0, z) < 1, which is a function of the initial proton energy E0 

and depth z has been included in Eq. (3.20) and accounts for the relative fraction of the 

proton's energy transferred to the secondary charged particles which is deposited at the 

point of interaction. The total depth dose distribution is then calculated as a weighted sum 

of these characteristic dose distributions 

M 
Z)(z) = £ w m ( z ) D M ( z ) . (3.21) 

m=l 

3.3.2 Computation of dose distribution 

The dose to a point in a patient is calculated as a superposition of dose contributions to 

that point from all incident beamlets and is expressed as 

m 
Di=HPuwi, ' = !>•••>«> (3-22) 

7=1 

where D¡ is the dose to the i'h voxel, p¡, represents the normalized dose contribution of 

the j'h beam element to the i'h voxel, and w, denotes the relative weight or intensity of 

the j'h beam element. This process is illustrated in Fig. 3.2, where a beamlet of intensity 

or weight w} from the kth radiation source position is shown to contribute a dose of 

PyWj to the i* dose point or voxel. 
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~klh Source Position 

m 
'di = X Pijwj 

7 = 1 

Figure 3.2. Schematic showing the dose contribution p¡jW¡ to voxel i from the j'h beam 

element having intensity or weight wr The total dose deposited in each voxel is 

calculated as the sum of dose contributions from all incident beamlets from all beam 

ports. 

3.4 Optimization engine 

3.4.1 Optimization algorithm 

The optimization scheme employed is the bound limited memory Broyden-Fletcher-

Goldfarb-Shanno (BFGS) algorithm known by the acronym L-BFGS-B (Byrd et al. 1995, 



33 

Zhu et al. 1994). The L-BFGS-B routine is a quasi-Newton method that has been 

developed for solving large nonlinear optimization problems with simple bounds on the 

variables. Comparisons of various optimization schemes (Byrd et al. 1995, Gustafsson 

1996) have shown that, in terms of computing time, the L-BFGS-B routine is often the 

most efficient, especially for large problems such as those encountered in radiation 

therapy. While the algorithm does not require the computation of second derivatives, the 

so-called limited memory BFGS matrices (Nocedal 1980, Byrd et al. 1994), that are 

updated in every iteration approximate the Hessian of the objective function. At the end 

of each iteration the algorithm stores a small number, m (in the range of 3 - 20 

recommended), of correction pairs {s¡ ,y¡}, i = k - 1 , • • •,k - m , where 

sk = - wk (3-23), 

yk=gk+i-gk (3.24), 

and where wk e 9T and gk e SR" are the solution vector and gradient array, respectively, 

computed in the k'h iteration. These correction pairs are used in conjunction with the 

BFGS formula (Byrd et al. 1994, Fletcher 1987) to form the limited memory matrix for 

the current iteration. If 6 is a positive scaling parameter, and the m correction pairs 

s¡, y¡ ).=k_x satisfy the condition s¡ y¡ > 0, then in compact form, the limited memory 

matrix Bk is defined in terms of the n x m correction matrices 

$k = k - m Yk = \yk_m ,...,yk^] (3.25) 

by (Byrd et al. 1994) 

Bk=e\-WkMkW¡, (3.26) 

where 

Wk=[Yk 0Sk], (3.27) 
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Mk = (3.28) 

and where Lk is the m x m matrix 

\ _ j(S*-m-l+i) (vit-m-i+y) i£i>j, (3 29) 
' |0 otherwise, 

and C* is the m x m diagonal matrix with diagonal elements sT

k_myk_ms¿_,yk_x. 

At the beginning of each iteration a quadratic model f of the objective function f is 

formed: 

Z W = / k ) + g [ ( w - w J + i ( w - w , ) r B , ( w - w J . (3.30) 

The new iterate is then determined in a two-step process. The first involves the 

computation of the generalized Cauchy point wc, which is the first local minimizer of the 

quadratic, Eq. (3.30), along the piecewise linear path obtained by projecting points along 

the steepest descent direction, wk - tgk, onto the feasible region, where 

W; > 0, i=1, . . . ,m. Thus, at the generalized Cauchy point, two groups of variables are 

available: One group involves those beamlet weights that have reached the lower bound 

of zero (i.e. the active set A ), and the other subset consists of beamlet weights with 

values above zero. 

The second step in the computation of the new iterate is the subspace minimization 

during which all variables in the active set A are held fixed at the lower bound of zero 

and the algorithm proceeds to approximately minimize the quadratic model, Eq. (3.30), 

over the subspace of free variables, using the direct primal method (Byrd et al. 1995). In 

this minimization the bounds on the free variables are initially ignored. After an 

approximate solution has been found we then backtrack into the feasible region to satisfy 

the bound constraints. 
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Suppose that there are t free variables at the generalized Cauchy point wc. Then the 

remaining n -1 variables at bound at the Cauchy point comprise the active set A(WC ) and 

are held fixed. We then solve the following quadratic problem over the subspace of the t 

free variables: 

mm {7*M:wf=< V i £ A ( w f | (3.31) 

subject to wt > 0 V i £ A(WC ). (3.32) 

We consider only points of the form 

w=wc+Zkd, (3.33) 

where we9T, d is a vector of dimension t and Zk is the nxt matrix whose columns 

are the unit vectors that span the subspace of the free variables at wc. By rewriting the 

quadratic model, Eq. (3.30), as 

fk(w)= fk +gk{w~wC + w ° -wk)+j(w-wc +wc -xvk)TBk(w-wc + wc - wk) (3.34) 

and substituting Eq. (3.33) into this expression, we express the quadratic in terms of the 

new notation d as 

fk{d)=dTrc +\dTBkd + y, (3.35) 

where 

Bk =ZkBkZk 

is the reduced Hessian of fk, 

rc=ZT

k(gk+Bk(wc-wk)), 

the reduced gradient of fk at wc, and y is a constant. 
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The minimization problem, Eqs. (3.31) and (3.32), on the subspace of free variables can 

then be reformulated as follows: 

mm fk(d)=dTre+±dTBkd + r, (3.36) 

subject to d¡ >-wc¡ ieF, (3.37) 

where the subscript i denotes the ith component of the vector w and F represents the set 

of indices corresponding to the free variables. 

The unconstrained solution of the subspace problem, Eq. (3.36), is given by 

d" - -B'krc. (3.38) 

where the inverse, Bk , of the reduced limited memory matrix Bk is formally computed 

(Byrdetal. 1995) as 

k e e 
\--MWTZZTw\ 

l e ) 
MWTZ-. (3.39) 

e 

Note that Eq. (3.26), which defines the matrix B¿ in terms of 6, M, and W, has been 

applied in deriving Eq. (3.39). 

Substituting Eq. (3.39) for B¿ in Eq. (3.38), the unconstrained subspace Newton 

direction d" is given by 

•r - / • -z'wi 5« -1^+4 
e e2 

\--MWTZZTW 
e 

MWTZrc. (3.40) 

To satisfy the bound constraints (w. >0, i = \,...,n) on the beamlet weights we 

backtrack toward the feasible region to obtain 

d*=adu, (3.41) 
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where a* is a positive scalar defined by 

a = max J or : a < 1, ad">-w., i e F j . (3.42) 

Therefore, the approximate solution w of the subspace minimization problem, Eqs. (3.31) 

and (3.32), is given by 

W: = < 
w, ifieF, 

(3.43) 

We define the search direction by 

dk = w k + i ~wk (3.44) 

and compute the new iterate wk+i as 

WM =Wk +Kdk 
(3.45) 

by performing a line search along dk that satisfies the condition 

A^k+i)^fM+^kg¡dk (3.46) 

with a = 10 4 , and attempts to satisfy the condition 

gLdk<Md (3.47) 

with p = 0.9, where Ak is the steplength. 

The outline of the L-BFGS-B algorithm is as follows (Byrd et al. 1995): 

1. Choose a starting solution estimate w0. 

2. Choose an integer m that determines the number of limited memory corrections 

stored. Define the initial limited memory matrix to be the identity and start the first 

iteration. 
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3. Test for convergence and stop if a termination criterion is satisfied. 

4. Compute the Cauchy point (i.e. the first local minimizer of the objective function 

along the projected steepest descent direction) to find the set of active variables, i.e. 

beamlet weights that are at the lower bound of zero. 

5. Compute a search direction dk by the direct primal method. 

6. Perform a line search along dk, subject to the bounds on the beamlet weights, to 

compute a steplength Ak. 

7. Set wM =wk+ Âkdk 

8. Compute the gradient, V/(wk+l ) , of the objective function at the current iterate. 

9. Update the limited memory matrices. 

10. Go to step 3 and start a new iteration. 

A number of stopping criteria are implemented in the L-BFGS-B algorithm but the ones 

chosen for this work are that the algorithm terminates if the total number of objective 

function/gradient evaluations exceeds a predefined limit of 200, the elapsed CPU time for 

all iterations becomes longer than 2 h and/or the projected gradient, proj g, of the 

objective function f satisfies the criterion \proj g|/(l + |/|)<10~1 0. A maximum of 200 

function/gradient evaluations were allowed since preliminary results showed no 

significant difference in the final solution estimate for higher numbers. The same was 

true for the CPU time limit. The main advantages of the L-BFGS-B algorithm are its low 

computational cost per iteration, its modest memory requirements, and its ability to solve 

problems in which the Hessian matrices are large, unstructured, dense, and unavailable. 

3.4.2 Objective functions 

The treatment objective is formulated quantitatively in terms of the mean squared 

deviation between calculated dose distribution and prescribed dose distribution. In 

file:///proj
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general, the objective function f is given by 

M 

./=1 7=1 

where M represents the number of target volumes, N the number of organs at risk, and 

where the superscripts T and OAR represent target and organ at risk, respectively. 

Suppose m and n denote the number of voxels in a target volume and an organ at risk, 

respectively, then the contribution fj of the jlh target volume to the objective function 

is expressed as (Bortfeld et al. 1990) 

2 
fJ=lTjfiDi " A ) . (3-49) 

/=1 

and the contribution f°M of the j'h organ at risk is given by (Bortfeld et al. 1990) 

foAR = 1 O A R £ H ( D ¡ _ ¿ f ) , (3.50) 
1=1 

where the step function H, defined as 

//(/; D . 1 D ' > D " (3.51) 
0 otherwise, 

is incorporated into Eq. (3.50) to ensure that only dose points with dose values greater 

than the tolerance dose for an OAR contribute to the objective function. In Eqs. (3.48)-

(3.50), lj represents the importance factor for the/ target orf organ at risk and D¡ and 

Z). denote the calculated dose and prescribed dose, respectively, to the i'h dose point of a 

given volume of interest. In general, the voxels in a particular volume of interest (e.g. the 

target volume) are assigned identical values of the importance factor; the higher the 

relative factor assigned to a volume of interest, the more important it is to achieve the 

prescribed dose distribution in that volume. 
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The gradient of the objective function f with respect to the beamlet weights w¡ is given 

by 

df df dD. 
g,= — = — L , (3.52) 

dWj dD¡ oWj 

and comprises of terms in the form 

2>I , /> , J (D , -A) , 7 = 1 . - . » (3-53) 
i 

where the subscript j represents the jth component of the vector w, a is a constant, and 

p,j is the dose kernel of the j'h beamlet to the /"'voxel. 
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Chapter 4 

Intensity and energy modulated radiotherapy with proton beams: 

Variables affecting optimal prostate plan 

4.1 Introduction 

Intensity and energy modulated proton therapy (IMPT) has been demonstrated to have a 

great potential for dose conformation (Brahme 2000, Carlsson et al. 1997, Lomax 1999, 

Lomax et al. 2001, Yeboah et al. 2001). However, the previous studies, while providing 

some valuable insights into inverse IMPT planning, are limited and as a result much work 

is required to realize the full potential of this treatment modality for dose conformation. 

In this chapter we address a fundamental problem of intensity- and energy-modulated 

radiotherapy dose optimization for proton beams, i.e., to identify and understand the 

influence of those variables affecting the optimized treatment plan and how these 

variables interact with each other to shape the dose distribution. For simplicity this study 

has been conducted using a simulated prostate cancer treatment. For each problem 

studied the optimized dose distribution was computed and the associated phase space 

analyzed. In section 4.2, the characteristics of proton pencil beams and beamlets used to 

compute the dose distributions are discussed. A description of the optimization algorithm 

and dose-based objective functions employed are also given followed by a description of 

the mathematical case studied. Section 4.3 presents the results in the form of optimized 

dose distributions, DVHs and/or optimal proton phase spaces as a function of a number 

of parameters, including (i) the importance factors for the various regions of interest, (ii) 

the energy resolution chosen to implement energy modulation, (iii) the width of beamlets, 

(iv) the number of beams, and (v) the beam orientations selected to optimize a plan. A 

discusssion of these results is also given in this section. Section 4.4 discusses some 

practical issues and section 4.5 presents a summary of the results and the conclusions. 
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4.2 Materials and methods 

4.2.1 Characteristics of proton beamlets 

Using the PL model (Sandison and Chvetsov 2000), point monodirectional pencil beams 

were calculated in water for proton energies ranging from 50 MeV to 250 MeV. In the 

pencil beam coordinate system, the origin lies at the top surface of a semi-infinite box 

water phantom and along the perpendicular line from this surface to the geometrical 

centre of the phantom. Pencil beams are perpendicularly incident at the top surface 

through the origin, where this direction of incidence is defined to be the positive-z 

direction. The positive x-direction lies along the top surface of the box phantom and it is 

perpendicular to the right side surface of it. In this study of a two-dimensional problem, 

the pencil beams were integrated from -oo to +co along the y direction to form line 

sources. The direct use of these line kernels for dose optimization requires very high 

spatial resolution laterally to ensure beam uniformity. To avoid the computational 

expense of a larger number of beamlets we used "finite-width" line kernels instead of line 

kernels of "infinitesimal-width" in the optimization. The "finite-width" line kernels were 

generated by convolving the "infinitesimal-width" line kernels with a rectangular 

function whose width is equal to the width of the beamlet chosen. In Fig. 4.1, the 

resultant (x, z) plane dose kernels for these beamlet line sources of 2 and 5 mm widths 

are shown for a 150 MeV proton beam to demonstrate the effect of varying the beamlet 

width on the (x, z) plane dose kernel. 

4.2.2 Phantom studies 

The hypothetical case studied (Fig. 4.2) is a homogeneous 2-D model of a prostate cancer 

with the rectum and bladder as organs at risk (OARs). The dimensions and shape of the 

target and OARs are exaggerated to increase the complexity of the problem. The target 

has two concavities within each of which an OAR is located. A section of the contour 

outline of the target and of the rectum coincides. Similarly, the target and the bladder 

share a common border within the posterior concavity. In all cases investigated a 64 x 64 

dose calculation grid with an element dimension of 5 x 5 mm2 was employed. 
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To implement energy modulation, proton Gaussian-spectra with mean energies in the 

range of 50-250 MeV and standard deviations of 0 to 2.0 MeV were employed. Each 

beam from a given orientation was subdivided into beamlets. At each beamlet position on 

the surface of the phantom a number of beamlets of identical width but varying in energy 

to form a Gaussian energy spectrum are assumed incident. The number of energy bins 

assigned to these beamlets is varied to obtain different degrees of energy resolution in the 

range of 50 MeV to 250 MeV. This energy resolution directly translates to a depth 

resolution for the depth modulation. The relative weight of each energy component for 

the beamlet was set as an optimization variable. Consequently, the total number of 

optimization variables is the product of the number of energy bins, the number of beamlet 

incident positions, and the number of incident beam orientations. A l l pencil beams and 

beamlets were pre-calculated assuming normal incidence on a homogenous water 

medium. To generate dose kernels for obliquely incident beamlets, normally-incident 

kernels were rotated and translated. 

In all cases it was desired to deliver a dose of 100% to the target region and 0% to the 

OARs and normal tissues. Optimal treatment plans were designed and evaluated as a 

function of (i) the importance factors for the various regions of interest, (ii) the energy 

resolution employed to achieve depth modulation, (iii) the width of beamlets, (iv) the 

beam orientations, and (v) the number of beam ports selected to design a plan. 

4.2.3 Computational efficiency 

Al l computations in this work were performed on a Sun ULTRA-SPARC 80 workstation 

with a 450-MHz CPU and 2-GB memory. In the study on importance factors below, 

where forty-one proton energies from four different directions are used, the total number 

of voxels, n, is 4096 and the total number of beamlets, m, equals 5248. The amount of 

data needed in the calculations is of the order of the size, nm, of the pencil beam matrix 

P. [The amount required by the L-BFGS-B routine (Byrd et al. 1995, Zhu et al. 1994) is 

0(m)]. Consequently, the amount of computer memory required is O(nm) and, assuming 

that each variable occupies 8 bytes of memory, this translates to approximately 170 MB. 

One way to reduce the amount of memory required is to select only those beam energies 
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that are likely to position Bragg peaks in the target region. Suppose that of the forty-one 

different energies selected in the range 50-250 MeV only half of them have Bragg peaks 

located in the target region, then the selection of those energies for the optimization 

reduces the amount of memory needed for this case to approximately 85 MB. This may 

be further reduced to roughly 1 MB at the expense of an increase in calculation time if at 

each instant the matrix P is constructed only for beamlets of a single energy from a single 

beam port. 

Since the cost of dose distribution calculation and gradient evaluation is O(nm) and the 

cost of each iteration (excluding dose calculation, objective function and gradient 

evaluations) is O(m), the overall cost per iteration is O(nm). This translated to a CPU 

time of 11.5s for one iteration on the Sun ULTRA 80 workstation if all forty-one energies 

were used, and to half this quantity if only the "useful" energies were selected. Although 

a few dozen iterations are sufficient to achieve convergence of the L-BFGS-B algorithm 

(Byrd et al. 1995, Zhu et al. 1994), we allowed 200 iterations to ensure complete 

convergence. An extrapolation of the preceding results to a 3-dimensional case is of 

interest. For a 3-dimensional problem with 64x64x32=131072 voxels and 32x32=1024 

beamlet incident positions for each of four beam ports with twenty beam energies, the 

cost of one iteration (O(nm)) is approximately 5.8s x 1024 = 1.6 h. The amount of 

computer memory needed, assuming the matrix P is at each time constructed for a single 

energy from a single beam port, is 1 GB. 

4.3 Results and discussion 

4.3.1 Importance factors 

The relative importance of achieving the dose prescription in a ROI is quantitatively 

described by a parameter referred to as the importance factor (I-factor) for that region 

(Xing et al. 1999, Wu and Zhu 2001). In this section the effect of varying the I-factors on 

the treatment plan is investigated using four equi-spaced beams incident from gantry 

angles of 0°, 90°, 180°, and 270°. Every beam consisted of beamlets each of a width 

equal to the beam sampling grid spacing of 5 mm at the phantom surface. At each 

beamlet position on the surface of the phantom a set of beamlets were incident. Each 
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beamlet in the set was given an energy such that the set provided a Gaussian energy 

spectrum with mean energy in the range 50-250 MeV (increments of 5 MeV) and 

standard deviation of 1 MeV. Initially, the I-factors of all ROIs were set to 1. Then the I-

factor for the normal tissues was held constant while the I-factors for the target, rectum, 

and bladder were increased over the range of 1 to 1000, where at all times this quantity 

was assumed equal for the target and OARs. For I-factor values less than 500, increasing 

this quantity led to an improvement in target coverage, a reduction in dose to both OARs, 

but an increase in normal tissue integral dose (TABLE 4.1). Raising the I-factors of target 

and OARs above 500 however did not affect target coverage and OAR sparing, but it 

continued to increase normal tissue integral dose. As a result the I-factor value of 500 

was chosen for the target and held constant. Next, holding the I-factors for normal tissues 

and target fixed at 1 and 500, respectively, the I-factors for the sensitive structures were 

decreased from 500. Target coverage continued to improve at the expense of an increased 

dose to and volume irradiated of the rectum and bladder. 

A set of criteria were chosen for determining a compromise between adequate target 

coverage and acceptable sensitive structure sparing. First, the minimum target dose was 

required to be at least 80% while the maximum target dose was to be kept under 110%. 

Second, the mean dose to each OAR was not to exceed 25% of the prescribed target dose. 

These constraints did not consider the tolerance doses for the OARs because the nature of 

the problem under study dictates the maximum doses to the OARs be comparable to the 

desired target dose. That is, the target and each OAR share a common border (Fig. 4.2). 

And, since the dose distribution cannot drop off suddenly from high to low values within 

an infinitesimal distance, it is impossible to deliver high doses to the target regions 

adjacent to the OARs without giving comparable doses to these structures. 

The minimum target dose requirement is not as yet met and the mean rectal dose 

increases and become almost equal (23.9%) to the 25% OAR dose limit when the I-

factors for the sensitive structures are decreased from 500 to 50 (TABLE 4.1). In contrast 

the mean bladder dose (13.4%) remains much lower than the 25% dose limit for the 

sensitive structure I-factor value of 50. Consequently, the I-factor for the rectum was held 

fixed at 50 (that for the target and normal tissue continue to be held constant at 500 and 1, 
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respectively) while the I-factor for the bladder is decreased from 50. This resulted in a 

further improvement in target coverage, a relatively constant rectal dose, but an 

additional increase in bladder dose. A good compromise between adequate target 

coverage and acceptable OAR sparing is reached when the I-factor for the bladder is 

assigned a value of 15 (TABLE 4.1). Unless otherwise specified, this trial-and-error 

derived constellation of I-factors for the target (500), rectum (50), bladder (15), and 

normal tissues (1) is used in the remainder of this article. It must be emphasized that the 

final dose distribution was not very sensitive to small changes in the I-factors. Figure 4.3 

presents the optimized dose distributions for the initial and final I-factor values. An 

examination of the optimized phase space (i.e. energy sinograms) corresponding to the 

initial and final I-factors reveal that the improvement in target coverage achieved when 

the I-factors are manually "optimized" is due to (i) the inclusion of beamlets from more 

energy bins into the final phase space to achieve better dose uniformity longitudinally 

and (ii) the use of a larger number of beamlets of a given energy bin across the field to 

improve the lateral dose homogeneity (Fig. 4.4). 

This study demonstrates that variations in the I-factors when advantageous to the target 

is, in general, detrimental to the adjacent sensitive structure(s) and vice versa. This 

conflict of treatment planning aims suggest that optimization of the I-factors is essential 

(Xing et al. 1999, Wu and Zhu 2001) and that this optimization must be carried out for a 

particular treatment site and a set of targets and sensitive structures. Such an optimization 

has been achieved for photon beams using an iterative treatment plan ranking system 

based on a dose-volume histogram scoring function (Xing et al. 1999) and also using a 

genetic algorithm (Wu and Zhu 2001). These approaches to optimization are 

computationally expensive and the optimized values of I-factors obtained must be 

repeated for every treatment plan. One solution is to find I-factors using a medical expert 

system based on artificial neural networks (ANNs) that will lead to effective as well as 

computationally fast solutions. The database from which the ANNs learn can be created 

for a specific treatment site using either trial-and-error derived "optimum" constellations 

of I-factors found acceptable by a group of radiation oncologists or algorithmically 

optimized values checked for acceptability by a radiation oncologist. After the 
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completion of this work, Jones and Hoban (2002) have reported an automated technique 

for the selection of importance factors. 

4.3.2 Energy resolution 

Inverse treatment planning for proton dose conformation requires an adequate depth 

modulation and therefore an appropriate energy resolution needs to be determined. Since 

an optimal energy resolution might depend on the energy spread (i.e. standard deviation 

of the Gaussian spectra) of the incident beams we sought to investigate the influence of 

this spread parameter by repeating this study for a variety of incident beam energy 

spreads ranging from 0.0 MeV to 2.0 MeV in increments of 0.5 MeV. 

Four beams with orientations and beamlet widths identical to those used in the preceding 

section were employed for this energy resolution study. In each case the energy 

resolution was increased from 10 MeV to 1 MeV in steps of 1 MeV for beam energy 

modulation. An energy resolution was considered optimal if finer resolutions did not 

improve target coverage. Figures 4.5a-d shows the optimized plans for energy resolution 

of 10 MeV and the optimal energy resolutions for GE=0.0 MeV and GE=2.0 MeV, 

respectively. With increasing energy resolution the high dose region conforms more 

closely about the target region resulting in an improvement in target dose homogeneity 

and greater dose sparing of the OARs. This variation had only a minor effect on the 

minimum target dose but, in general, it resulted in a reduction in the maximum target 

dose (TABLE 4.2). In addition, as the energy resolution becomes finer, the mean dose to 

the OARs decreases to a minimum at a resolution of 3-4 MeV. Further increase in the 

energy resolution "appeared" to slightly increase the dose to the OARs. This latter trend 

is believed to be non-physical and is attributed to numerical artifacts arising from the use 

of depth resolutions that are smaller than the dose calculation grid spacing. For an energy 

resolution of 3 MeV the corresponding depth resolutions at 80 MeV and 150 MeV (the 

energy range selected by the optimization routine for the beam orientations under 

consideration) are approximately 0.4 cm and 0.6 cm, respectively. These values are 

approximately equal to the dose calculation grid spacing (0.5 cm X 0.5 cm). Use of 

energy resolutions greater than 3 MeV therefore cause the accompanying depth 
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resolutions to be finer than the spatial resolution of the dose calculation matrix. 

Repeating this study for various incident energy spreads, it was found that as the incident 

beam energy spread increases the optimized plans for the various energy resolutions 

become increasingly similar in quality. For the range of incident energy spreads under 

consideration, the optimal energy resolution was found to become coarser with increasing 

a E (TABLE 4.2); it varied from about 1 MeV at CTe=0.0 MeV to 5 MeV at CTe=2.0 MeV. 

This trend arises from the fact that with increasing incident energy spread the individual 

Bragg peaks become broader and consequently it becomes increasingly possible to use 

coarser energy resolutions to achieve a target dose homogeneity that is similar in quality 

to that resulting from using finer energy resolutions. For incident proton beams with 

o"E<0.5 MeV (for which the optimal energy resolutions are less than 3 MeV) the 

resolution of the dose calculation matrix should be increased to match the optimal depth 

resolutions associated with this energy spread. Doing so will minimize the numerical 

dose artifacts discussed previously. 

For incident proton beams with aE=0.5 MeV, the depth resolutions that correspond to the 

optimal energy resolution of 3 MeV range from approximately 0.24 cm to 0.82 cm in the 

energy range of 50-250 MeV. These depth spacings as well as those corresponding to the 

optimal energy resolutions for CTe>0.5 MeV can be achieved in practice by some of the 

available beam delivery systems. For example, at the Paul Scherrer Institute (PSI) 

(Villigen, Switzerland) the finest resolution with which Bragg peaks can be positioned in 

depth with the PSI spot scanning system is 0.23 cm (Lomax 1999). However, for incident 

beams with extremely narrow initial energy spreads (i.e. nearly monoenergetic), the 

optimal depth spacings may be smaller than the finest available spacing on a spot 

scanning system and as a result the required beam modulation may not be realizable. 

The energy/depth resolution study was repeated for a passive beam delivery system. In 

this case, an accelerator produces a fixed primary beam energy and depth modulation is 

achieved by passing the beam through attenuators of variable thicknesses (e.g. range 

shifter or a range modulator) to degrade the primary energy before being incident on the 

patient surface (Gardey et al. 1999, Koehler et al. 1975, Sandison et al. 1997). The 
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degraded beam has an increased energy spread, which is inversely proportional to the 

degraded energy, and also some increased angular spread. In this work we simulated 

proton beams from the Indiana University Cyclotron (Bloomington, Indiana, USA). The 

mean energy of the primary beam was 200 MeV and had an energy spread (FWHM) of 

0.15 MeV. To generate lower energy beams the primary beam was range shifted in 

increments of 0.1 cm of water equivalent depth. Dose kernels for individual beamlets 

were pre-calculated and stored. To implement depth modulation for a specified depth 

resolution we chose the Bragg peak location of the 200 MeV beam as our greatest depth 

and then selected Bragg peaks to occur at progressively shallower depths corresponding 

to the depth resolution specified. Treatment plans were optimized for a number of depth 

resolutions ranging from 0.1 cm to 2.0 cm and the optimal resolution was taken to be the 

one above which no additional improvement in target coverage occurred. Figures 4.6a-d 

show the optimized dose distributions for depth resolutions of 1.5, 1.2, 1.0, and 0.4 cm, 

respectively. The associated dose statistics are presented in TABLE 4.3. Comparison of 

the plans shows that the minimum target dose is in general similar. However the 

maximum target dose becomes lower as the depth resolution is increased from 2.0 cm to 

0.4 cm and stays approximately constant for higher resolutions. As a result, an 

improvement in target dose homogeneity is achieved as the depth resolution increases 

over the range studied. The best target coverage occurs at a depth resolution of 0.4 cm 

with no further improvement achieved for finer resolutions. In addition, the dose to the 

OARs decreases as the depth resolution increases from 2.0 cm to 1 cm but further 

increase in depth resolution had an insignificant effect on sensitive structure sparing. 

These variations in depth resolution also had only a minor effect on normal tissue integral 

dose. 

The reason for the observed similarities in the quality of the final dose distributions for 

depth resolutions of 1.0 cm and finer is that the 1.0 cm resolution is on the order of 

FWHM/2 of the Bragg peak for the primary beam (Berger 1993b). Increasing the 

resolution above this value is not expected to improve the plans significantly. Thus these 

results indicate that for passive beam delivery the selection of an appropriate depth 

resolution for inverse planning is not crucial as long as the value chosen is at least equal 

to FWHM/2 of the primary beam Bragg peak. 
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4.3.3 Beamlet size 

A natural question to ask is the following: what is an optimal beamlet width to achieve an 

acceptable treatment plan for the prostate model under consideration? Before answering 

this question the criteria on which the selection of the optimal beamlet width is based 

must first be specified. First, an optimal beamlet width must yield a deliverable intensity 

map absent of gross discontinuities. Second, there should be no significant improvement 

in target coverage when width of beamlets is decreased below the optimal value. The 

investigation undertaken utilized four beams with orientations of 0°, 90°, 180° and 270°, 

this time employing beamlets ranging in width from 1 mm to 20 mm to optimize the dose 

distribution. In all cases the beam sampling grid spacing was set equal to 1 mm, in order 

to reduce dose artifacts that may be associated with unequal grid spacing. The active 

beam modulation method was employed with mean energies of beamlets in the range 50-

250 MeV (in increments of 4 MeV) and an energy spread, O"E, of 1.0 MeV for each 

Gaussian spectrum. The resulting dose distributions are depicted in Figs. 4.7a-c for 

beamlet widths of 20, 7, and 1 mm, respectively, and the associated dose statistics are 

presented in TABLE 4.4. These results show that decreasing the width of the beamlets (i) 

leads to more conformai dose distributions, (ii) results in an improvement in target dose 

homogeneity, and (iii) reduces both the dose to the sensitive structures and the integral 

dose to the normal tissues. Improvement in target dose homogeneity occurs as the width 

of beamlets is decreased from 20 mm to 7 mm, but further reduction had an insignificant 

effect on target coverage. 

Of cautionary note is that for beamlet widths smaller than 5 mm the intensity profiles are 

highly discontinuous for most energy bins. This effect becomes progressively more 

pronounced for smaller beamlet widths. Correspondingly there also appears to be a 

superfluous high-energy intensity component in the energy sinograms indicating the 

optimization is attempting to improve dose homogeneity. These characteristics, which are 

not seen in the energy sinograms for beamlet widths of 5 mm and greater, may make the 

intensity profiles for the smaller beamlets very difficult, if not impossible, to deliver. The 

presence of the high-energy intensity component is not necessarily a serious problem 

since it can be eliminated by imposing in the optimization constraints an appropriate 



51 

maximum energy based on the location of the deepest depth point of the target. 

The reason for the gross discontinuities in the energy sinograms is that a 5-mm beamlet is 

on the order of the dose calculation grid dimension (5x5 mm ). Thus for beamlet widths 

less than 5 mm, the resolution is higher than that required for optimizing dose to each 

dose grid point. Consequently, the weights of the "excess beamlets" that are not required 

by individual dose grid points are set to zero during the optimization process and result in 

the observed discontinuities in the intensity maps. The lower doses to normal tissues 

associated with beamlets of widths less that 5 mm is due to the fact that for this range the 

discontinuities in the intensity profiles leaves most beamlets with no immediate 

neighbours to compensate dose with scatter at shallow depths where the dose kernels 

remain very narrow. 

Based on the foregoing considerations, the optimal beamlet width is between 5 and 7 

mm. This quantity is machine-dependent and is, in general, fixed for a given beam-line 

design. Therefore, in practical terms the preceding results imply that the dose grid 

element dimension should be selected such that its value is at most equal to the (fixed) 

width of the beamlets and preferably equal to approximately 70% the beamlet width. 

4.3.4 Beam orientations 

In this section the influence of beam orientations on the final dose distribution for a small 

number (<4) of beams was investigated. The goal was to determine if better plans could 

be obtained by varying the orientations for a given number of beams. This investigation 

employed the active beam modulation method utilizing beamlets of mean energy ranging 

from 50 MeV to 250 MeV in increments of 4 MeV and an energy spread of 1.0 MeV for 

each incident Gaussian spectrum. The resolution of the beam sampling grid was set equal 

to the width (5 mm) of the beamlets. Firstly, two beams were employed with the 

orientation of one fixed at 90° while the other was incident from 0° to 345° in increments 

of 15°. This resulted in four categories of two-field plans: (i) orthogonal beams {0°, 90°} 

and {180°, 90°}, (ii) parallel-opposed pair {270°, 90°}, (iii) oblique beams with 

92-9i<90°, and (iv) oblique beams with 0 2 -6i>90°, where 9 2—9i is the angle between the 
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two beams. Comparison of the quality of the optimized dose distributions is given in 

TABLE 4.5. Good target coverage is achieved for any given configuration and the 

differences in this quantity are minor among the various plans. However, OAR sparing 

and normal tissue integral dose were significantly affected by the selection of the beam 

orientations. The oblique beam combinations with 92-6i<90° gave the poorest plans in 

that they resulted in relatively poor sparing of both OARs. This arises because in all cases 

certain regions of the target (e.g. top-left and bottom-left regions for the beam 

combination {45°, 90°}, say) although accessible to each beam could not be reached 

without traversing an OAR and depositing significant doses to large portions of that 

organ. In contrast, oblique beams with 92-0i>9O° provided relatively good sparing of one 

OAR but poor sparing of the remaining structure. For the best sparing of both sensitive 

structures the orthogonal pair {180°, 90°} or the parallel-opposed combination {270°, 

90°} should be selected. However the former is superior to the parallel-opposed pair 

because it resulted in a slightly better target dose homogeneity and lower integral dose to 

the normal tissues. The good protection offered to the rectum by the beam arrangement 

{180°, 90°} is counter-intuitive considering the fact that the orthogonal pair {0°, 90°} 

resulted in relatively poor sparing of the bladder, as expected. The reason is that for the 

latter configuration none of the beams has direct access to some regions of the target in 

close proximity to the lower left boundary of the bladder and upper left boundary of the 

rectum. To reach those areas of the target the AP beam had to pass through a significant 

portion of the bladder, depositing doses to a large area of this structure in the process. 

The orthogonal pair {180°, 90°} on the other hand could reach almost all regions of the 

target and as a result there was no need for the PA beam to expose a large area of the 

rectum to high doses. 

Next, the influence of beam orientations for a three-beam configuration was ascertained. 

The beam parameters employed were similar to those used for the two-field combination. 

Two groups of three-field plans were studied: the first consisted of parallel-opposed 

beams plus an orthogonal beam and had an initial arrangement of {0°, 90°, 270°}; the 

second consisted of three equi-spaced beams with the initial orientations of {0°, 120°, 

240°}. Each set of beams was rotated in a clockwise sense from 0° to 180° in steps of 90° 
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to generate three different beam arrangements for each category. The statistics on the 

resulting optimized dose distributions for the six plans presented in TABLE 4.5 show that 

there are only minor differences in target coverage. In both cases, plans with a posterior-

anterior (PA) field that did not include an anterior-posterior (AP) field gave the best OAR 

sparing. In contrast, plans involving an AP field (with or without a PA field) provided 

relatively poor sparing of both OARs, surprisingly. Plans in category one (i.e. parallel-

opposed plus orthogonal beams) gave significantly better rectal sparing than those in 

category two (consisting of equi-spaced beams). Based on these analysis, the best plan (in 

terms of sensitive structure sparing) resulted from the set {90°, 180°, 270°} while the 

poorest plan originated from the beam combination {90°, 210°, 330°}. 

The next step in the investigation utilized four beams (i.e. a pair of parallel-opposed 

beams) with the following selected orientations: (i) {0°, 90°, 180°, 270°}, (ii) {30°, 150°, 

210°, 330°}, (iii) {45°, 135°, 225°, 3150}, and (iv) {60°, 120°, 240°, 300°}. Comparison 

of the resulting dose distributions (TABLE 4.5) showed that the best plan resulted from 

the beam arrangement {0°, 90°, 180°, 270°} while the worst plan was provided by the 

beam orientations {60°, 120°, 240°, 300°}. The latter yielded a plan with relatively poor 

target dose homogeneity, high doses to both sensitive structures and the highest normal 

tissue integral dose. Plans originating from beam orientations for which the two pairs of 

parallel-opposed beams were orthogonal resulted in relatively good sparing of the 

sensitive structures. In addition, normal tissue integral dose is lowered if one of the two 

pairs of parallel-opposed beams is in the AP-PA direction or if both pairs are rotated in 

opposite directions toward the AP-PA direction such that the angle between them in the 

anterior and/or posterior ends become smaller. 

The foregoing analysis on beam orientations may be summarized as follows. For a given 

number of beam ports (<4), only minor differences in target coverage were observed 

among the various plans, but there were significant differences in the degree of OAR 

sparing and normal tissue integral dose. Beam combinations with at least one pair of 

orthogonal beams that included a PA field resulted in relatively good, if not the best, 

sparing of both OARs. Plans with at least one pair of orthogonal beams that involved an 
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AP field gave good sparing of the rectum but resulted in relatively poor bladder 

protection. 

4.3.5 Number of beam ports 

In studying the effect of the number of beam ports on the final dose distribution, 

treatment plans were designed using 1, 2, 3, 4, 6, and 9 beam ports. For the one-field plan 

the beam was incident from 90°. The remaining plans were selected from those discussed 

in the previous section, based on their potential for dose conformation. The two-field plan 

employed the orthogonal pair of beams {180°, 90°}, the three-field plan utilized the beam 

arrangement {90°, 180°, 270°}, while the four-field plan employed the combination {0°, 

90°, 180°, 270°}. For the six- and nine-field arrangements the equi-spaced beam 

combinations for which the first beams were incident from 20° and 0°, respectively, were 

chosen. In Fig. 4.8 the optimized dose distributions for the 2, 3, 4, and 9 beam 

configurations are shown and the quality of these plans are compared in TABLE 4.6. As 

the number of beam ports is increased it is evident that target dose homogeneity 

improves, but this improvement is only minor i f more than three ports are used. With 

regard to OAR sparing, a reduction in dose to the sensitive structures is observed when 

the number of beam ports in increased from one to three. Further increase in the number 

of beams either had an insignificant effect on sensitive structure sparing or raised the 

dose to these structures. Unlike target coverage and OAR sparing, the distribution of 

normal tissue integral dose varied significantly over the range of beam configurations 

under consideration (Fig. 4.9). With an increasing number of beam ports the volume of 

normal tissues receiving low doses (<20% of the target prescription) increases greatly. In 

contrast, there is a reduction in the volume of normal tissues exposed to high dose levels 

(>50% of the target prescription) as the number of beam ports is increased from one to 

three. Further increases to beam port number had an insignificantly small effect on the 

volume of normal tissue receiving high doses. It appears a maximum of three to four 

beams is adequate for proton treatment of the prostate since there are no real advantages 

to using more than four beam ports. 

Of particular interest is the difference seen in the optimized dose distribution for the four-
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and nine-field arrangements. While the nine-field combination leads to (i) a minor 

improvement in target dose homogenity, (ii) a lower bladder dose and (iii) a sharper 80% 

to 20% penumbra than the four-field plan, these advantages are offset by a number of 

factors. First, target coverage for the four-field plan is almost identical to that for the 

nine-field plan. Second, the four-field arrangement has the advantage that it delivers a 

lower dose to the rectum and exposes a much smaller volume of normal tissue to low 

(<20%) dose levels, leading to a lower normal tissue integral dose. Third, the four-field 

plan requires less complexity of planning to execute a beam delivery than does a nine-

field treatment. In practice it may even be preferable to use beam combinations 

employing a lower number of ports (i.e. two or three). The reason is that the three-field 

plan has a quality that is comparable to that for the four-field arrangement. Alternatively, 

the two-field plan is still relatively good and its quality is not significantly different from 

those of the plans utilizing a larger number of beam ports. These observations have 

important implications since the ability to achieve conformai dose distributions with a 

small number of beams will minimize the complexity of dose delivery and increase 

patient throughput. 

4.4 Practical considerations 

With proton therapy units that are capable of varying the primary beam energy already 

available (Pedroni 1992), the delivery of 3-D IMPT has become a reality (Lomax et al. 

2001). This may be achieved in practice by electromagnetic scanning of an elementary 

beam in the following way. A beam energy is first selected and the optimal intensity map 

corresponding to that energy is delivered by varying the scanning pattern. The primary 

beam energy may then be changed rapidly to a value equal to the second energy in the 

optimized phase space and the beam delivery procedure is repeated for this energy. The 

above process would continue until the intensity maps for all available energy bins have 

been delivered. Treatment times for 3-D IMPT delivery will depend, among other factors, 

on the number of energy bins and the speed with which the primary beam energy is 

switched from one value to another. This latter factor is crucial and will determine, to a 

large extent, the efficacy of practical implementation of 3-D IMPT. Consequently, a 

prerequisite for routine clinical delivery of 3-D IMPT is the ability of the beam delivery 



56 

system to change the primary beam energy almost instantaneously. For passive beam 

delivery systems the approach employed for beam modulation may be as follows. First, a 

beam port is chosen and the first beamlet position within that port selected. Then, an 

energy degrader (e.g. range shifter) is used to degrade the primary beam energy such that 

a Bragg peak is initially placed at the location of the deepest depth point in the patient for 

which the intensity of the corresponding beamlet is non-zero. This beamlet would then be 

further range shifted according to the chosen depth resolution. The length of time for 

which a given Bragg peak location is exposed to the associated Bragg peak would be 

proportional to the relative intensity of the beamlet in question. Once the appropriate 

Bragg peaks have been placed at all depth locations along the current ray-line, the next 

beamlet incident position is selected and the above procedure repeated. This process 

would continue till all beamlets at each beamlet incident position in the current beam port 

have been delivered. For clinical implementation of 3-D EVIPT, the active beam 

modulation method may be the preferred choice. The reasons for this are three- fold. 

First, the active method does not require fabrication and use of beam energy degraders. 

Second, it has the ability to generate different primary beam energies without using 

energy degraders, thus leading to the delivery of lower monitor units than the passive 

method for the same intensity map. Finally, the ability of the active method to scan 

beamlets very quickly across the field by just varying the scanning pattern would lead to 

shorter treatment times than the passive method. It must be emphasized however that the 

optimized dose distributions for the two beam modulation approaches were found to be 

similar in quality and that the foregoing recommendation is based solely on the flexibility 

and speed of beam delivery. 

This study has a number of limitations. First, it did not account for the 3-D nature of the 

target volume and organs at risk. This is not regarded as a serious drawback for 

transverse co-planar treatments since inter-plane proton beam scatter is relatively small. 

Thus the conclusions drawn from this study are expected to apply to such problems. 

Second, a homogeneous medium was assumed to simplify the investigation. Third, dose 

kernels arising from obliquely incident pencil beams were not calculated directly but 

obtained from normally-incident distributions by rotations and translations. This may 

underestimate dose close to the surface. Fourth, the study was limited to a prostate site. In 
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spite of these limitations this work lays a foundation for a future detailed study of general 

clinical cases that will include patient inhomogeneities and 3-D non-coplanar treatments. 

4.5 Summary and conclusions 

In intensity and energy modulated proton therapy planning, a number of variables affect 

the final dose distribution for prostate plans. One is the importance factor assigned to 

each region of interest to control the relative importance of achieving the prescribed dose 

distributions in the target and OARs. Variations in the I-factors, when advantageous to 

the target, was in general detrimental to the adjacent sensitive structures and vice versa. A 

trial-and-error derived constellation of I-factors for the target, rectum, bladder, and 

normal tissues to achieve good dose conformation for this case were 500, 50, 15, and 1, 

respectively. To reasonably implement energy modulation for an active beam delivery 

system, the energy resolution and consequent Bragg peak shift should be selected on the 

basis of the incident beams' energy spread. This is because the "optimal" energy 

resolution was found to be a function of the incident beams' energy spread (O~E), 

becoming coarser with increasing CJE. For passive beam delivery the optimal depth 

resolution for prostate treatments was found to be 0.4 cm. However, for practical 

implementation the determination of this quantity may not be critical as long as the depth 

resolution chosen for inverse planning is at least equal to FWHM/2 of the primary beam 

Bragg peak. 

The "optimal" beamlet width to achieve good lateral dose uniformity and conformation 

for this prostate case was also sought. From an inverse planning point of view, it is 

recommended that the dose grid element dimension should be selected such that its value 

is at most identical to the width of the beamlets and preferably equal to approximately 

two-thirds the beamlet width. The use of larger dose grid spacings resulted in grossly 

discontinuous intensity maps that may be practically difficult, if not impossible, to 

deliver. 

Another finding from this work is that beam orientation optimization may be required to 

achieve the best plan when using a small number (<4) of beam ports. For a given number 

(<4) of ports only minor differences in target coverage were observed among the various 
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plans, but there were significant differences in the degree of sensitive structure sparing 

and normal tissue integral dose. Beam configurations with at least one pair of orthogonal 

beams that included a PA field resulted in good, if not the best, sparing of both sensitive 

structures. Plans with at least one pair of orthogonal beams that involved an AP field 

gave good sparing of the rectum but resulted in relatively poor bladder protection. In the 

study of the number of beam ports selected to shape the dose distribution, we found that a 

maximum of three to four beams is required for this case since there were no real 

advantages to using a larger number of beams. In practice, it might even be preferable to 

use beam combinations employing a lower number of ports (i.e. two or three) since those 

plans had a quality that were comparable to that for the four-field plan. This observation 

has important implications since the ability to achieve conformai dose distributions with a 

small number of beams will minimize the complexity of dose planning and delivery and 

increase patient throughput. 
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TABLE 4.1. Dose statistics on optimized plans for a four-field arrangement for various 

combinations of importance factors for the target, rectum, bladder, and normal tissues. 

Importance Target Rectum Bladder 
Nor. 
tissue 

factors: 
IT, IR, IB, ¡N 

^max D G ^rtiax D •̂ max D D 

1,1,1,1 45.3 106.5 89.5 7.3 8.2 81.0 25.6 8.2 89.3 16.4 11.1 

2, 2, 2, 1 50.0 109.2 93.7 6.0 5.4 86.0 24.4 5.8 93.1 14.0 12.3 

5, 5, 5, 1 54.5 110.6 96.8 4.6 1.7 89.4 22.0 2.3 95.3 10.8 13.7 

10, 10, 10, 1 57.8 110.7 98.0 3.9 0.1 91.8 20.5 0.0 95.4 8.9 14.6 

50, 50, 50, 1 60.7 109.6 99.0 3.5 0.0 96.8 19.6 0.0 95.7 7.9 17.3 

100,100,100,1 60.6 109.5 99.3 3.4 0.0 97.5 19.5 0.0 95.5 7.9 19.3 

200,200,200,1 60.2 110.0 99.6 3.4 0.0 97.8 19.4 0.0 94.2 7.9 21.1 

500,500,500,1 60.3 110.8 99.3 3.3 0.0 98.2 19.3 0.0 94.4 7.8 23.1 

1000, 1000, 60.4 111.0 99.6 3.3 0.0 98.5 19.3 0.0 94.8 7.8 24.3 

1000, 1 

500,100,100,1 74.5 111.4 99.5 1.9 0.0 100.1 22.3 0.0 97.7 10.9 22.3 

500, 50,50,1 75.9 109.8 99.6 1.7 0.2 99.6 23.9 1.2 98.8 13.4 22.2 

500, 50,30,1 78.4 108.3 99.5 1.5 0.0 100.1 23.6 2.1 99.2 15.3 21.9 

500, 50,20,1 80.3 107.1 99.7 1.4 0.4 100.4 23.8 3.0 99.5 17.5 21.9 

500, 50,15,1 82.6 106.0 99.5 1.2 0.8 100.5 24.2 4.3 99.6 20.2 22.2 

500, 50,10,1 84.8 104.7 99.8 1.2 0.9 100.7 24.2 5.8 99.7 23.6 22.2 

The subscripts T, R, B, and N represent the target, rectum, bladder, and normal tissues, 

respectively. 

+ The symbol G denotes one standard deviation in the mean target dose. 

^Normal tissue integral dose is proportional to the tabulated data, which represents the 

mean dose to normal tissues. 
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TABLE 4.2. Dose statistics on the optimized plan for a four-field arrangement as a 

function of incident beam energy spread ( <Je) and energy resolution 

Energy Target Rectum Bladder 
Nor. 
tissue 

resolution 
(MeV) A ™ D <J "^min ^max D ^max D D 

(i) No enerj iy spread. 

10.0 80.4 106.5 99.7 1.7 2.6 104.0 27.3 0.0 100.8 24.9 22.7 

8.0 85.2 107.8 99.5 1.7 5.4 101.1 30.6 0.2 100.1 23.9 21.8 

7.0 80.4 109.1 99.8 1.4 3.7 104.8 26.3 8.3 102.9 23.0 22.0 

6.0 79.0 109.8 99.7 1.4 3.6 104.4 26.5 7.7 101.6 22.0 21.1 

5.0 81.1 105.2 99.5 1.4 0.0 100.9 23.1 4.1 99.0 19.3 21.5 

4.0 79.0 105.4 99.6 1.4 0.5 100.1 22.1 4.8 99.2 19.0 21.5 

3.0 80.2 102.6 99.6 1.3 2.8 100.1 23.9 4.8 99.5 18.1 21.7 

2.0 81.6 101.8 99.6 1.3 2.2 99.7 24.0 4.6 99.3 18.9 21.9 

1.0* 81.8 101.8 99.3 1.2 2.5 99.5 24.4 4.8 99.3 19.5 22.2 

(ii) Energy spread, (7 £ = 0.5 MeV. 

3.0f 81.1 102.7 99.4 1.2 2.7 99.9 24.2 4.9 99.5 18.9 21.9 

(iii) Energy spread, (7E = 1.0 MeV. 

4.0 t 80.6 105.3 99.5 1.2 0.8 99.9 23.2 4.6 99.2 19.0 21.6 

(iv) Energy spread, O • E = 2.0 MeV. 

10.0 83.4 105.6 99.8 1.5 1.2 105.9 25.6 0.0 100.7 22.1 22.5 

8.0 83.9 107.5 99.8 1.5 1.9 104.3 26.6 1.0 100.7 21.7 22.5 

7.0 81.6 104.6 99.7 1.3 2.4 103.6 26.0 5.6 99.6 19.8 22.1 

6.0 81.5 108.1 99.6 1.3 2.4 104.1 25.7 4.7 100.1 19.5 21.8 

5.0t 83.1 105.8 99.6 1.2 0.8 101.0 24.7 3.8 100.1 19.5 22.2 

4.0 83.2 105.1 99.5 1.2 1.3 100.3 24.8 4.2 100.0 19.4 22.1 

3.0 83.5 104.4 99.5 1.2 1.7 100.5 25.1 4.3 100.4 19.8 22.3 

2.0 83.3 104.3 99.6 1.2 2.1 100.9 25.5 4.5 100.0 20.4 22.6 

1.0 83.4 104.2 99.8 1.3 2.0 101.0 25.4 4.4 100.1 20.2 22.6 

Optimal energy resolution corresponding to the specified initial energy spread. 
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TABLE 4.3. Dose statistics on the optimized plan for a four-field arrangement as a 

function of depth resolution chosen for modulating the beam in depth by a passive beam 

delivery system. 

Depth Target Rectum Bladder 
Nor. 
tissue 

resolution 
(cm) trun max D a ^min ^max D min D D 

2.0 82.0 109.2 99.7 2.2 1.0 103.5 30.5 0.0 103.0 25.4 21.1 

1.5 79.3 111.4 99.8 1.6 0.0 102.9 26.2 3.5 99.4 21.5 21.1 

1.2 85.2 104.3 99.7 1.3 1.5 101.5 25.4 8.5 102.8 24.2 20.5 

1.0 82.5 105.8 99.7 1.4 1.0 100.5 24.0 2.0 101.2 18.3 20.5 

0.9 83.4 105.8 99.6 1.3 1.9 99.4 25.1 2.9 99.6 18.1 20.8 

0.8 83.4 104.1 99.7 1.3 2.1 101.2 25.3 0.9 101.5 17.7 20.9 

0.7 80.4 103.9 99.5 1.3 1.0 99.9 23.4 4.8 99.6 18.7 20.6 

0.6 79.1 103.9 99.5 1.3 1.8 99.9 23.7 4.5 99.9 17.8 20.7 

0.5 82.5 103.8 99.6 1.3 1.3 100.1 24.9 3.3 99.6 18.7 20.9 

0.4 81.2 102.4 99.4 1.2 1.8 100.0 24.1 3.6 99.4 18.0 20.7 

0.3 81.9 102.7 99.6 1.2 2.0 99.8 24.4 3.7 99.7 18.4 20.8 

0.2 81.7 102.8 99.4 1.2 1.9 99.8 24.3 3.7 99.6 18.2 20.7 

0.1 82.1 102.5 99.5 1.2 2.0 99.9 24.6 4.0 99.5 19.0 20.9 
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TABLE 4.4. Dose statistics on the optimized plan for a four-field arrangement as a 

function of the beamlet width. 

Beamlet Target Rectum Bladder 
Nor. 
tissue 

width 
(cm) ^max D a min D nan D D 

2.0 85.1 105.9 99.8 1.7 1.7 97.2 32.7 7.2 96.6 28.9 25.9 

1.5 85.5 106.4 99.8 1.6 1.7 97.3 29.5 6.3 96.2 27.4 24.9 

1.0 83.4 105.6 99.7 1.4 1.1 98.4 26.9 6.3 97.7 23.3 23.7 

0.8 83.4 105.1 99.8 1.3 1.3 99.2 25.5 6.0 98.3 22.2 22.8 

0.7 83.0 105.1 99.6 1.2 1.3 99.5 24.5 5.5 98.6 21.1 22.2 

0.5 82.5 105.2 99.8 1.3 1.8 99.7 24.3 5.6 99.0 21.0 22.5 

0.4 81.6 105.3 99.8 1.3 1.3 99.8 23.5 5.1 99.1 20.0 22.1 

0.3 81.5 105.2 99.8 1.3 1.0 99.7 23.6 4.1 99.2 19.8 21.6 

0.2 81.2 105.1 99.5 1.2 0.6 99.5 23.5 3.3 99.1 19.3 21.4 

0.1 81.1 104.9 99.7 1.3 0.4 99.6 23.4 2.3 99.3 18.9 18.3 
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TABLE 4.5. Dose statistics on the optimized plans for two-, three-, and four-field 

arrangements as a function of beam orientations. 

Nor. 
Target Rectum Bladder tissue 

Beam 
Orientations ^min D a D •̂ niax D D 

(i) Two-field arrangement. 

{0, 90} 80.7 106.7 99.6 1.3 0.0 99.5 25.9 7.7 99.2 27.2 20.5 

{30,90} 79.1 105.9 99.5 1.5 0.0 100.3 32.8 9.4 98.2 37.6 22.5 

{165,90} 83.3 105.5 99.7 1.5 5.0 98.3 33.9 0.0 94.5 22.8 24.3 

{180,90} 80.8 105.0 99.7 1.5 3.5 99.3 26.9 0.0 98.5 17.0 22.6 

{195,90} 82.7 104.8 99.6 1.5 4.4 101.6 29.7 0.0 98.5 18.9 25.2 

{225,90} 83.3 107.6 99.7 1.5 1.6 99.8 28.0 0.0 98.6 19.2 26.6 

{255,90} 81.5 109.1 99.6 1.7 2.4 99.8 27.4 0.0 100.3 20.6 25.3 

{270,90} 82.0 107.6 99.5 1.7 0.0 99.3 25.1 0.0 96.2 21.0 24.8 

{285,90} 82.2 108.3 99.6 1.7 0.0 100.0 28.0 0.0 98.2 20.0 25.4 

{330,90} 79.1 106.1 99.8 1.5 0.0 100.1 26.8 6.5 102.7 23.5 23.2 

{345,90} 83.1 107.2 99.8 1.4 0.0 100.6 26.8 6.5 102.7 23.5 23.2 

(ii) Three-field arranj gement. 

{0,90,270} 82.7 105.7 99.8 1.3 0.0 99.5 24.2 4.4 99.2 22.0 21.6 

{0,90,180} 80.1 105.4 99.5 1.3 3.2 99.8 25.0 7.9 99.3 22.6 21.5 

{90,180,27} 81.8 104.7 99.5 1.4 0.4 99.6 23.6 0.0 97.4 16.1 22.6 

{0,120,240} 84.9 104.8 99.9 1.2 0.0 99.8 28.5 7.5 99.1 23.6 21.3 

{90,210,33} 79.4 104.2 99.5 1.4 1.9 100.0 28.4 5.3 100.4 21.2 25.0 

{60,180,30} 81.5 103.9 99.5 1.2 2.4 99.2 27.9 0.0 100.3 16.8 21.4 

(iii) Four-field arran£ ;ement. 

{0,90,180, 80.6 105.3 99.5 1.3 0.8 99.9 23.2 4.6 99.2 19.0 21.6 

270} 

{30,150,210 80.1 103.5 99.6 1.2 0.0 98.9 28.5 0.7 100.1 19.8 21.4 

,330} 

{45,135,225 78.0 104.8 99.6 1.3 0.4 98.0 28.1 1.3 99.4 18.7 24.0 

,315} 

{60,120,240 81.6 107.0 99.8 1.4 0.1 99.8 31.2 1.8 98.8 19.7 25.6 

,300} 
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TABLE 4.6. Dose statistics on the optimized plans as a function of the number of beam 

ports. 

Number 
of beam 
ports 

Target Rectum Bladder 
Nor. 
tissue 

Number 
of beam 
ports 

min A ™ D a ^min D min max D D 

1 77.9 107.1 99.3 2.2 0.5 101.3 58.1 0.0 95.2 43.3 22.0 

2 80.8 105.0 99.7 1.5 3.5 99.3 26.9 0.0 98.5 17.0 22.6 

3 81.8 104.7 99.5 1.4 0.4 99.6 23.6 0.0 97.4 16.1 22.6 

4 80.6 105.3 99.5 1.3 0.8 99.9 23.2 4.6 99.2 19.0 21.6 

6 79.5 104.7 99.5 1.3 0.4 100.4 25.4 1.5 99.6 16.4 23.9 

9 81.6 102.7 99.5 1.2 0.5 99.6 25.5 0.3 99.5 15.9 23.2 
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Figure 4.1: Dose kernels for 150 MeV proton beamlets: (a) 2 mm; (b) 5 mm beamlet. 
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Bladder 

Rectum 

Figure 4.2: Two-dimensional model of a prostate cancer identifying a butterfly-shaped 

target with the rectum and bladder as organs at risk. 
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(b) 

Figure 4.3: Optimized dose distribution for (a) initial (1, 1, 1, 1) and (b) final (500, 50, 

15,1) importance factors for the target, rectum, bladder, and normal tissues, 

respectively. 
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Figure 4.4: Energy sinogram for the 0° beam orientation for (a) initial (1, 1, 1, 1) and (b) 

final (500, 50, 15, 1) importance factors for the target, rectum, bladder, and 

normal tissues, respectively. 
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Figure 4.5: Dependence of optimized dose distribution on energy resolution for an active 

beam delivery system: (a) 10 MeV resolution for <yE=0.0 MeV, (b) 10 MeV 

resolution for GÉ=2.0 MeV, (c) 1 MeV (optimal) resolution for <JE=0.0 MeV, 

and (d) 5 MeV (optimal) resolution for CTE=2.0 MeV. 



Figure 4.6: Dependence of optimized dose distribution on depth resolution for a passive 

beam delivery system: (a) 1.5 cm (b) 1.2 cm, (c) 1.0 cm, and (d) 0.4 cm 

(optimal) resolution. 
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Figure 4.7: Dependence of optimized dose distribution on beamlet width: (a) 20 mm, (b) 

7 mm and (b) 1 mm beamlet. 



Figure 4.8: Dependence of optimized dose distribution on number of beam ports: (a) two-

field, (b) three-field, (c) four-field, and (d) nine-field plans. 
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Dose (%) 

Figure 4.9: Dose-area histogram for the normal tissues (i.e. the rest of the body, 

excluding the target and organs at risk) as a function of number of beam 

ports. 
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Chapter 5 

Optimization of intensity-modulated very high energy (50-250 MeV) 

electron therapy 

5.1 Introduction 

Very-high energy electron beams in the range 50-250 MeV have some desirable dose 

distributional properties (Brahme 2000, DesRosiers et al. 2000, Karlsson and Zackrisson 

1997, Yeboah and Sandison 2001). The use of these beams for radiation therapy 

optimization has however not been fully investigated. This chapter evaluates intensity-

modulated VHEET (Yeboah and Sandison 2001) to ascertain its potential for dose 

conformation and to identify those variables that influence optimized dose distributions 

for a simulated prostate cancer model. 

The remainder of this chapter is organized as follows. Section 2 gives a description of 

the dose calculation engine and optimization scheme employed, followed by a description 

of the prostate cancer model under consideration. In section 3, the results in the form of 

optimized dose distributions are presented and discussed as a function several variables: 

(i) the objective function target and sensitive structures importance factors, (ii) the beam 

energy, (iii) number of energy bins required for energy modulation, (iv) the number of 

beams, and (v) the beam orientations selected. Section 4 gives the pertinent conclusions. 

This study has provided an understanding of some variables that will impact the 

optimized plan for intensity- and energy-modulated VHEET. 

5.2 Materials and methods 

5.2.1 Dose computation 

The PENELOPE Monte Carlo code (Baro et al. 1995) was employed for the computation 

of pencil beam dose kernels in water for electron energies ranging from 50 to 250 MeV 

(DesRosiers et al. 2000). Beamlets were formed from these dose kernels and the dose to a 
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point in a patient calculated as a superposition of dose contributions from all incident 

beamlets (see Eq. 3.22). A l l pencil beams and beamlets were pre-calculated assuming 

normal incidence on a homogeneous medium. To generate dose kernels for obliquely 

incident beamlets, normally-incident kernels were rotated and translated. 

5.2.2 Phantom studies 

The hypothetical case studied is a homogeneous two-dimensional model of a prostate 

cancer consisting of a butterfly-shaped target (T) with the rectum (R) and bladder (B) as 

sensitive structures (Fig. 5.1). This phantom is identical to the one used in chapter 4. The 

drawn area of the target represents the CTV and shares a common border with the rectum 

and bladder, respectively. Typically, in a real clinical case a small margin is added to this 

volume to create the PTV to account for patient setup errors and internal organ motion. 

This usually leads to an overlap of the target and sensitive structures. For this 

investigation of a mathematical phantom the distinction between the CTV and PTV was 

not made, since this was not crucial. The sampling grid spacing for this phantom and the 

dose prescription for the target and sensitive structures used here were identical to those 

used in the preceding chapter (i.e. 100% to the target and 0% to the sensitive structures 

and normal tissues). Optimal treatment plans were designed and evaluated as a function 

of (i) the objective function target and sensitive structure importance factors, (ii) the 

beam energy, (iii) the number of energy bins required for energy modulation, (iv) the 

number of beams, and (v) the beam orientations. 

To implement energy modulation electron energies in the range of 50-250 MeV were 

employed. Each beam from a given orientation was subdivided into beamlets. At each 

beamlet position on the surface of the phantom a number of monoenergetic beamlets of 

identical size are assumed incident. The number of energy bins assigned to these 

monoenergetic beamlets is varied to obtain different degrees of energy resolution in the 

range of 50 MeV to 250 MeV. 
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5.3 Results and discussion 

5.3.1 Importance factors 

Nine fields equally spaced around the phantom and beam energy of 200 MeV were 

employed to investigate the dependence of the optimized dose distribution on the 

importance factors (Webb 1994, Xing et al. 1999, Wu and Zhu 2001). Initially, the I-

factors of all regions of interest were set to 1. Then the I-factor for the normal tissues was 

held constant while the I-factor for the target, rectum and bladder were increased over the 

range of 1 to 1000, where at all times this quantity was assumed equal for all three 

regions of interest. For I-factor values less than 500, increasing this quantity led to an 

improvement in target coverage, an increase in dose to sensitive structures, and an 

increase in normal tissue integral dose (TABLE 5.1). However, raising the I-factor values 

above 500 did not affect target coverage and sensitive structure sparing, but continued to 

increase the normal tissue integral dose. As a result the I-factor value of 500 was chosen 

for the target and kept constant. Next, holding the I-factors for normal tissues and target 

fixed at 1 and 500, respectively, the I-factors for the sensitive structures were decreased 

from 500. Target coverage continued to improve at the expense of an increased dose to 

and volume irradiated of the rectum and bladder. The criteria chosen for determining a 

compromise between adequate target coverage and acceptable sensitive structure sparing 

are that the minimum target dose be at least 80%, maximum target dose be less than 

110%, and mean dose to each sensitive structure be not more than 45% of the prescribed 

target dose. The tolerance doses for the sensitive structures were not considered when 

setting up these constraints because the nature of the problem being studied dictates the 

maximum doses to the sensitive structures to be comparable to the desired target dose. 

That is, the target and each sensitive structure share a common border within the anterior 

and posterior concavities, respectively (see Fig. 5.1). And since the dose distribution 

cannot drop-off suddenly from high to low values within an infinitesimal distance, it is 

impossible to deliver high doses to the target regions adjacent to the sensitive structures 

without giving comparable doses to the corresponding regions of these structures. 

The requirement on minimum target dose is not as yet met and that on the mean rectal 
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dose is violated when the I-factor for the sensitive structures is decreased from 500 to 50 

(TABLE 5.1). In contrast the mean bladder dose (28.6%) for the sensitive structure I-

factor value of 50 is relatively low and satisfies the specified requirement (i.e. <45%). 

Consequently, the I-factor for the rectum was held fixed at 50 (that for the target and 

normal tissue continue to be held constant at 500 and 1, respectively) while the I-factor 

for the bladder is decreased from 50. This resulted in a further improvement in target 

coverage, a lowering of the rectal dose but an increase in bladder dose. A good 

compromise between adequate target coverage and acceptable sensitive structure sparing 

is reached when the I-factor for the bladder is assigned a value of 10 (TABLE 5.1). 

Unless otherwise specified, this trial-and-error "optimum" constellation of I-factors for 

the target (500), rectum (50), bladder (10), and normal tissues (1) was used in all 

following investigations described. Figure 5.2 presents the optimized dose distributions 

for the initial and final I-factors. 

5.3.2 Beam energy and number of energy bins 

Intensity modulated plans were designed with a variety of beam energies ranging from 

50-250 MeV using nine, equi-spaced beams. TABLE 5.2 presents a summary of the 

results. In Figs. 5.3a and 5.3b the optimized dose distributions are shown for 50 and 250 

MeV beams, respectively. In the former plan large volumes of normal tissues and 

sensitive structures receive high doses because of the relatively large penumbra exhibited 

by 50 MeV electron beam compared to higher energy beams. As the beam energy 

increases the penumbra becomes sharper and dose conformation about the target region 

improves, leading to a more homogeneous target dose distribution and greater dose 

sparing of the sensitive structures. In addition, raising the beam energy from 50 to 150 

MeV resulted in a significant reduction in the volume of normal tissue receiving high 

doses (>20%), but led to a relatively small increase in the volume of normal tissue 

exposed to low doses. Consequently, a reduction in normal tissue integral dose is 

observed as the beam energy is increased to 150 MeV. Further increase in energy had an 

insignificant effect on these quantities. For the range of beam energies (50-250 MeV) 

under consideration, increasing the energy led to an improvement in target dose 

homogeneity (i.e. standard deviation of the mean) by a factor of 23.3%, and a reduction 
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in rectal dose, bladder dose, and normal tissue integral dose by 24.8%, 10.9%, and 8.4%, 

respectively. 

To ascertain whether there is any benefit in modulating the beam energy, the dose 

distribution optimized using one energy bin (250 MeV - Fig. 5.3b) was compared to 

plans that employed three energy bins (50, 150, 250 MeV - Fig. 5.3c) and five energy 

bins (50, 100, 150, 200, 250 MeV - Fig. 5.3d). Using more than one energy bin led to an 

improvement in target dose homogeneity and a lowering of bladder dose, but also led to 

an increase in rectal dose. Although energy modulation resulted in an increase in normal 

tissue integral dose, the volume of normal tissues receiving high doses (>40%) is lower 

for the energy-modulated plans while it is higher for the volume receiving low doses 

(<20% - Fig. 5.4d). Increasing the number of energy bins from one to three improved 

target dose homogeneity by 13%, reduced bladder dose by 4.1%, but raised rectal dose 

and normal tissue integral dose by 0.7% and 2.7%, respectively. Overall, energy 

modulation led to more conformai dose distributions and a better target dose 

homogeneity for the nine-field arrangement. However increasing the energy resolution 

from 100 MeV to 50 MeV, so that five energy bins are used instead of three, did not 

improve the plan. It resulted in an increase in target dose homogeneity by 5% at the 

expense of a 0.5% increase in rectal dose, a 2.1% rise in bladder dose, and a 1.2% 

increase in normal tissue integral dose. This trend can be explained by an examination of 

the optimal intensity profiles (Fig 5.5). The shapes of the intensity profiles for each 

energy in the three-energy plan are similar to those of the corresponding energies (i.e. 50, 

150, 250 MeV) in the five-energy plan. For both energy-modulated plans the profiles 

show a relatively small contribution of the beam energy of 50 MeV for most beam 

orientations because of the undesirable dose characteristics at this energy. However, the 

relative contribution of the 100 MeV electrons (which were absent from the three-energy 

plan) in the five-energy plan was comparable to those for the higher energies. The 

additional degree of freedom offered by these 100 MeV electrons was utilized by the 

optimization routine in an attempt to improve target dose homogeneity for the five-

energy plan over the three-energy plan. This had a detrimental impact on the sensitive 

structures for the former plan since the penumbra becomes less sharp because of the 

inclusion of 100 MeV electrons in the design of this plan. 
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The rationale for energy modulation for electron beams is to make use of the finite-range 

and the sharp dose fall-off, characteristics of electron beams, to ensure appropriate 

energies are selected to irradiate different regions of a target, depending on their location 

in depth. For electron energies less than 50 MeV, the implementation of energy 

modulation leads to more conformai dose distributions (Asell et al. 1997, Ebert and 

Hoban 1997, Hyodynmaa et al. 1996, Ma et al. 2000). For the higher energy (50-250 

MV) electrons however the sharp dose fall-off become increasing less pronounced and 

their clinical range become comparable to a typical patient thickness (DesRosiers et al. 

2000). Consequently, the use of energy-modulated beams consisting of energies in the 

high-energy regime has little or no obvious advantages and are not expected to improve 

the plans significantly over single-energy, intensity-modulated beams. 

This investigation on the impact of beam energy was repeated for rotation therapy, 

which was simulated using seventy-two equi-spaced beams. Analysis of the results 

(TABLE 5.2) showed a trend similar to that observed for the nine equi-spaced beams. 

This is evident from Fig. 5.6, where the plans for 50 and 250 MeV beams are depicted. 

Nonetheless, the distribution of normal tissue integral dose as a function of beam energy 

is slightly different for rotation therapy; increasing the energy decreases the volume of 

normal tissues receiving high doses (>30%), but this variation has a negligible effect on 

the volume exposed to low dose levels. Example intensity profiles for rotation therapy 

corresponding to the 50 MeV and 250 MeV plans are depicted in Figs. 5.7a and 5.7b, 

respectively. Unlike the nine-field combination, implementation of energy modulation 

with rotation therapy had an insignificant impact on target coverage, but resulted in a 

2.6% increase in rectal dose, a 3.9% increase in bladder dose, and a 0.9% increase in 

normal tissue integral dose. 

5.3.3 Number of beams 

To investigate the impact of the number of beams on the optimized dose distribution, 

treatment plans were designed using 2-25 beams of 200 MeV electrons. Except for the 

two-field plan, which employed orthogonal beams, all arrangements had beams evenly 

spaced around the phantom. Since the entrance dose of these high energy electrons is 
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very high and their clinical range (up to 40 cm) is comparable to a typical patient 

thickness (Des Rosiers et al. 2000), an odd number of beams was employed for each 

coplanar arrangement in order to prevent beams from overlapping substantially in the 

non-target normal tissue area. A 72-field plan with beams incident at 5° intervals, used to 

simulate rotation therapy, was included in this comparison. TABLE 5.3 presents the 

statistics on the optimized dose distributions for the various beam combinations. In Figs. 

8a-c, representative plans corresponding to the five-field arrangement, twenty-one-field 

arrangement, and rotation therapy, respectively, are shown. As the number of beams is 

increased target coverage improves, as expected. The high dose region conforms more 

closely about the target region at the same time as target dose homogeneity improves. 

This results in a reduction in dose to the sensitive structures plus a lowering of the 

volume of normal tissues receiving high (>50%) doses and an increase in the volume of 

normal tissues exposed to low doses (Fig. 5.9d). This trend continues till the number of 

beams reaches 19-21, after which the doses to the sensitive structures begin to increase 

and the integral dose to normal tissues becomes higher (i.e. volume of normal tissues 

receiving high doses remains unchanged while volume receiving lower doses continue to 

increase significantly). This arises because the beams at opposite sides of the phantom 

begin to overlap significantly when the number of beam is increased above twenty-one. 

The results indicate that a minimum of nine beams is required to obtain an acceptable 

treatment plan since the use of a lower number led to relatively poor target dose 

distributions and undesirably high doses to the sensitive structures and normal tissues 

(Fig. 5.9). A maximum of nineteen to twenty-one beams is required since a higher 

number of beams did not significantly improve target coverage but led to higher sensitive 

structure doses and an increase in normal tissue integral dose. Comparison of the twenty-

one-field plan to the nine-field plan shows that increasing the number of beams resulted 

in an improvement in target dose homogeneity by 25%, and a reduction in rectal dose and 

bladder dose by 6.3% and 16.1%, respectively. Although the twenty-one-field plan has a 

slightly higher (1%) normal tissue integral dose than the nine-field plan, the volume of 

normal tissues receiving high doses (>40%) is lower for the former while it is higher for 

the volume exposed to lower doses. On the basis of target coverage alone, rotation 

therapy would be one of the best dose delivery methods for intensity-modulated VHEET. 
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Rotation therapy however delivered higher doses to the sensitive structures and also 

resulted in a higher normal tissue integral dose than the twenty-one-field arrangement. 

5.3.4 Beam orientations 

The influence of beam orientations (Asell et al. 1999, Pugachev et al. 2000) on optimized 

dose distributions was investigated using a "small" number and a "large" number of 

beams. The former consisted of a set of nine equi-spaced beams of 200 MeV electrons 

and this set was rotated in steps of 10°, resulting in four different nine-field plans. The 

latter comprised of fifteen equi-spaced 200 MeV beams, and for this case a rotation angle 

of 6° was chosen to generate four fifteen-field configurations. Comparison of the plans 

for the nine-field arrangement showed significant differences between them (TABLE 

5.4). The 0°-rotated set of beams provided the best target coverage and rectal sparing, and 

also resulted in the lowest normal tissue integral dose. The worst plan was produced by 

the 10°-rotated beams, and when compared to the best plan (0°-rotated beams), it showed 

a degradation of target dose homogeneity by 20.8%, an increase in rectal dose, bladder 

dose, and normal tissue integral dose by 6%, 4.9%, and 4.2%, respectively. Based on the 

data presented the 20°-rotated beams appears to be competitive with the best plan (0°-

rotated beams), but its dose distribution had two hot spots (at the 110% dose level) 

situated outside the target region in the vicinity of the rectum. 

To ascertain the influence of beam orientations on the optimized dose distributions for a 

"large" number of fields, the four plans for the fifteen-field configurations were 

compared (TABLE 5.4). The results show only minor differences in target coverage, 

rectal sparing and normal tissue integral dose among the plans. However, unexpectedly 

high differences in the bladder dose were observed; the 12°-rotated beams resulted in 

dose to the bladder that was higher by a factor of 11.6% compared to the 6°- or 18°-

rotated beams (Fig. 5.10). These results show that the selection of beam orientations may 

influence the resulting dose distribution even when a large number of beams are 

employed and that the optimization of the beam orientations may be essential to achieve 

the "best" plan. 
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5.3.5 Practical considerations 

Intensity-modulated VHEET might be practically implemented by electromagnetic 

scanning of an elementary beam, during which the beam intensity could be modulated by 

varying the scanning pattern (Karlsson et al. 1998, Lief et al. 1996). Since pencil beam 

incident angle is an additional degree of freedom offered by the beam scanning capability 

of VHEET, coach rotations would not be required to deliver non-coplanar beams; it could 

be achieved through couch translations coupled with gantry rotations. In addition, beam 

scanning might render the use of blocks and multileaf collimators redundant, and 

eliminate the need for implementation of dynamic multileaf collimation. Consequently, 

the delivery of VHEET would rely minimally on moving mechanical devices, and might 

lead to fast, efficient and accurate dose delivery. 

This work has shown that VHEET gives relatively good conformity of dose distributions. 

Comparison of VHEET plans to photon-IMRT plans of the same phantom under 

consideration for publication elsewhere shows that significant improvement in the plans 

are offered by VHEET in relation to photon-IMRT. For approximately the same quality 

of target coverage, VHEET resulted in better dose sparing of both the rectum and 

bladder, as well as in a lower integral dose to the normal tissues. It follows that for the 

same probability of complications, dose escalation will be possible with VHEET and this 

would lead to an increase in local control and hence the probability of complication-free 

cure. These results do not only support the conclusions made by Brahme (2000) but also 

confirm the suggestion by DesRosiers et al. (2000) about the potential benefits of 

VHEET in relation to photon-IMRT. 

For simplicity this study has been conducted using a 2-D homogeneous phantom and did 

not account for the 3-D nature of the target volume and organs at risk. Nonetheless, the 2-

D limitation is not seen as a serious problem for transverse co-planar treatments since, for 

the energy range under consideration, inter-plane electron beam scatter is relatively small 

(DesRosiers et al. 2000). To this end, the conclusions drawn from this study are expected 

to apply to such problems. The heterogeneities in a real prostate cancer patient are due 

mainly to the presence of the pelvic bones. The effect of this large inhomogeneity would 
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be to decrease the penetration of the electron beams and shift the resulting isodose lines 

closer to the surface of the phantom. That is, because of the large size and structure of the 

pelvic bones, accounting for it may be likened to the treatment of a larger homogeneous 

patient. However, since electron beams of energy in the range 100-250 MeV are very 

penetrating and pass right through a typical patient, resulting in roughly flat depth dose 

distribution (DesRosiers 2000), the afore-mentioned shift in the isodose lines are 

expected to have only a minor effect on the optimized dose distribution. Another 

limitation of this study is that only a physical objective function was implemented. 

However, a recent study (Brahme 2000) which carefully treated the biological aspects of 

the problem arrived at the same conclusions about VHEET as those made in this article. 

In addition, the incident pencil beams and beamlets used in this work did not take into 

account the angular and energy spread of electron beams that occur in the air volume 

between the radiation source and patient surface. These assumptions, though not 

clinically realistic, are sufficient to demonstrate the potential of VHEET for dose 

conformation and to evaluate the fundamental issues of this modality. This work lays a 

foundation for future clinical studies in which patient inhomogeneities, biological 

objective functions, and technological constraints are considered." 

5.4 Conclusions 

The potential of very high-energy electron beams for dose conformation has been 

evaluated. Studies on a prostate cancer model showed variations in the importance factors 

when advantageous to the target was detrimental to the adjacent sensitive structures, and 

vice versa. An appropriate constellation between I-factors for the target and sensitive 

structure were found for this case to be 500, 50, 10, and 1 for the target, rectum, bladder, 

and normal tissues, respectively. Electron energies greater than 100 MeV are preferable 

for intensity-modulated VHEET of prostate cancer. Lower energies resulted in relatively 

poor target coverage, unacceptably high doses to the sensitive structures, and a significant 

increase in the volume of normal tissues receiving high doses. Minor improvements in 

the optimized plans for "small" number (9) of fields are achieved if both intensity 

modulation and energy modulation are implemented. Only a small number (<3) of energy 

bins is required (spacing between 50 and 100 MeV). Beam treatments utilizing a large 
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number of beams in the range 9-21 from fixed gantry angle positions provided acceptable 

plans. In this range of beam combinations the integral dose to normal tissues remained 

approximately the same, but the volume of normal tissues receiving high doses decreased 

while the volume exposed to low doses increased as the number of beams increases. 

Rotation therapy, while providing minor improvement in target dose homogeneity, 

resulted in an increase in dose to the sensitive structures and an increase in normal tissue 

integral dose relative to a twenty-one-field plan. Implementation of energy modulation 

for rotation therapy had an insignificant impact on target coverage but resulted in poorer 

dose sparing of the sensitive structures and raised the integral dose to normal tissues. 

Another finding is that selection of beam orientations may influence the resulting 

treatment plan even when a large number of beams, on the order of fifteen, are employed. 
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TABLE 5.1. Dose data for various combinations of importance factors for the target, 

rectum, bladder, and normal tissues. 

Importance Target Rectum Bladder 
Nor. 
tissue 

factors: 
IT, IR, IB, IN ^max D min ^max D A ™ ^rnax D D 

1,1,1,1 31.1 94.1 69.4 13.8 2.3 55.1 20.1 2.7 52.5 12.1 17.9 

2, 2, 2, 1 39.4 106.3 80.5 13.2 2.9 65.8 23.8 1.7 60.2 12.7 21.3 

5,5,5, 1 44.9 116.8 89.6 12.4 3.1 74.6 26.9 1.8 67.0 13.8 24.3 

10, 10, 10, 1 47.7 121.6 93.3 11.5 3.2 77.4 28.0 2.0 70.0 14.6 26.1 

50, 50, 50, 1 50.9 125.9 96.5 10.6 3.3 79.8 28.8 2.2 74.9 15.8 29.0 

100,100,100,1 51.4 126.4 96.9 10.5 3.3 80.2 28.9 2.3 75.4 16.0 30.2 

200,200,200,1 51.6 126.6 97.1 10.5 3.3 80.5 29.0 2.3 75.6 16.1 31.1 

500,500,500,1 51.6 126.7 97.2 10.5 3.3 80.7 29.0 2.4 75.3 16.1 31.9 

1000, 1000, 51.5 126.8 97.2 10.5 3.3 80.7 29.0 2.4 75.1 16.1 32.7 

1000, 1 

500, 50, 50, 1 74.8 109.4 99.3 3.9 14.4 94.6 45.6 6.3 93.5 28.6 33.4 

500, 20, 20, 1 81.4 106.0 99.7 2.5 15.0 97.1 51.1 6.3 96.1 33.6 33.8 

500, 10, 10, 1 85.0 105.0 99.8 1.9 14.2 98.5 54.8 9.2 98.0 37.8 34.1 

500, 50, 20, 1 82.0 106.5 99.7 2.9 8.3 96.5 42.3 8.0 96.1 35.5 33.5 

500, 50, 10, 1 85.1 105.8 99.5 2.4 6.8 97.7 41.1 12.8 97.3 41.0 33.6 

The subscripts T, R, B, and N represents the target, rectum, bladder, and normal tissues, 

respectively. 

^The symbol a denotes the standard deviation in the mean target dose. 
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TABLE 5.2. Dose data for a nine-field arrangement for different beam energies. Results 

for plans that employed energy modulation are also included. 

Beam Target Rectum Bladder 
Nor. 
tissue 

energy 
(MeV) ^min "̂ max D a rara ~̂ max D A * ^max D D 

(i) Nine-field arrangement. 

50 82.5 108.1 99.8 3.0 18.5 94.8 54.1 12.7 100.2 43.9 37.0 

100 85.0 107.9 99.8 2.9 5.2 98.8 44.5 12.2 101.1 43.6 34.5 

150 85.5 106.1 99.7 2.6 5.6 98.3 41.8 13.4 97.9 42.8 33.8 

200 85.1 105.8 99.5 2.4 6.8 97.7 41.1 12.8 97.3 41.0 33.6 

250 84.7 105.6 99.5 2.3 7.2 97.5 40.7 10.2 97.8 39.1 33.9 

50,150,250 83.7 105.5 99.7 2.0 7.9 98.5 41.0 11.1 99.1 37.5 34.8 

50,100,150 83.7 105.6 99.7 1.9 7.8 98.3 41.2 11.1 99.3 38.3 35.2 

,200,250 

(ii) Rotation therapy. 

50 83.2 107.8 99.2 2.8 15.7 94.8 53.2 12.2 99.0 44.1 37.4 

100 83.4 105.4 99.5 1.8 7.7 100.4 44.4 9.1 100.9 36.5 35.9 

150 83.5 106.0 100.0 1.7 7.8 100.6 40.8 9.5 100.6 34.5 35.0 

200 82.9 106.1 99.8 1.6 8.0 100.5 39.8 9.2 99.8 34.5 35.1 

250 82.9 106.0 99.8 1.6 8.4 100.2 39.3 9.1 99.5 33.8 35.1 

50,150,250 82.4 105.9 99.5 1.6 8.5 100.1 40.3 9.9 99.6 35.1 35.4 
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TABLE 5.3. Dose data for 200 MeV electrons as a function of number of beams. 

Number Target Rectum Bladder 
Nor. 
tissue 

of beams ^min "̂ max D a nan max D nun ^niax D D 

2 81.6 105.2 98.8 4.0 24.3 95.5 76.6 18.7 100.3 67.5 37.2 

3 79.6 115.0 99.2 6.0 28.8 92.4 54.3 29.9 90.9 57.2 35.2 

5 85.4 113.3 99.5 3.3 3.6 95.4 48.8 2.6 96.1 45.3 35.2 

7 82.0 109.9 99.7 3.1 5.9 97.2 41.6 3.3 98.5 46.2 35.4 

9 85.1 105.8 99.5 2.4 6.8 97.7 41.1 12.8 97.3 41.0 33.6 

11 82.7 107.5 99.4 2.5 5.3 99.1 39.7 9.9 97.2 41.8 33.9 

13 82.7 107.2 99.9 2.1 4.1 100.1 39.6 7.6 99.4 37.8 33.6 

15 85.1 107.2 99.9 1.9 7.1 101.0 40.0 4.3 99.1 34.4 33.8 

19 83.6 107.0 99.9 1.9 6.8 100.7 39.2 7.1 100.6 33.3 34.4 

21 83.5 107.1 99.9 1.8 6.4 100.1 38.5 6.6 100.2 34.4 33.9 

25 82.2 106.7 99.8 1.8 6.3 101.6 39.1 7.3 99.8 34.6 34.2 

72 82.9 106.1 99.8 1.6 8.0 100.5 39.8 9.2 99.8 34.5 35.1 



88 

TABLE 5.4. Dose data for nine-field and fifteen-field arrangements for 200 MeV 

electrons for various beam orientations. A set of nine fields uniformly spaced in angle 

around the phantom is rotated in steps of 10° resulting in four different plans, while a 

combination offifteen fields is rotated in steps of 6° to yield four fifteen-field plans. 

Rotation T a r g C t Rectum Bladder 
Nor. 
tissue 

angle (°) ^min r̂nax D a min max D ÏTUU max D D 

(i) Nine-field arrangement. 

0 85.1 105.8 99.5 2.4 6.8 97.7 41.1 12.8 97.3 41.0 33.6 

10 83.4 107.3 99.8 2.9 5.3 100.3 43.6 11.7 96.4 43.0 35.0 

20 82.0 106.7 99.8 2.4 6.8 99.2 41.3 5.7 99.5 38.7 34.3 

30 83.7 108.6 99.9 2.9 5.3 97.4 43.5 11.6 96.1 43.0 35.1 

(ii) Fifteen-field arrangement. 

0 82.6 105.9 99.7 1.8 10.1 99.2 40.6 7.1 97.2 36.6 33.5 

6 83.1 107.0 99.9 1.9 7.3 101.6 40.1 4.7 100.1 34.4 33.5 

12 83.2 106.8 99.3 2.0 6.4 99.8 39.9 8.7 98.5 38.4 33.8 

18 85.1 107.2 99.9 1.9 7.1 101.0 40.0 4.3 99.1 34.4 33.8 



Figure 5.1: Two-dimensional model of a prostate cancer identifying a butterfly-shaped 

target (T) with the rectum (R) and bladder (B) as sensitive structures. 
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(a) (b) 

Figure 5.2: Optimized dose distributions for the nine-field arrangement as a function of 

importance factors: (a) initial I-factor of 1 for each region of interest and (b) 

final I-factors of 500, 50, 10, and 1 for the target, rectum, bladder and 

normal tissues, respectively. 
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Figure 5.3: Optimized dose distribution as a function of beam energy for a nine-field 

arrangement: (a) 50 MeV, (b) 250 MeV, (c) three energy bins (50, 150, 250 

MeV), and (d) five energy bins (50, 100, 150, 200, 250 MeV). 



Figure 5.4: Dose-area histograms for (a) target, (b) rectum, (c) bladder, and (d) normal 

tissues as a function of beam energy for a nine-field arrangement. 
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Figure 5.5: Intensity profiles for the nine-field energy-modulated plan involving five 

energy bins: (a) 50 MeV, (b) 100 MeV, (c) 150 MeV, (d) 200 MeV, and (e) 

250 MeV. 
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Figure 5.6: Optimized dose distribution as a function of beam energy for rotation 

therapy: (a) 50 MeV and (b) 250 MeV 
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Figure 5.7: Intensity profiles corresponding to (a) 50 MeV and (b) 250 MeV optimized 

plans for rotation therapy. 
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Figure 5.8: Optimized dose distributions for 200 MeV beams as a function of the number 

of beams: (a) five-field arrangement, (b) twenty-one-field combination, and 

(c) rotation therapy. 



Figure 5.9: Dose-area histograms for (a) target, (b) rectum, (c) bladder, and (d) normal 

tissues as a function of the number of beams. 



99 

Figure 5.10: Optimized dose distributions for 200 MeV beams as a function of beam 

orientations for fifteen-field configuration: (a) plan for the 6 "-rotated beams, 

(b) plan for the 12°-rotated beams, and (c) the corresponding dose-area 

histograms for the bladder. 
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Chapter 6 

Optimized treatment planning for prostate cancer comparing IMPT, 

V H E E T and IMXT 

6.1 Introduction 

In the preceding chapter, we simulated intensity- and energy-modulated beams of very-

high energy electrons to investigate the degree of dose conformation achievable with this 

modality. The results demonstrate some benefits of VHEET (Yeboah and Sandison 2001) 

and confirm the suggestions of DesRosiers et al. (2000) and Brahme (2000) on the 

potential merits of intensity-modulated VHEET in the treatment of deep-seated tumours. 

Also, the potential of intensity modulated proton therapy (IMPT) for dose conformation 

has been demonstrated in chapter 4 and in computer simulation studies by a number of 

authors (Carlsson et al. 1997, Lomax 1999, Lomax et al. 2001, Yeboah et al. 2002). Quite 

recently, the 3-D IMPT technique was implemented clinically by Lomax et al. (2001). 

These authors concluded that the 3-D technique can be delivered safely in a clinical 

environment using existing proton hardware and that this treatment modality can provide 

highly conformai dose distributions in particularly challenging situations. In-spite of 

these recently demonstrated therapeutic advantages of VHEET and IMPT, there has not 

been published a detailed comparison of VHEET and IMPT with intensity-modulated x-

ray therapy (IMXT). Such a comparison is the goal of this investigation. 

6.2 Methods 

6.2.1 Optimization technique 

The inverse treatment planning system (Yeboah and Sandison 2001, Yeboah et al. 2001) 

developed and described in chapter 3 was used to determine optimal intensity profiles for 

a selected number of cases. In this work, we simulated proton beams from the Indiana 

University Cyclotron (Bloomington, Indiana, USA). The mean energy of the primary 

proton beam was 200 MeV and had an energy spread (FWHM) of 0.15 MeV. To generate 

lower energy beams the primary beam was range shifted in increments of 0.1 cm of water 
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equivalent depth. Dose kernels for individual beamlets of size 5 mm2 were pre-calculated 

using the proton loss model pencil beam algorithm (Sandison and Chvetsov 2000). To 

implement depth modulation the Bragg peak location of the 200 MeV beam was chosen 

as the greatest depth and then Bragg peaks were selected to occur at progressively 

shallower depths corresponding to a depth resolution of 0.4 cm (Yeboah et al. 2002). 

The electron dose deposition kernels were generated in water for 50 to 250 MeV 

normally incident electron beams of size 5 mm using the PENELOPE Monte Carlo code 

(Baro et al. 1995). To generate the dose kernel for a 15 M V photon beam, monoenergetic 

photon kernels were weighted according to the spectrum of Mohan (Mohan and Chui 

1985). For this study of a 2-dimensional problem, the dose deposition kernels were 

superposed along a line of such sources to produce the dose kernels for semi-infinite line 

sources. Using these line kernels, the dose distribution in a homogeneous phantom, when 

required at a given point in the optimization process, was calculated using Eq. (3.22). 

6.2.2 Phantoms considered 

The current investigation was performed on a set of simulated two-dimensional (2-D) 

"patients" who present with prostate cancer of varying complexities. Figure 6.1 shows the 

2-D prostate cancer models that are under consideration in this work. Model I consists of 

an oval-shaped target with no overlapping regions with the rectum and bladder. A higher 

degree of complexity is presented by Model II, in which the target overlaps with the 

sensitive structures and the overlap regions are considered as part of the former. Model 

III (Bortfeld 1999) is similar to Model II except that now the region of overlap between 

the target and the rectum is regarded as part of the latter. This situation simulates the 

boost phase of a prostate treatment in which it is necessary to ensure greater dose sparing 

of the rectum. Model IV is an even more complex target problem that comprises of a 

butterfly-shaped target overlapping with both sensitive structures where the regions of 

overlap are taken to be target regions. Finally, Model V is similar to Model IV, however, 

unlike the latter, the target does not overlap with the rectum or bladder (Yeboah et al. 

2002). Instead, it is in direct contact with these sensitive structures in the anterior and 

posterior concavities. 
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For each case, physically optimized intensity-modulated plans were designed for 250 

MeV electron beams and also for range-shifted 200 MeV proton beams and these were 

compared to a corresponding IMXT plan for 15 M V photon beams. A beam energy of 

250 MeV was selected for VHEET since a previous study (Yeboah et al. 2001) and the 

results in chapter 5 have shown that this electron energy gives the best plan in the range 

50-250 MeV. In all cases, it was required to deliver a dose of 100% to the target and 0% 

to the sensitive structures and normal tissues. To ensure a fair comparison of the 

optimized dose distributions for each prostate cancer model among the three radiation 

modalities, we attempted to find the "best" plan from a set of possible plans for each 

modality. Due to the similarities of prostate Models I-III, we sought the "best" plan only 

for Model II and assumed the number and orientations of beams used to achieve this were 

identical to those required for Models I and III. For the same reason prostate cancer 

Model V was selected to represent Models IV and V when attempting to ascertain the 

best beam configuration for this group. To find the "best" plans for Model II using IMXT 

and VHEET, we started with five to eleven evenly spaced beams for which the first one 

was incident at 0°. Then, this set of beams was rotated in increments of 12°, 10.3°, 10°, 

and 6.6° for five, seven, nine, and eleven beams, respectively. This resulted in 6, 5, 4, and 

5 competing plans respectively for the afore-mentioned beam arrangements. The best 

IMPT plan for this prostate model was ascertained from a set that was designed using two 

to nine beam ports. For the two-beam configuration, a set of plans were generated by 

having the gantry angle of one beam fixed at 90°, while the incident angle of the other 

was varied from 0 to 345° in increments of 15°. In the case of the three-field plans we 

started with beams with the orientations {0°, 90°, 270°} and {0°, 120°, 240°} and then 

rotated each set from 0° to 180° in increments of 90°. This resulted in six three-field 

plans. The four-field plans were designed using two pairs of parallel-opposed beams 

with the following orientations: {0°, 90°, 180°, 270°}, {45°, 135°, 225°, 315°}, {30°, 

150°, 210°, 330°}, and {60°, 120°, 240°, 300°}. The overall best plan for IMPT for this 

prostate cancer case was selected and compared to the corresponding plans for 15 M V 

IMXT and 250 MeV VHEET. The above procedure was repeated for prostate Model V. 
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6.3 Results 

In the case of prostate Model II, the nine-field arrangement for which the first beam was 

incident at 20° was found to give the "best" plan for IMXT and VHEET according to the 

specified criteria. Further increase in the number of beams did not significantly improve 

the optimized plans for this case. For IMPT the best plan for prostate model II was 

observed to be one that utilizes the parallel-opposed beam combination from 90° and 

270° orientations. The remaining two-field plans resulted in relatively poor sparing of at 

least one sensitive structure and using greater than two beam ports had an insignificant 

effect on or degraded the optimized plan. In the case of prostate cancer Model V, it was 

observed that a maximum of eleven beam ports was sufficient for IMXT and VHEET, 

and that the best plan for each modality resulted from the beam arrangement for which 

the first beam was incident at a gantry angle of approximately 7°. For IMPT the four-

field configuration from {0°, 90°, 180°, 270°} gave the "best" dose distribution for 

Model V among the set of one to nine-field plans, as reported in chapter 4 (Yeboah et al. 

2002). TABLE 6.1 summarizes the beam and optimization parameters used for designing 

the "best" plans for the three modalities under consideration for each prostate cancer 

model. 

Figure 6.2 depicts the optimized nine-field plans for 15 M V IMXT and 250 MeV 

VHEET and a two-beam IMPT plan for range-shifted 200 MeV proton beams. The I-

factors of the target, rectum, bladder and normal tissues adopted for this case were 200, 

10, 5 and 1, respectively. This set of I-factors was used also for the planning of prostate 

Models II and III. In Fig. 6.3, optimized dose distributions are shown for prostate cancer 

Model II for nine-field configurations of IMXT and VHEET and these are compared to a 

two-beam plan for IMPT. In the planning of prostate cancer Model III, the same number 

and orientation of beams were used to optimize the dose distributions for each modality. 

The resulting optimized plans for the three modalities are compared in Fig. 6.4. Figure 

6.5 shows the optimized eleven-field plans for 15 M V IMXT and 250 MeV VHEET, and 

a four-beam plan for 200 MeV IMPT for prostate Model IV. The I-factors chosen for the 

target, rectum, bladder, and normal tissues for this case were 500, 50, 10, and 1, 

respectively (Yeboah et al. 2002). In Fig. 6.6, the optimized plans for prostate cancer 
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Model V for the three treatment modalities, designed using the same beam configurations 

and I-factors as those employed in Model IV, are depicted. TABLE 6.2 presents the 

corresponding minimum, maximum, mean doses and/or standard deviation of the target 

and sensitive structures, as well as the integral dose to normal tissues for Models I 

through V as a function of radiation modality. 

6.4 Discussion 

6.4.1 VHEET versus IMXT 

In order to assess the merits of VHEET in relation to IMXT, the 250 MeV VHEET plans 

under consideration were compared to the corresponding 15 M V IMXT plans. In all 

cases, VHEET provided dose distributions that are more conformai about the target 

region and have a target coverage of comparable quality to or better than that offered by 

IMXT. The minimum and maximum target doses achieved with the two modalities are 

similar but VHEET consistently resulted in a slightly higher mean target dose and a 

greater target dose homogeneity than IMXT. VHEET also offered significantly greater 

dose sparing of the sensitive structures and normal tissues. 

If VHEET is used for inverse planning instead of IMXT, then the dose to the rectum and 

bladder are lowered by up to 10.4% and 10.1% of the prescribed target dose, respectively, 

at the same time as the integral dose to normal tissues is reduced by up to 11.8% of the 

prescribed target dose. Of particular interest is the significantly greater protection to the 

posterior rectal wall offered by VHEET. Compared to IMXT, VHEET delivered doses to 

the posterior rectal wall that were lower by up to 19.4% of the prescribed target dose. It 

follows that greater dose escalation or a lower probability of complications than that 

obtained with DVIXT will be possible with VHEET. This might lead to a significant 

increase in the probability of complication-free cure (Brahme 2000) for VHEET 

compared to that achievable with IMXT and hence to an improvement in the treatment 

outcome. 

The major reason for these differences is that for this deep-seated tumour treatment, 15 

M V beams intersect the target region on the descending portions of their depth-dose 
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curves so each port's dose maximum occurs within a sensitive structure and/or in the 

normal tissue region. In contrast, for VHEET the beams intersect the target region at 

about dose maximum for each port. Consequently, as the number of beam portals 

increases the relative reduction of the normal tissue (or sensitive structure) to tumour 

dose ratio becomes progressively greater for VHEET compared to the 15 M V photon 

beams. 

6.4.2 IMPT versus IMXT 

The benefits of IMPT relative to IMXT was quantified by comparing plans for these two 

modalities. For all prostate cancer models studied, IMPT resulted in optimized dose 

distributions in which the high dose region was more conformai about the target region. 

Thus, IMPT led to a considerable improvement in sensitive structure and normal tissue 

dose sparing compared to IMXT. The quality of target coverage with IMPT was better 

than that provided by IMXT, except for the case of prostate Model III (see explanation 

for this trend below). While the minimum target dose is slightly degraded for IMPT in 

relation to EVIXT, the maximum target dose achieved with IMPT was closer to the target 

dose prescription than that obtained with IMXT. For cases involving relatively simple 

target shapes (i.e. Models I-II), IMPT increased target dose homogeneity by 10% relative 

to IMXT, but this quantity improved to approximately 52% for cases having more 

complex target shapes (i.e. Models IV and V). Relative to IMXT, IMPT markedly 

improved the dose sparing of the rectum, bladder and the normal tissues. IMPT resulted 

in doses to the rectum and bladder that are lower by up to 26.7% and 30.4% of the 

prescribed target dose, respectively, and in integral dose to normal tissues that is lower by 

up to 27.6% of the prescribed target dose than IMXT. 

In the case of non-overlapping target and sensitive structures (i.e. Model I), IMPT 

provided significantly greater dose sparing of the anterior rectal wall and a complete 

protection to the posterior rectal wall, as opposed to IMXT, which delivered doses that 

are higher by 29.8% and 19.4% of the prescribed target dose, respectively, to the anterior 

and posterior walls of the rectum. For overlapping target and sensitive structures (i.e. 

Models II-V), IMPT still provided complete or almost complete dose sparing of the 
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posterior rectal wall, unlike IMXT, which delivered doses of up to 23% of the prescribed 

target dose to this region. However, because of the presence of an overlap region between 

the target and the rectum, IMPT did not provide any direct advantage over IMXT with 

respect to the sparing of the anterior rectal wall for prostate cancer Models II, IV and V. 

Since the goal of planning for prostate Model III was to deliver a boost dose to the target 

while ensuring complete protection to the rectum, the reduction (17.7% of prescribed 

target dose) in the maximum dose to the anterior rectal wall offered by IMPT in this case 

is accompanied by a decrease (13.2% of prescribed target dose) in the minimum target 

dose for IMPT. Consequently, a degradation of the target dose homogeneity is observed 

when IMPT is used for this case rather than IMXT. It follows from these results that 

greater dose escalation or a lower probability of complications than that obtained with 

IMXT will be possible with IMPT. This might lead to a significant improvement in the 

treatment outcome. 

These differences are attributed to the following: Unlike photons, proton beams exhibit 

the Bragg peak in which the depth dose distribution is highly localized. The higher the 

beam energy the deeper the location of the Bragg peak in the patient. Consequently, 

modulation of the intensity of individual Bragg peaks both laterally and in depth is 

possible with proton beams and this leads to more homogeneous as well as conformai 

dose distributions for IMPT than IMXT. (Beam modulation for single energy IMXT is 

possible only in the lateral dimension.) 

6.4.3 IMPT versus VHEET 

The merits of IMPT relative to VHEET were assessed by repeating the plan comparisons 

for these two modalities. For all prostate models investigated the dose distributions 

optimized using intensity-modulated proton beams are more conformai about the target 

region than those designed using intensity-modulated VHEET beams. The minimum 

target dose is, in general, slightly higher for VHEET than IMPT, but the maximum target 

dose achieved with IMPT is closer to the desired target dose than that for VHEET. For 

those cases comprised of relatively simple target shapes (i.e. Models I and II), target dose 

homogeneity for the two modalities are comparable. However for cases involving more 
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complex target shapes (Models IV and V), IMPT resulted in target dose homogeneity that 

is significantly better (up to a factor of 54.2%) than that achieved with VHEET. In 

addition, IMPT provided significantly greater dose sparing of the sensitive structures and 

normal tissues than VHEET. Compared to VHEET, IMPT delivered rectal and bladder 

doses that are lower by up to 16.8% and 23.4% of the prescribed target dose, 

respectively. In all cases, both modalities offered complete or almost complete dose 

sparing of the posterior rectal wall. However, in the case of prostate Model I, which 

involved non-overlapping target and sensitive structures, and prostate Model III for 

which the rectum was to be spared as much as possible, IMPT offered a greater 

protection to the anterior rectal wall. Relative to VHEET, IMPT reduced the maximum 

dose to the anterior rectal wall for prostate Models I and III by 26.9% and 16.6% of the 

prescribed target dose, respectively. Finally, IMPT delivered an integral dose to the 

normal tissues that is lower by up to 16.6% of the prescribed target than that achieved 

with VHEET. IMPT is thus expected to lead to an increase in the probability of 

complication free tumour control compared to that achievable with VHEET. 

These differences in the optimized dose distributions for IMPT and VHEET arise from 

the differences in the depth dose characteristics of protons and VHEET beams. While 

proton beam depth-dose curves exhibit a Bragg peak region, VHEET beams have depth 

doses curves that vary slowly in dose from their dose maximum over a typical patient 

thickness (DesRosiers et al. 2000). Consequently, the normal tissue (or sensitive 

structure) dose to tumour dose ratio for each beam port is lower for proton beams than 

VHEET beams. 

6.4.4 Some practical considerations 

The foregoing conclusions are based solely on the relative potential of intensity-

modulated VHEET and proton beams for inverse planning based on a physical objective 

function. That is, the results only apply directly to the objective of Eq. (3.48) and the 

chosen combinations of I-factors. They can not be used as the basis for conclusions 

regarding the potential benefits of VHEET and proton beams from a radiobiological 

perspective. Nonetheless, comparison of radiobiologically-optimized intensity 
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modulation for an advanced cervix tumour performed for up to two beam portals between 

100 MeV electrons alone or in combination with multiple electron beam energies and 

photon beams arrived at similar conclusions (Brahme 2000). The same is true for the 

comparison made between protons and photon beams (Brahme 2000). When considering 

the implications of the results, be aware that the conclusions do not consider the cost 

effectiveness of VHEET and IMPT compared to IMXT. Cost-effectiveness may be 

impacted by the relative cost of producing VHEET beams and proton beams, 

requirements for shielding in a clinical environment, the installation and maintenance 

cost of a compact VHEET or proton accelerator, and any differences in the personnel 

requirements or operation between the modalities. 

This work could be improved in a number of areas. First, the phantoms studied were 

assumed to be homogeneous but the presence of inhomogeneities, such as the pelvic 

bones are known to influence the optimized dose distributions. The effect of the pelvis 

would be to decrease the penetration of the electron beams and shift the resulting isodose 

lines closer to the surface of the phantom. The large size and structure of the pelvic bones 

in relation to the prostate may be likened to the treatment of a larger homogeneous 

patient. However, since electron beams of energy in the range 100-250 MeV are very 

penetrating and pass right through a typical patient, resulting in a roughly flat depth dose 

distribution (DesRosiers 2000), the afore-mentioned shift in the isodose lines are 

expected to have only a minor effect on the optimized dose distribution. Second, 

consideration of the 3-dimensional nature of the target volume and organs at risk may be 

necessary in a realistic clinical situation. Accounting for this extra dimension is unlikely 

to change the conclusions significantly for transverse co-planar treatments since these 

high-energy charged particle beams have relatively small inter-plane scatter. However the 

impact of non-coplanar treatments cannot be assessed. Thirdly, mono-directional pencil 

beams and beamlets were assumed incident on the phantom surface. However, the 

angular spread of the electron beams and proton beams that occurs in the air volume 

between the source and patient surface will broaden the penumbra in the patient plane. 

This effect is not expected to influence the optimized dose distributions significantly for 

deeply seated tumours such as the prostate since the scattering in the patient will be much 

greater than that in the air volume above. 
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6.5 Conclusions 

The merits of VHEET and IMPT in relation to 15 M V IMXT with respect to the 

treatment of the prostate have been quantified for 5-11 beam ports of VHEET and IMXT 

and 1-9 ports of IMPT. In the case of the comparison between 250 MeV VHEET and 15 

M V IMXT, it was found that the quality of target coverage achievable with VHEET was 

comparable to that provided by 15 M V IMXT. However, VHEET provided an 

improvement over IMXT in the dose sparing of the sensitive structures and normal 

tissues. Compared to IMXT, VHEET decreased the rectal dose and bladder dose by up to 

10% of the prescribed target dose, while reducing by up to 12% (of the prescribed target 

dose) the integral dose to normal tissues. 

In quantifying the relative merits of IMPT relative to IMXT, it was found that using 

intensity-modulated proton beams for inverse planning instead of intensity-modulated 

photon beams led to an improvement in target dose homogeneity by a factor of up to 52% 

while reducing the rectal dose, bladder dose, and normal tissue integral dose by up to 

27%, 30% and 28% of the prescribed target dose, respectively. 

The comparison of optimized planning for IMPT and VHEET showed that the quality of 

target coverage achievable with IMPT is comparable to or better (up to a factor of 54%) 

than that provided by VHEET. Compared to VHEET, IMPT delivered a rectal dose and 

bladder dose that was lower by up to 17% and 23% of prescribed target dose, 

respectively, and also reduced the integral dose to normal tissues by up to 17% of the 

prescribed target dose. 
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TABLE 6.1. A summary of the beam and optimization parameters used to design and 

compare optimized plans for each prostate cancer model for IMPT, VHEET, and IMXT. 

Prostate IMPT VHEET / IMXT 
Cancer 
Model 

Number of 
beams 

Orientations / factors Number of 
beams 

Orientations / factors 

I-III 2 90°, 270° 200, 10, 5, 1 9 Equi-spaced, 

0X =20 o i 

200, 10, 5, 1 

IV, V 4 0°, 90°, 

180°, 270° 

500, 50, 10, 1 11 Equi-spaced, 

0, = 6.6 o î 

500, 50, 10, 1 

*Beams evenly spaced around a phantom where the gantry angle of the first beam equals 
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TABLE 6.2. Dose data for prostate cancer Models I through V as a function of radiation 

modality. The IMXT plans employed 15 MV photon beams, the VHEET plans utilized 250 

MeV electron beams, while the IMPT plans employed 200 MeV proton beams that are 

range-shifted in depth increments of 4 mm in water-equivalent medium. 

Nor. 
Target Rectum Bladder tissue 

Treatment 
nun ^min 

— + 
modality nun max D <7 + ^min ^max D ^max D D1 

Model I 

IMXT 86.0 103.6 99.0 2.1 19.4 67.9 30.9 16.7 60.0 26.1 40.0 

VHEET 87.7 103.8 99.5 1.9 6.5 65.0 20.7 7.6 57.9 17.4 28.9 

IMPT 83.4 101.4 99.4 1.9 0.0 38.1 4.2 0.0 15.7 0.8 12.4 

Modelli 

IMXT 85.3 103.4 98.4 2.2 18.0 95.8 43.1 17.9 86.8 33.3 39.1 

VHEET 87.2 104.2 99.2 2.0 6.0 96.3 35.8 7.9 84.9 26.8 28.1 

IMPT 83.1 101.5 99.3 1.9 0.0 99.5 20.5 0.0 70.0 5.6 11.5 

Modellll 

IMXT 69.4 105.5 98.1 4.6 15.4 80.0 28.5 17.5 85.4 36.0 36.0 

VHEET 68.0 106.0 98.6 4.4 2.4 78.9 18.1 8.3 86.5 29.0 25.6 

IMPT 56.2 106.3 98.2 6.0 0.0 62.3 7.5 0.0 70.0 5.6 11.9 

Model IV 

IMXT 86.1 106.4 99.7 2.3 23.0 97.0 48.0 21.9 96.8 43.4 46.1 

VHEET 85.3 108.4 99.9 2.4 3.6 96.4 37.9 6.5 95.7 33.4 34.3 

IMPT 84.8 103.7 99.5 1.1 1.8 99.3 26.3 7.1 92.4 24.2 21.2 

Model V 

IMXT 83.1 106.1 99.6 2.5 23.5 99.9 50.0 22.2 98.6 45.4 44.7 

VHEET 82.3 106.2 99.9 2.2 7.2 100.6 40.6 4.7 99.8 35.3 34.0 

IMPT 82.7 102.4 99.8 1.2 1.4 100.0 23.8 4.5 99.6 20.4 20.5 

The symbol a represents one standard deviation in the mean target dose. 

1Normal tissue integral dose is proportional to the tabulated data, which represents the 

mean dose to normal tissues. 
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Figure 6.1 : Two-dimensional models of prostate cancer of varying complexities: (a) 

Model I consists of an oval-shaped target (T) that has no overlap with either 

the rectum (R) or bladder (B); (b) Model II is made up of an oval-shaped 

target that overlaps with both sensitive structures where the regions of 

overlap are target regions. Model III is similar to model II, except that now 

the overlap region of the target and rectum is considered as part of the latter; 

(c) Model IV consists of a butterfly-shaped target overlapping with both 

sensitive structures where the regions of overlap are regarded as target 

regions; and (d) Model V comprises of a butterfly-shaped target that 

overlaps with neither the rectum nor bladder but is in direct contact with 

both. 



Figure 6.2: Optimized dose distributions for prostate Model I: (a) nine-field plan for 15 

MV photon, (b) nine-field plan for 250 MeV electron, (c) two-field plan for 

200 MeV range-shifted proton beams, and (d) Model I. 
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Figure 6.3: Optimized dose distributions for prostate Model II: (a) nine-field plan for 15 

MV photon, (b) nine-field plan for 250 MeV electron, (c) two-field plan for 

200 MeV range-shifted proton beams, and (d) Model II. 
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Figure 6.4: Optimized dose distributions for prostate Model III: (a) nine-field plan for 

15 MV photon, (b) nine-field plan for 250 MeV electron, (c) two-field plan for 

200 MeV range-shifted proton beams, and (d) Model III. 
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Figure 6.5: Optimized dose distributions for prostate Model IV: (a) eleven-field plan 

for 15 MV photon, (b) eleven-field plan for 250 MeV electron, (c) four-field 

plan for 200 MeV range-shifted proton beams, and (d) Model IV. 



Figure 6.6: Optimized dose distributions for prostate Model V: (a) eleven-field plan for 

15 MV photon, (b) eleven-field plan for 250 MeV electron, (c) four-field plan 

for 200 MeV range-shifted proton beams, and (d) Model V. 
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Chapter 7 

The energy-dependent electron loss model for pencil beam dose kernels 

7.1 Introduction 

Investigations in electron conformai radiotherapy require optimization of the therapeutic 

beam parameters that will provide a desirable dose distribution in the target volume 

(Brahme 1995 and references therein, Ebert and Hoban 1997). This optimization is 

usually based on iterative search and may require a few hundred iterations to converge on 

a solution to the problem. Since the dose distribution in the target volume must be also 

recalculated a few hundred times, it is calculated as a superposition of the pre-calculated 

pencil beam dose kernels at each iteration. An accurate but computationally time-

consuming approach is to utilize pencil beam energy deposition kernels derived from a 

Monte-Carlo transport code (Ebert and Hoban 1997). Another computationally more 

efficient approach is to use the analytical solutions provided by the Fermi-Eyges multiple 

scattering formalism supplemented by measured or Monte-Carlo calculated depth dose 

curves (Gustaffson el al 1994). Measured or Monte Carlo calculated depth-dose 

distributions are required in this latter approach to account for the physical processes that 

are neglected in Fermi-Eyges theory, such as pathlength straggling, energy-loss 

straggling and secondary knock-on electron transport (Hogstrom et al 1981, Brahme et al 

1981). 

In this article, we present an accurate and computationally efficient electron transport 

model that is able to predict both lateral and depth dose distributions from electron pencil 

beams without supplement by measured or Monte Carlo data. This model may be 

employed in iterative dose optimization schemes without a large computational time 

overhead because the pencil beam dose kernel is a linear combination of analytical 

functions. This model is based on the "mono-energetic" electron loss (EL) model which 

was previously developed to account for pathlength straggling effects in the Fermi-Eyges 

pencil beam problem (Papiez and Sandison 1990, Sandison and Papiez 1990). The EL 

transport equation is an integral form of the Yang equation (Sandison et al 1994) and its 
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analytical solution retains all the appealing Gaussian features of FE theory, although the 

variance and cross-correlation variables are more complex. Since it is based on the 

continuous slowing down approximation (CSDA) for energy loss the "mono-energetic" 

EL model cannot predict accurately a depth-dose curve significantly affected by energy 

loss straggling and secondary knock-on electron transport. 

The "mono-energetic" EL model is extended to include energy loss straggling and 

secondary electron transport so that electron beam depth-dose curves may be predicted 

more accurately. In this "energy-dependent" EL model, energy-loss straggling of primary 

electrons is simulated by a weighted superposition of a discrete number of mono-

energetic pencil beams that lose energy according to the CSDA. These mono-energetic 

pencil beams have different initial energies and thus different ranges of penetration. If the 

weight of each mono-energetic pencil beam is defined by the actual energy-loss 

spectrum, then the linear combination of mono-energetic solutions provides an adequate 

physical picture of range straggling due to energy straggling. This technique is similar to 

that proposed by Brahme et al (1981) but here the weighting is defined in energy phase 

space instead of coordinate space. It has also previously been successfully used to model 

energy-loss straggling in proton pencil beams (Chvetsov and Sandison 1999, Sandison 

and Chvetsov 2000). 

The remainder of this article is organized as follows. In Sec. 2 of this article we discuss 

the cross section decomposition leading to the Boltzmann Fokker-Planck equation for the 

electron transport. In Sec. 3 we describe approximations that are used to include 

pathlength and energy straggling into the pencil beam model. In Sec. 4 we present an 

algorithm for depth-dose calculations. Finally, in Sec. 5, we compare the analytical 

predictions of dose distribution for electron pencil beams incident upon different 

materials with both measurements and Monte Carlo calculations. 

7.2 Cross-section decomposition and the Boltzmann Fokker-Planck equation 

Dose distributions from therapeutic beams are mostly defined by the transport of primary 

electrons. The distribution of primary electrons W = ^(r,Q',£") in a source-free region 

can be described by the linear Boltzmann transport equation 
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oo 
VÙ¥ + i:t(r,Ey¥= ( he_e(r,U'U,E'^E)W(r,Ù',E')dE'dÙ' , (7.1) 

4/r 0 

where E ^ r , ^ ) is the total cross-section and the E e _ e ( r , Q ' Q , £ " -» E) is the double-

differential scattering cross-section in angle and energy. Equation (7.1) is an integro-

differential equation that is difficult to solve analytically. We therefore transform a part 

of the scattering integral operator on the right-hand side of Eq. (7.1) into differential 

operators to allow for analytical solutions. The dominant interaction processes for 

therapeutic high-energy electrons penetrating matter are elastic nuclear scattering, 

inelastic scattering from atomic electrons causing ionization, and bremsstrahlung 

production in the Coulomb field of nuclei and atomic electrons. Consideration is given 

here only to nuclear bremsstrahlung because the cross-section of this process is 

proportional to Z 2 while the cross-section of the electron-electron bremsstrahlung is 

proportional only to Z, where Z is the nuclear atomic number. Thus we present the 

double-differential scattering cross-section Z e _ É > ( r , / / 0 , £ " E) as a sum of elastic (el), 

inelastic (in) and radiative (rad) cross-sections 

Z e _ e ( / / 0 , £ ' ^E) = S e l ( ¿ / 0 , £ ) + S i n ( £ ' -> £ ) + £ r a d ( / / o , £ ' -> E), (7.2) 

where we have dropped the spatial coordinate, r, for convenience. In the decomposition 

given by Eq. (7.2), elastic scattering of electrons from nuclei governed by the cross-

section X e i ( / / 0 , i s ) is considered as an angular diffusion process since there are a great 

number of small angular deflections without energy loss. Similarly, atomic electron 

scattering governed by cross-section 2 j n ( £ " E) in Eq. (7.2) is considered as an energy 

loss process with negligibly small angular deflections. The bremsstrahlung cross-section 

E r a d ( / / 0 , i s " -> E) may produce large energy transfers with large angular deviations. 

However, we can artificially separate the radiative cross-section Xrad(/d0,E E') at the 

energy E into a small-angle domain governed by the radiative cross-section 
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T,S

TAD(E ^ E') and a large-angle domain governed by the radiative cross-section 

Substituting the decompositions of electron cross-sections given by Eqs. (7.2) and (7.3) 

into Eq. (7.1) and applying a Taylor series expansion of collision integrals about small 

energy transfers and angular deviations we transform part of the integral operator in Eq. 

(7.1) into differential operators. As a result, elastic scattering of electrons from nuclei 

governed by cross-section ?,e¡(¿i0,E) is described by the differential angular Fokker-

Planck operator (Przybyski and Ligou 1982). The inelastic scattering and radiative 

scattering with negligible angular deflections governed by the cross sections 

S j n (£" -> E) and E^ a d (£" -> E) correspondingly transform into the differential energy 

Fokker-Planck operator that is given in the Generalized Fokker-Planck representation 

(Pomraning, 1996, Jiang et al 1998). The radiative scattering with large energy transfers 

and angular deviations can be adequately modeled only by use of the integral Boltzmann 

scattering operator. As a result of the cross-section decomposition and Fokker-Planck 

transformations applied to Eq. (7.1) we obtain the following transport equation for the 

primary electrons 

where V Q is the angular Laplacian operator. The scattering power, T(r,E), the total 

cross section, H(r,E), for radiative collisions with large energy transfers and the 

moments of the energy-loss cross sections, Wn(r,E), n = l,..,oo , are given by 

S r a d ( / 4 ) > £ ^ £ ' ) 

E r a d (//(>,£ E') * Z* a d (£ -> E') + (Mo,E -> E') . (7.3) 

(7.4) 
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T(E) = 4TT j £ e l ( / / 0 , £ ) ( l - ju0)dfii{ 0 > (7.5) 
- l 

1 E 

Z(E) = 2TT¡ \tnd(ju0,E'E)dE'dM{ o » (7.6) 

Wn{E) = Wnm{E) + Wmzá{E) , (7.7) 

where Wnin(E) and Wmad(E) are energy loss moment corresponding to the ionizational 

and small-angle radiative collisions 

Ell 

0 

For simplicity, we dropped the spatial coordinate, f, in Eqs. (7.5)-(7.9). 

A formula for calculation of the scattering power T(E) can be found in ICRU Report 35 

(1984a). Computational methods for the total large-angle radiative cross section £ ( £ ) 

and the moments of the energy loss cross-section Wn{E),n - 1,2 are presented in the 

Appendix. The first moment W] (E) corresponds to the total stopping power S(E) and 

the second moment W2{E) describes the mean squared energy loss. 

It should be noted that the first moment WUn(E) of the inelastic cross section given by 

Eq. (7.8) corresponds to the collisional stopping power described in ICRU Report 35. The 

first moment WUad(E) of the radiative cross-section given by Eq. (7.9) is smaller than 

the radiative stopping power described in ICRU Report 35 because we calculate it only 

for that part of the radiative cross section below the separation energy E . The 

advantage of our separation of radiative cross-section is that it allows us to use a mixed 

(7.8) 
'mill 

(7.9) 
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model of penetration for bremsstrahlung collisions based on the CSD A approximation for 

small energy transfers and an exponential attenuation for extremely large energy 

transfers. 

7.3 Computational models for the electron pencil beam problem 

7.3.1 Absorption model for bremsstrahlung collisions with large energy loss 

We apply Eq. (7.4) to a homogeneous semi-infinite slab under pencil beam boundary 

conditions. One of the main difficulties to solving Eq. (7.4) is the presence of the integral 

Boltzmann scattering operator that describes scattering having large energy losses and 

large angles. Accurate simulation of this integral may require application of numerical 

methods such as the multigroup approach for the approximation of the scattering cross-

sections (Bartine et al 1972). However, application of such numerical methods is usually 

time consuming and therefore not suitable for radiotherapy treatment planning. We 

instead assume that the pathlength of electrons is significantly truncated after extremely 

hard radiative collisions due to the large energy loss suffered. Further, these electrons 

have large angle trajectories because of large scattering angles and the medium scatters 

these electrons more easily because of the increase in scattering power with decreasing 

energy. Consequently, much smaller penetration depths are achieved by these electrons 

compared to the rest of the primary electrons. Thus, if the energy Esep used for the 

separation of the radiative cross-section given by Eq. (7.3) is large enough, for instance, 

E > E12, we may consider the primary electrons scattered by the cross-section 

~Zlad(ju0,E E') as lost from the forward penetrating beam. The contribution of their 

remaining energy to the total energy deposition is not large and although they may travel 

some distance we suppose that their energy is deposited at the point of the radiative 

collision. 

Neglecting electron transport after extremely hard radiative collisions thus allows us to 

omit the Boltzmann scattering integral from Eq. (7.4). We then apply the resulting 

equation in the Cartesian X - Y - Z geometry to a homogeneous semi-infinite slab under 
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pencil beam boundary conditions on the left side. Introducing the small-angle scattering 

approximation, we obtain the following differential transport equation 

dz x dx dy 
d¿x¥ d¿x¥ 
del + de 

y J 

+ Z 1 dn 

n\dEn 
Wn(Ey¥ 

H(E)W 

(7.10) 

where = cos0*¥ is a new distribution function, 0X and 0 are the projected angles of 

polar angle 0 on the x-zand y-z planes respectively. The operator H{E) includes 

the higher order terms which account for the difference between the Fermi-Eyges and 

Fokker-Planck transport equations. 

7.3.2 Energy-dependent electron loss model 

Although Eq. (7.10) can formally be written only parts of it can be analytically solved. In 

this article, we are interested in these analytical solutions because they provide a fast 

computation tool for radiotherapy treatment planning. A simple analytical solution to Eq. 

(7.10) may be found only if one term in the energy straggling operator is retained that 

corresponds to the continuous slowing down approximation (CSDA) for energy loss. 

Therefore, we consider the solution to Eq. (7.10) as a superposition of a discrete number 

M of mono-energetic pencil beam problems which do not have individual energy 

straggling. We present the final solution integrated over energy, x¥(x,y,z,0X,0 ), in the 

form 

M 
w(x,y,z,ex,ey)*Y,w»><¿)Vm(x,y,z,ex,ey), (7.11) 

m=\ 

where the functions y/m(x,y,z,0X,0 ), m — \...,M are solutions to each mono-

energetic pencil beam problem and the weights wm(z), m = \,...,M define the 

probability of finding an electron in one of the mono-energetic pencil beams. For 

instance, the initial energies of the mono-energetic problems can be defined as 
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E0m, m = \,..,2N + \ where E0N+l = E0 is the initial energy of the pencil beam and 

£ - E0m+] - E0m is the constant energy interval between initial energies. Then, for the 

regions where the stopping power is a slowly changing function of energy, the weights 

w w ( z ) , m - \,...,M can be defined by the depth-dependent energy straggling spectrum, 

f{z,E), as 

E0m+e/2-E 

w«(*)= \f(z,E)dE,m = \,..,M , (7.12) 
E0m-e/2-E 

where E is the mean energy loss for the spectrum. The approximation given by Eqs. 

(7.11) and (12) is able to predict with good accuracy both the depth and lateral absorbed 

dose distributions for proton pencil beams (Chvetsov and Sandison 1999, Sandison and 

Chvetsov 2000). This approximation is also valid for electrons because the scattering 

power, stopping power and radiative cross section are smooth functions of energy for the 

most of the electron range (Chvetsov et al 2000). 

We also have to choose an approximation for the operatorHm(E) in each mono

energetic problem that describes the difference between the Fermi-Eyges and Fokker-

Planck equation. This difference is responsible for the pathlength straggling effects. The 

form of operator Hm (E) in each mono-energetic problem can be found with use of the 

higher order corrections to the Fokker-Planck equation (Jette and Bielajew 1989, 

Pomraning and Prinja 1996). However using these higher order corrections for the 

prediction of depth-dose distribution requires solving of a transcendental equation at 

every depth, an approach that is computationally slow (Leakes and Larsen 1997). Instead, 

we use the electron loss model to account for the electron pathlength straggling in the 

mono-energetic pencil beams (Sandison and Papiez 1990). In this model, all electrons 

travel in the same direction parallel to the z axis and the loss of electrons from the beam 

is taken into account by inclusion of a depth and angle dependent absorption cross-

section ym{z){02

x + 0y)/4, instead of the exact form of the operator Hm(E). 
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According to the electron loss model, all electrons at depth z have the same energy and, 

therefore, the solution to the mono-energetic pencil beam problem is given by 

y>m(x,y,z,9x,9y,E) = ym(x,y,z,9x,9y)S(E-Êm) , (7.13) 

where the energy Em is calculated as a function of depth using the characteristic 

differential equation 

^ + S(Em) = 0 (7.14) 
dz 

with the initial condition Em(z = 0) = E0m . For every function y/m{x,y,z,9x,9 ), we 

have to solve Eq. (7.10) with n=l, i.e. in the continuous slowing down approximation 

(CSDA). As a result, we have to solve for each mono-energetic pencil beam problem the 

following transport equation 

dz x Ôx y cy 4 

del My 

(7.15) 

Values of the depth dependent parameter ym (z) may be found by expressing it in terms 

of the scattering power 

Ym{z) = x{E0)Tm{z) . (7.16) 

The parameter z(^o) generally depends on the initial energy u^of the pencil beam and 

the atomic number of the medium. For instance, it may be determined by forcing 

agreement between predicted dose distribution and benchmark data (e.g. Monte Carlo 

calculations or measurements). 

Equation (7.15) has an analytical solution for the depth independent (i.e. constant) 

scattering power Tm and loss parameter ym. This analytical solution can be presented as 
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a Gaussian multiplied by a depth dependent transmission factor when the incident pencil 

beam is normal to the irradiated surface or the surface is irradiated by a Gaussian 

distribution of particles in x, y, 0X or GY whose mean values of x, y, 6X or 0 are equal 

zero. This analytical solution to Eq. (7.15) is given by (Papiez and Sandison 1990, 

Sandison and Chvetsov 2000) 

"J „ - o n v - ' — AA>m^2+y2)-2AXm(exx+0yy)+A2m(el+02

y)\iAm 

Y m\A^y^^ux^uy) ~ e 2 , 

71 A. m 
(7.17) 

The depth dependent transmission factor in the exponential describes the flux attenuation 

with depth due to hard radiative collisions and pathlength straggling. We now denote AQ0 

as the initial mean square angular spread of the incident beam and t0 and s0 as the 

parameters that characterize the cross-correlation and mean square spatial spread of the 

incident beam, respectively. Further, we introduce a depth dependent attenuation factor 

Cm (z) due to pathlength straggling only 

Cm(z) = e° . (7.18) 

Then, dropping the index m where it is possible, the analytical expressions for the 

transmission coefficient C(z) and the mean squared angular spread AQ(Z) , the cross-

correlation parameter Ax(z) and the mean squared spatial spread A2(z) of the Gaussian 

are given by 

C(z) = cosh(«) /cosh(a + 2z) , (7.19) 

A^{z) = 2^TI^tanh(a + 2z) , (7.20) 

4 ( z ) = i4o(z), (7.21) 
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A2(z) = t2AG(z) + 2s2, (7.22) 

where the auxiliary parameters t and s are given by 

t = t0 + tanh(z) 
sin 

sinhia) 2 , /_\ v 7 + ̂ = t a n h ( z ) , 
h(a + 2z) J ï y 

(7.23) 

2 2 
* = *0 + ín + tanh(z) 

sinh(2z)cosh(a) 8 
+ sinh(a + 2z) y^jTy 

[z- tanh(z)] . (7.24) 

The scaled parameters z and a in Eqs. (7.19)-(7.24) are introduced as 

z = -jTyz , (7.25) 

a = arctanh (7.26) 

We can apply the analytical solution (17) for the depth dependent scattering power T(z) 

and parameter y(z) by separation of the calculational region into thin layers where these 

functions can be approximated by constant functions. A detailed description of this 

calculational procedure can be found in the article by Sandison and Papiez (1990). 

7.3.3 Calculation of weights for the monoenergetic pencil beam problems 

In order to apply the energy-dependent electron loss model we have to calculate the 

electron energy spectrum f(z,E). Accurate calculation of the energy straggling 

spectrum and the weights wm(z), m = l,...,M can be performed, for instance, by the 

energy spectrum evolution procedure presented by McLellan et al (1994) where both 

ionizational and radiative collisions are taken into account. However, this procedure is 

computationally slow because multiple direct and inverse Fourier transforms are 

required. Therefore, we choose to calculate the weights wm(z) , m — \,...,M using a 

solution f(z,E) to the equation 
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^ = Ê ~ K ( * ) / ( Z , * ) ] . (7.28) 
dz ~~tn\dE 

Equation (7.28) describes the evolution of the electron spectrum with depth due to energy 

straggling. Equation (7.28) was obtained from Eq. (7.10) by neglecting all terms 

responsible for multiple scattering and absorption. As a first approximation, we retain in 

Eq. (7.28) only terms with n=l,2 and so take into account only mean energy loss WX(E), 

referred as the stopping power S(E), and the mean squared energy loss W2(E). 

Retaining only two terms in Eq. (7.28) leads to the diffusional equation which has a 

Gaussian analytical solution for constant coefficients Wx and W2. Under the boundary 

condition / ( z = 0,E) = S(E - E0) this analytical solution is 

1 
(E-Ef 
2W1z f(z,E) = -¡=—e <»* , (7.29) 

S¡2KW2Z 

where the mean energy E is given by 

E~ = E0-Wlz. (7.30) 

We can estimate the form of the spectrum determined by the depth-dependent 

coefficients Wx{z) and W2(z) if we separate the calculational region into thin layers and 

approximate these coefficients by step functions then apply Eq. (7.29) recursively for 

each layer. 

Computing the first two moments alone does not allow an accurate prediction of the form 

of electron energy-loss spectrum since there is substantial difference between the most 

probable energy and the mean energy due to a large low energy tail in the spectrum. 

However, we purposely made this difference smaller by elimination of large radiative 

energy losses which we model as absorption process. Thus the Gaussian spectrum 

approximates not all the energy-loss spectrum for the electrons but only that part of the 

spectrum about the peak. 
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7.4 Depth-dose distribution for the energy-dependent electron loss model 

7.4.1 Dose distribution for the primary electrons 

In a mono-energetic pencil beam, all electrons travel in the same direction parallel to the 

z axis and have the same energy at given depth. Therefore, the depth-dose distribution for 

this mono-energetic pencil beam is 

DJz) = LAJz)Nl\z)-EJz)d^- + Ds-(z) , (7.31) 
dz 

where N^(z) is the number of primary electrons at the depth z, LAm(z) is the restricted 

collisional stopping power, Em{z) is the primary electron's energy and the term 

Z)^ec(z) is responsible for energy deposition by the secondary knock-on electrons with 

energy E > A which cannot be considered as absorbed locally. The dose contribution 

from the bremstrahlung photons is usually small within the electron range and we 

suppose in this work that the bremsstrahlung photons escape the geometry without 

interactions and energy deposition. Integrating Eq. (7.17) over angular and lateral spatial 

variables we find for every mono-energetic pencil beam that the number of primary 

electrons N^(z) at depth is 

d4 
N%(z) = e°L . (7.32) 

Substituting the number of primary electrons N^(z) into Eq. (7.31) and differentiating 

we obtain the depth-dose distribution 

Dm(z) = N%(z) LAm (z) + Ee

m (z)Sm (z) + Em (z) A0m (z) + / X e c ( z ) . (7.33) 

In Eq. (7.33), we take into account that in a "hard" radiative collision only part Ee

m{z) of 

the initial energy Em{z) of the primary electron is absorbed because the other part 
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E;n (z) is carried away with the bremsstrahlung photon. The total depth-dose distribution 

can be found as a sum of the depth-dose distributions from the elementary pencil beams 

with the weights wm(z), m = l,..,M 

M 
£ ( z ) = X w M ( z ) £ > M 0 0 • (7.34) 

m=\ 

7.4.2 Dose distribution for the secondary electrons 

For the calculation of the absorbed dose Z)^ec(z) due to secondary knock-on electrons 

with energy E > A we use the following model. We suppose that the dose distribution 

Ds^c (z) may be expressed in the form 

»T(z)*SmN:c(z), (7.35) 

where Ns*c(z) is the number of secondary electrons and Sm is a depth independent 

coefficient. The approximation given by Eq. (7.35) holds because the total stopping 

power for electrons is a slowly changing function of energy in low atomic number 

materials. We also can approximately calculate the total dose deposited by the secondary 

electrons with the energy E > A , D^ot, by integrating the difference between the total 

unrestricted collisional stopping power Sc°\z) and the restricted stopping power 

LAm (z) over the range r0, as follows 

DZ = Jfc°' (*) - ? (z)dz . (7.36) 
0 

Equation (7.36) gives the total energy transferred to the secondary knock-on electrons. It 

implicitly ignores that part of the energy transferred to the secondary knock-on electrons 

that is in turn transferred to the bremsstrahlung photons and so may not be deposited 

within the electron range. Using Eqs. (7.35) and (7.36) we obtain the following 

expression for the coefficient Sm 
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D sec mtot (7.37) 

o 

Thus, to find the depth dose distribution Ds¿¡c(z) we have to find the number of 

secondary electrons N^c(z) as a function of depth. 

The problem of the secondary electron transport can be solved completely only by 

Monte-Carlo or other numerical methods because the secondary electrons have 

complicated angle and energy distributions and their source is also distributed spatially. 

However, it is well-known that the total number of secondary electrons A^ e c ( z ) , after 

rapid build-up, reaches an approximately constant fraction of the total number of primary 

electrons Nm

r(z) (Brahme 1985). That means, the distribution of the total number of 

secondary electrons is defined by the primary electron transport over most of the electron 

range, except in the build-up region close to the surface. Therefore, we suppose that the 

distribution of secondary electrons N^c(z) is described by a simple one-dimensional 

transport equation with spatially distributed source 

with the boundary condition N™(z = 0) = 0 .In Eq. (7.38), S„c(z) is the source of 

secondary knock-on electrons that can be calculated as the product 

where Nm

r(z) is the total number of primary electrons at depth z and the cross-section 

E A (z ) is obtained by integration of the differential Moller cross section from A to E/2. 

The absorption coefficient (z) of Eq. (7.38) we calculate as 

(7.38) 

^ z ) = X A ( z ) / C ( z ) , (7.39) 

^ ) * 4 / r 0 m a x ( z ) , (7.40) 
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where r0max(z) i s maximal range of the secondary electrons produced at the point z. 

Equation (7.40) was obtained from the condition that the electrons produced at the point z 

practically do not penetrate beyond their maximal range r 0 m a x (z). This can be verified by 

substitution of Eq. (7.40) into the solution to Eq. (7.38). 

•<sec Equation (7.38) has a simple analytical solution for the depth independent source Sn 

and absorption cross section . In order to take advantage of this analytical solution for 

a depth-dependent source and absorption cross section we separate the calculational 

region into thin layers [zW/2>^+1/2]» ' = 1.-./ where the source Ss^c(z) and the 

absorption cross section (z) can be approximated in each layer by constant functions 

<S^ec(z) = and E* (z) = E * ¿ . Then, for every layer the solution to Eq. (7.38) can be 

written as 

Nsec(z i = Nsec(z )e~^miAz¡ + 
ç sec 
mi 

E a . 
mi 

1 - e^< (7.41) 

where Az(- = z ( + 1 / 2 - z¡_l/2 • Using the boundary condition N^c(z = 0)-0 and applying 

Eq. (7.41) recursively for all layers we find the distribution of secondary electrons 

Ns¿¡c(z). Having the distribution N^c(z) we can find the coefficient Sm from Eq. 

(7.37) and the dose distribution Ds^c(z) for the secondary electrons from Eq. (7.35). It is 

important that the total dose D^fot deposited by the secondary electrons is always 

preserved in this algorithm despite possible calculational errors in the number of 

secondary electrons Ns^c(z). 

7.5 Numerical results and discussion 

In this section, we benchmark the energy-dependent EL model against experimental data 

and Monte Carlo calculations for electron beams of therapeutic energy incident upon 

carbon, water and tissue-like materials. Both depth-dose curves for broad beams and the 
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spatial spread of the pencil beams are investigated. In the energy-dependent EL model 

simulations, the calculational region was separated in the z (depth) direction into thin 

layers of thickness equal to 0.025r0, where r0 is the CSDA range. The thickness of the 

layers was small enough that the coefficients of the EL transport equations could be 

approximated by a constant function within a layer. This decomposition is necessary 

because the analytical solutions of the EL transport equations are obtained only for the 

case of depth-independent coefficients. Approximation of the depth-dependent 

coefficients by the step function allows us to apply the analytical solution for the case of 

constant coefficients. For the simulation of energy straggling, we use 10 elementary 

pencil beams in all the calculations presented below. An example of depth-energy 

characteristics corresponding to different elementary pencil beams is presented in Fig. 

7.1. These characteristics were used for transport calculations of a 20 MeV electron 

pencil beam normally incident upon water. The criterion for finding parameter %(E0) in 

the mono-energetic EL transport equation was that the EL model predicts the correct 

maximum dose in the broad beam depth dose curve. The cut-off energy A for the 

calculation of the restricted stopping power was chosen as Á = 0.7 M e V . 

In figures 7.2(a) and 7.2(b), we compare the broad beam depth-dose curves for 10 and 20 

MeV electrons incident upon water calculated by the energy-dependent EL model and the 

EGS4 Monte Carlo code (Rogers and Bielajew 1986). We see satisfactory agreement 

between Monte Carlo calculations and predictions of the model. However, it should be 

noted that the agreement is better in the dose build-up region than in the fall-off region. 

These discrepancies in the fall-off region can be explained by the approximation of the 

electron energy spectrum by a Gaussian. For 20 MeV electrons, we additionally show the 

depth-dose curve that was obtained using the mono-energetic EL model without transport 

of secondary electrons. We see that this depth-dose curve does not predict correctly the 

gradient in the dose fall-off region and the dose close to the surface. In figure 7.3, we 

compare for 20 MeV electrons the total number of primary 7V p r(z) and secondary 

Nsec(z) electrons calculated by the energy-dependent EL model and the Monte Carlo 

results obtained by Andreo (ICRU Report 35). 
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Figures 7.4(a)-7.4(c) depict the broad beam depth dose curves in carbon for 5 MeV, 10 

MeV and 20 MeV electrons calculated by the energy-dependent EL model and the Monte 

Carlo code ITS/TIGER (Andreo at al 1992). Again, we see that the model predicts with 

reasonably good accuracy the Monte Carlo depth dose curves for all energies. Small 

discrepancies in the dose fall-off region similar to those discussed above for water are 

due to the Gaussian approximation of the electron energy spectrum. 

We also validate the energy-dependent EL model against the depth dose curves measured 

by Shortt et al (1986) in the electron beam of a linear accelerator. The energy-dependent 

EL model calculations were performed for a mono-directional and mono-energetic 

incident electron beam in the broad parallel beam geometry. The divergence of the 

accelerator beam was taken into account by correcting the depth-dose distribution by the 

source-surface distance factor [SSD/(SSD + Z)] 2 . The incident energy of electrons used 

in the calculations were 10.28 MeV and 20.49 MeV which correspond to the most 

probable energies of the spectra at the effective surface of the water phantom. Figures 

7.5(a) and 7.5(b) show a comparison of EL model predictions and the measured data. 

Overall, the agreement between the measured and calculated distributions is good for this 

very simple transport model. However, calculations do not predict the measured data 

exactly. Discrepancies may be attributed to the neglect of an energy and angular 

distribution on the surface of phantom, the Guassian approximation of energy spectrum 

and to a smaller extent other approximations made in the transport model. 

In figures 7.6(a) and 7.6(b), we present a comparison of the EL model predictions, FE 

theory predictions and empirical data of Sandison et al (1989) for the variation of the root 

mean squared spatial spread with depth of a pencil beam incident upon tissue equivalent 

materials. Figure 7.6(a) shows the comparison for a 16 MeV pencil beam incident upon 

polystyrene and figure 7.6(b) shows the comparison for a 22 MeV pencil beam incident 

upon lung equivalent material. We see that until approximately 70% of the CSDA range 

FE theory and the energy-dependent EL model follow closely the empirical data. For the 

rest of the range, FE theory significantly overestimates the empirical data while the 

energy-dependent EL model predicts the experimentally observed saturation of the mean 

squared spatial spread. 
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In this chapter, we have demonstrated that the dose distribution from an electron pencil 

beam of therapeutic energy incident upon low atomic number materials can be calculated 

with use of the energy-dependent electron loss model. The solution to the electron 

transport equation is constructed using only analytical solutions to simplified transport 

equations which consequently makes the energy-dependent electron loss model 

computationally fast. For instance, pathlength straggling is considered as an absorption 

with depth and the electron energy-loss spectrum about the peak is simulated as a 

Gaussian function determined by its mean and variance. It should be noted that the 

predictions of the root mean squared spatial spread in the energy-dependent EL model is 

similar to that previously obtained with the mono-energetic EL model, except that the 

energy-dependent EL model extends this prediction to the total range. It seems, that the 

energy-loss spectrum does not affect the root mean squared spread significantly. The 

surprising result of the comparison presented is that the simple transport mechanism 

created for the energy-dependent EL model predicts broad beam depth-dose curves in 

good agreement with precise Monte Carlo calculations and measured data. As was 

pointed by Rogers and Bielajew (1987), the central axis depth-dose curve for a broad 

beam of electrons with energies above 10 MeV is quite insensitive to many of the details 

of the electron transport algorithm. The accurate predictions of the energy-dependent EL 

model, which omits many details of the electron transport, confirms their observation. 

7.6 Conclusions 

A computationally efficient transport model called the energy-dependent electron loss 

(EL) model is presented which is able to predict accurately energy deposition kernels 

from electron pencil beams. Low computational cost is achieved by using analytical 

solutions to simplified transport equations. The simplified transport processes include 

simulation of pathlength straggling as a quasi-absorption in the Fermi-Eyges equation, 

using an exponential attenuation model for extremely "hard" bremsstrahlung collisions 

and approximation of the electron energy-straggling spectrum about the peak by a 

Gaussian. However, comparisons with Monte Carlo calculations and measurements show 

that these simplified transport processes are sufficient to predict the integral picture of 

energy deposition for an electron pencil beam of therapeutic energy. Due to its low 
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computational cost, the energy-dependent EL model is attractive as a fast dose engine in 

dose optimization algorithms. 
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Figure 7.1: Example of depth-energy characteristics used to simulate energy straggling 

of a 20 MeV pencil beam in water. 
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Figure 7.2: Comparison of relative depth dose curves from broad parallel beams of (a) 

10 MeV and (b) 20 MeV electrons incident normally upon a slab of water as 

calculated by the energy-dependent EL model (%=7) and the EGS4 Monte 

Carlo code (Rogers and Bielajew 1986). 
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Figure 7.3: The depth dependence of the total number ofprimary NpT (z) and secondary 

y V s e c ( z ) electrons for 20 MeV parallel broad beam of electrons incident 

normally upon water. The Monte Carlo data were calculated by Andreo 

(ICRUReport 35 1984). 
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Figure 7.4: Comparison of depth-dose curves from broad parallel beams of (a) 5 MeV, 

(b) 10, and (c) 20 MeV electrons incident normally upon a slab of carbon as 

calculated by the energy-dependent EL model and the ITS/TIGER Monte 

Carlo code (Andreo at al 1992). 
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Figure 7.5: Comparison of experimentally measured (Shortt et al 1986) central axis 

depth-dose curves in water for (a) 10 MeV and (b) 20 MeV electrons and 

those calculated by the energy-dependent EL mode (z=7). The energy of 

electrons in the calculations were taken as 10.28 MeV and 20.49 MeV which 

correspond to the most probable energies of the spectra at the effective 

surface of the water phantom. 
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Figure 7.6: Variation of the spatial root mean squared spread with depth for a pencil 

beam incident upon (a) polystyrene at 16 MeV and (b) lung equivalent 

material at 22 MeV. The measured data are from the article of Sandison et al 

(1989). 



144 

Chapter 8 

Summary and conclusions 

Intensity and energy modulated radiotherapy dose planning with protons and very-high 

energy electron beams have been investigated. A general-purpose inverse treatment 

planning system that can be applied for the optimization of any radiation modality or 

mixed modalities of interest in radiation therapy has been developed. The developed ITP 

program uses a very fast proton dose calculation algorithm and employs one of the most 

efficient optimization engines currently available. The ITP system has the capability to 

optimize plans by using intensity-modulated beams alone or simultaneously with energy-

modulated beams. Three applications of the ITP program have been presented in the 

current investigation. 

First, the ITP program was employed to investigate those variables that influence IMPT 

dose optimization for prostate cancer. One is the importance factor assigned to each 

volume of interest to control the relative importance of achieving the prescribed dose 

distributions in the target and OARs. The results show that variations in the I-factors, 

when advantageous to the target, was in general detrimental to the adjacent sensitive 

structures and vice versa. The remaining variables examined include the energy 

resolution required for modulating the beam in depth, the beamlet width needed to ensure 

adequate lateral beam uniformity and conformation, the number of beam ports and their 

orientations. The findings are as follows. To reasonably implement energy modulation 

for an active proton beam delivery system, the energy resolution and consequent Bragg 

peak shift should be selected on the basis of the incident beams' energy spread. This is 

because the "optimal" energy resolution was found to be a function of the incident 

beams' energy spread (CTE), becoming coarser with increasing CTE. For passive proton 

beam delivery the determination of the optimal depth resolution may not be critical as 

long as the depth resolution chosen for inverse planning is at least equal to one-half the 

full width half maximum (i.e. FWHM/2) of the primary beam Bragg peak. 

The "optimal" beamlet width to achieve good lateral dose uniformity and conformation 
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for IMPT treatment of the prostate was also sought. From an inverse planning point of 

view, it is recommended that the dose grid element dimension should be selected such 

that its value is at most identical to the width of the beamlets and preferably equal to 

approximately two-thirds the beamlet width. The use of larger dose grid spacings resulted 

in grossly discontinuous intensity maps that may be practically difficult, if not 

impossible, to deliver. 

Another finding from this work is that beam orientation optimization may be required in 

IMPT dose planning to achieve the best plan when using a small number (<4) of beam 

ports for the treatment of the prostate. For a given number (<4) of ports only minor 

differences in target coverage were observed among the various IMPT plans for the 

prostate, but there were significant differences in the degree of sensitive structure sparing 

and normal tissue integral dose. In the case of an IMPT treatment of a relatively complex 

shaped target, beam configurations with at least one pair of orthogonal beams that 

included a PA field resulted in good sparing of both sensitive structures. Plans with at 

least one pair of orthogonal beams that involved an AP field gave good sparing of the 

rectum but resulted in relatively poor bladder protection. In the study of the number of 

beam ports selected to shape the dose distribution for IMPT treatment of the prostate we 

found that a maximum of three to four beams is required to achieve the best plan. This 

observation has important implications since the ability to achieve conformai dose 

distributions with a small number of beams will minimize the complexity of dose 

planning and delivery and increase patient throughput. 

The next application of the developed inverse planning system was to evaluate the 

potential of very-high energy (50-250 MeV) electron beams for dose conformation. 

Specifically, those variables that influence optimized dose distributions for intensity-

modulated VHEET were identified and investigated. These are comprised of the I-factors 

for the target and various organs at risk, the incident beam energy, the number of energy 

bins (required for beam energy modulation), the number of beams, and the beam 

orientations selected to design a plan. Studies on a prostate cancer model showed an 

appropriate constellation between I-factors for the target and sensitive structure to 

achieve good dose conformation were identical to those found for the case of inverse 
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IMPT planning. This suggests the selection of the I-factors may be independent of 

radiation modality. Next, in the study of the influence of incident beam energy on 

VHEET plans, electron energies greater than 100 MeV were found to be preferable for 

intensity-modulated VHEET of prostate cancer. Lower energies resulted in relatively 

poor target coverage, unacceptably high doses to the sensitive structures, and a significant 

increase in the volume of normal tissues receiving high doses. Minor improvements in 

the optimized VHEET plans for a "small" number of fields were achieved if both 

intensity modulation and energy modulation are implemented. VHEET treatments 

employing a large number of beams in the range 9-21 from fixed gantry angle positions 

and rotation therapy provided acceptable plans for a complex prostate case. Another 

finding is that selection of beam orientations in VHEET may influence the resulting 

treatment plan even when a large number of beams was employed. 

As a third application of the inverse planning system, the merits of VHEET and IMPT in 

relation to BVIXT with respect to the treatment of the prostate were quantified by 

comparing optimized plans for these three modalities. In the case of the comparison 

between 250 MeV VHEET and 15 M V IMXT, it was found that the quality of target 

coverage achievable with VHEET was comparable to that provided by IMXT. However, 

VHEET provided an improvement over IMXT in the dose sparing of the sensitive 

structures and normal tissues. Compared to IMXT, VHEET decreased the rectal dose and 

bladder dose by up to 10% of the prescribed target dose while reducing the integral dose 

to normal tissues by up to 12% of the prescribed target dose. 

In quantifying the merits of IMPT relative to IMXT, it was found that using intensity-

modulated proton beams for inverse planning instead of intensity-modulated photon 

beams led to an improvement in target dose homogeneity by a factor of up to 52% while 

reducing the rectal dose, bladder dose, and normal tissue integral dose by up to 27%, 30% 

and 28% of the prescribed target dose, respectively. The comparison of optimized 

planning for IMPT and VHEET showed that the quality of target coverage achievable 

with IMPT is comparable to or better (up to a factor of 54%) than that provided by 

VHEET. Compared to VHEET, IMPT delivered a rectal dose and bladder dose that was 

lower by up to 17% and 23% of the prescribed target dose, respectively, and also reduced 
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the integral dose to normal tissues by up to 17% of the prescribed target dose. These 

results indicate that among the three modalities investigated the greatest dose escalation 

will be possible with M P T , followed by VHEET, then IMXT. It follows that IMPT will 

result in the highest probability of complication free tumour control while IMXT will 

provide the lowest. 

Finally, in this investigation a computationally efficient transport model called the 

energy-dependent electron loss (EL) model is presented which is able to predict 

accurately energy deposition kernels from electron pencil beams. Low computational cost 

is achieved by using analytical solutions to simplified transport equations. The simplified 

transport processes include simulation of pathlength straggling as a quasi-absorption in 

the Fermi-Eyges equation, using an exponential attenuation model for extremely "hard" 

bremsstrahlung collisions and approximation of the electron energy-straggling spectrum 

about the peak by a Gaussian. However, comparisons with Monte Carlo calculations and 

measurements show that these simplified transport processes are sufficient to predict the 

integral picture of energy deposition for an electron pencil beam of therapeutic energy. 

Due to its low computational cost, the energy-dependent EL model is attractive as a fast 

dose engine in dose optimization algorithms. At the present time, it is applicable to 

electron beams of energies up to 30 MeV. In future work the EL model will be modified 

to allow pencil beam calculation for VHEET beams. 

Future optimization studies to be conducted may include; 1) Refinement of the ITP 

program to make use of three-dimensional patient anatomical data 2) Replacement of 

Monte Carlo methods for pencil beam calculation by faster dose calculation models 3) 

Application of the ITP program to clinical cases having tissue inhomogeneities present 

and three-dimensional representation of target volumes and organs at risk 4) Dose-

volume constraints for the target volume and organs at risk will be defined and used in 

conjunction with the least-squares objective for the optimization 5) Implementation of 

treatment plan optimization using biological criteria e.g. the probability of complication-

free tumour control and 6) Application of the ITP program to anatomically dynamic 

situations such as a moving lung tumour target. 
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Appendix 

Calculation of the moments of the energy loss cross sections 

To apply the energy-dependent EL model we have to calculate the first Wi (E) and the 

second W2(E) moments of the energy loss cross-section and the total cross-section 

£(.£) for "hard" radiative collisions. The moments WX(E) and W2(E) describe the 

mean energy loss and the mean squared energy loss, respectively. Additionally, for the 

calculation of the energy deposition we need the restricted collisional stopping power 

LA(E), the total cross-section ~ZA(E) for the generation of knock-on electrons with 

energy E > A and the mean energy Ee(E) of electrons after "hard" radiative collisions. 

The restricted collisional stopping power LA(E) and the mean energy Ee{E) are also 

first moments of the energy loss cross-sections and the total cross-sections may be 

considered as the zeroth moments of the energy loss cross sections. The following 

notations are adopted in this Appendix; mc is the rest-mass energy of electron, 

T = E /(mc2) is the ratio of the kinetic energy of an electron to its rest-mass energy, /? 

is the ratio of the velocity of electron and the velocity of light in vacuum, e is the 

elementary unit of electrical charge, re is the classical electron radius, and Z is the atomic 

number of scattering centres. 

We calculate the restricted collisional stopping power LA(E) and the first moment 

WVm(E) of the ionizational cross-section Y,in(E-± E') which is the total collisional 

stopping power as described in ICRU Reports 35 and 37 (1984). To calculate the mean 

squared ionizational energy loss W2m(E), we utilize the approximate method given by 

Spencer and Fano (1954). In this method, the Moller scattering cross-section (Moller 

1931) is used to describe all electron, atomic-electron collisions. This cross-section is 

given by 
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where E is the incident electron's energy and s is the energy loss. The Moller cross-

section is used even though its derivation assumes the target electron is considered 

unbound (no completely adequate cross-section is available for soft electron, atomic-

electron collisions, i.e. collisions with energy transfers of the order or less than the 

binding energy of the target electron). The argument used to justify the use of the Moller 

cross section is that the energy loss per unit distance, and not the exact form of the cross 

section, is of most significance. For instance, by introducing a minimum energy transfer 

Emin for inelastic electron, atomic-electron collisions we can ensure that the average 

energy loss computed by use of the Moller cross section will be equal to the "correct" 

energy loss given by the stopping power of Sternheimer (1956). Equating the stopping 

power obtained by the integration of Moller cross-section to the "correct" stopping power 

one finds that 

7 2 e [ / ? 2 +¿( r ) ] 

m'n 2mc2r{r + 2) 

where S(T) is the density effect correction and I is the mean excitation energy. In order 

to obtain the macroscopic cross-section dLin{s)lds we have to multiply Eq. (Al) by 

the electron density of the medium. Then, integrating the product of macroscopic cross-

section dZin(s)Ids and squared energy loss s from Emin to E12 we can estimate 

the mean squared ionizational energy loss W2in(E). Integrating the cross-section 

dZ¡n(s)Ids from A to E/2 we also find the total production cross-section *ZA(E) of 

secondary electrons which can not be considered as locally absorbed. 
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The total cross-section £ ( £ ) of "hard" radiative collisions and the first W[RAD(E) and 

second ^radC-^")
 e n e r g y l ° s s moments corresponding to the radiative scattering from 

nuclei can be numerically calculated with use of one of the approximations for the 

differential in photon energy cross-section given by Koch and Motz (1959). In this 

article, we use the cross-section given by Schiff (1951) 
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In Eqs. (A3)-(A5), E0 is the initial energy of the electron, E is the energy of electron 

after collision and s - EQ — E is the energy of the bremsstrahlung photon. The energies 

E and £ can be changed from E0 to zero. To obtain the macroscopic cross-section 

dZrad(£) I ds we have to multiply Eq. (A3) by the atomic density of the medium. We 

calculate the moments of the radiative energy loss cross section dHrad{£) I d£ using the 

FORTRAN 77 subroutines presented by Press et al (1992b) which are based on the 

trapezoidal integration rule. To avoid the divergence of the numerical integration we 

follow Bartine et al (1972) and set the cross section equal to zero for £ < 10 -* MeV and 

£ > Q.99EQ . So, the energy loss moments ^ i r a d ( ^o ) a n ^ rad(-^0) a r e obtained by 

integrating of dLrad{j£)ld£ from 10 4 to E and the total cross section ^(EQ) was 
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obtained by integration of the cross section dLrad(e) I de from E to 0.99is 0. The 

separation energy was chosen as E S E P = EQ/2. For the energy deposition calculations, 

we need additionally the average energy E E ( E 0 ) of electrons after hard radiative 

collisions. This energy is calculated as 

0.99£0 

W W * ^ r r f % ^ ( £ 0 - s)de . (A6) 




