
fJL*.jJI f^AAjil iill fJULl 

Sudan Academy of Sciences, SAS 

Atomic Energy Council 

Evaluation of asymmetry collimator for a 
new generation telecobalt machine 

By 

Eshraga Elfaki Suliman 

A thesis Submitted to the Sudan Academy of Sciences in 

Partial Fulfillment of the Requirements 

For MSc in Medical Physics 

Supervisor: Mr. Mostafa M.Elhasan 

Jan 2008 



Sudan Academy of Sciences 
Atomic Energy Council 

Examination Committee 

Name Title Signature 
Dr. Farouk Idris Habbani External Examiner Dr. Farouk Idris Habbani External Examiner 

O * 
Mr. Ammar Mohammed 

Elamin 

Academic Affairs 
Representative 

Mr. Ammar Mohammed 

Elamin 

Academic Affairs 
Representative 

Mr. Mostafa M.Elhasan Supervisor 

Jan 2008 



Acknowledgements 

Sincere thanks 

To Mr.Mostafa M.Elhasan for seeding the concept of this study. 

To all staff at the Department of Medical Physics at the 

Radiation and Isotopes Center of Khartoum (RICK) who have 

been generous in their help and support. 



DEDICATION 

To my Mother Father Sisters and 

Brothers who have shared their 

love and support. 



ABSTRACT 

A new model of the telecobalt unit, Theratron Equinox-100, (MDS Nordion, Canada) 

equipped with a single 60 degree motorized wedge (MW) and upper (X) and lower (Y) 

asymmetric jaws have been evaluated. Symmetrical jaws were commissioned in 

Pinnacle3 (Philips), the 3D treatment planning system (TPS). The profiles and central axis 

depth dose (CADD) were measured with Wellhofer blue water phantom for various field 

sizes using 0.13 cc thimble ionization chamber (Scanditronix Wellhofer, Uppsala, 

Sweden) and the data were commissioned in Pinnacle3.These profiles and CADD for 

symmetry jaws were compared with asymmetry jaws for various field sizes. Also beam 

profiles for 5x5, 10x10 and 20x20 cm2 for symmetry and asymmetry field sizes at 5 and 

10 cm depths measured with 2D-Array (two dimensional detector array with 729 vented 

ionization chambers with a size of 5x5 mm , PTW, Germany), are compared. A 

homogeneous phantom generated in Pinnacle3 .The dose calculated in this phantom at 10 

cm depth for various field sizes of symmetry and asymmetry jaws using collapse cone 

convolution (cc convolution) model with a grid size of 4 mm , and compared with 

measured dose in a water phantom at 10 cm depth with a 0.6 cc thimble ion chamber FC-

65-G and DOSE1 electrometer for field sizes of 5x5, 10x10 and 20x20 cm2 using IAEA 

dosimetry protocol TRS-398.The variation of measured and calculated doses at 10 cm 

depth were within 1%. 

The asymmetry jaws were successfully commissioned in Pinnacle . 
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CHAPTER ONE 

INTRODUCTION 

1.1 Preface 

Radiotherapy is one of the most effective treatment modalities for cancer, together with 

surgery and chemotherapy. The aim of curative radiation treatment is to deliver as high 

dose to the tumor as possible without causing unacceptable damage to surrounding 

healthy tissue. In Sudan it is applied for approximately 50% of all cancer patients. 

Radiotherapy is usually given in a combination of treatment portals with high energy 

photon or electron beams directed from several directions to the tumor area. With 

external beam therapy, the total dose is usually given in a series of 15 to 35 fractions, 

with one fraction per day in a period of 3 to 7 weeks. 

The question of what a degree of accuracy is required in radiotherapy for dose delivery to 

a patient has received great attention. This consideration is generally based on the 

difference in radiation response between tumors and normal tissues. The tolerance of 

normal tissue is often the limiting factor for the dose that can be delivered to the patient. 

Dose-effect curves describe the relation between the dose and the amount of biological 

effect. For normal tissue complications the dose-effective curve is generally steeper than 

for local tumor control and the same level of biological response is generally found at 

higher dose level for normal tissue than for tumors. The precise form and steepness of 

these curves depend on many factors, including the intrinsic radiosensitivity of the tissue, 

and the fraction scheme. 

Mijnheer et al (1987) discussed the clinical observations of normal tissue reaction. They 

concluded that an increase of absorbed dose of ± 7 % can result in unacceptable normal 

tissue complication probabilities. According to the authors this value should be 

interpreted as twice the standard deviation in the absorbed dose. Therefore, they 
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concluded that a total uncertainty of ±3.5 (1SD) in the absorbed dose at the dose 

specification point is desirable and should be strived for in clinical routine. 

To achieve 3.5 %( 1SD) accuracy in dose delivery require accurate and reproducible 

calibration of the treatment machine, reproducible position of the patient and high 

precision in the dose calculation procedures. 

A high degree of accuracy in the delivery of the dose to the patient is necessary to obtain 

optimal success in radiotherapy. There are many steps involved in the dosimetry chain 

determining the accuracy in the dose delivery. Calculation of the absorbed dose at 

specific point in patient is one of these steps. Such a calculation is performed with 

treatment planning computer algorithm. Measured data are needed as input data. 

Consistency in the collection of these data is needed as well. First, one has to choose the 

reference set-up for the measurement, which preferably is closely linked to the procedure 

for beam calibration. 

Commissioning of the dose calculation algorithms of a treatment planning system is 

generally performed (i) by entering basic beam data into the system according to the 

methods and requirements described in the Users Manual of the system, and (ii) by 

comparing the result of dose calculations with entered data and with the data that were 

measured specifically for this purpose. Most commonly, existing beam data are used as 

input data. Difference between calculated and actual dose values may be encountered, 

partly due to uncertainties in the measured data, and partly due to imperfect beam 

modeling. Criteria for acceptability have to be applied before accepting a treatment 

planning system for clinical use. 

Basic beam data are entered in a treatment planning system for the purpose of modeling 

the photon beam. These basic data are generally derived from measurements in a 

homogeneous medium, for example by using suitable detectors in a large water phantom. 

These data should encompass the range of field sizes and depths used in all possible 

clinical situations and consist of central axis depth dose (CADD), beam profiles and 

output factors. The influence of beam modifying devices on these basic beam data is 

generally taken into account with additional wedge profiles, wedge transmission factors 

and tray transmission factors. 

During the first 50 years of radiotherapy the technological progress was relatively slow 

and mainly based on x-ray tubes, van de Graaff generators and betatrons. The invention 
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of the 60Co teletherapy unit by H.E. Johns in Canada in the early 1950s provided a 

tremendous boost in the quest for higher photon energies and placed the cobalt unit at the 

forefront of radiotherapy for a number of years. The concurrently developed medical 

linacs, however, soon eclipsed cobalt units, moved through five increasingly 

sophisticated generations and became the most widely used radiation source in modern 

radiotherapy. With its compact and efficient design, the linac offers excellent versatility 

for use in radiotherapy through isocentric mounting and provides either electron or 

megavoltage x-ray therapy with a wide range of energies. 

In addition to linacs, electron and x-ray radiotherapy is also carried out with other types 

of accelerator, such as betatrons and microtrons. More exotic particles, such as protons, 

neutrons, heavy ions and negative TC mesons, all produced by special accelerators, are also 

sometimes used for radiotherapy; however, most contemporary radiotherapy is carried 

out with linacs or teletherapy cobalt units. 

There are many professionals, radiation oncologists, and medical physicists in the field 

who support the idea that it is worthwhile to consider cobalt units for specific treatment 

techniques or treatment sites. These sites include head and neck, breast wall, and 

extremities. Palliative treatment of bone metastases can also be carried out adequately 

with cobalt. Larynx carcinoma should preferably be treated with low-energy photons, be 

it low-energy x-rays or the gamma radiation of cobalt. Cobalt is, therefore, still being 

used, even in well-equipped radiotherapy departments and institutes. 

Radiation and Isotopes center of Khartoum (RICK) is one of the two radiotherapy centers 

in Sudan that continue to expand, and recently a new model of a fully computerized 

isocentric teletherapy cobalt-60 unit, Equinox-100 model was installed. 

Equinox-100 (MDS Nordion, Canada) incorporates unique features, such as: 

o Availability of smaller field size (0.5 cm x 0.5 cm), 

o Fully software controlled operation which also keeps the record of vital 

operational history of the unit, 

o Software controlled collimator, couch and gantry movement and calibration 

facilities, 

o Availability of upper and lower asymmetric jaws, 
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o Availability of motorized wedge (MW), a single physical wedge (60°) which can 

generate desired angle (from 0° up to 60°) with the combination of open and 

wedged beam time, 

o ANAVA T M treatment positioning table with the carbon fiber top, 

o Collision detection system, and 

o Simulate feature for arc treatment.[43] 

The new model was commissioned in Pinnacle3, the three-dimensional computerized 

Treatment Planning System (TPS) for the purpose of the dose calculation after the 

therapy machine is accepted and before it can be placed in clinical service. An extensive 

set of radiation measurements were acquired to characterize the machine performance 

and to confirm the beam characteristics against the machine manufacturer's specification. 

Earlier models of the teletherapy cobalt-60 unit have fixed symmetric jaws. A limitation 

of shifting of the field center \vith the symmetric jaws was overcome with the 

development of the asymmetric collimator. 

Many authors have proposed computational methods to obtain isodose curves for 

asymmetric beams and several approaches have been presented which make symmetric 

beam data models and/or monitor calculation models suitable for off-axis calculations. 

Khan et al [8] have studied the dosimetry of an independent jaw system and showed that 

beam data determined for symmetric collimator settings (TMR, head-scattering factors, 

off-axis ratios) can be used with high accuracy in calculations for asymmetric beams if 

off-axis softening is accounted for. The latter can be found from a set of symmetric dose 

profiles measured for the largest open field. This method has been further improved by 

separating the off-axis ratios into a boundary factor (BF's) and a primary off-axis ratio 

(POAR) for the four jaws. The POAR's and BF 's were derived from measured beam 

profiles, which include the effect of off-axis beam quality variations. [5] 

It has also been shown that the central dose in an asymmetric field can be calculated as a 

product of four independent collimator output factors related to the four jaws. [25] 

All these models result in output factors within some percent of measured ones. However, 

they include a lot of assumptions and measurements. 

It should be beneficial if a more general and straightforward algorithm was developed by 

means of which not only the absorbed dose administered to a single point but also the 

complete dose distribution could be found. The number of extra measurements should be 
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kept small to avoid time-consuming commissioning before the system can be 

implemented. It should in general be more applicable in common clinical situations and, 

if off-axis correction factors could be avoided, it should make dose calculations easier, 

thereby reducing the risk of human errors. 

The treatment planning system used in this study (Pinnacle3) is based on a dose-to-

energy-fluence concept utilizing a collapsed cone convolution model. The absorbed dose 

is calculated by convoluting pencil-beam kernels with the incident photon energy fluence. 

The energy fluence matrix is derived from measurements in the largest field possible at 

each treatment unit. 

The implemented algorithm has the following characteristics: 

o Primary transport for beam TERMA (Total Energy Released per unit Mass) uses 

poly energetic rays, with water equivalent depth hardening and off-axis softening, 

o Poly energetic kernel construction is based on the energy spectrum of the 

unhardened beam (before it enters the phantom) at the central axis, 

o To account for heterogeneities, the kernels are density-scaled during 

superposition. Superposition is performed using 'collapsed cone. ' The collapsed 

cone refers to the modeling of a cone in space using a single ray corresponding to 

the central axis of the cone (see chapter 4). 

This algorithm models the dose distribution together with the output factor for any 

irregularly shaped field, with symmetric or asymmetric collimator settings, without 

special correction factors and extensive extra measurements. Thus, this study was 

performed to investigate the performance of the model for asymmetric beams. [33] 

To put the model to its limits, off-axis fields were measured. This study presents the 

results of these measurements. 
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1.2 The Aim of the Study 

Knowledge of the dose distribution and of the reference dose rate of the asymmetric 

fields is necessary for their use in clinical practice. The objective of this study is to 

evaluate the difference between symmetry and asymmetry beam collimation settings and 

to determine the accuracy to which the Treatment Planning System (TPS) calculates the 

absorbed dose for open asymmetric photon beams using the same beam data and the 

same approach for dose calculation for symmetric collimator setting. 

The purpose of this study is: 

o To perform relative dose measurements in water phantom and 2D-ARRAY for 

different symmetric and asymmetric field sizes over ranges of depths, 

o To perform absolute dose measurements in a water phantom following IAEA 

TRS-398 protocol for both, symmetric and asymmetric fields, 

o To predict the difference between the symmetric and asymmetric fields values, 

o To compare dose calculation for symmetry and asymmetry beams by the TPS. 

1.3 The Importance of the Study 

In the new MDS machine purchased by RICK, the independent collimator feature can 

define radiation that is asymmetric with respect to the collimator axis and oblique to the 

incident surface. 

Knowledge of the reference dose rate and of the dose distribution of asymmetric fields is 

required. And prior to clinical implementation, it is necessary to evaluate the dosimetry of 

this non-standard treatment delivery technique. 
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1.4 Gamma Ray Beams and Units 

Treatment machines incorporating y-ray sources for use in external beam radiotherapy are 

called teletherapy machines. They are most often mounted isocentrically, allowing the 

beam to rotate about the patient at a fixed source axis distance (SAD). Modern 

teletherapy machines have SADs of 80 or 100 cm. 

The main components of a teletherapy machine are: a radioactive source, source housing, 

(including beam collimator and source movement mechanism), a gantry and stand, a 

patient support assembly, and a machine console. 
60Co has proved to be the most suitable for external beam radiotherapy. The important 

characteristics of this radioisotope in external beam radiotherapy are: 

o High y-ray energy, 

o High specific activity, 

o Relatively long half-life, and 

o Large specific air kerma rate constant rAKR-[9] 

Cobalt is a dense (mass density 8900 Kg.m" ) silver white metal with a high melting point 

(1500 K), its non - radioactive ore is rarely found in naturally occurring rock formation. 

The chemical symbol Co, (atomic number 27, atomic weight 58.933 amu) is named for a 

Globin, Kobalt, known in Germanic legend for steeling silver. When Cobalt-59 is 

bombarded with neutrons in a nuclear reactor, the result is radioactive cobalt-60, with a 

half-life of 5.261 years. The Cobalt-60 radionuclide decays to stable Nickel-60 with the 

emission of electrons ((3-particles) with a maximum energy of 320 keV and two gamma 

rays with energies of 1.17 MeV and 1.33 MeV. The emitted gamma rays constitute the 

therapy beam, the electrons are absorbed in the cobalt source or the source capsule, where 

they produce relatively low energy and essentially negligible bremsstrahlung x-rays and 

characteristic x- rays. [45] 

60Co radionuclide is contained inside a cylindrical stainless steel capsule and sealed by 

welding. A double welded seal is used to prevent any leakage and contamination and to 

prevent movement of the radioactive material. The typical diameter of the cylindrical 

teletherapy source is between 1 and 2 cm, the height of the cylinder is about 2.5 cm. The 

smaller the source diameter, the smaller is its physical penumbra and the more expensive 

is the source. Often a diameter of 1.5 cm is chosen as a compromise between the cost and 
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penumbra. Typical source activities are of the order of 5000-10 000 Ci (185-370 TBq) 

and provide a typical dose rate at 80 cm from the teletherapy source of the order of 100— 

200 cGy.min"1. [9] 

Teletherapy sources are usually replaced within one half-life after they are installed. 

Patient's case and economic considerations determine the duration of source use, 

normally between 3 to 10 years. With a source half-life of 5.261 years, many users plan 

for source replacements during the fifth year of use. However, in facilities with heavy 

case loads, where the lower out put of a decayed source impedes treatment of large 

numbers of patients, replacements before the fifth year is common. Conversely, if few 

patients are being treated, a source can be used for up to 7 or 8 years and even longer. 

There are no medical contraindications for using a low dose rate for external beam 

therapy (indeed, there is literature suggesting lower dose rates produce fewer 

complications). Other than that patient discomfort and movement may increase during 

extended treatments. [45] 

The housing for the teletherapy source is called the source head, and consists of a steel 

shell with lead for shielding purposes and a mechanism for bringing the source in front of 

the collimator opening to produce the clinical y-ray beam. 

Currently two methods are in use for moving the teletherapy source from the beam off 

into the beam on position and back: 

(i) A source on a sliding drawer and 

(ii) A source on a rotating cylinder. 

Both methods incorporate a safety feature in which the beam is terminated automatically 

in the event of a power failure or emergency. 

When the source is in the beam off position, a light source appears in the beam on 

position above the collimator opening, allowing an optical visualization of the radiation 

field, as defined by the machine collimators and any special shielding blocks. 

Some radiation will escape from the unit even when the source is in the beam off 

position. The head leakage typically amounts to less than 1 mR.h"1 (0.01 mSv.h"1) at 1 m 

from the source. International regulations require that the average leakage of a teletherapy 

machine head be less than 2 mR.h"1 (0.02 mSv.h"1) at 1 m from the source. [9, 19] 
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1.5 Cobalt-60 Teletherapy Units versus Linacs 

After the inception of radiotherapy soon after the discovery of x-rays by Roentgen in 

1895, the technology of radiation production was first aimed towards ever higher photon 

energies and intensities and more recently towards computerization and intensity 

modulated beam delivery. During the first 50 years of radiotherapy, technological 

progress was relatively slow and mainly based on x-ray tubes, van de Graaff generators 

and betatrons. 

The first truly practical megavoltage therapy machine was the 6 0Co teletherapy machine 

developed in Canada in the 1950s. The invention of 6 0Co teletherapy provided a 

tremendous boost in the quest for higher photon energies and placed the 6 0Co unit in the 

forefront of radiotherapy for a number of years, mainly because it incorporated a 

radioactive source that is characterized by features extremely useful for radiotherapy. 

Linear accelerators (Linacs) were developed concurrently by two groups: W.W. Hansen's 

group at Stanford University in the USA and D.D.Fry's group at the Telecommunications 

Research Establishment in the UK. Both groups were interested in linacs for research 

purposes and profited heavily from the microwave radar technology developed during 

World War II, using 3000 MHz as the design frequency. • 

The potential for the use of linacs in radiotherapy became apparent in the 1950s, and the 

first clinical linac was installed in the 1950s at the Hammersmith Hospital in London. 

During subsequent years, the linac eclipsed the cobalt unit and became the most widely 

used radiation source in modern radiotherapy, with several thousand units in clinical 

practice around the world today. 

In comparison with 6 0Co machines, linacs have become very complex in design: 

o In part because of the multimodality capabilities that have evolved and are 

available on most modern machines, 

o In part because of an increased use of computer logic and microprocessors in the 

control systems of these machines, 

o In part because of added features, such as high dose rate modes, multileaf 

collimation, electron arc therapy and the dynamic treatment option, which is 

characterized by a controlled motion on the collimators (dynamic wedge), multi 
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leaves collimator (MLC), intensity modulation radiotherapy (1MRT), gantry or 

table while the beam is turned on. 

On the other hand, 6 0Co unit provides only one y-energy of 1.25 MeV while a linac can 

provide either megavoltage electron or x-ray therapy with a wide range of energies. Also 

linaas1 offer beam characteristics (greater depth of maximum dose dmax, smaller 

penumbras), generally accepted as superior to those of 60Co, as well as faster treatments. 

Despite the clear technological and practical advantages of linacs over 6 0Co machines, the 

latter still occupy an important place in the radiotherapy armamentarium, mainly because 

of the considerably lower capital, installation and maintenance costs of 60Co machines 

compared with linacs. In the developing world, 6 0Co machines, because of their relatively 

lower costs, simplicity of design and ease of operation, are likely to play an important 

role in cancer therapy for the foreseeable future and that more than 50 % of all cancers 

are in anatomy with thickness amenable to 60Co teletherapy treatment. [9] 

Many modern features of linacs, such as MLCs, dynamic wedges and dynamic operation, 

could be installed on modern 6 0Co machines to allow, at a lower cost, a similar 

sophistication in treatment as linacs. It is unfortunate that manufacturers of 6 0Co units are 

very slow in reacting to new technological developments in radiotherapy, conceding pre-

eminence to linac manufacturers even in areas where it would be much easier and more 

practical to run 6 0Co machines than linacs. 

The World Health Organization (WHO) estimates the number of new cancer cases per 

year will rise from about 9 million in the year 2000 to possibly 15 million in the year 

2015. With the burden of the increase in cancer cases in developing countries, 60Co 

devices can continue to provide high-standard radiotherapy with economical treatments, 

for many patients. [45] 

1.6 Beam Collimation and Penumbra 

A collimator system is designed to vary the size and shape of the beam to meet the 

individual treatment requirements. The simplest form of a continuously adjustable 

diaphragm consists of two pairs of heavy metal blocks. Each pair can be moved 

independently to obtain a square or a rectangle-shaped field. Some collimators are 

multivane type, i.e., multiple blocks to control the size of the beam. In either case, if the 
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inner surface of the blocks is made parallel to the central axis of the beam, the radiation 

will pass through the edges of the collimating blocks resulting in what is known as the 

transmission penumbra. The extent of this penumbra will be more pronounced for larger 

collimator openings because of greater obliquity of the rays at the edges of the blocks. 

This effect has been minimized in some designs by shaping the collimator blocks so that 

the inner surface of the blocks remains always parallel to the edge of the beam. In these 

collimators, the blocks are hinged to the top of the collimator housing so that the slope of 

the blocks is coincident with the included angle of the beam. Although the transmission 

penumbra can be minimized with such an arrangement, it cannot be completely removed 

for all field sizes. [16] 

1.7 Field Shaping 

Shielding of vital organs within a radiation field is one of the major concerns of radiation 

therapy. Considerable time and effort are spent in shaping fields not only to protect 

critical organs but also to avoid unnecessary irradiation of the surrounding normal tissue. 

Attendant to this problem is its effect on skin dose and the buildup of dose in the 

subcutaneous tissue. Skin sparing is an important property of megavoltage photon beams, 

and every effort should be directed to maintaining this effect when irradiating normal 

skin. 

Another problem frequently encountered in radiation therapy is the matching of adjacent 

fields. This situation arises when radiation fields available with the equipment are not 

large enough to encompass the entire target volume. In some cases, the target volume is 

divided into two parts so treatment to the second part does not commence until the 

treatment course to the first part has been completed. Such a scheme is designed to avoid 

toxicity due to irradiating an excessive volume of tissue. Multiple adjacent fields are also 

used when tumor distribution or patient anatomy does not allow coplanar fields (fields 

with central axes in the same plane). The main problem with these techniques is the 

possibility of extreme dose inhomogeneity in the junctional region. Because radiation 

beams are divergent, adjacent fields can overlap at depth and give rise to regions of 

excessive dose or hot spots. Overlaps can be avoided by separating the fields, but this in 

turn can give rise to areas of reduced dose or cold spots. [16] 
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1.7.1 Custom Blocking 

The shaping of treatment fields is primarily dictated by tumor distributional and local 

extensions as well as regional metastases. Not only should the dose to vital organs not 

exceed their tolerance but the dose to normal tissue, in general, should be minimized. As 

long as the target volume includes, with adequate margins, the demonstrated tumor as 

well as its presumed occult spread, significant irradiation of the normal tissue outside this 

volume must be avoided as much as possible. These restrictions can give rise to complex 

field shapes, which require intricate blocking. 

Although a number of systems have been used for field shaping [34, 6, 26, 7, 11, 32, 14, 

and 18], the one introduced by Powers et al. (1973) is most commonly used in radiation 

therapy. This system uses a low melting point alloy, Lipowitz metal (brand name, 

Cerrobend), which has a density of 9.4 g/cm3 at 20°C ( - 8 3 % of lead density). This 

material consists of 50.0% bismuth, 26.7% lead, 13.3% tin, and 10.0% cadmium [34]. 

The main advantage of Cerrobend over lead is that it melts at about 70°C (compared with 

327°C for lead) and, therefore, can be easily cast into any shape. At room temperature, it 

is harder than lead. 

The minimum thickness of Cerrobend blocks required for blocking may be calculated 

from tables using its density ratio relative to lead (e.g., multiply lead thickness by 1.21). 

In the megavoltage range of photon beams, the most commonly used thickness is 7.5 cm, 

which is equivalent to about 6 cm of pure lead. 

The procedure for constructing Cerrobend blocks starts with a simulator radiograph or a 

port film on which the radiotherapist draws the outline of the treatment field indicating 

areas to be shielded. The film is then used to construct divergent cavities in a Styrofoam 

block that are used to cast Cerrobend blocks using a Styrofoam-cutting device that 

consists of an electrically heated wire which pivots about a point simulating the source or 

the x-ray target. The film, the Styrofoam block, and the wire apparatus are so adjusted 

that the actual treatment geometry (same source to film and source to block distances) is 

obtained. [16] 

12 



1.7.2 Independent Jaws 

Asymmetric fields are sometimes used to block off a part of the field without changing 

the position of the isocenter. Although blocking is often used to generate irregular field 

shapes, rectangular blocking can be easily done by independently movable collimators, or 

jaws. 

Earlier models of the teletherapy 6 0Co units have fixed symmetric jaws; the pairs of jaws 

were designed to move in unison, at ways providing collimator openings which is 

symmetrical with respect to the central beam axis. 

Modern teletherapy cobalt units now incorporate independent jaws that can be moved 

independently of the corresponding opposed jaws to allow asymmetric fields with field 

centers positioned away from the true central axis of the beam. Some machines have one 

independent jaw, others have two independent pairs, and some have all four jaws as 

independent. Operationally, the independent j aw option is interlocked to avoid errors in 

the setting of symmetric fields, in which case the opposite jaws open or close 

symmetrically. [16] 

For example, an independent j aw can be moved to block off half of the field along central 

axis to eliminate beam divergence. This feature is useful for matching adjacent fields. 

Although this function can also be performed by beam splitters or secondary blocking on 

a shadow tray, an independent jaw feature reduces the setup time and spares the therapist 

from handling heavy blocks. The asymmetric jaws, of course, can be used as the old style 

symmetric jaws, if required for standard treatments. 

Asymmetry collimator consists of four blocks, two forming the upper and two the lower 

jaws of the collimator as shown in F ig l . l (a). They can provide rectangular and square 

fields with sides on the order of few mm up to 40 cm. 

Asymmetrical fields are defined by the distance separating each j aw from the intersection 

(0) of the collimator axis with the plane of measurements and by the distance 00A from 

the collimator axis to the center of asymmetrical field, as shown in Fig 1.1 (b). 

The collimator j aw provides greater attenuation than the alloy shield, thus providing an 

advantage (which is readily apparent on portal films) in reducing dose to blocked regions. 

In addition, there is a practical advantage in reducing the size of the block alloy needed to 
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create the beam aperture, thus reducing the physical effort needed to lift heavy blocks, 

along with providing some cost savings, since less of the alloy is needed. [20] 

from the intersection (0) of the collimator axis. 

1.8 Beam character is t ics of asymmetr ic fields 

For symmetrical adjustments of the collimator, the beam axis is identical to the 

mechanical collimator axis. It intersects the isocentre of the unit and for reference 

measurements is perpendicular to the phantom surface (Figl.2 a). 

For asymmetric fields, it is necessary to make a clear distinction between the collimator 

axis and the beam axis which is defined as the ray originating from the source and 

passing through the geometrical center of the square or rectangular beam (Fig 1.2 b and 

c). In this case, the beam axis does not intersect the isocentre and is oblique to the 

phantom surface placed in reference conditions. [15] 

Sourca Source Source 

Figure 1.2 Definition of the beam axis for (a) symmetric, (b) and (c) asymmetric beams. 
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Asymmetric fields can be used to improve existing treatment techniques and develop new 

ones. Besides being used simply as a collimating block to a symmetrical change of the 

field dimensions, it finds its greatest use in matching adjacent fields, by blocking off one-

half of the field along the central axis, and beam divergence can be eliminated at the 

junction of the fields. [16] 

Clinical sites where asymmetric jaws are typically used include breast, head and neck, 

craniospinal, and prostate. A single set of asymmetric jaws is used to match 

supraclavicular and tangential fields in the longitudinal plane for breast irradiation. Klein 

et al. (1994) described the use of dual asymmetric jaws to create nondivergence along the 

chest wall for the tangential beams. This technique allows a single setup point for all of 

the treatment fields, including the posterior axillary field. 

The Y-jaws can be split the caudal and cephalic regions for the supraclavicular and 

tangential beam as shown in Fig 1.3. [20] 

Transverse 

Figure 1.3 Treatment technique for breast cancer using independent collimators. 
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CHAPTER TWO 

DOSE CALCULATION PARAMETERS 

2.1 Introduction 

It not is possible to measure dose distribution directly in patients treated with radiation. 

Data on dose distribution almost entirely derived from measurements in phantoms, tissue 

equivalent materials, usually large enough in volume to provide full-scatter conditions for 

the given beam using small ionization chamber. These.basic data are used in a dose 

calculation system derived to predict dose distribution in an actual patient. This chapter 

deals with various quantities, concepts and parameters that are useful for this purpose. 

2.2 Phantoms 

Basic dose distribution data are usually measured in a water phantom, which closely 

approximates the radiation absorption and scattering properties of muscle and other soft 

tissues. Another reason for the choice of water as a phantom material is that it is 

universally available with reproducible radiation properties. A water phantom, however, 

poses some practical problems when used in conjunction with ion chambers and other 

detectors that are affected by water, unless they are designed to be water proof. In most 

cases, however, the detector is enclosed in a thin plastic (water equivalent) sleeve before 

immersion into the water phantom.-

Since it is not always possible to put radiation detectors in water, solid dry phantoms 

have been developed as substitutes for water. Ideally, for a given material to be tissue or 

water equivalent, it must have the same effective atomic number, number of electrons per 

gram, and mass density. However, since the Compton Effect is the most predominant 

mode of interaction for megavoltage photon beams in the clinical range, the necessary 

condition for such beams is the same electron density (number of electrons per cubic 

centimeter) as that of water. 
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In addition to homogeneous phantoms, anthropomorphic phantoms are frequently used 

for clinical dosimetry. One such commercially available system, known as Alderso 

Rando phantom, incorporates materials to simulate various body tissues-muscle, bone, 

lung, and air cavities. The phantom is shaped into a human torso and is sectioned 

transversely into slices for dosimetric applications. [16] 

2.3 Dose distribution and scatter analysis 

A photon beam propagating through a phantom or patient is affected not only by the 

inverse square law but also by the attenuation and scattering of the photon beam inside 

the phantom or patient. These three effects make the dose deposition in a phantom or 

patient a complicated process and its determination a complex task. 

The dose to a point in a medium may be analyzed into primary and scattered components. 

The primary dose is contributed by the initial or original photons emitted from the source 

and the scattered dose is the result of the scattered photons. The scattered dose can be 

further analyzed into collimator and phantom components, because the two can be varied 

independently by blocking. For example, blocking a portion of the field does not 

significantly reduce the phantom scatter. 

The above analysis present one practical difficulty, namely, the determination of primary 

dose in a phantom which excludes both the collimator and phantom scatter. However, for 

megavoltage photon beams, it is reasonably accurate to consider collimator scatter as a 

part of the primary beam so that the phantom scatter could be calculated separately. 

Therefore, an effective primary dose was defined as the dose due to the primary photons 

as well as those scattered from the collimating system. 

The effective primary in a phantom may be thought of as the dose at depth minus the 

phantom scatter. Alternatively, the effective primary dose may be defined as the depth 

dose expected in the field when scattering volume is reduced to zero ( 0 x 0 field) while 

keeping the collimator opening constant.[l6] 

As the beam is incident on a patient (or a phantom), the absorbed dose varies with depth. 

A typical dose distribution on the central axis of a megavoltage photon beam striking a 

patient is shown in Fig.2.1. 

The beam enters the patient on the surface, where it delivers a certain surface dose Ds. 

Beneath the surface the dose first rises rapidly, reaches a maximum value at depth of dose 



maximum zmax and then decreases almost exponentially until it reaches a value Dex at the 

patient's exit point. [9] 

Figure 2.1 Typical dose distribution on the central axis of a megavoltage photon beam 

striking a patient. Ds is the surface dose at the beam entrance side, Dex is the surface dose 

at the beam exit side. Dmax is the dose maximum often normalized to 100, resulting in a 

depth dose curve referred to as the percentage depth dose (PDD) distribution. The region 

between z = 0 and z = zmax is referred to as the dose buildup region. 

2.3.1 The su r face dose Ds 

For megavoltage photon beams the surface dose is generally much lower than the 

maximum dose, which occurs at a depth zmax beneath the patient's surface. In 

megavoltage photon beams the surface dose depends on the beam energy and field size. 

The larger the photon beam energy, the lower the surface dose, which for a 10 x 10 cm2 

field typically amounts to some 30% of the maximum dose for a cobalt beam, 15% for a 

6 MV X ray beam and 10% for an 18 MV X ray beam. 

For a given beam energy the surface dose increases with the field size. 

The low surface dose compared with the maximum dose is referred to as the skin sparing 

effect and represents an important advantage of megavoltage beams over orthovoltage 

and superficial beams in the treatment of deep seated tumors. 
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Orthovoltage and superficial beams do not exhibit the skin sparing effect; since their dose 

maximum occurs on the skin surface (i.e. the surface dose-is equal to the maximum dose). 

The surface dose is measured with thin window parallel-plate ionization chambers for 

both chamber polarities, with the average reading between the positive and negative 

polarities taken as the surface dose value. 

The surface dose represents contributions to the dose from: 

• Photons scattered from the collimators, flattening filter and air; 

• Photons backscattered from the patient; 

• High energy electrons produced by photon interactions in air and any shielding 

structures in the vicinity of the patient. [9] 

2.3.2 The buildup region 

The dose region between the surface (depth z = 0) and depth z = zmax in megavoltage 

photon beams is referred to as the dose buildup region and results from the relatively long 

range of energetic secondary charged particles (electrons and positrons) that are first 

released in the patient by photon interactions (photoelectric effect, Compton effect, pair 

production) and then deposit their kinetic energy in the patient. 

In the region immediately beneath the patient's surface, the condition of charged particle 

equilibrium (CPE) does not exist and the absorbed dose is much smaller than the collision 

kerma. However, as the depth z increases, CPE is eventually reached at z = zmax, where z 

is approximately equal to the range of secondary charged particles and the dose becomes 

comparable with the collision kerma. 

Beyond zmax both the dose and collision kerma decrease because of the photon 

attenuation in the patient, resulting in a transient rather than true CPE. [9] 

2.3.3 The depth of dose maximum zmax 

The depth of dose maximum zmax beneath the patient 's surface depends on the beam 

energy and beam field size. The beam energy dependence is the main effect; the field size 

dependence is often ignored because it represents only a minor effect. 

Nominal values for zmax range from zero for superficial and orthovoltage x-ray beams, 

through 0.5 cm for 6 0Co beams, to 5 cm for 25 MV beams. 
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For a given beam energy, the largest zmax occurs for fields of ~5 x 5 cm2. For fields larger 

than 5 x 5 cm2, zmax decreases because of collimator scatter effects (for cobalt units) and 

collimator and flattening filter scatter effects (for linacs). For fields smaller than 5 x 5 

cm2, zmax decreases because of phantom scatter effects. [9] 

2.3.4 The exit dose Dex 

The dose delivered to the patient at the beam exit point is referred to as the exit dose 

(Dex). As shown in Fig. 2.1, close to the beam exit point the dose distribution curve is 

slightly downwards from the extrapolated dose distribution curve. This relatively small 

effect is attributed to the missing scatter contribution at the exit point from points beyond 

the exit dose point. Similarly to the surface dose, the exit dose may be measured with a 

parallel-plate chamber, in this case with the chamber body orientated towards the 

source.[9] 

2.4 Collimator Scatter Factor or out put Factor 

Exposure in air X, air kerma in air (K a i r ) a i r and 'dose to. small mass of medium in air' 

D'med depend on field size A and a parameter referred to as the collimator scatter factor Sc. 

defined as: 

5 ( A /n,)= X(A,hv) = (Ka:r(A,hv))air _ D'(A,hv) (2 1} 

X(l 0, hv) (Ka,r(\0,hv))air D'(\0,hv) 

The Sc is usually measured with an ionization chamber with a buildup cap of a size large 

enough to provide maximum dose buildup for the given energy beam. For small fields 

one may carry out the measurements at large distances from the source so that the buildup 

cap is fully covered; however, the data are usually corrected back to the nominal surface 

skin distance (SSD) of the machine by using the inverse square law. 

The Sc is normalized to 1 for the nominal field of 10 x 10 cm2 at the nominal SSD for the 

treatment machine. It is larger than 1 for fields A exceeding 1 0 x 1 0 cm2 and smaller than 

1 for fields A smaller than 10 x 10 cm2. [9] 
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2.5 Peak Scatter Factor (PSF) 

The 'dose to small mass of medium in air' Dp is measured with just enough material 

around the point of interest p to provide electronic equilibrium (ionization chamber with 

appropriate buildup cap). D'p is related to Dp, the dose at zmax in a phantom at point p, 

through the PSF as follows: 

P S F ( A > h v ) = D p ( z ™ > A > f > h v ^ ( 2 . 2 ) 
D'p(A,hv) 

At low photon energies zmax = 0, point P is on the surface, and the PSF is referred to as 

the backscatter factor. The PSF gives the factor by which the radiation dose at point P in 

air is increased by radiation scattered to point P from the phantom or patient and depends 

on field size A as well as on photon beam energy hu. [9] 

2.6 Phantom Scatter Factor 

PSF normalized to 1 for a 10 x 10 cm2 field is referred to as the phantom scatter factor Sp. 

It defined as the ratio: [9] 

PSF(A,hv) 
p PSF (10, hv) 

2.7 Relative Dose Factor 

For a given photon beam at a given SSD, the dose rate at point P (at depth zmax in a 

phantom) depends on the field size A; the larger the field size, the larger the dose. The 

relative dose factor (RDF) or the total scatter factor (S c p) or sometimes the machine 

output factor is defined as the ratio of Dp(zmax,A,f,hv), the dose at P in a phantom for field 

A, to DP(zmax, 10,f,hv), the dose at P in a phantom for a 10 x 10 cm2 field. [9] 

RDF (A, hv) = SCi , (A, hv) = (2.4) 
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2.8 Dose calculation parameters: SSD set-up 

2.8.1 Percentage depth dose 

Central axis dose distributions inside the patient or phantom are usually normalized to 

Dmax
 = 100% at the depth of dose, maximum zmax and then referred to as the percentage 

depth dose (PDD) distributions. The PDD is thus defined as follows: 

PDD (z,A,f,hv) = 100 = 100 (2-5) 
Dp Dp 

where Dq and Dq are the dose and dose rate, respectively, at point Q at depth z on the 

central axis of the phantom and Dp and Dp are the dose and dose rate at point P at zmax on 

the central axis of the phantom. 

The geometry for PDD definition is shown in Fig. 2.2. Point Q is an arbitrary point at 

depth z on the beam central axis; point P represents the specific dose reference point at z 

= zmax on the beam central axis. [9] 

Source 

Figure 2.2 Geometry for PDD measurement and definition. Point Q is an arbitrary point 

on the beam central axis at depth z; point P is the point at zmax on the beam central axis. 

The field size A is defined on the surface of the phantom. 

Treatment time is an important component of the dose delivery process since it determine 

the time of beam-on for each individual beam of the treatment plan. 

Calculations of treatment time depend on the basic treatment machine output calibration, 

which stated for point P at the depth of maximum dose zmax and measured in a water 
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phantom on the central axis of the radiation beam with a field size of 10 x 10 cm2 at the 

nominal SSD (f) of the unit (most commonly 100 cm). Outputs for Cobalt units, 

• p(zmax,10,100,Co) are usually given in (cGy.min"1). 

The treatment time (TT) in minutes required to deliver a tumor dose (TD) in cGy at point 

Q using a single field with field size A is calculated from: [9] 

JT(min) - : (2.6) 

Dp (zinax ,10,1 OO.Co) x RDF (A, Co) x PDD(z, A, / , Co) 

2.9 Dose calculation parameters: SAD set-up 

When multiple fields are used for the treatment of a particular tumor inside the patient, 

isocentric set-ups are often used because they are more practical in comparison with 

constant SSD set-ups. Most megavoltage units are mounted isocentrically with source to 

axis distance (SAD) of 80 cm, or more commonly 100 cm, to allow this treatment option. 

In contrast to SSD set-ups, which rely on PDD distributions, SAD set-ups rely on other 

functions, such as tissue-air ratios (TARs), tissue-phantom and tissue-maximum ratios 

(TPRs, TMRs), for dosimetric calculations. 

The dependence of PDD on (SSD) makes this quantity unsuitable for isocentric 

techniques. Although TAR eliminates that problem, their application to beams of energy 

higher than those of 60Co has been seriously questioned as they require measurement of 

dose in free space. [9] 

2.9.1 Tissue-air ratio (TAR) 

The TAR (z, AQ, ho) was originally introduced by Johns (1953) to simplify dose 

calculations in rotational radiotherapy, but its use was subsequently expanded to 

isocentric irradiations with multiple stationary fields. During the rotation around the 

patient the SSD varies with the patient contour; however, the SAD remains constant. 

TAR(z, AQ, hv) is defined as the ratio of the dose DQ or dose rate DQ at point Q on the 

central axis in the patient or phantom to the dose D'Q or dose rate D'Q , "the dose rate to 

small mass of water in air", at the same point Q on the beam central axis: 
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TAR(Z,A0,hv) = ̂ f = ^ 
^ D'Q 

In contrast to PDD (z, A, f, ho), which depends on four parameters, TAR (z, AQ, ho) 

depends only on three: depth z, field size AQ at depth z and beam energy ho; there is 

essentially no SSD or SAD dependence in the range of SSDs used clinically. [9] 

As the beam energy increases, the size of the chamber build-up cap for in-air 

measurements has to increase and it becomes increasingly difficult to calculate dose in 

free space for such measurements. In addition, the material of the build up cap is usually 

different from that of the phantom and this introduces a bias or uncertainty in the TAR 

measurements. In order to overcome this limitation of the TAR, Karzmark et al. (1965) 

introduced the concept of tissue-phantom ratio (TPR). This quantity retains the properties 

of the TAR but limits the measurements to the phantom rather than in air. A few years 

later, Holt et al. (1970) introduced yet another quantity, TMR, which also limits the 

measurements to the phantom. [16] 

2.9.2 Tissue-phantom ratio and tissue-maximum ratio 

The TPR is defined as follows: 

TPR (2-8) 
D Ore/ r> 

Ore/ 

where DQ and DQ are the dose and dose rate, respectively, in a phantom at arbitrary point 

Q on the beam central axis and DQref and DQref are the dose and dose rate, respectively, in 

a phantom at a reference depth zref (typically 5 or 10 cm) on the beam central axis. 

A special TPR was defined for the reference depth zref equal to the depth of dose 

maximum zmax, which is referred to as the t issue-maximum ratio (TMR), defined as 

follows: 

" ( 3 max £ ) 
O max 

where DQ and DQ are the dose and dose rate, respectively, at point Q at a depth z in a 

phantom and DQmax and DQmax are the dose and dose rate, respectively, at point Q at 

Zmax-[9] 
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The isocentric technique results in a dose distribution that is most often governed by 

TMRs or TPRs normalized in such a way that each beam of the treatment plan delivers a 

prescribed fraction of the total dose at the isocenter. 

When used in isocentric calculations, outputs for Cobalt units, np(zm a x ,10,100,Co) must 

be corrected by the inverse square factor (ISF) unless the machine is actually calibrated at 

the isocenter: 

ISF = 
f f ^ V 

(2.10) 
/ 

For SAD-setup, treatment time (TT) required to deliver a tumor dose (TD) at point Q 

using a single field with field size AQ is calculated from: [9] 

TT (min) = — ™ (2.11) 
D,(zmax ,10,100SSD.Co) x RDF (A,Co) x TPR(z,AQ,f,Co) x ISF 

2.9.3 Off-axis ratios and beam profiles 

Dose distributions along the beam, central axis give only part of the information required 

for an accurate dose description inside the patient. Dose distributions in 2-dimensions and 

3-dimensions are determined with central axis data in conjunction with off-axis dose 

profiles. In the simplest form, the off-axis data are given with beam profiles measured 

perpendicularly to the beam central axis at a given depth in phantom. The depths of 

measurement are typically at z ^ and 10 cm for verification of compliance with machine 

specifications, in addition to other depths required by the particular treatment planning 

system. 

Combining a central axis dose distribution with off-axis data results in a volume dose 

matrix that provides 2-D and 3-D information of the dose distribution (isodose lines). The 

off-axis ratio (OAR) is usually defined as the ratio of dose at an off-axis point to the dose 

on the central beam axis at the same depth in phantom. 

Megavoltage x-ray beam profiles consist of three distinct regions: central, penumbra and 

umbra. 

The central region represents the central portion of the profile extending from the beam 

central axis to within 1-1.5 cm from the geometric field edges of the beam. The 
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geometric field size, indicated by the optical light field, is usually defined as the 

separation between the 50% dose level points on the beam profile. In the central region, 

the beam profile for 60Co beams is affected by the inverse square dose fall-off as well as 

by increased phantom thickness for off-axis points. For linacs, on the other hand, the 

central region of the beam profile is affected by the energy of electrons striking the thick 

target, by the target atomic number and by the flattening filter atomic number and 

geometric shape. [9] 

The term penumbra, in a general sense, means the region, at the edge of a radiation beam, 

over which the dose rate changes rapidly as a function of distance from the beam axis. 

In the penumbral region of the dose profile the dose changes rapidly and depends also 

on the field defining collimators, the finite size of the focal spot (source size) and the 

lateral electronic disequilibrium. The dose falloff around the geometric beam edge is 

sigmoid in shape and extends under the collimator jaws into the penumbral tail region, 

where there is a small component of dose due to the transmission through the collimator 

jaws (transmission penumbra), a component attributed to finite source size (geometric 

penumbra) and a significant component due to in-patient x-ray scatter (scatter penumbra). 

The total penumbra is referred to as the physical penumbra and is the sum of the three 

individual penumbras: transmission, geometric and scatter. The physical penumbra 

depends on beam energy, source size, SSD, source to collimator distance and depth in a 

phantom. [10] 

Umbra is the region outside the radiation field, far removed from the field edges. The 

dose in this region is generally low and results from radiation transmitted through the 

collimator and head shielding. 

Dose profile uniformity is usually measured by a scan along the centre of both major 

beam axes for various depths in a water phantom. 

Beam profiles or beam intensity distribution are characterized by the following 

measurements: 

The photon penumbra is typically defined as the distance between the 80% and 20% 

dose points on a transverse beam profile measured at 10 cm depth and 20 x 20 cm field 

size in a water phantom. 
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Uniformity: is value that indicates the sharpness of the penumbra and the variation of 

dose across the whole beam, calculated as ratio of the area bounded by the 90% isodose 

curve to area bounded by 50% radiation field. 

Beam flatness (F) is the variation in dose across the beam; this is measured as the ratio of 

the maximum dose to the minimum dose in the flattened area. It is assessed by finding the 

maximum Dmax and minimum Dmin dose point values on the profile within the 80% of the 

beam width using the relationship: 

F = 100x D " m ~ D , n m (2.12) 

Beam flatness for field size from 5 x 5 cm to 30 x 30 cm should be less than 106% and 

for field size over 35 x 35 cm should be less than 110%. [9, 19] 

Beam symmetry (S) is usually determined at zmax which represents the most sensitive 

depth for assessment of this beam uniformity parameter. Areas under the zmax beam 

profile on each side (left and right) of the central axis extending to the 50% dose level 

(normalized to 100% at the central axis point) are determined and beam symmetry (S) is 

then calculated from: 

area, f - area . . 
S = 100 x ^ ^ (2.13) 

areakfi + arearighl 

It shall not exceed 103 %. [19] 

2.10 Dose calculation for asymmetric fields 

The effect of asymmetric beam collimation on dose distribution has been discussed in the 

literature (15, 21]. When a field is collimated asymmetrically, one needs to take into 

account changes in the collimator scatter, phantom scatter, and off-axis beam quality. 

For a point at the center of an asymmetric field and a lateral distance x away from the 

beam central axis, the collimator scatter factor may be approximated to a symmetric field 

of the same collimator opening as that of the given asymmetric field. In other words, the 

Sc will depend on the actual collimator opening, ignoring small changes in the scattered 

photon fluence that may result owing to the change in the angle of the asymmetric jaws 

relative to the beam. This approximation is reasonable as long as the point of dose 

calculation is centrally located, that is, away from field edges. 
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The phantom scatter can also be assumed to be the same for an asymmetric field as for a 

symmetric field of the same dimension and shape, provided the point of calculation is 

located away from the field edges to avoid penumbral effects. 

The primary dose distribution has been shown to vary with lateral distance from central 

axis because of the change in beam quality. Therefore, the percent depth dose or TMR 

distribution along the central ray of an asymmetric field is not the same as along the 

central axis of a symmetric field of the same size and shape. In addition, the incident 

primary beam fluence at off-axis points varies as a function of distance from the central 

axis. These effects are not emphasized in the dosimetry of symmetric fields, because 

target doses are usually specified at the beam central axis and the off-axis dose 

distributions are viewed from the isodose curves. In asymmetric fields, however, the 

target or the point of interest does not lie on the beam central axis; therefore, an off-axis 

dose correction may be required in the calculation of target dose. This correction will 

depend on the depth and the distance from the central axis of the point of interest. 

Since beam flatness within the central 80% of the maximum field size is specified within 

3±% at 10 cm depth, ignoring off-axis dose correction in asymmetric fields will introduce 

errors of that magnitude under these conditions. Thus the off-axis dose correction will 

follow changes in the primary beam flatness as a function of depth and distance from 

central axis. [16] 

Because dose calculations and treatment planning methods generally rely on symmetric 

jaw data, the dosimetric effects for asymmetric jaws must be understood before being 

implemented into the clinic. Several investigators have examined the effects of 

asymmetric jaws on PDD, collimator scatter, and isodose distributions. In general, the 

only change to dose calculations for asymmetric fields is the need to incorporate an off-

axis factor OAR(x) to account for off-axis beam intensity changes. 

Dose calculations for asymmetric jaws are only slightly more complex than for 

symmetric jaws. Typically, one simply applies an off-axis ratio (OAR) or off-center ratio 

(OCR) correction factor that depends only on the distance from the machine's central axis 

to the center of the independently collimated open field. 

Calculations for asymmetric wedge fields follow similar procedures by simply 

incorporating a wedge OAR or OCR. [20] 
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CHAPTER THREE 

MODEL-BASED PHOTON DOSE CALCULATIONS 

3.1 Introduction 

Current dose calculation algorithms can be broadly classified into correction-based and 

kernel-based models. Correction-based models correct the dose distribution in a 

homogeneous water phantom for the presence of beam modifiers, contour corrections (or 

air gaps), and tissue heterogeneities encountered in treatment planning of real patients. 

The homogeneous dose is obtained from broad field measurements obtained in a water 

phantom. Kernel-based models (also called convolution methods) directly compute the 

dose in a phantom or patient. The convolution methods take into account lateral transport 

of radiation, beam energy, geometry, beam modifiers, patient contour, and electron 

density distribution. [20] 

To generate models, it is necessary to understand the system being modeled. In 

radiotherapy, the system of interest consists of patients and the equipment that delivers 

their treatments. With the advent of computed tomography (CT) and magnetic resonance 

imaging (MRI), reliable representations of an individual patient's anatomy can be 

obtained at millimeter resolution at reasonable time and cost. This information is needed 

as input data for any model-based treatment planning system. 

Model-based treatment planning demands understanding of the physics of ionizing 

radiation interactions. Therefore, this chapter provides a short review of the necessary 

radiologic physics presented before the background and details of model-based photon 

dose algorithms can be presented. [17] 

3.2 History of Computation Systems for Radiotherapy 

Computerized radiotherapy planning (RTP) is more than 40 years old. The first 

computational techniques applied to radiotherapy are attributed to Tsien (1955), who 

used punched cards to store digitized isodose charts so that the dose distribution from 
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multiple beams could be summed. The dose distribution computed for approximately 500 

points took approximately 10 to 15 minutes per beam. This was still much quicker than 

doing this work using tracing paper and a slide rule. The 1960s saw development of 

batch-processing computer planning systems. The first commercial treatment planning 

systems were introduced in the late 1960s. [44] 

At the outset, commercial treatment planning systems had the following capabilities: 

• To store information on the radiation beams used in the clinic. 

• To allow an outline of the patient to be entered. 

• To plan the direction of the beam and the beam outline. 

• To compute the dose distribution. 

• To display the dose distribution with respect to the patient outlines. 

Faster computers are enabling more advanced computation algorithms to enter into 

clinical use. Three-dimensional (3-D) RTP and the use of more sophisticated algorithms 

began with the advent of CT, which is required for accurate dose computation. CT and 3-

D RTP allow more complex beam arrangements, which in turn demands more advanced 

computation algorithms. Fast image manipulation such as volume rendering has helped to 

promote and sell 3-D treatment planning systems. These processes require fast computers 

that can in turn be used for more advanced dose computation algorithms. [17] 

3.3 The Representations of the Patient and the Dose Distribution 

Patients have been represented in planning systems in a variety of ways. Hand 

calculations represented the patient as a block of tissue with a surface normal to the beam 

at a specified source-to-surface distance. This representation was highly accurate when 

the field is rectangular, centered on the central axis, and incident normally on the patient 

and when the skin contour is flat out to the extent of the field and the field is in a 

relatively homogeneous region. The simplest patient representations used in RTP systems 

were one or a few contour lines outlining the skin. These could be acquired in a number 

of ways, from solder wire surface contours to contours acquired from CT. The contours, 

entered or digitized into the planning system, represented the skin outline in two or three 

dimensions. Such procedures resulted in the patient being represented as a homogeneous 

composition (usually water) but do allow surface corrections to be applied. Patient 
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heterogeneities could be represented in simple ways such as using closed contours like 

the surface representation. Each inhomogeneity had to be outlined individually, with a 

density assigned. This could usually be done semiautomatically on CT images for tissue 

such as lung or bone or for air cavities, where the contrast between tissues was 

sufficiently high. The electron density to assign to the region could be inferred from the 

CT number. 

All modern radiotherapy systems use a fully 3-D point-by-point or voxel-by-voxel 

description of the patient. CT image set of the treatment region constitutes the most 

accurate representation of the patient applicable for dose computation. This is because 

there is a fairly reliable one-to-one relationship between CT number and electron density. 

Dose algorithms that can use the density representation on a point-by-point basis are 

easier to use because contouring of the heterogeneities is typically not required. The 

spatial reliability of CT scanners is typically within 2%. For photon beams, this 

uncertainty leads to dose uncertainties of less than <1%. [41] 

The resolution of the CT voxels and the spacing of the points at which the dose is 

computed (the dose grid resolution) should be matched. The voxel is <1 mm in the 

transverse directions and 1 to 10 mm in the longitudinal direction. The spacing of the 

dose computation cartesian grid points for photon beams is typically 1 to 10 mm on each 

side. Often the CT slice thickness is chosen as the voxel size of the dose grid. [17] 

3.4 Basic Radiation Physics for Model-Based Dose Computation 

Dose computation in external-beam radiotherapy predicts the dose produced by high 

energy photon beams. A basic look at important aspects of megavoltage beam interaction 

is required to understand the capabilities and limitations of model-based treatment 

planning algorithms. 

Interactions through the photoelectric effect do occur in materials with a high atomic 

number in the head of the megavoltage radiation unit, and pair production contributes a 

few percent to the attenuation of photons at the highest beam energies used, but these 

processes are far less important than the Compton Effect. 

Compton scatter influences several aspects of treatment planning with computed 

dosimetry. There are two general sources of scatter: The treatment head and the patient 
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(or phantom). Production of scatter from either source depends in a complex way on the 

size and shape of the field. Much of the complexity of computation-based treatment 

planning is due to quantifying the magnitude and spatial distributions of these sources of 

scatter. 

The primary collimator and the field-flattening filter (in linear accelerator) produce most 

of the scatter dose generated by the head and this must be mainly forward-directed to 

escape the unit. As the collimator jaws open, more scattered radiation is allowed to leave 

the treatment head. In addition, increasing the jaw opening decreases by a small amount 

the number of photons backscattered from the jaws. Scattered photons produced in the 

patient, while directed mainly forward, contribute to dose in all directions. Like scatter 

produced by the machine, phantom scatter increases with the size of the field. However, 

for phantom-generated scatter the penetration characteristics of the beam are also altered. 

As the field size increases, the phantom scatter causes the beam to be significantly more 

penetrating with depth. This effect is significant enough that dose computations, using 

measured dose distributions directly, must tabulate the penetration characteristics as a 

function of field size. [17] 

The behavior of scatter from beam modifiers such as wedges intermediate between the 

treatment head and the patient can mimic the effects of either machine-generated or 

phantom-generated scatter. When the beam is small, a beam modifier mainly alters the 

transmission and does not contribute much scatter that arrives at the patient. A 

multiplicative correction factor (e.g., the wedge factor) that includes both attenuation and 

the small amount of scatter simplifies and effectively describes the altered dosimetric 

properties. However, when the field is large, beam modifiers begin to alter the 

penetration characteristics of the beam much as phantom scatter does. For example, the 

increase in the wedge factor with increasing field size and depth is because of beam 

characteristics altered largely by scatter from the wedge. [27, 31] 

Electrons produced in the head of the treatment unit and in air intervening between the 

unit and the patient may be called contamination electrons. The interaction of these 

electrons in and just beyond the buildup region contributes significantly to the dose, 

especially if the field is large. [12] 
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3.5 Electron Transport 

Photons are indirectly ionizing radiation. The dose is deposited by charged particles 

(electrons and positrons) set in motion from the site of the photon interaction. At 

megavoltage energies, the range of charged particles can be several centimeters. The 

charged particles are mainly set in forward motion but are scattered considerably as they 

slow down and come to rest. The indirect nature of dose deposition results in several 

features in photon dose distributions. 

The dose from an external photon beam builds up from the skin of the patient because of 

the increased number of charged particles being set in motion distal to the patient's 

surface. This results in a low skin dose, which spares the patient significant radiation 

injury. The dose builds up to a maximum at a depth, zmax, characteristic of the photon 

beam energy. At a point in the patient with a depth equal to the penetration distance of 

charged particles (which is somewhat greater than zmax), charged particles coming to rest 

are being replenished by charged particles set in motion, and charged particle equilibrium 

(CPE) is said to be reached. (Later a distinction will be made between CPE and transient 

charged particle equilibrium [TCPE] that includes consideration for the reduction in the 

photon fluence with depth.) In this case, the dose at a point is proportional to the energy 

fluence of photons at the same point. The main criterion for CPE is that the energy 

fluence of photons must be constant out to the range of electrons set in motion in all 

directions. This does not occur in general in heterogeneous media, near the beam 

boundary, or for intensity-modulated beams. 

CPE does not exist near the field penumbra. In fact, most of the field penumbra is due to 

the fall of equilibrium as electrons that leave the field are not replenished from outside 

the field. CPE is established only at points farther from the field boundary than the lateral 

range of electrons. [17] 

Perturbation in electron transport can be exaggerated near heterogeneities. For example, 

the range of electrons is three to five times as long in lung as in water, and so beam 

boundaries passing through lung have much larger penumbral regions. Bone is the only 

tissue with an atomic composition significantly different from that of water. This can lead 

to perturbations in dose of only a few percent, and so perturbations in electron scattering 
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or stopping power are rarely taken into account. Bone can therefore be treated as a high-

density water. [36] 

3.6 Algorithms for Dose Computation 

Traditionally, a patient dose distribution was based on correcting dose measurements 

obtained in a water phantom. Several types of corrections are applied as follows: 

• Corrections for beam modifiers, such as wedges, blocks (irregular fields), and 

compensators, which take into account that a typical field is not the measured 

open field (i.e., without modifiers) 

• Contour corrections, which take into account the irregular surface of the patient as 

opposed to the flat surface of a water phantom 

• Heterogeneity corrections, which take into account that the patient consists of 

heterogeneous tissue densities instead of a homogeneous tank of water. [17] 

The magnitude of the correction is much different for each type of correction. Beam 

modifier corrections are the most important. For example, 60 degrees beam wedges may 

result in the fluence under the heel (thick end) of the wedge to be a factor of 3 to 5 less 

than under the toe of the wedge. Beam intensity in intensity-modulated radiotherapy may 

vary by a factor of 10. Heterogeneity corrections can result in -10% to +30% change in 

the dose distal to lung, depending on the size of the field and the lung thickness. [22] 

Under conventional coplanar radiotherapy, contour corrections were the least important, 

especially if missing tissue compensators were used. Often these compensators were 

designed on the basis of missing tissue only, and the errors in this inherent assumption 

were rarely more than 3%. [13] 

However, contour corrections are more important than inhomogeneity corrections for 

relatively homogeneous treatment regions such as the abdomen. 

Correction-based algorithms use parameters of dose measured in water phantoms under 

ideal reproducible conditions and correct the data to apply to the patient's specific 

situation. 

Instead of correcting measured dose distributions, the dose distributions are modeled 

from first principles. Model-based algorithms directly compute the dose to the patient by 

modeling the beam and its interactions in the patient representation. Measured dose 
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distributions are used to set the parameters for the model and to provide verification of 

the computed dose. [23] 

With a model-based approach there is a possibility to unify the operations inherent in 

achieving the corrections. Contour corrections can be treated as a special case of 

heterogeneity corrections by viewing the patient as extending into air. Before the advent 

of CT the patient contour could be obtained with a variety of devices, and it was possible 

to gather information to do contour corrections independently of heterogeneity 

corrections. With CT planning it is more convenient to get contour information from the 

CT image set if the internal anatomy is needed for treatment planning anyway. Model-

based algorithms that compute dose using a voxel-by-voxel heterogeneity from the CT 

values unify contour and heterogeneity calculations, and it can be even more work to 

perform contour corrections without heterogeneity calculations. [17] 

3.7 Model-Based Algorithms 

There are both advantages and disadvantages in the use of a model-based dose algorithm. 

One disadvantage is that every feature must be explicitly included. For example, the dose 

buildup, penumbra, and phantom scatter are all present in the measured dose distribution 

without the need for explicit modeling. However, all of these characteristics can be 

perturbed by patient representations and must be corrected. It is often more efficient and 

accurate to compute the dose distribution directly with a model that attempts to simulate 

the radiation transport. Another advantage is that fewer data usually must be acquired to 

implement the model, but this advantage is traded off because it is more difficult to fit the 

model parameters to the measurements. It is also more difficult to obtain agreement with 

the dose measurements than with lookups of parameterization of the measurements. 

However, this would be a true advantage only if our objective were to irradiate tanks of 

water instead of patients. [17] 

3.8 Convolution/Superposition Method 

The convolution/superposition method is actually a class of model-based dose calculation 

methods that have been under development for a decade. This method is most commonly 
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used in commercial treatment planning systems, largely because computers have become 

fast enough to do the calculations required in a reasonable time. 

The convolution/superposition method begins by modeling the indirect nature of dose 

deposition from photon beams. Primary photon interactions are dealt with separately 

from the transport of scattered photons and electrons set in motion. [17] 

Several variations of the convolution algorithm exist [ 2, 4, 24, 29.] but all have two 

essential components: one representing the energy imparted to the medium by the 

interactions of primary photons (usually called terma) and one representing the energy 

deposited about a primary photon interaction site (the kernel). Values in the kernel are the 

measurements of the energy deposited at a vectorial displacement from the interaction 

site, as a fraction of the terma at that site. The kernel is usually separated into two or three 

components: one used to calculate the primary dose (the primary kernel) and, in addition, 

either (a) a component used to calculate the first and multiple scatter dose together (the 

scatter kernel) or (b) another two components used to calculate the first and multiple 

scatter doses separately (the first-scatter kernel and multiple-scatter kernel). With the 

different implementations of the convolution method, the kernel has been referred to as 

either (a) a dose spread array [24], (b) a differential pencil beam [29], (c) a point spread 

function [1], or (d) an energy deposition kernel [2], 

The convolution method is often referred to as the superposition method. This stems from 

the use of scaled kernels to account for inhomogeneities, meaning that the process is not a 

true convolution because the kernels are not invariant. The process is as such a 

superposition (in general) varying kernels, each modulated by the terma. It is common, 

however, to use the term convolution, even though in a strict mathematical sense this is 

not the case. [28] 

3.8.1Terma 

Terma is an acronym for total energy released per unit mass and represents the energy 

that is (a) imparted to secondary charged particles and (b) retained by the scattered 

photon when primary photons interact in a unit mass. For each primary photon 

interaction, the sum of these energies is, of course, equal to that of the primary photon 

itself. 
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In the case of a monoenergetic beam with a mass energy absorption coefficient (p/p) and 

energy fluence W(r), the terma at a point r is given by: 

T(r) = ±{r)V{r) (3.1) 
P 

When performing a Terma calculation, the poly energetic nature of the beam must be 

taken into account by incrementing the terma of each energy component. Hence, if the 

energy fluence of primary photons in spectral component n at a point is Wn(r the 

terma is given by: 

N 

E 
P J 

(3.2) 
«=i 

where (p/p)n is the mass attenuation coefficient for energy component n. 

The energy fluence for each component must be calculated by exponentially attenuating 

the energy fluence at the surface. For a divergent beam, inverse-square fall-off must also 

be taken into account. If the energy fluence for a component n at the point ro is Wn(ro), the 

terma is given by: 
• —12 ,, 

n n = M (3.3) Z ^ C r o ^ 1 ^ 1 

n=1 

where |f-ro| is the geometric depth to the point r\ For an inhomogeneous medium, the 

radiological (effective) depth to the point r, dejj(r), must be used instead of the geometric 

depth. This is obtained by tracing from ro to r. In the ray trace, pathlength increments are 

multiplied by the corresponding average electron density in order to convert to 

radiological pathlength increments. Ray tracing can be done either for a medium defined 

by CT pixels or for a medium where different structures are delimited by contours. 

In practice, a 3-D voxel array containing terma values is obtained before the convolution 

process itself begins. This involves (a) filling an array with electron densities using a set 

of CT slices, (b) calculating radiological depth for each voxels, and (c) calculating terma 

for each voxel. [28] 

3.8.2 Energy Deposition Kernels 

Energy deposition kernels can be easily obtained using a Monte Carlo simulation, where 

the photons are forced to interact at an appropriate point within an array, and the energy, 
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subsequently deposited within each voxel in the array is recorded. Also recorded is the 

total energy imparted by the primary photons. This is equal to the total primary photon 

energy since energy imparted includes both that transferred to charged particles and that 

retained by the scattered photon. The recorded energy in each voxel divided by the total 

energy imparted, is then giving the fractional energy for each voxel. 

If the total energy imparted by primary photons in the interaction voxel is Etot and the 

primary energy deposited in a voxel at a vectorial displacement Ar is Ep(A.r), the 

corresponding primary kernel value is: 

H p(Ar) = - ^ (3.4) 

This expression can also be applied to the scattered kernel, where the subscript p is 

replaced w i t h [ 2 8 ] 

3.8.3 The Convolution Process 

In convolution calculation, the dose at each point in the medium is calculated by 

considering primary photon interactions throughout the irradiated volume. This is done 

by summing the dose contributions from each irradiated volume element. The vectorial 

framework for a convolution calculation is shown in Fig. 3.1. 

Source 

Figure 3.1 Vectorial frameworks for the convolution process. Array from the source to 

the interaction site r' intersects the medium surface at r0. Dose at r is calculated due to 

terma at all interaction sites r' via the kernel value corresponding to the vector r - r \ 
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If the total energy imparted to a unit mass at r" is the terma T(r"), the energy deposited in 

a unit volume at another point r due to this energy imparted is given by T(r") H(r-r'), 

where H(r-r") is the kernel value (primary plus scattered) for a displacement r-r" from the 

kernel origin. The total dose at r is given by: 

For inhomogeneous media, the true fractional energy distribution about each interaction 

site will depend on the position of that site; hence, the kernels will be a function of f as 

well as r'-r. Furthermore, the densities at r and r" are in general no longer equal, it is 

possible to have a relatively simple correction to the convolution equation based on ray-

tracing between the interaction and dose deposition sites and on scaling the path length 

by density p to get the radiological path length between these sites. The convolution 

equation modified for radiological path length is called the superposition equation. So the 

convolution equation for inhomogeneous media becomes: 

In practice, the convolution can proceed by either (a) integrating the dose deposited at 

successive dose deposition points due to terma throughout the irradiated medium as 

implied in last equation or (b) calculating the dose contribution throughout the medium 

due to terma at successive interaction points. The former is known as the deposition point 

of view and the latter as the interaction point of view as shown in Fig. 3.2. The deposition 

point of view is best if the dose in only a small subset of voxels required since time is not 

wasted calculating dose throughout the whole medium. However, terma in each voxel 

must be stored in an array since each value is used as' many times as there are dose 

deposition voxels. With the interaction point of view, only a single terma value needs to 

be stored at any time, so a terma array is not essential. [28] 

A convolution calculation such as in last equation, where the kernels are spatially 

invariant, can be performed in Fourier space [30], This saves computation time since the 

calculation is reduced to a multiplication of values in a Fourier-transformed terma array 

by corresponding values in transformed kernel arrays. If the convolution of terma with a 

kernel to obtain dose is written as: 

(3.5) 

(3-6) 
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D = T ® K (3.7) 

The Fourier transform of the dose is given by: 

£(D) = £(T) x £(K) (3.8) 

From which the dose is obtained by taking the inverse Fourier transform. [28] 

(a) 

\ ® Interaction voxels 

Deposition voxel 

(b) 

IV •4 IV •4 

t 1 \ \ 
/ 1 / 

/ / \ X \ 

Interaction voxel 

Deposition voxels 

Figure 3.2 (a) Convolution by the deposition position point of view, where the dose in 

successive deposition voxels is calculated due to all interaction voxels, 

(b) The interaction point of view, where dose throughout the medium is 

calculated due to successive interaction voxels. 

3.8.4 Variations of the convolution method 

In the mid-eighties, several variations on the convolution method emerged, with the 

original works presented by Mackie et al. (1985) and Boyer and Mok. (1985) Maclcie's 

work was based on real-space convolution, incorporating density-scaling to obtain kernel 

values in the presence of inhomogeneities [24], and Boyer and Mok developed a much 

faster Fourier-space technique that used invariant kernels (a true convolution) [3], The 

other major contributors to this field were Mohan et al. (1986), who developed the 

differential pencil beam method [29], and Ahnesjo et al. (1989), who latter developed the 

collapsed-cone convolution method [1], 
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3.8.5 Collapsed Cone Convolution 

The collapsed cone convolution method uses a polyenergetic terma and kernel, where the 

kernel is represented analytically and combines primary and scatter contributions. The 

functions used to characterize the kernel are of the form [28]: 

A e~a"r + B e~b"r 

H(r,9) = 2
S (3.9) 

r 

where there are a finite number of polar angles, 0, with respect to the primary beam along 

which the function is defined. The interaction site can be considered to be at the apex of a 

set of radially directed lines spreading out in three dimensions, where each line has a 

polar angle of 6 and azimuthal angle of • . Each of these lines is further considered to be 

the axis of a cone, where the solid angle covered by the complete set of cones is An. The 

kernel function along each line is actually the energy deposited within the entire cone at 

radius r, collapsed onto the line, hence the name of the method. This means that when the 

interaction site is at a point in a cartesian voxel array, functional energy is deposited in 

voxel along each line, which in fact is spread among all voxels within the cone. This is 

not really a problem, however, as those voxels that do not receive energy are 

compensated by energy deposited due to adjacent lines radiating out from a different 

interaction site. Furthermore, close to the interaction site (where most fractional energy is 

deposited) a Cartesian voxel will probably enclose more than one cone, so no accuracy is 

lost. 

In practice, there is not a set of lines radiating out from each interaction voxel but a lattice 

of lines throughout the dose calculation array, in each of the direction of the cone axes. 

There must be one line of each direction passing through each voxel. Terma is calculated 

through the Cartesian array, and this is used to assign terma to points along each cone 

axis line, where there is a cone of the same orientation originating at each of these points. 

Inhomogeneities can be accounted for in the terma calculation, and the fractional energy 

deposited along the cone axis is determined in a manner that is equivalent to the density 

scaling method. The big advantage of the collapsed cone method over standard 

convolution is that the computation time only increases with MN (where M is the 

number of cone axes, and N is the number of voxels along one side of the calculation 

volume). [28] 
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CHAPTER FOUR 

MATERIALS AND METHODS 

4.1 External Beam Therapy Equipment 

Beam data were obtained from Theratron Equinox-100 teletherapy cobalt unit. The 

equipment is licensed to hold 60Co radionuclide (2 cm diameter) contained in a stainless 

steel shell. It is designed to load 60Co source of maximum capacity 555 TBq (15000 Ci). 

A pneumatic air system, a two-way air cylinder using compressed air, controls the source 

drawer. It is used to derive the source from fully shielding position (Beam OFF position) 

to a fully exposed position (Beam OFF position). 

The Theratron Equinox-100 teletherapy cobalt unit may be operated in fixed or arc mode. 

In fixed mode, a stationary treatment is carried out with gantry at fixed angle. In arc 

mode, a moving beam treatment is carried out with the gantry moving from a start to a 

stop angle for a given arc. 

Both jaws are asymmetric; each jaw can be driven independently or symmetrically. The 

four jaws of this collimator can be moved independently in X ] ; X2, Y] and Y2 direction 

from the zero position to the maximum opening. The maximum symmetrical field size 

available is (X) 40 cm x (Y) 40 cm at SAD of 100 cm. [43] 

4.2 The Blue Water Phantom 

The Blue Water Phantom is a very quick and precise measuring device for the 

measurement and analysis of the fadiation field and it is a part of the OmniPro-Accept 

software. The Blue Water Phantom consists of: 

• Three-dimensional servo (the Blue Phantom tank with mechanics), water tank of 

48 x 48 x 48 cm3 dimensions, made of acrylic plastic (Perspex) and weight 45 kg 

without water as shown in Fig. 4.1. On the horizontal X-rail there is a sliding shoe 

on where detector holders for various detectors can be mounted. The field detector 
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can be positioned in all three dimensions for measuring both horizontal and 

vertical beams. Every dimension is equipped with a calibrated stainless steel ruler, 

so that the accurate positioning can always be verified. The motors of the three 

dimensions are combined with potentiometers providing real-time feedback of the 

current position. The connector box contains connectors for the three 

motors/potentiometers, the drive control cable, the hand control, and the TMR 

equipment. 

• Control Unit with integrated two channel electrometer (CU500E) that is fully 

software controlled. The CU500E can also be used with a one-dimensional or 

two-dimensional servo for in-air measurements on a gantry. 

• Two single detectors (ionization chambers) connected via chamber extension 

cables to the CU500E; the CU500E provides a high voltage supply, which is 

controlled from the Omni-Accept software. 

Detector systems which can be used with the Blue Phantom include single semiconductor 

detectors, chamber array (CA24), cylindrical ionization chambers as well as plane-

parallel ionization chambers. [37] 

Figure 4.1 The Blue Water Phantom tank on the electrical Lifting Table used for 

measurements 
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4.2.1 Electrical Lif t Table 

As shown in Fig. 4.1, it is a small and flexible device for positioning and fine adjustment 

of water phantoms under radiation sources. The electrical control allows comfortable and 

smooth lifting / lowering with a vertical range of 740 - 1240 mm. The table is therefore 

suitable for measurements in both standard SSD and TPR/TMR conditions. [37] 

4.2.2 Water Reservoir with bi-directional pump 

It is used for filling and draining the water phantom, storage of the water while the 

phantom is not in use, and for TPR/TMR measurements. It is provided with a bi-

directional DC water pump and an electromagnetic valve to prevent water leakage in case 

of hose failure and to prevent water from flowing back into the reservoir during 

measurements, while the filling tube is connected to the phantom. [37] 

4.2.3 OmniPro-Accept system 

OmniPro-Accept is a system software utilizing hardware components (water phantoms, 

air scanners, film scanners/ digitizers and single or array detectors.) to measure radiation 

dose distribution. 

OmniPro-Accept is used to accurately analyze and handle the measured dose distribution 

in quality assurance purposes, for calibration of radiation devices, as input data to 

Treatment Planning Systems, for acceptance testing, beam tuning and in research. 

4.3 The Detector Systems 

4.3.1 Compact Chamber CC13: 

It is air ionization chamber, vented through waterproof silicon sleeve, designed for axial 

or lateral beam entrance. It is used for absolute and relative dosimetry of photon and 

electron beams in radiotherapy and for measurements in air, in solid phantoms or in water 

phantoms. It consists of inner and outer electrodes made of Shonka C552 (1.76 g.cm" ) 

with nominal volume of 0.13 cm . (Fig 4.2) 

Operational Data 

• leakage current: < ± 4 x l 0 " 1 5 A 

• sensitivity: 3.8 x 10"9C/Gy 
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• polarizing voltage ± 300 V 

• reference point without build-up cap: 

3.5 mm from the distal end of the chamber. [38] 

Calibration factor 

• Radiation quantity: Co-60 y-ray 

• Calibration factor for 4921 chamber: ND ,W= 2.603 x 1018 Gy/C 

• Calibration factor for 4920 chamber: ND,W = 2.611 x 1018 Gy/C 

Figure 4.2 Compact Chamber CC13. Air ionization chamber, vented through waterproof 

silicon sleeve and consists of inner and outer electrode made of Shonka C552 with 

nominal volume of 0.13 cm3. 

4.3.2 Farmer type chamber FC-65-G 

For dose measurements, depth dose measurements and field profile analysis in a water 

phantom or in free-air. It is a waterproof, vented chamber suitable for electron and photon 

beam dosimetry. It consists of outer electrode made of Graphite (1.8 g.cm"3), inner 

electrode made of Aluminum (2.7 g.cm"3) and buildup cap made of POM (CH2O, 1.4 

g.cm" ) with active volume of 0.65 cm . (Fig 4.3) 

Operational Data 

• Max. leakage current: < ± 2 x 10"14 A 

• Typical leakage ± 4 x 10"15 A 

• sensitivity: 21 x 10"9 C/Gy 

• polarizing voltage ± 300 V(max.± 500 V) 

Reference point 

• Without buildup cap: 13 mm from the distal end of the chamber thimble. 

• With buildup cap: 17 mm from the distal end of the chamber thimble. [40] 
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Calibration factor 

• Radiation quantity: Co-60 y-ray 

• Calibration factor: ND,W = 43.8 ± 0.4 mGy/nC 

Figure 4.3 FC-65-G, Farmer chamber with active volume of 0.65 cm3. It is a waterproof, 

vented chamber consists of outer electrode made of Graphite. 

4.4 The DOSE1 Therapy Electrometer 

It is a portable, single channel dosimeter for calibration dosimetry with ionization 

chambers and semiconductor detectors in radiotherapy and radiation protection. 

The system provides the following libraries: a sensor library containing calibration 

information and physical characteristics of the majority of all commonly used detectors, a 

library for correction factors, and a library for radioactive check devices. 

The communication between the Dosel and the PC software is maintained via a standard 

RS-232 serial interface. [39] 

4.5 P T W Freiburg 2D-ARRAY Seven 29 

The 2D-ARRAY is a two-dimensional detector array with 729 vented ionization 

chambers uniformly arranged in a 27 x 27 matrix with an active area of 27 x 27 cm2 with 

size of 5mm x 5mm. The device is light, quickly installed and easy to operate (Fig 4.4). 

Components of the system: 

• 2D-ARRAYT10014-00316 detector. 

• ARRAY interface TI6026. 

• RS 232 cable. 

• Matrixscan software. 
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The chambers and amplifiers of the 2D-ARRAY are manufactured with very high 

precision. The chamber to chamber variation of the response is in the range < ± 1 % after 

calibration o f P T W . [35] 

Calibration factor: 

The 2D-ARRAY is calibrated together with the PTW ARRAY interface T16026 under 

the reference conditions at 60Co beam quality. 

Calibration factor: ND,w = 4.5483 x 10"9 Gy.C"1 for chamber number 365. This calibration 

factor is valid for all channels. 

Figure 4.4 PTW Freiburg 2D-ARRAY Seven 29. A two-dimensional detector array with 

729 vented ionization chambers uniformly arranged in a 27 x 27 matrix with an active 

area of 27 x 27 cm2 with size of 5mm x 5mm. 

4.6 Pinnacle3 RTP system: 

• 1 « 

The Pinnacle Radiation Therapy Planning (RTP) software is a computer software 

package intended to provide support for radiation therapy treatment planning for the 

treatment of benign or malignant disease processes. • 3 • • • • • 

Pinnacle RTP software assists the clinician in formulating a treatment plan that 

maximizes the dose to the treatment volume while minimizing the dose to the 

surrounding normal tissues. 

The Pinnacle RTP system is composed of Sun UNIX workstation (or UNIX-compliant 

computer) running the Solaris operating system and software, and a UNIX terminal 

emulation package on a personal computer, which allow the user to enter patient data into 
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the system, use that data to construct a plan for radiation therapy, and evaluate the plan. 

Optionally, the user may output the plan in an electronic or printed form for use by 

another system in the delivery of treatment to a patient. [33] 

4.7 Dosimetric Measurements 

4.7.1 Water phantom measurements 

The blue water phantom was placed on the electrical lift table. The lift table was moved 

to position the phantom to the desired location below the treatment head and to adjust the 

lines marked on the bottom of the phantom roughly to the cross lines of the light field and 

the vertical indicators on the phantom was aligned with the positioning lasers. 

The empty phantom was roughly leveled with a spirit level, using the leveling handles on 

the lift table and then it was filled with water to its top edge. 

The field detector (CC13 chamber) was mounted in the phantom using the specified 

holder and then it was connected to CU500E control unit with the chamber connection 

cable. 

Fine leveling of the water phantom was made using a CC13 chamber and the alignment 

cap shown in Fig 4.5. 

The lifting table was moved up and down as required to position the water surface to the 

desired SSD of 90 cm using a piece of paper on the water surface and switching on the 

treatment machine's light distance indicator. 

Figure 4.5 Alignment cap mounted on the CC13 ion chamber used to fine leveling of the 

blue water phantom. 
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In order to send the phantom's external limits to the CU500E control Unit, the 'Blue 

Phantom' as the active measuring device was selected in the OmniPro-Accept software 

for analysis and handling of the dose distribution measurements. 

Co-ordinate system used in OmniPro-Accept was: in-plane, cross-plane, diagonal and 

depth. The in-plane axis is defined as parallel to the gantry arm, directed towards the 

gantry; the cross-plane axis goes from left to right when facing the gantry in an upright 

position and the depth axis goes from the collimator head and outwards. 

In OmniPro-Accept software, all the scan groups (profiles and depth dose measurements) 

were defined and continuous mode was selected to perform measurements while moving 

the detector. The CC13 ion chamber was used for the scanning and the measured data 

were stored in files. These measured data were copied and converted to Excel 

spreadsheets for analysis and comparisons. 

For symmetric collimator opening, where the beam axis is identical to collimator axis and 

XI=X2 = YI=Y 2 , as shown in figure 4.6, central axis depth doses (CADD) were measured 

for depths down to 25 cm for square field sizes of 5x5, 10x10 and 20x20 cm2 at SSD of 

90 cm. Off-axis beam profiles in the in-plane, cross-plane and diagonal direction were 

also measured for the same squared fields at 0.75, 5, 10 and 20 cm depths. 

Gantry 

Collimator axis 

0° Collimator angle 

Y2 

Y1 

Figure 4.6 Collimator jaws setting for symmetric fields where beam axis is identical to 

collimator axis (Xi=X2 and Yi=Y2). 
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Asymmetric fields were obtained by shifting one or two of the collimator jaws across the 

collimator axis. Two geometries of asymmetric fields were obtained as shown in Fig 4.7 

(a) and (b), one by moving Xi and Yt jaws to the collimator axis to obtain quadratic 

asymmetric field and other geometry by moving Yi and Y2 jaws to the collimator axis to 

obtain half asymmetric fields. 

CADD were measured for these asymmetric fields after positioning the ion chamber at 

the beam axis at off-axis distance corresponding to each field as shown in Table 4.1 for 

field sizes of 5x5, 10x10 and 20x20 cm2. Ion chamber movement to the beam axis was 

controlled by the CU500E control unit and OmniPro-Accept software. 

Off-axis beam profiles in the in-plane, cross-plane and diagonal direction were also 

measured for the same asymmetric field at 0.75, 5, 10 and'20 cm depths. 

Measured CADD and beam profiles for symmetric fields were then compared to the 

corresponding asymmetric fields with the same collimator opening. 

For data presentation, different colors are used to identify CADD and beam profiles 

measurements for the different beam collimation settings. Black color is used for 

presenting symmetric field measurements and denoted as (SYM), while red and green are 

used for asymmetric fields. Red color for measurements performed with the first 

asymmetric field geometry is shown in Fig 4.7 (a) and denoted as (ASYM). Green color 

used for the measurements performed with the other geometry is shown in Fig 4.7 (b) and 

denoted as (ASYM-Y) to distinguish it from the previous asymmetric field 

measurements. 

Table 4.1 Collimator jaws setting to obtain two geometries of asymmetric fields. For 

measurements, ion chamber was positioned at off-axis distance in the in-plane (parallel to 

the gantry arm, directed towards the gantry) or cross-plane (from left to right). 

Field size Jaws setting Off-axis (cm) 
(cm x cm) X, x 2 Y, Y2 

5x5 0 +5 0 +5 2.5 in the in-plane 
5x5 -2.5 +2.5 0 +5 2.5 in the cross-plane 
10x10 0 +10 0 + 10 5.0 in the in-plane 
10x10 -5 +5 0 + 10 5.0 in the cross-plane 
20x20 0 +20 0 +20 10 in the in-plane 
20x20 -10 +10 0 +20 10 in the cross-plane 
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Gantry -

4 
0° Collimator angle 

Off-axis 
distance 

Beam axis 

Gantry 

Off-axis 
distance 

0° Collimator angle 

Beam axis 

Figure 4.7 collimator jaws setting for asymmetry fields: 

(a) At off-axis distance in the cross-plane direction. Xi and Yi were moved to the 

collimator axis to obtain quadratic asymmetric field. (Xi=Yi=0 and X2=Y2). 

(b) At off-axis distance in the in-plane direction where Yj moved to the collimator 

axis to obtain half asymmetric beam. (Yj=0 and Xi=X2) 
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4.7.2 2D-ARRAY measurements 

2D-ARRAY was placed in the treatment table over a buildup material to account for the 

scatter photons. Laser and light beams were used to correct position of the 2D-ARRAY 

under the gantry head. 

Source to axis distance (SAD) of 100 cm was set at the chamber position (at 0.5 cm 

depth) in the 2D-ARRAY with SSD of 99.5 cm. 

To measure dose profiles at 5 and 10 cm depths, build up materials of the desired 

thickness were used and placed over the 2D-ARRAY. 

Measurements were collected under the "spotshoot" mode in the Matrixscan software. 

All the measured data were saved in the computer as a text format for further transfer to 

Excel spreadsheets for analysis. 

Data were collected for symmetric and asymmetric beam collimation with field sizes of 

5x5, 10x10 and 20x20 cm2 at 5 and 10 cm depths. 

From these data, beam profiles for symmetric beams in the in-plane, cross-plane and 

diagonal direction were obtained and compared with that for the corresponding 

asymmetric beams. 

4.7.3 Absolute dose measurement: 

For open symmetric and asymmetric fields, absorbed dose to water was measured in the 

blue water phantom using FC-65-G ion chamber and DOSE1 electrometer for field sizes 

of 5x5, 10x10 and 20x20 cm2 at 10 cm depth. For dosimetry, TRS-398 protocol from 

IAEA was used. [8] 

For asymmetry field measurements, FC-65-G ion chamber movement to the beam axis (at 

off-axis distance) was controlled by the CU500E control unit and OmniPro-Accept 

software. 

Absorbed dose to water for symmetric beams were compared to that for asymmetric 

beams and the percentage deviation was obtained. 
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4.7.4 Treatment Time calculation 

In the pinnacle3 treatment planning system, radiation beam was placed at SSD of 90 cm 

in the homogeneous water phantom generated. A dose of 2 Gy was prescribed at 10 cm 

depth. Dose calculation was carried out using collapsed cone convolution (cc 

convolution) with grid size of 4x4 mm. 

The treatment time calculated by the model was predicted for open symmetric and 

asymmetric beams with different field sizes of 5x5, 10x10 and 20x20 cm2. 

Treatment time for symmetric and asymmetric beams was then compared for all field 

sizes to find the percentage deviation. 
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CHAPTER FIVE 

RESULTS AND DISCUSSION 

5.1 Water phantom measurements 

Measured CADD for symmetric and asymmetric beam collimation are shown in Fig. 5.1 

for the different field sizes. 

-SYM 

-ASYM 

ASYM-Y 

5 10 15 20 25 30 

Figure 5.1 Central axis depth dose curves for field sizes 5x5, 10x10 and 20x20 cm2 with 

symmetric fields (black lines) and asymmetric fields (red and green lines) measured in 

the Blue Water Phantom. 

Measurements showed that the depth dose curves for symmetry and asymmetry beams of 

equivalent field sizes were identical and there is no difference in depth dose measured in 

the central beam axis for symmetry field or that measured at off-axis distance in beam 

axis of asymmetry field of the equivalent field sizes at depths ranging from 0 up to 25cm. 
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Measured beam profiles for symmetric and asymmetric fields are compared and shown in 

Fig 5.2 for in-plane profiles, Fig 5.3 for cross-plane profiles and Fig 5.4 for diagonal 

profiles for field sizes (a) 5x5 cm2, (b) 10x10 cm2 and (c) 20x20 cm2. 

Measurements showed that the shape of the symmetry beam profiles is in all cases almost 

identical to the corresponding asymmetry beam profiles as can be seen in the figures 

mentioned above. 

Beam profiles in the in-plane, cross-plane and diagonal direction for asymmetry beams 

with field sizes 5x5 and 10x10 cm2 show good agreement with symmetry beam profiles 

with the equivalent field sizes for all depths. 

The difference between symmetry and asymmetry beams was only predicted for the 

largest field used here (20 x 20 cm2). This difference in the dose distribution for 

asymmetric fields, compared to the dose distribution for symmetric fields, is the "tilt" of 

the dose profiles towards the beam axis as shown in Fig 5.2 (c), 5.3 (c) and 5.4 (c). 

In this large field size, across the center of the field, there is no difference in the profile 

values. At the field edge, the difference is more than 1 % due to off-axis softening. This 

is caused by the oblique incidence of the asymmetric beam at off-axis locations, causing 

less beam hardening compared to that along the central axis. 
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(C ) 

Figure 5.2 In-plane beam profiles at 0.75, 5, 10 and 20 cm depths for symmetric (black 

lines) and asymmetric fields (red and green lines) for (a) 5x5 (b) 10x10 and (c) 20x20 
2 . cm field size measured in the blue water phantom. 
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Figure 5.3 Cross-plane beam profiles at 0.75, 5, 10 and 20 cm depths for symmetric 

(black lines) and asymmetric fields (red and green lines) for (a) 5x5 (b) 10x10 and (c) 
9 • • 20x20 cm field size measured in the blue water phantom. 
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(a) 

Figure 5.4 Diagonal beam profiles at 0.75, 5, 10 and 20 cm depths for symmetric (black 

lines) and asymmetric (red and green lines) fields for (a) 5x5 (b) 10x10 and (c) 20x20 

cm field size measured in the blue water phantom. 

58 



Table 5.1 compares between beam specifications for symmetry and asymmetry fields and 

the percentage differences between these values are shown in Table 5.2 for the different 

field sizes. 

Symmetry ratios obtained for symmetry and asymmetry fields in in-plane, cross-plane 

and diagonal direction for field sizes 5x5 and 10x10 cm2 fall within the tolerance level 

(less than 103%) as indicated in the AAPM quality control report [19]. However, for the 

large asymmetry field 20x20 cm2 this level was exceeded due to the tilt of the beam 

profile mentioned above. 

Dose variations across the beam for symmetry fields were found to be within the 

tolerance level (less than 106%) and this is not the case for asymmetry beams as shown in 

Table 5.1(b) where the flatness values ranged from 107.8 to 108.9%. 
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Table 5.1 Beam specifications (a) Symmetry %, (b) Flatness % and (c) Penumbra (cm) 

values in all directions: Comparison between symmetry and asymmetry fields. 

(a) 

5 x 5 cm X" 10x10 cm 20 x20 cm 

Symmetry Asymmetry Symmetry Asymmetry Symmetry Asymmetry 

In-plane 
Cross-plane 
Diagonal 

102.4 
101.3 
101.3 

100.5 
100.5 
100.3 

100.7 
100.7 
100.6 

101.0 
100.8 
101.7 

100.8 
100.4 
100.6 

105.5 
106.9 
107.0 

(b) 

5 x 5 cm2 10 x 10 cm2 20 x20 cm2 

Symmetry Asymmetry Symmetry Asymmetry Symmetry Asymmetry 

In-plane 
Cross-plane 
Diagonal 

103.3 
101.7 
101.7 

107.5 
104.5 
100.7 

108.7 
105.5 
102.0 

108.8 
105.6 
103.1 

104.0 
103.4 
104.9 

107.8 
108.8 
108.9 

(c) 

5 x 5 cm2 10 x 10 cm2 20 x20 cm2 

Symmetry Asymmetry Symmetry Asymmetry Symmetry Asymmetry 

In-plane 
Cross-plane 
Diagonal 

1.05, 1.02 
0.91,0.91 
0.91,0.91 

1.27, 1.23 
1.10, 1.12 
1.29, 1.29 

1.32, 1.30 
1.14, 1.15 
1.32, 1.34 

1.31, 1.30 
1.15, 1.17 
1.35, 1.36 

1.39, 1.38 
1.22, 1.25 
1.44, 1.46 

1.45, 1.37 
1.17, 1.31 
1.34, 2.17 
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Table 5.2 Percentage difference in (a) Symmetry % (b) Flatness % values between 
symmetry and asymmetry fields 

(a) , . 
5 x 5 cm2 10 x 10 cm2 20 x20 cm2 

In-plane 1.86 0.30 4.66 
Cross-plane 0.79 0.10 6.47 
Diagonal 0.99 1.09 6.36 

5 x 5 cm 10 x 10 cm2 20 x20 cm2 

In-plane 4.07 0.09 3.65 
Cross-plane 2.75 0.09 5.22 
Diagonal 0.98 1.08 3.81 

5.2 2D-ARRAY measurements 

Beam profiles at 5 and 10 cm depths for symmetry and the corresponding asymmetry 

beams in the in-plane, cross-plane and diagonal direction are compared and shown in Fig 

5.5 for in-plane profiles, Fig 5.6 for cross-plane profiles and Fig 5.7 for diagonal profiles 

for (a)5x5 cm2, (b) 10x10 cm2 and (c) 20x20 cm2 field sizes. 

2D-ARRAY measurements show the same results as obtained by the water phantom 

measurements. 
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(a) 

(b) 

SYM 

(C ) 

Figure 5.6 cross-plane beam profiles at 5 and 10 cm depths for symmetric (black line) 

and asymmetric fields (red line) for (a) 5x5 (b) 10x10 and (c) 20x20 cm2 field size 

measured with 2D-ARRAY and build up material. 
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(a) 

(b) 

Figure 5.6 cross-plane beam profiles at 5 and 10 cm depths for symmetric (black line) 

and asymmetric fields (red line) for (a) 5x5 (b) 10x10 and (c) 20x20 cm2 field size 

measured with 2D-ARRAY and build up material. 
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(a) 

(b) 

(c) 

Figure 5.6 cross-plane beam profiles at 5 and 10 cm depths for symmetric (black line) 

and asymmetric fields (red line) for (a) 5x5 (b) 10x10 and (c) 20x20 cm2 field size 

measured with 2D-ARRAY and build up material. 
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5.3 Absolute dose measurement: 

Absolute dose measurements in the blue water phantom for the symmetry and asymmetry 

beams at 10 cm depth show that there is no significant difference for all the field sizes 

used and as shown in Table 5.3, the percentage deviation was never larger than 1% which 

is within the tolerance level for absorbed dose determination in the AAPM quality control 

report. [19] 

Table 5.3 Absorbed doses to water for symmetric and asymmetric beams measured at 10 

cm depth in the blue water phantom using FC-65-G ion chamber and DOSE1 

electrometer following TRS-398 protocol from IAEA. 

Absorbed dose to water (Gy) 
Field size % Deviation 
(cm x cm) symmetry asymmetry 

5x5 2.000 2.017 0.84 

10x10 2.000 1.998 0.10 

20x20 2.000 1.996 0.20 

5.4 Treatment Time calculation 

To determine the accuracy to which the Pinnacle3 model gives the dose distribution for 

any shaped fields, treatment time calculations for symmetric and asymmetric beams were 

compared in Table 5.4 and the percentage deviation was found to be less than 2%, which 

is within the tolerance level for absorbed dose determination in the AAPM quality control 

report. [19] 

Table 5.4 Treatment time calculated in the Pinnacle3 TPS using cc convolution for 

symmetric and asymmetric beams with different field sizes at 10 cm depth. 

Field size Treatment time (min) % Deviation 
(cm x cm) 

symmetry Asymmetry 
5x5 L92 L93 052 

10x10 1.72 1.75 1.74 

20x20 2.11 2.13 0.95 
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CHAPTER SIX 

CONCLUSION 

A comparison was drawn between symmetry and asymmetry dose distributions using 

water phantom and 2D-ARRAY with build up materials. No difference was found for 

small field sizes. For large fields, and due to the off-axis softening, the effect of 

asymmetric collimation is the tilt of the isodose curves where the deviations between 

symmetry and asymmetry beams values were found to be more than 1%. 

Depth-dose characteristics for asymmetric fields are similar to those of symmetric fields 

for the different collimator openings. 

The Pinnacle3 TPS uses the same beam data for symmetric collimator setting and models 

the dose distribution for any shaped field, with symmetric or asymmetric collimator 

setting, without special correction factors and does not require additional measurements 

for off-axis fields. 

The Pinnacle3 has these advantages and can be used to calculate dose distribution in 

asymmetric fields to the same degree of accuracy as for symmetric fields. 
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