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The curative effect of ionizing radiation depends strongly upon the precision with

which dose is delivered to the prescribed target volume. The requirement for high

geometric accuracy in patient positioning is even more stringent where complex

treatment techniques are used, such as conformal, dynamic arc or truly 3-D (non-

coplanar) beams. It is expected that digital on-line portal imaging devices will play a key

role in the monitoring of radiation therapy treatments.

Different approaches to on-line portal image acquisition have been compared, and

the basic imaging properties of a video portal imager have been evaluated and discussed

in this thesis. Analysis of the system performance indicates the most efficient ways to

effect improvements in spatial resolution and signal-to-noise ratio. Digital image

processing techniques for noise suppression and contrast enhancement have been

developed and implemented in order to facilitate visual analysis of on-line portal images.

Results obtained with phantom and clinical images indicate that improvement in image

quality can be achieved using adaptive filtering and local histogram modification. A

novel study of observer performance with on-line portal images showed that

enhancement of contrast by selective local histogram modification significantly improves

perceptibility of anatomical landmarks and assures higher accuracy in quantitative

computer-assisted treatment verifi cation.

Fully automated treatment verification is the ultimate goal of on-line digital portal

imaging. It should include analysis of size and shape of the radiation field as well as

evaluation of placement of the field with respect to the internal anatomy of the patient. A

computerized technique, has been developed, for extraction of the treatment field edges

and for parametrization of the field, and examples of its application to automated analysis

of size and shape of the radiation field are presented.
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OUTTINE OF THE THESIS:

The present work is divided into nine chapters. In Chapter L the rationale for

verification of geometric accuracy in radiotherapy treabnents is presented.

Chapter 2 contains review of various approaches to acquisition of portal images.

In Chapter 3 the design and imaging properties of a video system for on-line

portal imaging are discussed. Chapter 4 presents and evaluates digital

techniques for suppression of noise in video portal images. Methods for contrast

enhancement in digital portal images are examined in Chapter 5. Chapter 6

presents a solution to the problem of extraction and processing of information on

treatment field edges. In Chapter 7, benefits of digital enhancement of on-line

portal images for visual monitoring of treatrrents are analyzed. Chapter 8 is

concerned with parametrization of size and shape of radiation field and presents

a fully automatic method for field verification. Finally, Chapter 9 gives a

summary and conclusions, as well as indicates âr€â,s of future developments.
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Cñapter I.

RETIONALE FOR VERIFICATION OF RADIATION THERAPY

TREATMENTS.



1. INTRODUCTION.

The principal objective of radiation therapy is to deliver a sterilizing dose

of radiation to the tumour volume'in the patient while sparing the adjacent

healthy tissues and organs. Depending on the site and type of the malignant

disease, the required dose may be obtained either from radioactive sources

implanted in the tumourous tissue (brachytherapy) or, more often, from external

beams of radiation (external beam radiotherapy). For the purpose of the present

worþ we will consider the case of external beam radiotherapy and will use the

terut 'radiotherapy'in reference to treatments carried out with the use of external

photon beams, unless specified otherwise.

Considerable progress has been made over the past half a century in the

science and technology of radiation therapy. Following the introduction of the

first clinical megavoltage photon beams using van de Graaff generators [1],
treatnent machines have been developed capable of generating high (up to
around 25 MV) and very high (up ro b0 MV [1]) energy photons (and electrons),

which produce more favourable dose distributions in treabnent of deep-seated

tumours. Conventional treatment techniques are based on the use of rectangular

beam profiles, but as tumours in general do not have rectangular shapes, there is

increasing use of radiation fields that conform to the shape of the tumour

(confonnation therapy) as seen from the beam's angle. This is achieved by
inserting shielding blocks into the beam (in addition to two orthogonal pairs of

collimator jaws), or in contemporary treatment units, by using multileaf

collimators which allow for computer controlled tailoring of the treatnent fields

to the required shape, and which replace cumbersome and time consuming

shielding blocks. The number, orientations and shapes of radiation beams that

will be used in the treatmen! are specified in the process of treatment planning,

where a specially designed computer program is used for calculation of the
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exPected dose distributions and, in more advanced treatment planning systems,

for evaluation of dose distributions with respect to particular therapeutic

requirements [2,3]. Modern treabnent planning systems are said to be three-

dimensional, in the sense that they utilize three-dimensional information on the

patient's anatomy obtained from computed tomography, for calculation of three-

dimensional dose distributions in the patient. In particular, the algorithms for

calculation of local dose take into account scattering in 3-D and inhomogeneity

of the patient's tissue, and they also take advantage of the flexibilities offered by

treatnent machines such as non-coplanar, or even dynamically changing beams

(dynamic arc treahnent).

Once a particular treatment plan has been selected, a pre-treatment

simulation procedure is applied. The conventional simulation is performed by

setting up the patient on a simulator machine, under conditions that closely

resemble the actual treatment. The simulator is equipped with an x-ray tube,

which allows for taking x-ray radiographs (simulation films). These radiographs

show a projection of the patient's anatomy, along the direction of the prescribed

beam, as well as the planned radiation field. Since one of the main purposes of

simulation is to obtain simulator images, which are used for verification of

patients' set-up during treatments, it has been proposed [4,5,6] to generate such

images, called digitally reconstructed radiographs (DRR) using available 3-D CT

data.

After the simulation, the prescribed total dose of radiation is delivered in
a number of treatment fractions (typically 15 to 30), that span over a period of

several weeks. Each fraction may consist of a few separate irradiations, that

corresPond to different beam orientations and/or different shapes and sizes of

radiation fields. Before each dose delivery, the patient is set up to the position

that was previously defined in the treatment plan and simulated. Field lights,



lasers and cross-wires indicate the reference frame associated with the treahent

beam, while markers on the patient's skin and/or an immobilization device are

used to assure correctness of the position of the patient with respect to the beam.

2. DEPENDENCE OF BIOLOGICAL EFFECTS OF RADIATION ON DOSE AND

IRRADIATED VOLIIME.

The curative effect of ionizing radiation (or Tumour Control Probability,

TCP) can be expressed in terms of dose-response curr/es, which relate the

probability of tumour control (eradication of cancerous cells) to the dose that is

delivered to the tumour volume. An example of such a.curve, generated by the

logistic model l7l, is given in Figure 1. Dose-response curves, in general, exhibit

a great degree of variability betrveen different tumour t¡rpes as well as between

different individuals. Conventionally, in considering the optimal treatment dose,

dose response data are acquired from accumulated clinical experience involving

many patients. Flowever, it has been suggested that this radiobiological

characterization could be improved by obtaining dose-response cuwes for each

individual patient, through an in vivo clonogenic assay [8,9]. An important

parameter of a dose-response curve is its steepness, or its reciprocal expressed as

the parameter Lp2¡p1, which is the relative increase in absorbed dose in %,

necessary to obtain a gain in the tumour control probability (TCP) from P1 to P2

per cent [7]:

Dz-Dt
LpZ/pt =5;"1.00% (1)

where D1 and D2 are dose levels that correspond to tumour control probabilities

of P1 andPV respectively. Typical values for this reciprocal gradient parameter,



Figure 1.

Tumour control probability as a function of the dose absorbed in the tumour.
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estimated lor P2=TS% and p1;50%, vary from about 11 for carcinoma of the

supraglottic lar¡rnx, to about 46 f.or Hodgkin's disease[7]. This means that in the

case of Hodgkin's disease, a dose increase of approx. 46% is necessary for

obtaining a therapeutic gain of 25% (from 50% to 75% TCP). On the other hand,

for the tumour in the supraglottic larynx, which has one of the steepest dose

response curves, the equivalent gain in TCP is derived from only an I'/-,%

increase in the delivered dose.

The second essential aspect in considering biological response in radiation

therapy is related to the volume of healthy tissues and the volume of a tumour

that are irradiated. Qualitatively, the probability of complications due to the

damage of healthy tissues increases with the volume of healthy tissue irradiated

at a given dose level. The relationship between the tolerance dose D1s1 for

healthy tissues (the dose that corresponds to some specific and low probability

for radiation injury) and the volume V of these tissues irradiated is often

approximated with power law equations [1Q11] of the type:

D¡e1- V-Ê

where the exponent B is typically estimated at around 0.1 [11]. On the other

hand, the probability of tumour control at a given dose level decreases with the

number of clonogenic cells that have to be sterilized. Norrnally this number is

closely related to tumour volume. Therefore, in order to achieve a desired level

of control for larger tumour volumes it becomes necessary to apply a higher dose

[12]. Furthermore the radiation field has to be carefully designed to include as

small as possible volume of healthy tissues. Newly developed treatment

techniques are particularly oriented towards irradiation of smaller and better

defined target volumes with higher doses, which should bring about

(2)
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considerable improvements in patient survival ï13,1,4). Flowever, inaccuracies in

dose delivery that presently occur constitute a serious obstacle to this goal.

3. INACCT]RACIES IN TREATMENT FIETD PLACEMENT.

Uncertainty in the delivered dose, will arise from imprecise tumour

localization during diagnosis, improper calibration of the treatment machine,

approximations assumed in the treatment planning algorithms, as well as

geometric inaccuracies in reproduction of the prescribed size and shape of the

radiation beam, and incorrect positioning of the patient (localization errors). As

the difficulties associated with machine calibration and dose calculation

algorithms have been successfully dealt with through new equipment design,

extensive quality control programs and more accurate models of radiation

transport, the geometric problems of inconect patient-beam set-up remain to be

of growing concern among the radiotherapeutic communit¡r. This concern was

reflected in the report of the NCI Workshop on Geometric Accuracy and

Reproducibility in Radiation Therapy that was held in 1987 [15]. The report

contained recommendations for further intensive studies of the problem and

formation of multi-disciplinary working groups to develop techniques for

improved consistency of patient set-up.

Over the past fifteen years or so, a number of studies have been published

on the magnitude and frequency of the occurrence of localization errors in daily

clinical practice. Most of them were based on quantitative comparisons made

between simulator and portal films. In one of the pioneering studies on

localization etrors, Marks and his colleagues [16] analyzedg}2portal films for 99

patients suffering from Hodgkin's disease and malignant lymphoma, and found

localization errors in 36% of them (an error was recorded if the afllary, cervical,

mediastinal, supraclavicular or abdominal nodes were not covered by the
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radiation field). In a later study with a group ol 19 Hodgkin's disease and

malignant lymphoma patients by Marks et al. [17] the error rate was reported to

drop down to'j,5% (out of 451 treatments analyzed), which was partly attributed

to the increased frequency of portal verification. Marks et al. [18] also reviewed

118 cases of patients with nasopharlmgeal cancer and found 'inadequate

coverage' (the edges of the radiation field were closer than 5 mm to the

boundaries of the nasopharyngeal cavity) in 8% of the 219 analyzed treatments.

The most comprehensive study to date was carried out by Byhardt et al.

[19], who compared the frequency and the magnitude of errors for different sites

of treatments. For each analyzed treatment film the maximum displacement of

field edge or centre from the planned position was measured to indicate the

degree of error. It was found that 77% of the 434 Ear Nose and Throat (ENT)

treatments included in the study had errors greater than 5 mm, and errors of the

same magnitude were found in 7% of 1,63 cranial region portals. Further.more,

there was a 1.3% error rate (misses by 5 mm or more) reported among the 312

chest region films examined. The highest error rate was observed for treatments

in the pelvic region where discrepancies greater than 5 mm were found in 26%

of the 153 cases included in the study.

Another comparative analysis of errors occurring at various anatomical

sites was carried out by Rabinowitz et al. [20]. The results for lb head and neck

treahents indicated 37% incidence of errors exceeding 5 mm. The error rate

found lor 22 thoracic cases was 77%, while the evaluation of 33 pelvic and

abdominal treatments showed errors of 5 mm or larger in ST% of the cases.

In a study involving 138 head and neck treatments, conducted by

Huizenga et aL. [21), it was found that the average displacement of the field edge

from the prescribed position was 5 mm. An additional interesting conclusion of

this study was that the discrepancies between portal films taken on different
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treatment days were as large as the discrepancies between simulation and portal

films, which suggests that random variations in patient position are the major

source of localization errors. Richards and Buchler [22] examined the accuracy of

treahents in the abdominal and pelvic region using a total of 208 films.

Approximately 43To of them exhibited errors in excess of a 10 mm shift or LOo

rotation. The authors also observed an increased error rate in treatments of

overweight patients, for whom the set-up procedure based on skin marks was

less reliable. In a similar study by Griffiths et al. [23] involving'l.ST films of

patients treated for infradiaphragmatic disease following surgery of testicular

tumours, an average rate of.1,6% for errors greater than 10 mm was reported.

The results of the studies can be blocked, depending on the tumour site,

into three major categories: head and neck, thoracic and abdominal or pelvic

treatments. The cumulated results on frequency of localization errors for those

cited studies that used the same 5 mm threshold level, are given in Table 1.

Table 1.

Average rates of incidence of localization errors (field displacement by S mm or

more) as found in radiation therapy treahnents for major anatomic regions.

Site of Disease Errors/Total %

head and necka

thoraxb

abdomen and pelvisb

109/831

s8/338

s9/186

13

17

32

a including brain and ENT, data taken from [18], [19] and [20],
b based on data from [19] and [20],
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Despite the wide variability in results from different centres, caused

mainly by different patient set-up procedures, a clearly significant pattern

emerges indicating that treatments in the thoracic and particularly abdominal

and pelvic regions are associated with greater probability of localization erïors

than the head and neck treatments. This observation is fully consistent with our

belief that unreliable marks on the patient's skin (due to their movement with

respect to the internal anatomy) and inadequate immobilization in conjunction

with local body movement are three major sources of eïïors in patient

positioning with respect to the therapeutic beam. It has been demonstr ated l2Z)

that shifts of skin marks are an underlying cause of localization errors in pelvic

treatments, and that a reduction in frequency of occurrence of set-up erïors can

be achieved by improving the skin marking technique and using a more

naturally stable patient position [23]. The value of patient immobilization was

evaluated in studies conducted by Marks and Haus f?Al, and by Jakobsen et al.

[25]. The former study, conducted on head neck patients, showed a dramatic

decrease in incidence of localization errors from "1.6% down to'1.% after a bite

block immobilization was introduced. An improved immobilization technique

for breast treatments, proposed by ]akobsen and colleagues, was associated with

only a 0.9% erfor rate, as compared to 3.4% for the standard foam cast fixation.

4. CLIMCAL IMPACT oF LoCALIZATIoN ERRoRS.

The uncertainty in size and shape of the radiation field and in its position

relative to the patient results in errors in the delivered dose, especially around

the boundary of the field. Computational techniques for incorporation of these

uncertainties in treatment planning systems have been proposed by Goitein [26]

and Leong [271. They allow for calculation of the mean dose distribution

(nominal dose) as well as the uncertainty intervals. Hunt [2S] compared the
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effects of localization errors on dose distributions for different treatnent plans,

and concluded that conformal treatments are more likely to produce

unacceptable dose distributions, when discrepancies in the patient-beam

positioning occur.

Changes in tumour control and normal tissue complications that are

caused by localization errors have been examined in a number of studies.

Goitein [29], in his theoretical analysis, arrived at the conclusion that in the case

of the squamous cell carcinoma, which is characterized by a steep dose-response

curve (low value of the reciprocal gradient Lpz/pt), a reduction in the

magnitude of errors by 5 mm might bring as much as 'l,S% improvement in
tumour control probability. On the other hand, for Hodgkin's disease this

improvement might be only about 0.4%. Another theoretical study, done by

Boyer and Schultheiss [8] indicated that the gain in tumour control probability

could be as high as 2% per l% improvement of accuracy in dose. Some of the

clinical results obtained for Hodgkin's disease suggest that the local recurrence

rate of the disease due to underdose caused by geometrical misses can actually

be higher than Goitein's predictions. For example, Maruyama and Khan [30]

observed that33% of 36 patients with Hodgkin's disease suffered recurrences in
sites around the field bound"ry. Similar results were published by Marks et al.

[16], although because of the small statistics of patients with recurrences (only 5

patients), no definite conclusions could be reached. More reliable results were

obtained by Kinzie et al. [31] who found that the local recurïence rcte of.33%,

observed for patients with localization erïors, was significantly higher than the

7% local recurrence rate in acceptably accurate treatments. White et al. [32]

studied the clinical impact of errors in dose delivery on treatments of small cell

ca¡cinoma of the lung. They showed that major protocol variations (B0To of them

were strictly errors in shielding and in radiation coverage of the tumour volume)
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led to significantly shorter mean survival, worse response rate to chemotherapy

and a higher rate of tumour relapse. The analysis of potential causes of failure in
radiation therapy treatments in head and neck cancer, made by peters and

Fletcher [12], indicated that localization erïors and inadvertent underdosage are

'the surest cause of radiotherapy failure'.

The importance of improved local tumour control for long tenn survival

is generally recognized. Suit and Westgate [13] presented a number of examples

of significantly higher survival, that resulted from more effective local therapy.

Especially high gains were noted for patients with cancer of the uterine cervix,

oral cavity-oropharlmx, ovary, colo-rectum, non-oat cell cancer of the lung,

prostate cancer/ and bladder cancer. These results suggest that an increased

radiation dose should be applied to primary sites of the disease. Increased dose,

however, may lead to an unacceptable rise in treatment related morbidity if the

volume of irradiated healthy tissue is too large. Such results were reported by

|olles et al. [33] for carcinoma of the uterine cervi>ç and by Gallagher et al. [34],

who analyzed a variety of pelvic treatnents for carcinoma of the prostate, colon

and rectum, endomerium, cervi& ovary and bladder.

5. TREATMENT VERIFICATION.

With the stringent requirements of higher dose to a smaller and more

precisely defined tumour volume, a pressing need arises for effective means of

verification of dose delivery in radiation therapy treatments. An example of
developments in this area is a computerized system for recording and verifying

settings of a treatment machine, including the beam energy, field size, collimator

angle, gantry angle, wedge number and blocking tray number [35]. such a

Record and Verify System inhibits the radiation beam if the settings of the

treatment machine do not agree with prescribed values within given tolerances.
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Podmanicz(cy et al. reported that the Record and Verify System had detected and

prevented significant errors that otherwise would have occurred in about 1.% o1.

all fields treated. The Record and Verify System, although very useful in

eliminating machine setting errors, cannot be viewed as a comprehensive

solution to the treatment verification problem as it cannot be used for

verification of patient position.

Portal imaging is the most direct way of obtaining information on the

position of the patient in relation to the beam, as it involves acquiring images of

the radiation that Passes through the patient during treatments. With the advent

of on-line portal imaging techniques that are capable of producing useful images

of patient anatomy within the first few seconds of the treatment, the idea of

rapid and continuous treatment verification has become realistic [14]. It is

expected that on-line monitoring of the target tissue will allow for more efficient

radiation therapy through reduction in the eïïor margins around the tumour

volume and improved local control. The present study concentrates on

application of digital techniques to on-line portal images. Its general goal was to

develop methods that would enable fast and possibly effortless on-line

verification of patient-beam positioning, using digital manipulation of portal

images. The scope of the thesis includes evaluation of basic imaging properties

of an on-line portal imaging system, investigation of techniques for digital

enhancement of portal images, applied to improve visual monitoring and

verification of treatments, as well as elements of automatic computerized

analysis aimed at rapid confirmation of size and shape of the treatment field.

This latter goal is of key importance in confonnation therapy, since it has been

documented [36] that increased field complexity could be the cause of a large

fraction of the localization effors. This thesis discusses methods for enhanced

visual monitoring of treatments and automatic analysis of the size and shape of
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the treatment beam, in the hope that this will form a basis for an extensive and

reliable system for on-line radiotherapy verification.
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1. INTRoDUCTIoN.

Portal images are the most direct means for assessing accurary and

reproducibility of radiation therapy treatments. They are obtained by placing a

detector in the radiation beam, on the exit side of the patient during irradiation.

A portal image then represents a two-dimensional projection of the patient's

anatomy onto the plane of the detector. If the image is acquired over an entire

treatment, it is referred to as a verification radiograph t1]. On the other hand,

portal images can also be acquired using only a small fraction of the daily

irradiation. Such images, called localization radiographs, can be used for

adjusting the patient set-up prior to the delivery of the remainder of the

radiation dose. Since they are fonned by the treatment beam itsell localization

and verification portal images depict the patient's anatomy only within the

radiation field, and for small fields this may make it difficult to determine the

position of the field with respect to the prescribed treatnent volume. In such

cases double exPosure radiogtaphs are used, where one of the exposures is made

with the actual treahnent field, while the other utilizes a larger unblocked field

that allows for better visualization of the surrounding anatomy. However, the

use of double exPosure portal images is limited by the radiation tolerance of the

tissues in the unblocked beam.

2.TTTE PORTAL FTLM.

A. Quølìfu of portal film ímages.

Conventional portal images are obtained with radiographic films in
conjunction with metal screens located in the front of a specialized portal film

cassette. The purpose of the front metal screen is to absorb secondary electrons

scattered from the patient's body, and also to convert some of the incident high

ener$"y photons (which have passed through the patient) to secondary electrons,
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which are more readily absorbed in the film emulsion [2]. The qualiy oÍ portal

film images is quite poor due to a number of factors, which we shall review in

turn.

The major deficienry in quality of portal images is their very low contrast.

Within the photon energy range of the therapeutic beams, Compton scattering is

the dominating tyPe of photon interaction with tissues. Differences in

attenuation by various t¡res of tissue are small and primarily determined by

differences in densities. Quantitatively this can be described using the concept of
subject primary contrast co, which is conventionally defined [3] as:

lPr-PlLp=-F- (1)

where P¡ and P are the fluxes of primary (non-scattered) photons that are

observed behind an anatomic feature (subject) and in the background,

respectively. Using a L cm thick bone embedded in a volume of water as an

example anatomic feature, one can calculate that with the increase in photon

energy from 50 keV (diagnostic range) to 2 MeV (therapeutic range) the primary

subject contrast on the bone decreases fuom 34% to 3.7% (calculated using the

attenuation coefficients from [4]). Contrast in portal images is also reduced by

scattered radiation, that adds to the primary photon flux. If this is taken into

account, one can transform (1) into the following formula for the overall subject

contrast C:

^ l(P1+S)-(P+S)l ^ 1v- P+S -r!p S1*p
(2)

Droege and Bjarngard [2] showed that for a given beam energy and field s:u;e,by
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introducing an air gap between the object and the film detector and, to a lesser

extent, by increasing the thickness of the metal screen one can reduce the scatter-

to-primary ratio (S/P) and this way increase the contrast. For example the results

obtained Í.or a 4 MV beam and 30x30 cm2 field indicated a reduction in S/p from

about 1..2 down to approximately 0.6, after a 25 qt air gap had been introduced,

which translates to an improvement in contrast by approximately one third.

V"ry similar conclusions follow from the study by Amols et al. [5], which also

contains theoretical calculations of portal film contrast from the kinematics of

Compton scatter.

The spatial resolution in portal film images is determined primarily by

the intrinsic resolution of the metal screen/film combination and by the finite

size of the radiation source. The resolution of the screen/film detector has been

evaluated [6,7] in tenns of the Modulation Transfer Function (VflfF) at different

beam energies and for different metals. The results, quoted as the spatial

frequency at which the MTF drops to-]-,0%, indicated a resolution of better than 2

mm-l (at the detector), which is considered satisfactory for the purpose of

radiotherapy verification. It was shown that the resolution of the metal

screen/film detector is lower for higher beam energies. This can be explained by

greater penetration and therefore greater spread of the more energetic electrons

generated in the metal plate. Also, it was observed that the resolution was higher

for screens made of heavier metals (e.g. tungsten performed better than lead,

and lead performed better than copp er [T)), which can be explained by the

stronger attenuation of laterally scattered elechons in the heavier metal screens.

A more severe loss of spatial resolution occurs as a result the finite size of the

radiation source. Measurements done by Munro and colleagues [8] showed that

focal spots of linear accelerators have sizes on the order of 2 mm (Full Width at

Half Maximum (FIM{M) of the source intensity distribution). They indicate that
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the MTF due only to a source of such size falls below 10% at spatial frequencies

greater than about 2 mm-l (assuming a magnification factor of '1,.2, which is

representative for portal film imaging). A $pical 60Co source is 10x larger than

that of a linear accelerator and the resolution is therefore limited to about 0.3

mm-l (at a magnification equal to 1.2). Additional unsharpness in portal film

images is introduced by movements of the patient during the treatment.

Another flaw in quality of portal film images is related to the often

suboptimal utilization of the dynamic range of the film. This occurs as a result of

very diverse film exposure conditions which are encountered for different

treatment sites and for patients of different thiclcresses. As a consequence portal

films are frequently overexposed or underexposed as was found in a survey by

Reinstein et al. [9], where 40% of. the analyzed films had optical density outside

the optimal range for viewing (1.1 - 2.1) and were difficult for a therapist to

interpret. To alleviate this problem technique charts were determined and

recommended for use with portal films [10]. This solution however, often does

not allow for film exposures extending over the entire treatment, which means

that the treabnent has to be intem:pted and the film removed from the radiation

beam. This would increase the inconvenience of the already complex treatment

set-up and delivery. Furthermore, even at the optimal exposure level the low

and fixed display contrast in portal film limits the perception of anatomical

detail.

. Detectability of anatomical features in portal images by * observer is

determined by their Signal-to-Noise Ratio (SNR) and display contrast. Noise

characteristics of the portal film was investigated by Muruo et al. [7]. Their

results indicate that film granularity is the dominant source of noise (it

constitutes more than 90% of the total noise power). It has been shown that the

SNR of the metal screen/film system could be improved by a factor of 1@ if
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film mottle were eliminated.

B. Enhøncement of portal fílms.

A number of enhancement techniques have been applied to overcome

some of the deficiencies in the quality of portal films. A photographic technique

for contrast enhancement was developed by Reinstein and Orton [11]. It involves

making a contact coPy of the original portal film using a radiographic film with

high gamma, which provides increased contrast in the copied image. If this

single enhancement is not sufficient the contact copy process can be repeated

until a high contrast image is achieved. The major drawbacks of this 'gamma

multiplication' technique include increased film processing time and cost as well

as the loss in resolution due to the scattering of light during the photographic

contact copying and the increased noise level introduced by film processing.

With the wider availability of computer hardware for acquisition,

processing and display of images, applications of digital image enhancement to

portal films have become more common. The purpose of digital enhancement

was primarily to enhance contrast on anatomical detail. Leong [12] reported on

an imaging system consisting of a light-bo& a low-noise vidicon camera and a

Yax'l'-l'/780 minicomputer equipped with a video signal digitizer and a Lexidata

3400 display. Images were digitized into a 512x480 pixel ãffãfr with 8 bits

available for pixel intensity. The preferred enhancement technique was a
combination of band-pass filtering and windowing. Long acquisition and

processing times prevented wide-spread application of this approach.

Smith [13] presented an approach similar to that of Leong's, both in terrns

of the hardware (Yax11,/780 and a Lexidata 3700 display) and the software. He

recommended applying to a typical portal image a combination of smoothing

and high-pass filtering (effectively a band-pass filter) followed by windowing.
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Another system for enhancement of portal radiographs was presented by

Meertens [1a]. Film digitization was done using a microdensitometer controlled

by a DEC PDP 1'1,/34 treatment planning computer. Images were stored as a

256x256 pixel array and each pixel was represented by 1,2 bits. A CT viewing

console was used for image display. High-pass filtering and grey level

windowing were employed to enhance the contrast of anatomical detail.

Practical usefulness of the system was limited by the long digitization time (film

scan time was over t h). A more advanced technique for digital enhancement of

portal films was described in [15]. Films were digitized to a 512xEL?.xT bit
resolution, using a video camera. The selected enhancement method was an

approximation to the Wiener optimal filter, in which the MTF and the noise

variance in digitized portal films are taken into account. An increase in

sharpness and local contrast was achieved, particularly noticable in films which

originally suffered from significant blur due to the large size of a 60Co source.

Sherouse and colleagues [16] first employed Contrast Limited Adaptive

Histogram Equalization (CLAHE) to enhance contrast in portal films. This

technique offers a much more unifonn enhancement of contrast over the entire

image, as compared to commonly used windowing or global Histogram

Equalization. Another advantage of CLAHE is that it does not require user

interaction and can be implemented in an automatic manner. Flowever, the

technique also had some serious drawbacks as it introduced the strong blurring

around the treahent field edges and generated streaking artifacts due to the

bilinear interpolation incorporated in the enhancement scheme. Also the

processing time of about 3 minutes on a Yax 1'/-,/750 minicomputer for a

1'0Vlx70Vt pixel image could be considered unacceptably long as far as routine

use of CLAHE in a busy radiotherapy department is concerned. The authors

proposed using specialized parallel processing hardware to reduce the execution
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time for the CLAHE algorithm. The applications of CLAHE to enhancement of

portal images will be addressed in Chapters 5 and 6 of the present thesis, where

alternative methods will be introduced and discussed.

In addition to image enhancement, digital processing techniques can also

be applied to portal radiographs in order to correct for differences in

magnifications between the simulation and portal films, which were shown to be

a source of considerable difficulty in quantitative assessment of geometric

accuracy of the treatment set-up [17].

C. Lout enerry portøl aerìfícatíon.

A more direct way of raising the quality of portal films is by using low

energy radiation in the diagnostic x-ray range. This idea was first explored by

Holloway in 1958 t18l who mounted a diagnostic x-ray tube on the

counterweight of a cobalt unit. The x-ray tube placed at the same distance from

the axis as the 60Co source and the radiographs were taken with the gantry

rotated by 135 degrees. More recently Shiu and colleagues [19] proposed a

design in which an x-ray tube can be aligned to the exact position of the cobalt

source, and a double exposure image can be obtained consisting of a localization

portal produced by the treatment beam, with the collimators and shielding

blocks in place, superimposed on a larger field imaged with the x-ray tube. The

need for rotation of the treatment machine and extra care necessary for

alignment of the two sources are two chief obstacles to the popularization of this

approach.

A novel way of. acquiring portal images with diagnostic energy x-rays

was proposed by Galbraith [2,0], who used a beryllium target without a
flattening filter at a low (46 MV) operating energ'y of a linear accelerator. This

way diagnostic energy photons were not filtered out by the thick high atomic
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number target of the accelerator and portal images with a greatly improved

contrast could be acquired. However, the improvement in subject contrast was

shown to depend strongly on the thickness of the imaged object, since a thicker

attenuating layer stops mostly low-energy photons þeam hardening). For

example if the object were a 20 cm layer of water-like material, then the gain in
contrast for the modified accelerator beam over the regular one would be

minimal (most of the detector exposure would be caused by high-energy

photons). A serious difficulty with Galbraith's approach is that it involves major

modifications to the design of the treatment machine, therefore it is not clear if
the method will gain general acceptance.

D. Tíme consíderøtíons.

The main drawback of the use of film for portal verification is the

unavoidable delay due to the necessity of film development before it can be

viewed. This delay is increased even more if digital enhancement is employed to

facilitate interpretation of the image. One can conclude therefore that localization

films are impractical to use for interactive patient set-up. Also because of the

possibility of patient movement while the film is being processed, the accurary

with which localization films indicate position of the patient may be in some

cases less than sufficient (particularly when no immobilization devices are used).

Verification films, on the other hand, allow only for post-treatment analysis of

accuracy of the set-up, when the dose has already been delivered. Also, the

quality of portal verification films is comrpted with motion blur due to patient

movement during the long exposure of the film. Another limitation of portal

films is that they cannot be employed for verification of dynamic treatments,

where source and/or collimator are moving. Finally, it should be pointed out

that the use of films in portal verification is not only time consuming, but also



.28

involves high costs of film purchase, storage, processing, archival, and possibly

digital image manipulation. It is not surprising then, that only 40To of the

institutions included in the AAPM Task Group questionnaire [1.] carried out

portal film verification on at least a weekly basis. Most of the radiotherapy

centres limited the use of portal films to the first day of the treatment only.

Routine treatment verification will require development of alternative, possibly

digital, portal imaging systems.

3. ATTERNATIVE cTT.LINE PoRTAL IMAGING SYSTEMS.

A. Xerorødíogrøphy.

XeroradiograPhy has been shown [21,,22] to offer certain advantages over

the portal film as a tool in radiation therapy verification. The image acquisition

is done by placing a selenium oxide coated aluminum plate in its cassette behind

the patient. Exposures of 3-6 seconds (corresponding to doses of about 4-8 cGy)

are sufficient to obtain satisfactory images on 60Co or 4 MV treatment machines.

After the exposure the plate is processed and in approximately 120 seconds an

oPaque radiograph is produced on paper and is ready for examination. The

xeroradiographic plate is reusable - after preparation by charging it can be used

again to acquire another image. Due to the mechanisms of production of the

latent image in the selenium plate, xeroradiographic images exhibit higher

contrast on edges between anatomical structures than film images. In addition,

simplified handling and shorter processing time are general advantages of

xeroradiography over the portal film.

B. Photo stímul øb le pho sphor s.

Photostimulable phosphor plate detectors are finding increasing use in

diagnostic examinations, and there have been also attempts made to apply this
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new technique in Portal imaging. The detector is typically a 1. mm thick plate

consisting of a layer of europium activated barium fluorohalide cryrstals

deposited on a flexible backing [23]. During an exposure to ionizing radiation a

portion of energy of the incident beam is trapped in the crystals. After the

exPosure, the plate is scanned with a laser beam which stimulates the release of

the trapped energy in the form of light. The light emitted from various locations

on the plate is converted to electrical signals which are digitized and stored in

computer memory. In commercially available systems the image consists of at

least 2000x2000 pixels and can be enhanced prior to display on a monitor.

Typically there is also a hardcopy device attached to the imaging system which

allows for printing the digital image onto a radiographic film. Published studies

Í23,2/ll emphasize the value of imaging with photostimulable phosphors, mainly

due to the linearity and extremely wide latitude of these detectors. The

technique involves less effort for handling and processing than film, and it
produces digital images that are amenable to computerized enhancement and

storage.

@oo
Despite the advantages of portal imaging with xeroradiography or

photostimulable phosphors, relative to film all these techniques impose the same

constraints with respect to long time delays between dose delivery and

presentation of an image (offline imaging), and therefore they cannot be

considered ideal methodologies for radiotherapy verification.

4. ON.IINE PORTAT IMAGING SYSTEMS.

A number of radiation detectors, have been developed for the acquisition

and display of portal images on-line, i.e. during the patient irradiation.
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A. Scíntíllatíon detectors.

A scintillating detector was employed in a prototype rt-MV CT scanner

that was developed by Simpson and colleagues [25] Íor radiot]rerapy treatnrent

planning and verification applications. The detector was an ar.ray of 80 plastic

scintillator blocks, each of which was coupled to a pair of photodiodes. A L cm

thick collimated beam of. a 4MV linear accelerator (linac) was used as the source

of radiation and during the data acquisition the accelerator was run in the arc-

therapy mode. The resolution in the reconstructed transverse image was

approximately 4 mm. Typical dose delivered during a scan was approximately
'l'2 cGy and the data acquisition time was 1.00 s. The authors reported the electron

density discrimination to be better than'/-.%, which was considered adequate for

use in treatment planning algorithms.

An improved megavoltage CT scanner was developed by Lewis and

Swindell at the Royal Marsden Hospital [26]. The detector affay consisted oÍ l?ß

bismuth ger:nanate (BGO) crystals coupled to photodiodes. The S0 mm thiclrress

of the crystals assured high x-ray detection efficiency (up to g0%). The

reconstructed images had resolution of 3 mm and electron density

discrimination was better than'/-,%. The speed of data collection is limited by the

time necessary for one gantry revolution (60 s).

A similar detector was employed in a scanning device for on-line

acquisition of portal images [27]. The scintillatons were crystals of zinc tungstate
(ZnWOa) which provided a 3.2 times higher light output as compared to BGO.

The scanning time required for collection of data for a full l?ßx'1,28 pixel image

was 6 seconds. The time necessary for processing of the data to obtain the final
image was about 30 s. Time is a major limiting factor in using this system for

verification of the treahent set-up.

Brahme and colleagues [28] also developed a scintillation detector that
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can be used for on-line portal imaging and megavoltage CT scanning. The

detector consisted of 'Lzï BGO crystal/photodiode pairs. The imaging

performance was comparable to that of the systems previously mentioned.

The final example of a scanning scintillation imager comes from

Thomson-CsF [29]. The detector consists of a 3 mm thick layer of monocrystals

of scintillating material (8% absorbtion of 6 MeV photons), coupled to a linear

CCD ¿uray of 512 sensitive elements. The reported spatial resolution is 0.9x0.9

mm2 at the detector and the time required for acquisition of a 51,?Å51,2 pixel

image is 10 seconds. Apart from the obvious limitations imposed by scanning, it
is difficult to fully assess the clinical usefulness of the device at this stage, as no

results for portal images have been published.

B. Solíd State Imøgíng Systems.

Lam and colleagues [30] employed a linear aftay of.256 silicon diodes to

obtain on-line portal verification images. The diodes were covered with a 1.1

mm layer of lead which introduces secondary electrons and increases the output

signal from the detector. Spatial resolution at the detector was ?.x2 Âû2, and the

image, obtained by scanning the array across the field of view, consisted of

256x256 picture elements. The quatity of images allowed for visualization of test

objects at the 0.8% pnmary contrast level. Qualitatively, the visual perception of

anatomical structures was adequate for utilization of on-line images in

quantitative verification of treatments [31]. The main drawback of Lam's device

is the long scanning time, in the range s0-L00% of the treahent time, which

makes it suitable only for post-treatment verification.

Another imaging system based on silicon diodes was developed by

Uchida et al. [32]. It consisted of. 2Å9 diodes arranged into a lTxl7 two-

dimensional sensor matrix. In this approach the necessity for scanning was
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eliminated and the image acquisition time was shortened, but the poor spatial

resolution (only 17x17 pixels covering the entire radiation field) is unsuitable for

precise set-up verification.

C. Ionízøtíon chømber ímagíng systems.

Ionization chambers have also been used for on-line detection of portal

images. One-dimensional ¿urays of ion chamber detectors were developed by

Bova et al. [33] and Luxton et al. [34], and tomographic reconstruction was used

to obtain a full two-dimensional portal image. The value of the two systems for

on-line radiotherapy verification was rather marginal, due to the poor spatial

and temporal resolutions.

The technique for portal imaging with the ionization chamber matrix was

pioneered by Meertens and colleagues, who in 1985 described [35] their first

detector consisting of a3?.x32 array of ion chambers, filled with liquid 2,2,4-

trimethylpentane. Since then the system has been greatly improved in tenns of

its spatial resolution and speed of data acquisition and is currently marketed by

Varian Associates. The present detector [36] consists of 256x256 ion chambers

that cover a 3?.x32 cm2 field of view, grrri.g a'1,.?i7x"1,.27 mmz pixel size at the

detector plane. The full two-dimensional image is obtained by successive read-

out of rows of ion chambers, with the minimum time required for switching

voltage between the rows equal to 1.0 ms. Thus the total acquisition time for a

256x256 pixel image is about 3 s. The detector and necessary electronics have

been miniaturized to ht a 5?,x52x4 cm3 enclosure, which makes it quite easy to

set up behind the patient. From experience with the clinical use of the system the

authors claim that good quality online portal images can be acquired. Some

reservations often expressed about the ion chamber portal imaging device are

related to the fact that it employs a volatile and flammable liquid, which requires
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constant care in handling of the detector cassette. Also the minimum 3 second

acquisition time may limit usefulness of the device in cases where there is

significant movement of the patient or in dynamic therapy.

D. Vídeo ímøgíng systems.

Detectors based on video cameras have been applied to on-line

monitoring of radiotherapy treatments. The earliest devices employed vidicon

cameras coupled to x-ray image intensifiers and were used for visualization of

treatments with 200 kV x-rays [37,38]. The image intensifier provided the system

with adequate sensitivity when the orthovoltage radiation was heavily

attenuated by the patient.

For imaging applications in the megavoltage beam energy range the

image intensifier was replaced by a metal/phosphor combination screen where

high energy photons from the treabnent beam are converted into light. One of

the first reports on a megavoltage video portal imaging system came from

Benner and colleagues [39]. The fluoroscopic screen in their device was a 1.S mm

thick lead sheet with ZnCdS scintillating crystals deposited on it. The role of the

lead plate was analogous to the metal screen in a portal film cassette , it
produced a flux of secondary electrons which were more readily absorbed in the

scintillator. The light emitted from the fluoroscopic screen was reflected by a 45

degree angled mirror towards an intensified TV camera (image orthicon), which

was outside the direct radiation beam. The camera was fitted with a 100

mm/F0.85 lens and had a target with improved sensitivity to work at the low
luminance levels (10-3 ft lamberts) produced by the screen. Benner's device

suffered from inferior quality of the observed live portal images, especially in
tenns of inadequate contrast, and tungsten indicators had to be placed inside

patient body as reference landmarks.
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Several years later video portal imaging systems were reintroduced by

Baily et al. t401. A 43x43.*2 117"x77") E-2 (ZnCdS) phosphor screenl cemented

to a 1.6 mm (1/ L6") steel plate was employed to transform high energy radiation

into light, and a Silicon Intensified Target (SIT) camera fitted with a 13 mm/F
0.78 lens was used for image detection. The resolution of the system was

estimated at 0.8 line pairs /mm, measured in the phosphor screen plane. Live

images of useful quality for head and necþ chest and pelvis treatments carried

out on a cobalt and a 6 MV unit were obtained and recorded on a video recorder.

The need for contrast enhancement was indicated, particularly for pelvic images.

A considerable improvement to the performance of video portal imaging

system came about with the introduction of digital image acquisition and

processing by Leong [41]. Using essentially the same detector design as Baily,

Leong employed a 572x51?'x8 bit frame grabber (TRAPIX by Recognition

Concepts Inc. controlled by a Vax 11,/7BO) for digitization and processing of on-

line images at video frame rate (30 frames per second). Averaging of a number

of video frames was applied to reduce noise, and the system was capable of

producing enhanced images every 3-4 seconds. Leong showed that the detector

had a linear dose response which could be exploited in monitoring the exit dose

from the treatment field. In a later paper [42], Leong and Stracher reported that

images of clinically useful quality could be obtained every second and that the

system could be used in monitoring patient position and possible movements

continuously during a treatment.

In 1987 Shalev and colleagues [43] reported on a prototype video system

that employed a CCD camera fitted with a second generation microchannel plate

image intensifier. In a later version of the imager [M,45]a SIT camera was used,

lManufactured by Du Pont Co., Wilmington, DE
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with the sensitivity range that closely matched illumination levels produced by a
1 mm copper/Lanex regutarz çCa2O2S:Tb) screen. For digital acquisition,

processing and storage of images a Series 151 image processor3 *as used with

an IBM PCIAT microcomputer as the host. The images were digitized into a

512x480x8 bit matrix in real time. Successive video frames were summed in real

time into a 16-bit buffer to improve the signal-to-noise ratio. A resolution of

about 0.6 lplmm was achieved over a 35x43.-2 114"x17") field of view. A host

of digital techniques were available for enhancement of on-line portal images.

Currently, a commercial version of the system is marketed by Siemens Medical

Laboratories.

Another video portal imaging system was described by Visser et al. [46]

and is currently marketed by Philips Medical Systems. With the same basic

design as in previous video systems it employs a cooled CCD camera for image

detection. In order to reduce the noise images are acquired via a 0.1 to L second

charge accumulation at the CCD chip, before digitization of the signal. Further

reduction of noise can be obtained by digital summation of a number of images.

The sensing area of the detector is 30x40 cm4 which corresponds to a field of

view oÍ 19x25 cm2 at the isocenter plane. The image is represented by u

256x57?Å8 bit pixel matrix and the resolution in both directions is described by

line spread function (LSF) with Full width at Half Maximum (FWHM) of l.b
mm and 2.1 mm, respectively. The image quality was reported to be adequate

for qualitative visual verification for most of the treatment sites, except for

pelvis. The need for exposures longer than 1 second was indicated because of the

high noise level, which may be a problem in some applications requiring fast

acquisition.

2Eastman Kodak Co., Rochester, Ny
3lmaging Technology Inc., Woburn, MA
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A variation of the basic phosphor screen/video camera design was

proposed by Munro and colleagues [47]. Their system, currently marketed by
s&s Inficon Inc., employs a thick (400 mg/cmz¡ ca2o2s:Tb phosphor layer

deposited directly on a L mm thick copper plate. The phosphor screen is viewed

by u high quality vidicon (lead oxide target) camera operating in slow scan

mode (0.L2 second frame read-out time), to reduce the amount of noise

associated with the camera target readout and signal digitization ,and to
comPensate for the low sensitivity of the camera. The integrated signal is
digitized into a 51'2x51'2pixet al::ay with 8 bit accurag (in the latest commercial

version of the system the image array consists of up to 1,0?-,4xl0Z pixels with g or

optionally 10 bits per pixel), which allows for additional digital enhancement. In

a recent study [48] the authors presented a detailed analysis of the resolution

and the signal-to-noise characteristics of the system for varying thickness of the

phosphor layer. It was shown that the spatial resolution of the system was

limited primarily by the lens of the camera and the pixel size (0.85x0.96 mm2 at

the detector plane for the 512y5't} pixel operating mode) rather than by the

spread of photons and electrons in the metal and phosphor screens. Through a

contrast-detail study it was also shown that for the same 7 cGy exposure level

the video on-line images were superior to portal film for visualization of low
contrast objects larger than about 2 mm.

An interesting approach to reduce the size of a video system was made by
wong and his colleagues [49,s0]. They replaced the angled mirror with a

256x%6 array of fiber optics. By tapering the fibers a reduction in size of an

image is achieved. This way the 'thick' ends of the fibers cover the entire 40x40
cm2 phosphor screen (300 mg/cmz ca2o2s:Tb), while the ,thin, ends, sized 3x3

cm4 are coupled directly to the target of a video camera. With a commercial

fiber-glass reducer the ouþut image could be further reduced to fit within the
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sensing ¿uea of the camera target which was only 2.5 cn in diagonal. Otherwise

only a 2tx1.6 cmz region on the detector plate could be imaged. The video signal

from the camera was digitized into a 512xF'J,?Å8 bit image matrix. Digital frame

averaging was applied to suppress noise. The final image was corrected for non,

unifortt light transmission of individual fibers and for geometrical distortions.

The reported resolution of the system was 0.3 line pairs/mm at the detector

plane. The smaller depth of the detector and convenience in handling are the

major advantages of this system, which is marketed by Fiber Imaging Inc.

5. SUMMARY AND CONCLUSIONS.

We have reviewed a variety of techniques for detection of portal images,

including the conventional radiographic film, other off-line imaging techniques,

as well as systems for on-line monitoring of treatments. Deficiencies in the

quality of portal images have been pointed out and the need for enhancement

has been indicated. Otly the on-line portal imaging devices allow for making

conections to the patient set-up during the treatment. It has been also pointed

out that digital systems offer more flexibility in image manipulation and storage.

Therefore, only such portal imaging systems should be considered while

choosing the most suitable tool for radiotherapy verification.

In comparing different approaches to on-line acquisition of portal images

several factors have to be taken into account, including basic parameters of

imaging performance (spatial resolution, SNR), fietd of view, time necessary for

image acquisitio& physical size of the detector and its ease of use, initial and

operating costs, etc. Unfortunately, only some of the studies to date contain

quantitative data pertaining to these characteristics. Consequently, in our

comparisons summarized in Table 1. we were forced to use also some qualitative

and somewhat subjective assessments of performance of the various systems.
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Table 1.

Characteristics of the digital on-line imaging systems for radiotherapy

verification. Rating scale from ***** ('very good') to * ('poor') is used to

qualitatively assess the quantum efficiency and the size and ease of use

parameters of each system.

Resolution
Imaging System (pixel size )

Field Quantum Acquisition
of View Efficiency Time

Size
and Ease

Scintillation
Crystalsa

Silicon Diodesb

Ionization
Chambersc

Video
(mirror+lens)d

Video
(fiber optics)e

2.5x2.5 32x32 6

2Å.2

1,.27x'1,.27

variable,
0.78x0.63

1.6x'I.,.6

51x44.8

3?Å.32

4ûx30

40x40

-30

as short
as"l./30

as short
as"l,/30

*¡+***

*+*¡T

a based on the system by Morton and Swindell[27],
b based on the system by Lam et al. [30],
c data taken from Meertens et al. [36],
d data taken from Shalev et al. [45] and Munro et al. 1471, pixelsize given for a

512x480 image matri&
e data taken from Wong et al. [50].

Spatial resolution in on-line portal images is largely defined by the pixel

size, and this parameter, measured in the detector plane, is quoted for the
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comPared systems. In this respect video systems that employ mirror and lens for

optical coupling with the phosphor screen are ranked the highest, offering better

resolution than the other devices. It should be pointed out also that by varying

the focal length of the lens a variable resolution can be achieved up to the limit

determined by the metal/phosphor plate and the finite size of the radiation

source. Maximum fields of view for the various detectors do not differ much,

since they were all meant to be comparable to the standard size of a portal film

(approx 35x43"^2).

With respect to quantum efficiency, all the compared systems with the

exception of the scintillation crystal anay, are primarily limited by the efficiency

with which the high energy photons incident on the front metal plate of the

detector are converted to secondary electrons. It is the secondary electrons that

are resPonsible for the major part of the ouþut signal as they generate more

electron-hole pairs in the silicon diodes, more ions in the ion-chamber liquid and

more scintillations in the phosphor than the high energy photons do directly.

This limiting quantum efficiency of the metal plate depends on metal thickness

and density as well as the energy of the incident radiatiorç but it is typically on

the order of '1.% 
[45]. On the other hand, the scintillation crystals have quantum

efficiency up to 80 times as high t?-6l.Inaddition to the quantum efficiency of the

detecting elements, dimensionality of the detector array has to be taken into

account, while ranking quantum efficiency of various imaging systems. The

scintillation crystal as well as the silicon diode detectors are one-dimensional,

and in order to acquire a two-dimensional image the radiation field must be

scanned. Because of this, only a small fraction of the high energy photons

(roughly equal to the inverse of the number of scan lines) ever impinges upon

the detector. That is why the scintillation crystal detector was not ranked higher

in our table than the video detectors, and the silicon diodes scored the lowest in
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the comparison. The ionization-chamber matrix can be ranked between the

scanning one-dimensional detectors and the two-dimensional detectors, such as

those employed in the video systems. Despite the fact that the chambers are

arranged in a two-dimensional array, the signal measured at a particular

location contains information on the radiation intensity accumulated only over a

fraction (about n% þU) of the time between two consecutive image read_outs.

Image acquisition time is an important factor in selecting the most

suitable portal imaging system. It can be argued that only the detectors that are

capable of producing images rapidly, within 1 second or so, can be considered

fully useful in all applications, including dynamic therapy and situations where

there is significant patient movement. The video portal imaging systems are

currently the only ones capable of truly real-time monitoring of radiotherapy

treatments.

Finally, the physical size (depth) of the detector enclosure is also an

important factor that affects the usefulness of a particular imager in routine

clinical practice. A bulþ detector may interfere with the set-up procedures and

may be difficult to use at certain beam angles. The video systems that employ

mirrors have a certain disadvantage in this respect as their depth is detennined

by the maximum distance of the mirror from the phosphor screen. For a mirror
angled at 45" the depth of the detector enclosure is roughly equal to the size of

the field of view i.e. typically about 40 cm. All the other systems that have been

included in our comparison are relatively compact with depths of about 10 cm,

which as some of their developers claim makes them nearly as easy to use as the

conventional portal film cassettes. However, by introducing retractable and

collapsible detector enclosures in the commercially available video systems that

employ the mirror, the inconveniences related to their bulkiness have been

greatly reduced, and they can be employed for monitoring of virtually all ryrpes
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of treatments.

Summarizing our comparison we conclude that in view of the stringent

requirements of fast and continuous monitoring of radiotherapy treatments, the

video based imagers have to be ranked as the most suitable for the task The

choice between the systems that employ the mirror/lens coupling with the

phosphor and the one utilizing fiber optics involves a trade-off between the

higher and variable resolution of the former and the compactness of the latter.
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1. INTRODUCTION.

Imaging systems based on phosphorescent screens and video cameras

have a long history of application to on-line monitoring of radiation therapy

treatments [1'-7].In comparison to alternative on-line techniques, video systems

a¡e characterized by relatively uncomplicated and adaptable design, where each

of the constituent components can be selected to best suit a particular imaging

application. Another advantage of video portal imaging systems is the variable

and potentially high temporal and spatial resolution. On the other hand,

theoretical considerations [8] indicate that portal verification devices which

employ solid state detectors can offer higher Detective Quantum Efficienry

(DQE) and lower quantum noise. It becomes important, therefore, to deterrnine

basic imaging properties of each portal imaging system in a standard and

reproducible manner. Such an analysis would not only allow one to make

instructive comparisons between different imaging systems, but it would also

show areas where improvements in imaging performance are possible through

further optimization of system components or image acquisition and processing

procedures.

The present study is aimed at describing the imaging perforrrance of the

prototype video on-line portal imaging system that has been developed at the

Manitoba Cancer Treatment and Research Foundation (Winnipeg, Canada). A
number of properties have been analyzed, including Modulation Transfer

Function, noise variance and Noise Power Spectra (Ì.IPS), and contrast-detail

resPonse. The measurements were made at two different energies of the

treatment beam and under varying imaging conditions.

2. SYSTEM DESIGN.

The video portal imaging system presented in this paper is based on the
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general scheme pioneered by Benner [1], and later reported by Baily [2], Leong

[3] and Shalev t4]. In the present form, the main components of the system have

been carefully selected and matched to provide high image quality and easy

routine use in the clinic. The schematic diagram of the system is shown in Figure

1., and the following main components of the system can be identified:

a) The 'front end' detector, consisting of a metal/phosphor plate
combination. The Pu{Pose of the metal plate is to stop the secondary electrons

ejected from the patient's body and also to convert the incident photons into
secondary electrons that are generated in the metal. In the prototype system a 1.S

mm thick coPPer plate was employed. The secondary electrons are subsequently
absorbed in a 120 mg/wQ thick phosphor (Gd2O2S:Tb) screen (similar to those

employed in radiogtaphic film cassettes), and their energy converted into visible
light photons.

b) The miror. A front coated, angled mirror reflects the light from the

primary detector towards the secondary detector - a video camera, which is
located outside of the radiation beam to protect it from damage.

c) The løw-Iight-Ianl camqa. Low levels of light emitted from the phosphor

screen require a highly sensitive video camera, in order to obtain a usable image

in the NTSC standa¡d video frame time: 1/30 s. It has been shown [4] that the

optimal illuminance range for the Silicon Intensified Target (Sn) camera

matches closely the light levels produced under typicat clinical conditions (on

the order of 1ù3 fc). Thus, a SIT camera equipped with a fast (F/0.g5) lens was

selected for the secondary detector in our system.
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Figure 1.

Schematic diagram of the video portal imaging system.
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d) The image Wocessor. The video signal from the camera is filtered with an

anti-aliasing filter and digitized, so that images can be processed, enhanced and

stored in digital format. The image processor has 512x480x8 bit acquisition and

display resolution, with 512 pixel columns in the direction parallel to the video

raster lines (horizontal direction) and 480 pixel rows in the orthogonal (vertical)

direction. Images can be acquired and averaged at the standard video frame rate

(30 frames Per second). A Series 151 Image Processorl is used in the present

system, and it has additional capabilities for real-time processing (filtering by

convolution, histogram modification, etc.).

e) The host computer. The host computer executes control over the imaging

system. Together with the image processor and the display monitor they form a

portal imaging workstation. A PC AT compatible is the host computer of our

system. It offers the advantage of wide availability of accessory hardware (e.g.

optical disk storage devices, expanded memory, etc.) and supplementary

software (database managers, compilers, software development tools etc.).

3. THEORY.

The resolution properties of a linear, shift invariant imaging system can

be described in terms of its Point Spread Function (PSF), which is the normalized

resPonse to a point-like stimulus [9]. The PSF can be represented by its Fourier

transform, which is referred to as the optical Transfer Function (oTF):

co co

OTF(u,v) = / JPSF(x,y) 
exp(-jfurux) exp(-j?,wy) dxdy

-00_co

llmaging Technology Inc., Woburn, MA

(1)
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where the PSF(x,y) is normalized:

co co

1 l rsr(x,y) dxdy = l
-co_æ

The OTF describes the transfer of signals at various spatial frequencies and has

two components, the Modulation Transfer Function (MTF) and the phase

Transfer Function (PTF):

OTF(u,v) = MIF(u,v) 
"xptj 

PTF(u,v)l

where

MTF(u,v) = IOTF(u,v) l, pTF(u,v) = foglffi#ll / i

The MTF indicates how well various spatial frequencies are transferred by the

system, relative to zero frequency, for which the MTF is equal to 1 (which

follows from the normalization condition for the PSF). M*y radiographic

imaging modalities have isotropic transfer function, where the pSF is symmetric

in both spatial variables, and hence the OTF is real and the pTF at various

frequencies is equal to either 0 or ¡. Another commonly made assumption is that

the PSF and consequently the OTF are either circularly or ellipticatly symmetric,

which allows one to reduce the analysis of the two-dimensional OTF to its either

one or two, orthogonal central slices. They can be obtained by using a line- like

stimulus and registering a one-dimensional response of the system, which is
referred to as the Line Spread Function (LSF). The Fourier transform of the LSF

gives a one-dimensional central slice of the full two-dimensional OTF. For

(2)
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imaging systems based on video technology, the two directions of interest for

LSF and OTF measurements are those parallel and perpendicular to the video

scan raster lines [10], and this approach has been adopted in the present study.

In radiographic imaging in general, the measured orFm (or its one-

dimensional profile) referred to the object plane is a product of th¡ee different

components:

oTF-(uo) = oTFs(uo (M-l)/M) o(uo) oTF¿(us/M),

where:

uo - spatial frequency defined at the object plane,

M - magnification factor, equal to the ratio of the source-object distance to

the source-detector distance (M > 1),

OTFr(u) - source OTF, defined as the Fourier transform of the source

distribution function (reflected around the centre, [9]),

O(u) - the Fourier transform of the object function,

OTF¿(u) - the OTF of the detector.

In the ideal case, when both the source and the object are infinitely smatl (the

line used for LSF is infinitely thin) the measured OTF corïesponds exactly to the

OTF of the detector. One can correct the total measured OTF for the finite size of

the object by dividing by the Fourier transform of the object function (provided

it is different from zero within the spatial frequency range of interest). The effect

of the finite source size can be minimizedby putting the detector in contact with

the object, i.e. by setting the magnification M to 1. Then the overall OTF is equal

to that of the detector. On the other hand, with increasing magnification M, the

resolution in the image is limited by the finite source size while the detector

contribution to the overall drop in magnitude of the OTF becomes negligible:

(3)
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OTFIs(us) = OTFs(uo (M-l)/lvÐ OTF¿(u6/M) ç;;t OTFr(uo) e)

One can utilize knowledge of the source and the detector OTF (or MTF)

comPonents for determining the optimum magnification which assures best total

OTF for a particular radiographic system t9l. If the source distribution function

as well as the detector PSF (LSF) can be described by appropriate Gaussian

functions, the effective PSF (LSF) of the system at magnification M is also

Gaussian and the o parameter can be found from [9]:

o2(M) =4, 
(M-1)3o'2

M¿ M¿

where o, and od are deviations of the Gaussians that

distribution function and the LSF of the detector, defined

(5)

describe the source

at the source and the

o2(M) is given as:

(6)

detector plane, respectively. The optimum magnification Mep¡, that minimizes

Mopt=t+(ä,,

Taking portal films as an example, a typical value of the o¿los ratio is about

1,0-2 (based upon data published by Munro [11.,1,2]) and the optimum

magnification is very close to 1. This is supported by the results published by
Droege [13], who showed the deteriorating MTF¡el for films placed further away

from the object plane. For on-line portal detectors, whose intrinsic resolution is

notably worse than the resolution of films, the optimum magnification may

significantly differ from i,. The optimum magnification problem, for the

particular case of our video system will be addressed below.
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The OTF (lvflF) analysis describes the reproduction of noiseless signals by

a given imaging system. The second important aspect of imaging performance is

the noise characteristic. Noise in an image can be described in essentially two

different ways, by its local statistics at a point and by its spatial correlations

between different locations t141. Typicatly the local noise distribution is
Gaussian and can be fully characterizedby a single parameter - the variance of

the image intensity:

Var[I(x,y)] = E( {I(x,y) - EII(x,y)l}2 )

where l(x,y) the sample value of image intensity at the location (ry) and E0

corresPonds to the expectation value for an ensemble of images. The spatial

pattern of the noise is commonly characterized by the autocorrelation function

and the noise Power or Wiener spectrum (NPS or WS). The noise autocorrelation

function AC(x,y) is defined as:

AC(ry) = E{ * /J}¡(*',y') N(x'+>çy'+y) dx'dy' }
A

where N(ry) is the local noise inrensity defined as N(ay) = I(ry) - E[I(x,y)], and

A represents the image area. The wiener spectrum ws(u,v) is the Fourier

transform of the noise autocorrelation function:

WS(u,v) AC(ry) exp (-j2æux) exp (-j?-nty) dxdy

Alternatively, the Wiener spectrum can be defined

the Fourier transform of the noise image [15],

(7)

(8)

(e)=II
A

as the squared magnitude of
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wS(u,v) = E[ l* ,{ N(>cy) exp(-j2øux) exp(-j?-nry¡ dxdy | 
2 ]

WS(u,O) = E[ /N*(*) exp(-j2æux) dx 121

xeA

where Nx(x) is the projection of the noise image N(x,y) onto the x axis:

N¡(x)= /N(rçy)ay
ysA

(10)

Similarly to the case of the OTF the Wiener spectrum is a function of two spatial

frequency variables, but in most instances, due to symmetry it is sufficient to

know just the central slices of the Wiener spectrum. They can be obtained from

projections of the noise image, for example the central slice along the u axis is

given as:

1,t-l6 (1 1)

(12)

The above follows directly from (10), or can alternatively be obtained as a special

case of the Projection-Slice theorem [16], commonly applied in CT

reconstruction.

Noise in a digital fluorographic system like ours comes from a number of

independent sources: the major components are quantum mottle, video

(electronic) noise and digitization noise [1a]. The quantum mottle results from

the fluctuations in the incident photon flux and from imperfections in photon

detection, and therefore depends upon the incident exposure levels and the

intensity of the signal. On the other hand the electronic and the digitization noise

components are exPosure and signal independent t15]. The overall noise
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variance, Var¡¡¡e1, can be expressed as:

VutNtot = Var¡¡q + Var¡.¿ and Var¡n = B O (13)

where Var¡¡.¿ represents the electronic and digitization noise, and Var¡n is the

variance of quantum fluctuations, which is proportional to the incident photon

flux (Þ. By varying the levels of exposure Õ, one can estimate the amount of

quanfum mottle separately from the other noise components.

4. EXPERIMENTAL METHODS.

A. MTF.

The spatial resolution performance of our video portal imaging system

was tested for the 6 and 23 MV photon beam energies of the IC,-z linear

accelerator2. To minimize the amount of noise, images were acquired over 8.5

second exPosures by averagng 256 consecutive video frames. All the images

were acquired into a 512x480 pixel image matrix, which covered the entire 40x30

cm2 detector faceplate. The video signal was filtered with an anti-aliasing filter

prior to digitization.

Resolution measurements were made of the LSF and the MTF for the two

orthogonal directions: parallel ('' I l") and perpendicular ("1") to the video raster

lines. A long and narrow slit was used to simulate a line source. The width of the

slit was 0.2 mm, which is large enough to simplify the alignment with the beam,

and to allow adequate transmission of the beam photons that originate from the

entire source, but sufficiently small to avoid unacceptable distortions in the

measured MTF of the imaging system. The slit was for:ned by two Iead blocl.s

which were 120 mm long, 60 mm wide and 50 mm thick The thickness of the

2siemens Medical Laboratories, Concord, CA
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blocks assured that the transmission through the blocks was lower than 1,0% for
both beam energies and the image contrast was adequately high. During the

tests, the slit was positioned at the isocenter, 100 cm from the source, and

irradiated with an elongated 10x5 cm2 field. The slit was initially aligned with
the direction of the beam visually, using the alignment lasers. The optimum

alignment was verified by acquiring series of additional images, with the slit
progressively translated from the initial position. OrIy the image with the

highest contrast on the slit was used for further analysis of the LSF. Images of
the slit were acquired in the two orthogonal orientations with respect to the

video raster scan lines by changing the orientation of the detector, so that the

MTF measurements for both directions were done under identical slit-source

alignment conditions. In order to evaluate the influence of the finite source size

on the system resolution, the slit images were acquired for three different

distances between the detector and the slit. In the first configuration the detector

was placed in contact with the slit, which conesponds to the magnification M
close to I' and which minimized the effect of the finite source size. In the second

and third sets of LSF measurements with the detector was located at 120 cm and

140 cm from the source ( M = "1..2 and 1.4 ), the latter being the typical setup for
our clinical imaging.

Sampled data for LSF measurements were obtained from the slit images

by reading the slit intensity profiles along the direction perpendicular to the

length of the slit. During acquisition of the images the length of the slit was at a

small, 1'-2 degree angle with respect to the pixel grid. This resulted in different

alignments of the profile sample points with respect to the slit, for a series of
profiles obtained from a single image. Each profile was converted to a LSF by
subtracting the background intensity and by normalizing the sum of the profile

samples to 1. A modulus of the Fourier transformation was calculated for each
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corresPonding LSF from the series, to give a sample of the MTF. The series of

MTFs were combined into an average MTF and this was used to estimate the

MTF of the system for particular treatment energy and geometrical setup. MTFs

were corrected for the finite size of the slit by dividing by the Fourier transform

of the appropriate rectangle function [17]:

o(u)=ï# (14)

where W is the width of the slit (W=Q.2 mm) and u denotes spatial frequenry

(cycles/mm). The useful range of spatial frequencies, defined at the object plane,
was limited by the Nyquist frequency fo¡=t.09 rycles/mm at the maximum

magnification M=1..4. Over this range the magnitude of the Fourier transform of

the slit transmission function drops slowly and does not fall below 9j% of. its

maximum value, which means that the corections for the finite slit width were

relatively minor and that the width was small enough for our purpose. Standard

errors (S.E.) of the average MTF values were used to describe uncertainties of the

estimate. Additionally, in order to parametrize LSFs of the system at various

distances and to estimate the size of the radiation source, Gaussian functions

were fitted to the LSF profiles and mean values of o (standard deviation) were

calculated for the two orthogonal directions at different beam energies and

source-detector distances.

B. Noise variance and Wiener spectra.

The noise parameters for the video portal imaging system were evaluated

for two treatment beam energies, 6 and 23 M.V, using a (Ð-2linear accelerator,

operated at the standard clinical dose rates at the isocenter of 200 cGylmin (for 6

MV x-rays) and 300 cGylmin (23 MÐ. Noise variances and Wiener spectra were
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found for images consisting of single video frames with acquisition times of l, /i0
s. A water tank 18 cm deep was used to provide unifonn exposure of the

detector at typical clinical dose levels. The tank was placed at the isocenter, 1.00

cm from the source, and the detector was located at 140 cm from the source. The

size of the radiation field was 2?.x76 cm2 at the isocenter. Noise variances were

estimated from sets of pixel values that were sampled on an 8x8 grid of points

uniformly distributed over the image. The pixel values were sampled 256 times

from 256 different video frames. Local variances in pixel intensities were

calculated for each sampling poin! and the mean variance with its standard

error were used to quantify noise variance for each beam energy. Since changes

in intensity of the radiation beams are caused by beam pulsation as well as

quantum fluctuations, it is not possible to use eq. (13) to estimate the amount of

quantum mottle. Figure 2 shows the even video field (consisting of even video

raster lines) of a single video frame image acquired with the 23 MV beam.

Horizontal bands of varying pixel intensity resulted from the beam pulsation.

Therefore, additional measurements of noise variance aimed at estimation of its

portion that is independent from the exposure (electronic and digitization noise)

were made using u 60Co source (mean photon energy 1.25 MeV). The dose rate

as measured at the entry to the water tank 100 cm from the source, was L00

cGylmin. The detector was at the standard distance of 140 cm. The exposure

level over a part of the detector was altered by shielding with a b0 mm wide, L00

mm long and 50 mm thick lead blocþ and the sampling points for noise variance

calculations were located in both the shielded and the open areas.

In order to obtain noise images free of any structure due to
nonuniformities in the radiation field and in the detector response, two single

frame images were subtracted to produce an arïay of noise samples. A ZS6xZS6

pixel region within the subtracted noise image was used for calculations of two
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Figure 2.

The even field of a single video frame image acquired using the 23 MV beam

from a linear accelerator. Variations in pixel intensity visible as horizontat dark
and bright bands are due to pulsation of the beam.
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orthogonal projections, which were obtained by averaging along the rows and

columns of the noise array. In order to reduce the frequency "leakage" effect in
calculated Wiener spectra, the projections, each consisting of 256 data points

were multiplied by the Parzen window function [1g]:

wp(k) =t-W (1s)

where ke{0,...,255} is the spatiat coordinate of the projection. Subsequently, the

square of the modulus of the Fourier transform of the windowed noise

projection was calculated to obtain the central slice of the Wiener spectrum. The

final estimate for the Wiener spectrum was obtained by averaging the spectra

found fot "l'6 independent subtraction images that were obtained from Bz

independent single frame images. Standard errors of the average spectra were

used to quantify uncertainties in the estimates.

In order to allow for comparisons in the amount of noise present in
images that were acquired under different conditions, pixel intensities in

subtraction noise images were scaled by dividing them by 
^ 

standard signal

defined as the mean intensity (corrected for black current) within a 1xL cm2

central region of the water tank Similarly the local noise variances were

normalized by the square of the standard signal.

C. Contrast-detail evaluation.

The limits on contrast and size of objects that can be visualized with the

video portal imaging system were studied with the use of a contrast-detail

phantom. The phantom consisted of a 12 mm thick aluminum plate with
cylindrical holes of varying size and depth. There were six different diameters of

the holes: '15,10,7,5,2 and 1 mm, and five different depths: 4.g, 3.2,2.0,1.0 and
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0.51 mm. Varying depths of the holes produced varying levels of radiographic
contrasÇ here defined as @ya)/(o1+o/ (where (Þ1 is the primary x-ray

fluence through the hole region in the plate and (Þ2 is the primary x-ray fluence

through the surrounding solid aluminum plate). The primary contrasts, listed in
Table 1, were calculated for the 6 MV and the 23}y'/V treabnent beams, assuming

their effective energies to be 2 MeV and 8 MeV respectively t191. The holes were

arranged in rows according to their contrast levels.

TABLE 1.

Depths of the holes in the aluminum phantom and estimated primary beam

contrasts for the 6 and 23}l4V beams.

Depth (mm)
Primary contrast (%)

6MV I ZSMV

4.8

3.2

2.0

1.0

0.sl

2.80

7.90

1,.17

0.59

0.30

1.60

1.00

0.65

0.33

0.17

On-line portal images of the contrast-detail phantom were acquired under

different conditions, defined in ter:ns of the energ'y of the treatment beam, dose

levels, amount of scattered radiation and settings for the dynamic range of the

analogue-to-digital converter (ADC). Treatment beam energies used in this
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study were 6 and 23 MV. Dose levels per single image were set to 3, ?Á and llj
cGy for the 6 MV beam and 3, ?Á and 170 cGy for the 23 MV beam, which

corresPonds to acquisition times varying fuom 0.67 s (comparable to a fast

localization image) to 32 s (verification image acquired over an entire treatment

fraction). The dose levels quoted above refer to the isocenter plane. Additionat

scatter was introduced to the images by placing a 90 mm thick perspex block

between the aluminum phantom and the detector, in contact with the phantom.

Two different settings were used for the dynamic range of the ADC. The

first one covered the maximum range encountered in clinical imaging, and

extended from the intensity level corresponding to the background outside the

radiation field, to the intensity of the open (unattenuated) beam. The other

setting was optimised for the contrast-detail phantom and included only the

intensities between the minimum and the maximum over the phantom area. All
the images were acquired with the aluminum phantom positioned at the

isocenter, L00 cm from the source and the detector located at the distance of 140

cm from the source.

The images were presented to five observers, who were experienced

radiotherapy technologists. The low dose images were acquired 16 times, which

produced pictures that differed from one another only by noise fluctuations.

Presentation of multiple copies of images to the obsen¡ers resulted in averaging

of the observer resPonse over different noise realizations [20]. The medium dose

images (?Á cGy at the phantom surface) were presented in quadruple

reproductions. The higher dose images, which contained much smaller levels of

noise, were acquired and viewed as single copies. The images were displayed on

a high resolution Multisync II monitor3 in a darkened room. The observers were

3NBC Corporation, Tokyo, Japan
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allowed to adjust the viewing distance and the contrast and brightness controls

of the monitor using a training image. These settings were then kept constant

during the actual test. There was no time limit imposed upon the observers. The

results for the smallest perceptible detail at each contrast level were averaged

over the obsen¡ers and (if applicable) over noise realizations, within each group

of images. Standard errors were used to quantify uncertainties in the threshold

estimates [21].

5. RESTILTS AND DISCUSSION.

A. LSF and MTF.

Pixel size for the system, measured at the detector plane, was 0.81 mm in

the direction parallel to video lines (" I l") uod 0.64 mm in the perpendicular

direction ("4"). In the situation when the detector is in contact with the slit

(magnification M=1.0) the respective Nyquist frequencies at the object (isocenter)

plane are equal to 0.62 mm-l (" I l") and 0.zg mm-1 ("j"). when the detector is

placed at the distance 140 cm from the source (M=1.4) the pixel sizes scale down

to 0.58 mm (" I l") uod 0.46 mm ("i"), which corïesponds to the Nyquist

frequencies at the object plane equal to 0.86 mm-l and 1.09 mût-l, respectively.

In the results presented below distances and spatial frequencies are given at the

object plane, unless specified othenvise.

A representative LSF, measured perpendicularly to the video raster lines

for the GMV beam and M=1.4, is shown in Figure 3. The parallel and

perpendicular MTFs, calculated for these conditions and corrected for the finite

slit size are shown in Figure 4. For the higher energy 23 MV beam, and to a
lesser extent also for the 6 MV beam, LSFs obtained with the detector placed

close behind the slit were comrpted by the electrons which were scattered from

the phantom and had enough energy to penetrate the copper screen of our
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Figure 3.

LSF of the video portal imaging system, measured in the direction perpendicular
to the video raster lines. The beam energ'y was 6 MV and the magnification
M=1.4. A Gaussian curve was fitted to the data points.
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Figure 4.

MTFs of the video portal imaging system for the directions: parallel (" I l") and

perpendicular ("I") to the video raster lines. Measurements were made at beam

energ-y 6 MV and magnification M=1.4.

0.1

^a-L 
I

--^lìl-^_r
'oro-^-^-

rÀ-a. -a
A

A
\

. "1"Â-  

^-^A

A
A
\ "11"

A

0.0 0.2 0.4 0.6 0.8 1.0

F
.¿.

0.01

0.001

Spatial Frequency (cycles/mm)



69

detector and to produce a blurred image of the slit. The increased distance

between the slit and the detector at M=']",.2 ameliorated this effect, since the

electrons originating in the slit phantom were scattered over an area in the

detector that was much larger than just the vicinity of the projected slit. Figure 5

shows the final parallel and perpendicular MTFs for the 23 MV beam, obtained

at the magnification M=1.4.

IABLE 2.

Parameters of the LSF of the portal imaging system obtained by fitting Gaussian
functions.

Beam

Energy

Direction o of the LSF (mm)

M=1.0 lM=t.z lM=1.4
o¿ t S.E.

(mm)
os + S.E.

(mm)

6MV

23 MV

''ll"
rrlrr

"ll"
llAlt

0.99

0.72

1.10

0.95

0.71,

0.53

0.78

0.62

0.64

0.48

0.69

0.55

0.85 t 0.01

0.63 t 0.01

0.89 t 0.02

0.73 t 0.01

0.93 x0.07

0.79 x 0.13

By fitting Gaussian functions to the sample LSFs, average o parameters

were estimated at the three magnifications, the two beam energies and the two

directions of spatial frequencies. They are listed in Table 2. From these data, the

values of o, of the Gaussian source and the od parameters of the Gaussian

detector were estimated by solving a system of equations analogous to formula

(5), set for magnifications 1.2 and 1.4 (the LSFs measured in contact geometry

were not included, due to distortions introduced by scattered electrons). The
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Figure 5.

MTFs of the video portal

magnification M=1.4.
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average estimates for o¿, each obtained from 3 independent measurements, are

given in Table 2, along with their standard erïors (S.E.). They were calculated for

the two beam energies and the two orthogonal directions, and the units refer to
the detector plane. Estimates of o5 are also listed in Table 2, measured in the

source plane. For each beam energy they are averages of the estimates obtained

with the two orthogonal orientations of the detector.

The MTF and LSF results characterize the resolution performance of our

video portal imaging system in relation to the beam energy, direction in the

detector plane and the imaging geometry. The MTFs found for the two treatrrent

beam energies, as well as the Gaussian parameters of the conesponding LSFs,

indicate that the resolution in portal images deteriorates as the beam energy

increases from 6 to 23 MV. These results are consistent with those obtained by

Droege [13] and Munro [11] using portal films, and can be explained by the

longer ranges and greater lateral spread of electrons generated in the metal plate

by the 23l:[lV x-rays.

As it was expected for a video camera based detector, the resolution of the

portal imaging system was found not to be isotropic. The MTF measured in the

direction perpendicular to the raster scan lines is greater than that obtained in

the parallel direction. This result is characteristic for standard video camera and

digitiser systems 122,1.01where the resolution along the direction parallel to the

scan lines is affected by the limited frequency bandwidth of the electronic

circuitry. For example, the 3-dB frequency of an anti-aliasing filter in the ADC

(i.e. the frequency which is attenuated by the filter by t/:1B) falls at 4.Z lvftIz

which corresponds to 0.75 mm-l (horizontal frequency) for M=1.4.

We studied the influence of the radiographic magnification M on the

resolution of on-line portal images by repeating the measurements for different

distances between the object plane (isocenter) and the detector. The overall
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resolution of the system consistently improves as the magnification increases

from 1.0 to "L.2to 1.4. This indicates that for this range of magnifications the MTF

of the system is primarily limited by the detector, and not by the finite size of the

radiation source. In contact geometry, the detector LSF is additionally degraded

by electrons that are ejected from the object. By assuming a Gaussian form for

the source distribution and detector response, we estimated the widths of the

source function and the detector LSF, using the LSFs measured .at the

magnifications M=1,.2 and M=1.4. The results for the source sizes at the two

beam energies are comp¿ìrable with those measured by Munro for the Therac-Ç

Therac-20 and Therac-25linear accelerators [12]. Our results for the effective size

have a relatively large uncertaintSr, which may be explained by the variability of

the source distribution with time, as previously reported by Munro [12].
The present results for the intrinsic resolution of the detector, o¿, can be

compared against those obtained by Munro [11] for the resolution of the detector

consisting of a metal/phosphor plate and a radiographic film. The o¿ of the

metal/phosphor/film detector can be estimated at about 0.2 mm (calculated

from the 1 mm Cu/Lanex regular/film MTF taken from t11l). This is

considerably less than o¿'s of our system and indicates that the resolution of the

on-line system is primarily limited by the lens, the camera and the ADC, and not

by the metal/phosphor screen combination.

The magnification Mopt at which the overall MTF is optimised was

calculated using (6) and the results are listed in Table 3. Depending upon the

beam energy and the direction in the detector plane a range of values for lrrfo'l

can be obtained, starting from 1..45 for the 6 MV source and the direction

perpendicular to the raster lines. Optimization of resolution for the Zj NN beam

would require a magnification of. 2.27, which means that the detector would

have to be placed at 227 cm from the source and is not practical for clinical
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implementation.

TABLE 3.

Optimum radiographic magnifications, Mopt, for different beam energies and

directions in the detector plane.

Energy Direction MoPt

6MV

23lvIV

"ll"

rllll

"ll"
ilfil

1.84

1,.46

2.27

1.85

B-1. Noise variance and Wiener spectra for imaging with the 6 and 23 MV
beams.

The mean local noise variances per single video frame were measured

behind the 18 cm tank filled with water and are given in Table 4 for the 6 and 23

MV beams. They were normalized by division by the square of the average

intensity in the central part of the water tank image. In both cases the noise

variance figures include the variation in image intensity which is due to the

pulsing character of the radiation beam of the linear accelerator. The rate of

pulsation of the beam is about 190 s-1 for the 6 MV x-rays and about 145 s-1 for

the 23 MV x-rays. Local pixel intensity is determined by integrating the beam
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fluence over a noninteger number of pulsation periods (approx. 6.3 periods at 6

MV and 4.8 periods at23 MV) that fill the 1/30 s time interval between two

consecutive video frame readouts [10]. The intensity of a particular pixel will
vary depending uPon the phase of the pixel readout, relative to the pulsation.

The magnitudes of this variation were measured for the two beam energies and

are given in Table 4 as percentages of the average intensity.

IABLE 4.

Noise variance of the on-line portal imaging system under standard imaging

conditions.

Beam Energy Noise Variance Pixel Intensity Change
due to Beam Pulsation

6MV

23NN

9.6x1,0-4

16.3 x']-,0-4

7%

e%

Pulsation of the radiation beam of the linear accelerator not only

contributes to the local variance in image intensity, but also leads to a formation

of spatial noise patterns. They appear in single frame images as bands of video

lines with intensities a few percent lower (or higher) than the rest of the image.

Figures 6 and 7 show central cuts through Wiener spectra obtained for the 6 and

23 MV beams, respectively. The Wiener spectra along the direction parallel to

the raster lines decline with frequency, which can be explained by the reduced

resPonse of the imaging system at high frequencies (the decline of the Wiener

spectra at high frequencies corresponds to the decline of the system MTF). The
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Figure 6.

Two orthogonal central slices of the Wiener noise spectra measured with the 6

MV beam.
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Figure 7.

Two orthogonal central slices of the Wiener noise spectra measured with the 23

MV beam.
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beam pulsation, which is relatively slow as compared to the scanning of

individual raster lines, does not affect the Wiener spectra along the raster line

direction. An analysis of the Wiener spectra along the direction perpendicular to

the raster scan lines shows increased amounts of noise at medium and high

spatial frequencies. This effect, particularly visible in the 23 NN spectrum,

results from the beam pulsation. High spectral values around the Nyquist

frequency are caused by interlacing of the video lines with intensities altered by

the pulsation.

B-2. Noise variance and wiener spectra for imaging with the 60Co beam.

TABLE 5.

Estimates for the quantum and the electronic components of the overall noise

variance, for imaging with a 60Co beam.

Detector
I

Unshielded I Shielded

Beam Intensity

Varls¡

Var'

Var"d

100 %

't,.7 x1,0'3

1.1 x 1ü3

0.6 x 10-3

3%

0.6 x 10-3

3.4x10-5

0.6 x 1ü3

The results of the noise variance measurements, using the 60Co beam, for

the shielded and unshielded parts of the detector are given in Table S. The S cm

thick lead block attenuated the primary beam to about 3% ol. its intensity in the

unshielded area. The estimates for the quantum and the electronic components
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Figure 8.

Two orthogonal

6oco beam.

central slices of the Wiener noise spectra measured with the
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of the noise variance were found by solving a system of two equations obtained

by substituting the appropriate values obtained for the shielded and the

unshielded areas into (13).

The estimate given for the variance of the electronic and digitization noise

should be considered the upper bound. This is because, in our calculations, only

the primary beam intensity was taken into account, which led to the conclusion

that almost all of the noise variance that was measured in the shielded area

comprised only the electronic and digitization noise components. Allowing for

the fact that a certain fraction of the photon flux incident upon the shielded area

of the detector was due the scattered radiation, we conclude that the true Vars¿

should be somewhat smaller than the figure given in Table 5. Thus, the variance

due to quantum mottle is at least twice as large as the variance of the electronic

and digitization noise, which means that our on-line portal imaging system is

photon limited and that improvements in the Signal-to-Noise Ratio (SNR) can be

primarily achieved by improving the DQE at various detection stages of the

system [4].

To verify the validity of the conclusion that the peaks in the Wiener

spectra obtained with the linear accelerator are specific to pulsating beams and

not to the camera and the electronics, additional measurements were made using

the 60Co beam. The Wiener spectra obtained for the 60Co beam, which are

shown in Figure 8, do not contain any of the features that have been previously

ascribed to the pulsation effect.

C. Contrast-Detail evaluation.

Figures 9a and 9b show low-dose images of the contrast-detail phantom,

obtained with the scattering medium in place and the coarsest video signat

quantization (full dynamic range of the ADC), for the 6 and 23 MV beams,
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Figure 9.

Evaluation of on-line portal images of the contrast-detail phantom with

scattering bloclc obtained with a 3 cGy dose.

a) An image produced with the 6 MVbeam.

b) An image produced with the ZiIVN beam.
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Figure 10.

c/D diagrams for the low-dose 6 and 23 MV images, shown in Fig. 9. Data

points represent visibility thresholds averaged over the observers and the test

images. Error bars reperesent standard errors of the averages.
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Figure 11.

Contrast-detail images (with scatter) produced with 26 cGy of the 6 MV

radiation:

a) an image obtained with the coarse quantization (8-bits over the maximum

dynamic range),

b) an image obtained with the 2x finer quantization.
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Figure 12.

C/D diagrams for images obtained with the co¿use and fine quantizations.
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Figure 13.

Contrast-detail images produced with 170 cGy of the 23lvIV radiation, using the

reduced dynamic range of the ADC (fine quantization):

a) with the scattering blocþ

b) without the scattering block
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Figure 14.

C/D diagrams for the high-dose 23 MV images, acquired with and without the

scattering block
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resPectively. As it can be seen in the images, for each hole depth (holes of equal

depth are arranged in rows), perceptibility of small detail was higher in the

images produced with the 6 MV beam. This is consistent with the fact that for
the same hole depth the primary contrast produced by the 6 MV beam is

approximately twice as high as that produced by the 23 Mv beam (compare

Table 1). In the Contrast-Detail (C/D) diagram (shown in Figure L0), constructed

for the low-dose image perceptibility data, the varying hole depth was expressed

in tenns of its primary contrast. The diagram indicates that at equal levels of
primary contrast perception of detail is marginally better in the 23 MV images.

Two medium-dose images, obtained with the 6 MV beam and with scatter

from the perspex blocþ are shown in Figures 11 a and b. The first image was

acquired with the coarse signal quantization, while for the second one the

dynamic of the ADC was reduced to yield approximately a 2 times smaller

quantization interval. The C/D diagrams of Figure 12 indicate that the finer

quantization of the video signal brings about a definite improvement in
perceptibility of detail at the lowest contrast levels.

Figure L3 shows images acquired using high doses (equivalent to a daily
treatment fraction) of the 23M,V radiation with (a) and without (b) the scattering

block. The images were obtained with the reduced dynamic range of the ADC

(fine quantization). The results plotted as C/D diagrams in Figure 1.4, indicate

that scatter can significantly degrade perception of objects in on-line portal

images.

6. CONCLUSIONS.

The results of this investigation of the basic imaging properties of the

video portal imaging system not only quantitatively describe its imaging

performance, but also allow for making comparisons with alternative
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aPProaches and indicate ways to overcome limitations in the imaging

performance.

Spatial resolution of our system, described in terms of MTF cun¡es and

widths of the LSF, is primarily limited by the camera and the ADC bandwidths.

Our own experience indicates that the spatial resolution of the present system is

adequate for the verification of radiotherapy treatments. Similar opinions have

been expressed about systems with lower spatial resolution \23,51and at present

there is no general consensus as to the exact resolution requirements in portal

imaging. The limitations of the overall MTF of our portal imaging system can be

overcome in three different ways: by employrng a camera and an ADC that

would allow for a finer signal digitization (e.g.into a 1,0ZLx'l.024.pixel matrix), or

by emploFng a c¿rmera lens with a longer focal length, and finally by increasing

the distance between the object and the detector (increasing radiographic

magnification). A higher resolution video camera and ¿ìn ADC would

substantially increase the cost of the entire system (image processing and display

would also have to be done in the high resolution mode), which may not be

justified considering that at radiographic magnifications of '1,.4 and more, the

finite source size would limit the expected improvements. For example, it can be

estimated that even if one is able to reduce by the factor of 2 the o¿ width of the

detector LSF by operating the camera and the ADC in the 10?Ax10Vl resolution

mode, the expected reduction in the width of the overall LSF (including the

source) will not be greater than by a factor of about 1.5 (based on the estimates

given in Table 2). A longer focal length for the camera lens and a larger

magnification M would improve spatial resolution at the expense of reduced

field of view, and again the improvements will be limited by the finite source

size.

The results for the noise characteristics of our portal imaging system
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indicate that the quantum fluctuations are the dominating noise source at low

dose levels (about 1'6 cGy/min incident on the detector for the 60Co

measurements) and with exposures corresponding to the standard scanning time

o1'1,/30 s. This is specific to the intensified camera employed in our system, and

non-intensified video cameras, such as Munro's lead oxide vidicon, would

require exPosure times of about 0.2 s [6] for the shot (quantum) noise to

outweigh the signal independent electronic noise components. Improvements in

the SNR of the system can be made primarily by increasing the number of

quanta that effectively participate in image formation. Shalev and colleagues [4]

have shown through theoretical considerations that the optical coupling between

the fluorescent screen and the camera is the most critical link in the imaging

chain. The efficiency of the coupling can be improved by increasing the size of

the light image sensor (in our case the target of the camera) to achieve greater

optical magnification. Recent developments in large area sensors based on CCD

[Vl] and hydrogenated amorphous silicon devices Í25,?ßl open new possibilities

in this area. Large light sensors would also require lenses with larger apertures

or, alternatively, fiber optic image reducers, similar to those employed by Wong

and colleagues [7]. Improvements in the DQE of the system are also expected to

come about with utilization of thicker and brighter phosphor screens [6], which

would make the inefficient optical coupling less critical. Additional gains can be

derived from optimization of the metal screen, whose low efficiency in
conversion of high-energ"y photons to electrons is the second most important

quantum sink in the cascaded imaging chain [4]. Work on optimization of the

metal/phosphor detector plate is currently under way at our centre.

Pulsation of the radiation beam has been found to contribute to the

overall noise. Its effect is more pronounced with the 23 MV beam where the

number of pulses per single video frame is lower and relative variations in the
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beam intensity integrated over the frame time are greater. An effective remedy

to the beam pulsation problem can be provided by introducing a shutter that is

synchronized with the camera read-out and the beam pulsation, which will
ensure that an integral number of beam pulses are integrated between two

consecutive read-outs of the camera target. In the present system, digital

processing techniques are utilized to reduce the amount of noise in clinical on-

line portal images. These techniques will be discussed in detail in Chapter 4.

The results of the Contrast-Detail evaluation indicate that even with the

present design image quality permits visualization of low contrast objects as

small as 2 mm, with low dose exposures, and in the presence of scatter. Further

improvements in the system's SNR should lead to a significant reduction in the

size of objects that correspond to the perceptibility thresholds, particularly at the

low contrast levels. The importance of fine quantization of the video signal has

also been verified. The 8-bit accuracy of the ADC in the present system is better

utilized and allows for enhanced visualization of detail at the lowest contrast

levels, when the dynamic range of the ADC spans only over the range of the

signal that contains useful information about the object.
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As it has been shown in the previous chapter, images acquired in a single

video frame time on the on-line portal imaging device contain significant

amounts of noise that results from the limited number of photons used for image

formation and from imperfections in video signal generation and digitization.

Noise in the image has a detrimental effect on perceptibility of detail, and in

many cases limits the use of on-line images for radiotherapy verification if the

anatomical features cannot be well visualized.

Digital image enhancement techniques have been successfully employed

to suppress noise in various types of images [1,2]. The simplest and the most

commonly used method for noise reduction involves averaging of multiple

images. Assuming that the signal and the noise characteristics do not change

during the averagt& the noise variance in the N-frame average image is

reduced by the factor of 1/N [2] and the signal-to-noise ratio is improved Uyfi
The improvement in the quality of portal images with the increasing number of

averaged frames (or equivalently, the increasing acquisition time) can be seen in

four images of a human head phantom, shown in Figure 1.

The averaging technique has its major limitation in the fact that it

increases the time necessary for acquisition of portal images. The maximum

acceptable acquisition time is determined by two major factors: the acceptable

dose that can be delivered to the patient before verifying the accuracy of the set-

uP, and by the rate of change in the positions of the patient and the source

(during dynamic therapy), relative to the detector. As discussed in Chapter 2, the

exact position of the patient is often determined from "double exposure" portal

localization images, which are acquired with the radiation field large enough to

include easily recognizable anatomical landmarks. Such images must be

acquired with a dose not exceeding a few cGy, which translates to acquisition

time of about one second. At the same time, bodily movements of the patient
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Figure 1. Video portal images of a patient being treated for carcinoma of the

tongue. The images were acquired as a single video frame, and as 4-,7Ç, and

256-video frame averages, respectively.
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and possible movement of the source in dynamic therapy also require that the

acquisition time be limited in order to avoid motion blur in portal images.

Consequently it is desirable to acquire portal images in no more than one

second. Such short acquisition times do not permit the complete elimination of

the influence of noise on the perception of detail in images (as shown by the

results of the contrast-detail study in the previous chapter), and application of

some alternative methods for noise suppression mustbe considered.

Digital spatial filtering techniques are commonly applied to minimize

noise effects in an image. Most often they involve replacing image pixel values

with local weighted averages calculated over neighbourhoods of predefined

size. Since spatial averaging leads to a reduction of variation in intensities

between the neighbouring pixels, which in the spatial frequency domain

corresPonds to suppression of high frequency components of the image, it is
usually referred to as low-pass spatial filtering. The special cases of this general

approach are the mean filter, for which all the kernel weights are equal, and the

Gaussian blur, whose kernel has a form of a Gaussian function. The often

undesirable side-effect of low-pass filtering is the loss of spatial resolution in the

image, as the high spatial frequency components of the signal ale being removed

along with noise. Various nonlinear techniques, such as the median filter and

others, have been developed to avoid this drawback. For the particular

application of video portal imaging we propose an adaptive spatial filtering

method based on local statistics of pixel intensities and local estimates for the

noise variance. The method is designed to work with images that wel'e acquired

as averages over a number of video frames, and the information contained in the

intenrtediate results of frame averaging is utilized in the image enhancement. A

detailed description of our technique can be found in [3], which also contains an

analysis of performance of the adaptive statistical filter in comparison with
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standard methods. It is shown the proposed algorithm permits the acquisition of

portal images with reduced noise corruption, without extending the acquisition

times or increasing the dose delivered to the patient.
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One of the major difficulties associated with the visual analysis of portal

images is the inherently low contrast existing in these images. This results from

the small differences between linear attenuation coefficients for various types of

tissue at megavoltage photon energies. Digital contrast enhancement involves

the manipulation of brightress of the image pixels to improve contrast between

various anatomical features so that they can be used as landmarks for the

evaluation of accuracy of the patient set-up.

Digital contrast enhancement techniques, in general, involve remapping

of the original pixel intensities through a transfonnation that increases the

separation between intensity levels for various parts of an image. Methods for

which the transformation is invariant with pixel location are referred to as global

contrast enhancement, and a single algorithm is applied to the whole image. The

simplest and most common global technique is grey level windowing where

pixel intensities from a preselected interval are mapped onto the whole available

display intensity range through a linear 'stretch' transfonnation (Figure 1b).

Other popular global contrast enhancement methods are based on histogram

manipulations. In histogram equalisation the pixel intensity transfonnation is

designed to produce a uniform distribution of pixels among the display intensity

levels i.e. an equalised histogtam for the enhanced image (Figure 1c). A related

method, l,:nown as histogtam hyperbolisation was derived from the notion that

an optimally enhanced image should have a unifonn distribution of the

perceived brightnesses (Figure 1d). Since brightness perceived by the visual

system is proportional to the logarithm of pixel intensity, this requirement

implies a hyperbolic shape for the intensity histogram in the processed picture.

In many cases, global histogram manipulation techniques are not

successful in enhancing contrast around smaller features, whose intensity levels

are not well represented in global histograms. To alleviate this problem local or
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Figure 1.

Application of digital contrast enhancement to a video portal image of a Rando

head phantom:

a) original image,

b) grey-level windowin&
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Figure 1- continued:

c) histogram equalisation,

d) histogram hyperbolisatiorç
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Figure 1- continued:

e) adaptive histogram equalisation (AI{E),

f) moving histogram equalisation (note the reduction in interpolation artifact as

compared to the AHE image).
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adaptive contrast enhancement methods have been proposed, that operate on

local histograms calculated over smaller regions (neighbourhoods) within an

image. Local Histogram Modification (LHM) is based on a scheme where each

pixel has its own unique neighbourhood. Flowever, because of the very heavy

computational load of this algorithm, an alternative approach, the Adaptive

Histogram Equalisation (AFIE) has gained more widespread popularity. Io

AHE, the entire image is divided into a small number of predefined regions and

the contrast enhancing transfonnation for a particular pixel is found by bilinear

interpolation between the four regions that are closest to the pixel. The error

associated with the bilinear interpolation in AFIE often produces a wave-like

artifact in the enhanced image (Figure 1e). In order to reduce the interpolation

error, we have developed an alternative approach, called Moving Histogram

Equalisation (MHE), which employs linear interpolation along one direction

only (Figure 1f). A detailed description and a functional analysis of MFIE, as

well as a comparison of performance between AFIE and the full noninterpolating

LHM can be found in [1].

We have compared the performance of various digitat contrast

enhancement techniques, including global and local windowing, global and

local histogram modification, and high-pass filtering, using portal images

obtained with our video on-line system. The results of this objective comparison

can be found in [2]. They indicate the superior performance of the techniques

based on local histogram manipulatioru which in general produce the highest

and the most uniform contrast for local features within a portal image. The onty

drawback common to all histogram modification techniques is a loss of

definition on the edges of a treatment field, as it is shown in the example in

Figure 2. This issue will be addressed in the following chapter.
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Figure 2.

On-line portal image of a head and neck patient after contrast enhancement

using moving histogram equalisation. Note the blurring of the radiation field

edges.
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1. INTRODUCTION.

Successful radiation therapy treatment depends upon accurate delivery of

a prescribed radiation dose to the tumour volume, while sparing, as much as

possible, adjacent healthy tissues. To this end, radiation treatments are planned

so that the high dose volume confonns closely to the target volume with steep

dose gradients on the target periphery. Errors in setting up the treatment field

relative to the patient's internal anatomy may result in low dose delivered to

part of the target and an increased probability of local recurïence. Also,

unintended high dose delivered to normal tissues may cause unacceptable

treatment-related morbidity [1,2].

Verification of geometric treatnent accuracy in radiation therapy is done

with portal images, which are obtained by placing a detector on the beam exit

side of the patient during the treatment. Radiographic films are conventionally

used for this purpose, although their utility is limited by the fact that the portal

film images are only available for verification several minutes after the dose was

delivered. This makes it very difficult to rectify set-up erïors occurring during

each treatment. Additional problems are due to inconsistencies in image quality,

which is adversely affected by the low contrast typical of portal films, and by

often sub-optimal film exposure [3].

Over the past decade several digital portal imaging systems have been

developed [4t'71for on-line radiotherapy verification by producing portal images

shortly after commencement of the treatment and updating them as the

treatment Progresses. The precision of the patient-beam setup can then be tested

by visual analysis of the portal images. However, this is difficult due to the very

poor contrast of images obtained with high energ'y photons. Several methods for

contrast enhancement in portal images have been proposed and evaluated; some

of them were applicable only to film images [8], while others are based on
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digital processing and can be used with either digitized portal films or on-line

images [9-13]. It has been shown that histogram modification techniques, and

particularly Adaptive Histogram Equalisation (AFIE), offer a substantial

improvement in image contrast for the interior of the treatment field. This

method of image processing, however, can cause a serious loss of definition on

the edges of the treatment field [11], which makes accurate verification of beam

position impossible. In the present study, we analyze this problem (Section 2)

and propose a practical solution, which is based on extraction of information on

the field edges from the originat portal image (Section 3), and utilization of this

information in the enhancement process (Section 4).

2. TI{E EFFECT OF IMAGE ENHANCEMENT BY HISToGRAM EQUALIsATIoN oN

TREATMENT FIELD EDGES.

A well l.rrown pitfall in the application of histogram equalisation

techniques to contrast enhancement in portal images is the severe blurring of the

treatment field edges [11]. Such enhanced images are of little value for treatnrent

verification since the exact position of the radiation field with respect to the

patient's anatomy cannot be established. In order to be able to solve this

problem, one must first identify the underlyrrg causes.

In global histogram equalisation (FIE), one defines the contrast enhancing

transforttation as being directly proportional to the Cumulative Distribution

Function (CDF):

p'- CDF( p )

where P and P' ¿ue the original and the transfonned pixel intensities,

respectively. This form of transfor:nation assures that in the enhanced image all

(1)
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the grey levels (or pixel intensity levels) are represented by approximately equal

numbers of pixels [14]. The CDF is obtained by simply integrating the histogram

of the unenhanced image, and this implies that the histogram defines the slope

of the enhancing transfor:nation (rate of the enhancement) as a function of pixel

intensity. Figure 1 shows a typical portal image before enhancement, for a

patient being treated for carcinoma of the mouth with parallel opposed photon

beams from a 4 MV linear accelerator. Exposure time was 3.5 s. The pixel

intensity histogram is shown in Figure 2a. The characteristic feature of portal

image histograms is that two major regions can be identified, one containing a

significant peak at low pixel intensities (bacþround pixels from the outside of

the radiation field) and a wider region at higher intensities that corresponds to

the interior of the field. A relatively small number of border pixels with

intennediate intensities contribute little to the histogram. As a result, the CDÐ

which is shown in Figure 2b is very steep in the lower intensity range

(backgtound), relatively steep at high intensities (interior), and almost flat for

the midrange intensities (edge pixels). Since the CDF is used to map the

unenhanced image into an enhanced image, the initially high contrast at the field

edges is reduced, and the transition between the background and the interior

becomes distorted. This can be seen in Figure 3a, which is the image enhanced

by FIE. The distortion of field edges is seen even more clearly by examining the

profile taken across the field edge which is shown in Figure 4. It is seen that the

good definition of the field edge in the original image is completely lost after the

application of HE to the image.

The basic concept of global histogram equalisation (where the histogram

calculated over the entire image) has been further developed by Przer et al.

L1,5,1,61.In this modification, l.mown as Adaptive Histogram Equalisation (AFIE),

the transfor:nation for each pixel is found individually, based on the histogram
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Figure 1.

An unenhanced on-line portal image of a patient being treated for carcinoma of

the mouth with parallel opposed photon beams from a 4 MV linear accelerator.

Exposure time was 3.5 s.
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Figure 3.

The online portal image of Figure 1. processed by:

a) global histogram equalisation,

b) adaptive histogram equalisation (non-interpolated),
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Figure 3 - continued:

c) interpolated adaptive histogram equalisation,

d) contrast límited adaptive histogram equalisation (the clipping level, c was

equal to 5).
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Figure 4.
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of a neighbourhood surrounding the pixel under consideration. This algorithm

is also referred to as Local Histogram Modification, LHM Í17,'1.8). AHE offers

optimal enhancement of local contrast, as mapping onto the whole available grey

level range is applied within each of the local neighbourhoods. This, however,

leads to some additional adverse consequences in reproduction of the field

edges.

Consider three local neighbourhoods consisting of pixels from the

background, edge and interior of the field, shown as three boxes in Figure 5 (left,

center and right, respectively). The contrast enhancing transformation, which is

defined by each local CDF (Figure 6,) will map the lower valued pixels in the

interior region (right hand box) onto intensity levels close to minimum. At the

same time, some pixels from the background (left hand box in Figure 5) will be

transformed to high grey levels, as indicated by the corresponding CDF, shown

in Figure 6. Thus, as a result of the enhancement by AFIE, parts of the

background will have higher intensity levels than the interior of the treatment

field. This masking effect occurs in conjunction with reduced contrast for the

edge pixels, which is a common problem for both HE and AFIE is illustrated by

the CDF calculated for the center box corresponding to the edge of the field. The

final result of contrast enhancement by AFIE is shown in Figure 3b and suffers

from a severe lack of definition at the treatment field edges. Edge profiles taken

from the original and the AFIE enhanced images are compared in Figure 4.

Interpolated AHE was introduced by Pwer [16] to reduce the very heavy

computational burden of the fully adaptive AHE. In the interpolated version, the

entire image is divided into predefined congruent neighbourhoods for which

histograms and CDFs are calculated. The exact transfonnation value for any

given pixel is found by interpolation between the CDFs for four nearest

neighbourhoods. In spite of this approximation, the interpolated AHE behaves
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Figure 5.

The on-line portal image of Figure 1 with three boxes depicting three locations of

the contextual region, that result in essentially different pixel intensity

histograms.
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Figure 6.

Cumulative distribution functions for the box regions shown in Fig. b.
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similarly to the full AHE, as far as reproduction of the field edges is concerned.

The masking effect of high intensities outside the treatment field and the

reduced contrast at the field edges can be seen in an image enhanced by the

interpolated AHE shown in Figure 3c.

Contrast Limited Adaptive Histogram Equalisation (CLAFIE) is another

variation of the basic AHE scheme, which was introduced to avoid

overenhancement of noise in images [15]. In CLAHE, the histogram is clipped,

that is bins with counts higher than the predefined clipping level are reduced

and the excess counts are redistributed among the other bins, prior to the

computation of the CDF. Clipping is used to control the steepness of the

enhancing transformation. By clipping histograms calculated for regions that

include bacþround pixels, their effect on the enhancing transfonnation can be

reduced and the loss of contrast on the field edges can be partly recovered. It
must be remembered, however, that clipping also reduces the amount of confrast

enhancement for the interior of the field, and in the extreme case, when the

clipping level is set to 1 all the histogram bins are clipped to the same value and

each pixel intensity is mapped onto itself. Typically, the clipping level is set to

some intennediate value that provides sufficient enhancement of image features

and at the same time does not lead to excessive amplification of noise in uniform

regions of the image. Flowever, even for such moderate clipping levels, the

enhancement by CLAHE will still result in reduction of contrast and

consequently loss of definition on the field edges, as can be seen in an example

shown in Figure 3d.

The above considerations lead us to the conclusion that the difficulty in

reproduction of field edges by histogram equalisation techniques is primarily

caused by significant reduction in edge contrasts, due to the very flat CDFs at

intensity levels typical of edge pixels. Additional problems in the AHE
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techniques are related to the over-enhancement of the background pixels to the

levels of intensity that exceed those within the field interior. Inclusion of

background pixels in calculated histograms is the direct cause of these two

difficulties. Therefore, a solution to the problem can be reached by separating

backgtound pixels from interior pixels prior to enhancement and including in

histogtam calculations only those pixels encompassed by the treahent field

edge. In the following section an automatic technique for extraction of radiation

field edges is presented.

3. THE EDGE EXTRACTTON TECHMQUE.

Separation of the background pixels from those falling inside the

treatment field is a particular case of the general problem of image segmentation.

There are two distinct approaches to segmentation: region based and boundary

based 1"1'9,201.In the first method adjacent image pixels are grouped into a region

according to similarities between them, such as intensity values, local texture or

other parameters. One example is grey level thresholding, where pixels are

classified into regions by their intensity values. In portal images the intensity

Ievel corresPonding to the field border often varies acÍoss the image due to non-

uniform attenuation by the patient's body, and windowing such images with

global thresholds is usually of limited effectiveness for the delineation of beam

edges. Adaptive thresholding [21] overcomes this problem, but has limited

immunity to noise and also carries a heavy computational load.

The second approach involves a search for pixels falling on the boundary

between regions, even when such pixels may have different pixel intensity

levels. Boundary-based segmentation is less sensitive to the nonuniforrrity

problem and potentially involves less computation than local thresholding, as

well as offering a more compact description of the regions using only the
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locations of boundary pixels. In the following subsections the detection and

extraction of portal field edges is considered and an original technique for

delineation of radiation fields is presented.

3.7 Charøcterístícs of treatment field edges.

The prescribed shape of a treatment field is achieved by using collimators,

and often placing additional shielding blocks in the radiation field. Since both

the collimators and the blocks are designed to stop at least 93% of the radiation

1221, the field edges usually have high contrast and are easily recognizable in

portal images. Nevertheless, the exact localization of the edges poses a problem

due to their inherent unsharpness. To avoid this ambiguity in position a

treatnrent edge is conventionally defined at the 50% dose level.

The unsharpness of the edge image is the result of a number of factors: the

penumbra effect due to the finite size of the radiation source [23], photon

interactions (mostly Compton scattering) in the patient, as well as photon and

the secondary electron interactions in the detector. The unsharpness of an

imaging system is usually defined in tenns of its line spread function (LSF) i.e.

its response to a line stimulus, which for a radiographic system is often well

described by a Gaussian function [24]. The Gaussian form is consistent with the

fact that in the imaging process the photon position registered by the detector is

a random variable which results from a superposition of a number of random

Processes describing photon generation and interactions with the imaged objects

and the detector. In such situations a Gaussian distribution is usually a good

approximation, even though the central limit theorem is not strictly applicable

[25]. An imaging system with a gaussian LSF will reproduce a step-like stimulus

(collimator or block edge) as a cumulative Gaussian:



r24

x (t-xO)z
ESF(x)=K f exp[- ^ ., ]dt+CJ - ¿oe.

-æ

(2)

where ESF(x) is the Edge Spread Function, which describes the reproduction of a

step edge by the imaging system, K is a normalizing factor, C is a constant

corresPonding to the background intensity, x0 and oe are the center and the

width parameters of the Gaussian, respectively. Figure 7 shows an example of

fittiog (2) to an edge cross-section which was taken from an on-line portal image

shown in Figure 8. The image was acquired for a patient being treated for

carcinoma of the tongue with a lateral photon beam from a 4 MV linac. Exposure

time was 0.5 s.

Radiation field edges are wider than edges forrred by anatomical features

of the patient, as the collimator and shielding blocks are always more distant

from the detector than the patient. Also, the density change actoss the field

edges is usually higher, although this may be drastically reduced by thick layers

of tissue included in the field. This happens, for example, in lateral treatments of

the head and neck region, where shoulders heavily attenuate the beam and as a

result sections of the treatment field edges are difficult to see in the portal image.

An example is shown in Figure 9, where the change in intensity between the

shoulder and the neck regions is much stronger than the portal edge. Figure 10

shows a cross-section across this field edge. An automatic scheme for the

detection and extraction of treatnrent field edges must successfully deal with this

type of problem and find a boundary that encloses the whole of the treatment

field. A discussion of such an algorithm is given in the following subsections.

3.2 An optimal detector of ffeatment fíeld edges.

Like most of the existing techniques for automatic edge extraction [2í],
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Figure 7.

A typical cross-section of the field edge, sampled along the line indicated in the

image shown in Fig. 8. The edge profile can be well approximated with a

cumulative Gaussian of appropriate width.
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Figure 8.

An on-line portal image of a patient being treated for carcinoma of the tongue

with a lateral 4 MV photon beam. Exposure time was 0.5 s. A line indicates a

cross-section through one of the field edges.
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Figure 9.

A case of a portal image with reduced amplitude on the field edge, due to

attenuation by the increased tissue thicl,mess. The image was acquired for a head

and neck patient being treated on a 4 MV linac.
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Figure 10.

A cross-section taken along the line indicated in Fig. 9. The amplitude of the

field edge is low relative to the edges formed by anatomical features.
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our approach consists of two major steps. First, edge strength and direction are

found at each pixel position, and second, tme edge pixels are identified and

combined into boundaries (contours). The edge strenrtå describes the rate at

which the intensity changes as one moves acÍoss the boundary between two

regions, and the edge dírection indicates the direction along which the intensity

change is the greatest. Local edge strengths and directions are obtained by

applying an appropriate edge detecting operator to the original image.

Conventional edge operators such as Sobel, Roberts or Prewitt, involve

the calculation of an approximation to local gradient l27l over a small ?,x2 or 3x3

pixel window. These techniques, howevet, are very susceptible to noise and

have low sensitivity to edges that are wider than the window, which is often the

case for portal field edges. Torre and Poggio [28] and Canny l29l have shown

that optimal operators should perfonn both smoothing and differentiating

actions and include in their operating windows more than just the immediate

neighbours of the pixel. Canny has shown that the edge operator which

maximizes numerical criteria for edge detection and localization has a form close

to that of a first derivative of Gaussian function (DOG):

xxz
DOG(x) = -K 

o,,exp(- ,*r) (3)

This type of 'smoothed gradient' operator is particularly robust in applications to

noisy images, such as quantum noise-limited on-line portal images. The width of

the operator is described by the standard deviation oo of the Gaussian function,

and should be selected according to the width of the edges that are to be

detected and the required accuracy in localization. Since the field edges are

wider than edges fonned by anatomical features within the field, it can be

shown (see Appendix A) that the strength of the field edges detected by a DOG
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oPerator relative to the strength of narrower anatomical edges, increases with
the value of o6. The effects of varying the width of the edge operator are

illustrated in Figure 1.1., where the four edge strength profiles were obtained by

applying edge operators of varying widths to the original profile shown in

Figure 7. It is seen that the conventional Sobel operator leads to many false edge

resPonses (maxima in the edge strength profile) due to noise in the image. The

resPonse to the field edge, relative to the naffower anatomical edges, increases

with the width parameter os of the DOG operator. On the other hand, larger

values of oe tend to produce broader maxima in edge strength, which makes

localization of the field edges less accurate.

Setting the position of the field edge at the local maximum of edge

strength is consistent with the dosimetric definition of the treatment field edge.

This can be explained by the fact that a portal edge profile is well approximated

by a cumulative Gaussian, for which the position of the maximum edge strength

(the magnitude of gradient for the Sobel operator or smoothed gradient for the

DOG operator) falls at the position of the 50% intensity level in the original

profile. An example presented in Figure 12 shows the equivalence of. the 50%

intensity and the maximum strength positions.

3.3 Edge folloutìng ønd línkíng.

The next step of the edge detecting algorithm selects the best candidates

for the edge pixels and links them to form the field boundary. A number of

different approaches to the boundary detection problem have been proposed,

including those based on the Hough transfor¡n [30], graph search [31], and tree

search [32]. We selected Kunt's sequential contour following l?t61, pñnarily for

its simplicity and computational speed. Contour following begins with the

automatic selection of a starting location by searching for the pixel with the
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Figure 11.

Four edge strength profiles obtained from the cross-section of Fig. 7, using the

Sobel operator and DOG operators with three different widths, 60 = 2,3 and 6.
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Figure 12.

The cross-section of the field edge from Fig.

produced by a DOG operator with oe = 2.5.
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highest edge strength, which should always fall on the field boundary. The

search for the next edge pixel proceeds to the three (out of eight) neighbouring

pixels that fall on the left- or right-hand side of the local gradient, depending

upon the selected orientation of the contour. The next edge pixel is the one with

the highest strength among the three (if there are ties, the direction orthogonal to

the gradient is prefened). The process repeats until contour crossing or closing is

detected. For computational efficiency the contour is represented by the starting

pixel and a chain of direction codes [33], each of them indicating which of the

eight nearest neighbours of the cunent edge pixel is its successor on the contour.

The process stops when the contour is successfully closed, or it leaves the image

area (some exceptionally large treatment fields may not fit within the sensing

area of the detector). The situation can arise when the edge that is being

followed in either left or right orientation becomes discontinued i.e. its strength

falls below the acceptable minimum level. In this case the process is started

again from the origin with the opposite orientation to provide as complete

coverage as possible of the field contour.

3.4 Contour segmentøtíon ønd correctíon

The simple edge following scheme described above, although rendering

accurate and closed contours in a majority of cases, is not invulnerable to strong

variations in beam attenuation inside the treatment field. The image previously

shown in Figure 9 can be an example of such a difficult case. As it can be seen in

Figure 13a, a section of the detected contour was followed along the strong

anatomical edge inside the field, ild a substantial part of the true field edge was

omitted. For this situation a correcting mechanism has been developed.

The chain of directional codes that represents the field boundary is a low-

level description of a set of discrete cuwes. It is neither very compact (a typical
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field contour may consist of over 1000 individual pixels), nor particularly

suitable for further processing. Since large parts of the field edges ¿ìre expected

to be straight lines (those that are for:ned by collimator jaws or flat shielding

blocks), there is some justification for segmenting a contour into straight line

sections, prior to setting in motion any correctional mechanisms.

The conventional methods for segmentation of discrete curyes into lines

are based on dividing the curve at points of maximum deviation [33,34] or

maximum curvature [33]. The resulting segments in both of these approaches

can be strongly affected by errors in positions of the edge pixels. We used an

alternative technique for curve segmentation, which is based on adaptive least

squares fittiog and therefore possesses noise smoothing capabilities. The

segmentation begins from the two first pixels on the contour which are included

in the first segment. The consecutive contour points are considered and

conditionally appended to the segment, one at a time, and the segment is fitted

by regression analysis to a linear approximation, whose parameters represent

the least squares fit for the current set of pixels included in the segment. Also the

total sum of squared deviations from the line, divided by the number of pixels,

as well as the deviation for the pixel under consideration, are calculated as

measures of the accuracy of the straight line approximation for the current

segment. If either of the above estimators of the goodness of fit exceeds the

preset thresholds, the segment is closed and a new one begins at the current

pixel. Then the fitting process is repeated until the entire contour has been

segmented. The final end-points of the segments describe the field boundary. In

a typical situation, less than 40 segments are enough to accurately represent a

field boundary that consists of some 1000 pixels. An example of a segmented

contour þefore correction) is shown in Figure 13b.

Two correctional mechanisms are applied to the crude estimate of the
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Figure 13.

The detection of the field edges in the image from Fig. 9.

a) A crude contour obtained by edge following does not include the heavily

attenuated part of the field edge.

b) The crude contour before þlack curve) and after (white polygon)

segmentation.
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Figure 13 - continued:

c) New field edge points detected by the correctional mechanisms.

d) The final contour encompassing the whole of the treatment field.
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portal field edge. The pu{pose of the first is to check if there are any parts of the

field boundary that were missed by the edge follo*i.g algorithm. This is done

by scanning the outside of the current contour, along the bisectionals of the

segments and the corner angles. If no significant edge strengths are detected, it is

assumed that the contour encloses the whole of the treatnrent field and the field

boundary is correctly delineated. On the other hand, if field edge points are

found outside the current contour, a second correctional mechanism is activated.

It involves edge following, starting with the newly detected edge points and

continuing until the old and the new edges are connected. Subsequently, the

new part of the boundary is also converted into straight line segments, that are

joined with the previously detected segments. An example using the correction

scheme is shown in Figure 13c, where the additional edge points that were

detected outside the original boundary are shown as new segment corners. The

additional edge following, segmentation and merging of the new and the old

segments result in the final, correct field contour shown in Figure 13d.

3.5 Practícal ímplementøtíon of the fíeld edge detection.

The edge extraction technique described above has been used for

delineation of the treatment field boundaries in portal images obtained with the

on-line video portal imaging system developed at our institution [7]. The digital

portal images are represented as 512x480 pixels with 256 grey levels (8 bits are

utilized to represent pixel intensity). The algorithm was coded in "C" language

to run on a 12 lvtflz AT compatible microcomputer equipped with a frame

grabberl for storage and display of the image data.

The first part of the edge extraction scheme, the DOG edge operator, was

lPc-Vision+, Imaging Technology Inc., Wobum, MA
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realized as a convolution of the original image with a symmetric Gaussian

followed by calculation of local gradient. This formulation is mathematically

equivalent to a direct convolution with a derivative of Gaussian, by virtue of the

associativity of convolution [29), and at the same time is computationally more

efficient, since it involves convolution with smaller kernels (a Gaussian vanishes

to 0 quicker than its first derivative). Local gradient was calculated over a 3x3

pixel window, as in the Sobel operator, and edge strength was encoded as the

modulus of the local gradient, normalized to a 5 bit accuracy range. The angle of

the direction of the local gradient was quanttzed to eight possible values that can

point to any of the eight closest neighbours of a given pixel, and was represented

by the lower 3 bits in the &bit ouþut of the edge detecting operator.

The limited accurary of the edge strength representation in portal images

affected our choice of the most suitable width of the edge detector. Operators

with values of oo greater than about 4 pixel units tended to produce broad and

flat edge strength maxima (cf. Figure 11) that were not well resolved in the Fbit

precision that we use. To avoid ambiguity in the position of the field edges, edge

detecting operators with values of oo in the range of.2to 3 pixel units were used,

which resulted in a satisfactory compromise between immunity to noise and

accurate edge localization.

The computational speed of the algorithm is particularly important in on-

line applications, and was evaluated by dividing the algorithm into two parts.

The first part is the edge detection with a DOG operator and consists of

calculations that can be per{ormed in parallel, as all the pixels ¿ìre processed in

the same way. This part of the scheme takes about 1 minute to perfornr on ttre

microcomputer CPU. The second part includes edge following, segmentation

and segment correction. It involves a smaller amount of computation than the

edge detection part, but the computation here has to be perforrred sequentially:
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the edge is followed and segmented pixel after pixel, ârd segments are reviewed

one after the other. In the present microcomputer implementation, this part is

executed in less than 5 s.

3.6\þlíabílíty of the techníque for portal edge extrøctíon.

Reliability and accuracy of. the edge detecting algorithm were tested on a

sample of 40 different clinical on-line portal images that were obtained for a

variety of patients undergoing external photon beam therapy treatnrents on a 4

MV linear accelerator. Acquisition times for the images varied from 0.5 to 8

seconds, with an incident dose rate of 100 cGylmin. The pixel size at the

isocenter was approximately 0.5x0.4 mm2. In all cases correct contours

delineating the entire treatment fields were found. The accuracy in determining

positions of field edges by the algorithm was investigated by estimating the

distance ô from each contour segment to the nearest field edge. The true field

edge position was assumed to be located at 50% intensity of the edge cross-

sections, and the analysis was carried out along the directions normal to the

segments. The positions of 1570 segments were verified and the results are

displayed in the histogram of the distances ô shown in Figure 14. The average

discrepancy õ was found to be 0.32 pixel units outside (positive ô) the field, and

in 85% of the cases the derived field edge fell within one pixel unit (0.b mm)

from the true field edge position.

4. SETECTIVE ADAPTIVE HISTOGRAM EQUALIsATIoN AND ITS APPLIcATIoNS To

ENHANCEMENT OF PORTAL IMAGES.

The segmented boundary and its orientation (left or right) provide a

complete definition of the interior (or exterior) of the radiation field. This

information can be utilized in the process of contrast enhancement by histogram
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Figure 14.

The histogram of distances ô from segments of field contours to the nea¡est

points of half intensity of the beam.
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modification using histograms that include pixels only from the interior of the

field. This technique, which we call Selective Adaptive Histogram Equalisation

(SAFIE), is essentially a modified version of Pizer's interpolated CLAHE with

overlapping regions [15]. The proposed technique is selective, as only the pixels

within the treatment field contribute to the regional histograms, from which the

local contrast enhancing transforrnation is derived. Overlapping regions were

used in order to reduce interpolation artifacts, that become especially

Pronounced when there are sharp transitions between regional CDFs (for

example, close to the field bounduty). Some of the predefined regions near the

field boundary may contain only a small number of the interior pixels, and

hence may be very sensitive to statistical fluctuations. Such regions are not

subjected to contrast enhancement. Three examples of the application of SAFIE

to on-line portal images are shown in Figures 15a-c. The combination of the

automated delineation of the treatnrent field with selective contrast enhancement

provides images in which both the anatomical structures and the field edges are

well visualized.

5. SIJMMARY AND CONCLUSIONS.

Digital contrast enhancement techniques based on histogram modification

can successfully improve visualization of the patient's internal anatomy in portal

images, but the usefulness is limited due to a serious loss of definition on the

treatment field edges. Our analysis indicates that the blurring effect can be

alleviated by eliminating from the histogram calculations areas that are outside

the field boundaries.

An automated method for delineation of the treatment field in on-line

portal images has been developed. The proposed portal edge extraction scheme

combines algorithms for edge detectiory following, segmentation and correction.
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Figure 15.

a) The on-line portal image from Fig. 1 after enhancement with selective CLAHE

(64x80 pixel contextual region, clipping level=S).

b) The portal image from Fig. I enhanced using selective CLAHE (the region

size and the clipping Ievel the same as above).
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Figure 15 - continued:

c) The result of application of selective CLAHE to the portal image originally

shown in Fig. 9 (the region size and the clipping level as before).
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An edge detecting operator which has the fon¡r of a derivative of Gaussian, has

been shown to yield improved response to field edges and greater immunity to

noise, in comparison to conventional approaches. From the edge strength

information produced by the DOG operator, an outline of the field is obtained

with the use of the contour following atgorithm. The unrefined field contour is

subsequently converted into straight line segments by employing an adaptive

least squares fitting algorithm. To prevent possible errors in field delineation

caused by strong anatomical edges, correcting mechanisms have been

implemented. The final segmented contour encompasses the entire treatment

field and defines in a compact and efficient way pixels falling inside the field.

The portal edge extraction method has been tested on a number of clinical

images, and the results indicate high reliability and accuracy of the proposed

technique.

The part of the image delineated as inside the treatnent field is processed

by 
^ contrast enhancement scheme that is a variation of adaptive histogram

equalisation. Portal images enhanced this way preserye good definition on the

field edges and are more suitable than conventional histogram modification

techniques for visual verification of a radiation therapy treatment.

Computational speed in the present hardware implementation does not

fully allow for its application in on-line monitoring of radiation therapy

treatments. However, since most of the computation involved can be done in

parallel, reformulation of the algorithm to run on paratlel computer hardware is

erpected to greatly reduce the computation time. Applications of the proposed

field delineation technique to automated verification of the size and shape of the

treatment field are currently under investigation.
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APPENDIX A.

Let f(x) denote an edge operator which is a derivative of Gaussian (DOG)

with a normalizing factor A, and its width characterizedby oo:

f(x) =Axexp(_ L*,

The edge function G(x), has a form of a cumulative Gaussian:

G(x)='Gt i*ou *,o,
-co

H= | f GCx)f(x)dx 
I

J

where ou describes the width of the Gaussian and B is the edge amplitude. To

simplify the notation and without any loss of generality it was assumed that the

edge function is centred at x=0. The maximum in the response of the operator to

the edge function which ocfllrs at the edge centre, is denoted by H and is given

by a convolution integral:

(D1)

(D2)

(D3)

By substituting the functional forms (D1) and (D2) into (D3), the following

expression can obtained for the response of a DOG operator to an edge modelled

with a cumulative Gaussian:

H=B^4
{o., + ooZ

(D4)
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Using formula @4) one can calculate the maximum response of the

operator to the field edges, which are characterized by the amplitude B¡ and the

width o"1. Similarly, the maximum response to the anatomical edges can be

obtained. The amplitude and the width of the anatomical edges are given by B"

and os¿, respectively. The ratio of the two responses,}Jf/a(oo) describes the

resPonse to the field edges, relative to the response to the anatomical edges:

Hfla(oo) = # (D5)

This formula indicates that for the case when oef > o"u (field edges wider than

anatomical edges) the relative response Hflu(oo) increases monotonically with

os, which means that wider operators produce stronger maxima on the field

edges, relative to anatomical edges.

og^2 + ocrz

osp + oo2
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1. INTRODUCTION.

Geometric errors in positioning of the patient and the radiation beam

during radiotherapy treabnents may often lead to reduced local control of the

tumour and/or normal tissue morbidity t1-31. Several digital portal imaging

systems for on-line monitoring of radiotherapy treabnents have been inhoduced

over the last few years t4.91. At present, verification of the patient and the beam

positioning is done by visual analysis of portal images. An inherent difficulty of

such analysis, lies in the fact that the quality of portal images is generally very

Poor, particularly in terms of the contrast on anatomical detail. Digital portal

imaging systems are amenable for application of computerized enhancement

techniques to improve quality of images, ând a number of algorithms for digital

enhancement of contrast in on-line portal images have already been

implemented [10J.

Measurements of image quality, that can be utilized for assessment of the

efficacy of image enhancement techniques, fall into two major categories [1,1.,'l,Z).

The first one includes measurements of some well defined objective (observer-

independent) characteristics of the image, such as contrast, Modulation Transfer

Function (MTF), noise variance, Wiener spectra and Signal-to-Noise Ratio (SNR).

These measures allow us to determine the performance of a conceptuat ideal

observer for simple tasks such as detecting isolated lesions in the image [13]. The

efficiency of an ideal statistical observer can be related to that of a real human

observer using the results of psychophysical experiments.

The other category of image quality indicators includes measures that can

be directly derived from evaluation of real observer performance (observer-

dependent measures [11]). The simplest approach in this category involves

assigning by an observer a score that reflects the perceived quality of an image.

Examples of application of the scoring evaluation to portal images can be found
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in [14,15]. The usefulness of these results is limited by the lack of precision in

defining the perceived image quality, by the irreproducibility of the arbitrary

scoring scales and by the fact that the whole evaluation procedure bears little (if
any) relationship to the actual clinical task of analysis of portal images. Far more

rigourous and meaningfut image evaluation can be performed by means of

Contrast/Detail (C/D) diagrams tlll and Receiver Operating Characteristic

(ROC) analysis [16]. The goal of a C/D experiment is to determine visibility

thresholds for objects of varying sizes and contrasts. The lack of precision in
controlling the decision criterion is a major source of uncertainty in C/D
diagrams. Therefore, the ROC analysis, in which observer detection is evaluated

at a number of different levels of the decision criterion, is generally considered

to yield a more conrplete and more precise description of performance of a

human observer with various types of images. An important drawback of ROC

tests is that the data acquisition and analysis are very laborious.

The ROC analysis was originated as a method for evaluation of radar

inrages during the 2nd World War ll7l, however its more recent developments

have been done with the application to medical diagnostic imaging in view. The

target (or lesion) detection task, which is the basis of the ROC technique,

corresPonds closely to the clinical analysis of diagnostic images, where the

primary goal is essentially to deterrnine presence or absence of abnorrral

features in the image. On the other hand, the goal of the analysis of portal

images is somewhat different. A human observer, during visual analysis of a
portal image, tries to identify a number (at least two) of anatomical landmarks,

to detennine the position of the treaturent field boundaries relative to the

landmarks, and to compare the position of the beam as recorded in the portal

image with the planned position indicated in the corresponding simulation

image. Therefore the Roc analysis may not be the most appropriate way of
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assessment of quality of portal images and of quantification of the effect of their

digital enhancement.

In this study we investigate the use of a new technique for evaluation of

quality of portal images. The technique is closely related to the methods of

analysis of portal images performed in a clinic and involves identification and

localization of anatomical landmarks. Using this approach the observer

performance with on-line portal images before and after digital contrast

enhancement will be quantitatively compared.

2. QuevrrrATrvn EvALUATToN oF poRTAL IMAGES.

Our technique for evaluation of portal image quatity is derived from the

computer-aided methods that have been independently developed in several

centres for quantitative verification of geometric accuracy of the treatment [20,

22]. These methods require a human observer to point to at least two anatomical

landmarks in a simulator image and to identify the corresponding landmarks in

a portal image. Based on the paired simulator-portal landmark coordinates, a.n

appropriate geometric transformation is obtained and is used to map the

boundaries of the actual or the prescribed treatment field to a common

coordinate system, in either the simulator or the portal image. Discrepancies

between the prescribed and the actual field boundaries ¿ue used for

quantification of the treatment set-up enor.

The proposed evaluation technique considers two aspects of the analysis

of portal images, namely the accuracy with which positions of suitable

anatomical landmarks are determined, and the time spent on landmark

identification and localization. The time factor, which is not taken into account in

the classic ROC experiments, is particularly relevant in a busy radiotherapy

clinic, where a large number of portal images have to be analyzed daily [23]. It is
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also expected that with the advent of on-line portal imaging the number of

images that have to be analyzed will increase dramatically.

As localization of landmarks in a diagnostic quality simulator image is

fairly straighúorward, the performance and efficiency of computer-aided portat

image analysis depends to a large extent upon the accurary and speed with

which landmarla are localized in the portal image. Discrepancies between the

true positions of anatomical landmarlcs in the portal image and the positions

indicated by the human observer can be thought of as consisting of two

comPonents. The first one is the systematic error that may arise as a result of

distortions or artifacts in the imaging system, while the second one is of random

character and is due to reduced visibility of a particular landmark to the

observer. The systematic error is generally not dependent upon image contrast

and noise levels, while the random error we expect to be directly related to these

basic aspects of image quality. Therefore we are interested in measuring the

random component of the error in the localization of landmarks in portal

images, and in using it as an indicator of image quality. The magnitude of the

random component of the error in landmark localization can be estimated by

measuring the variation in the indicated positions of an anatomical landmark

obtained from multiple (at least two) separate analyses of a given portal image.

This approach is based on the premise that a better visualization of anatomical

features should permit a more consistent determination of their positions during

repeated examinations of a portal image. Furthermore, the speed of landmark

localization can be quantified by recording the mean time required for landmark

localization. The hypothesis that we are testing in this approach is that a better

reproduction of anatomical detail in portal images after enhancement by

selective Contrast Limited Adaptive Histogram Equalisation (CLAHE), which

was introduced in Chapter 6, will result in a more accurate and less time-
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consuming localization of landmarks, and consequently will improve and

facilitate the analysis of portal images by a human obsen¡er.

3. MATERIALS AND METHoDS.

A. Image døta.

The testing data for this study consisted of eleven randomly selected

portal images acquired with a video on-line portal imaging system [6]. Each

image in the sample represented a different treatment of a different patient. All
the images were acquired during head and neck treatments on a 4 MV linac.

Acquisition times varied between 1 and 4 s, which corresponds to doses to the

patient between 1.7 and 6.8 cGy. The images covered a field of view of
approfmately ?ßx21, cm2 at isocenter and were digitized into a 512x4g0xg bit
array of pixels.

B. Image enhancement.

Digital image enhancement methods based on local histogram

modification were shown to produce high and uniforrn contrast in portal images

[10,18] and generally perfonm better than alternative methods, as it was shown

through numerical tests in Chapter 5. Further improvements in the quality of
enhanced images can be achieved by restricting the application of local

histogram modification only to the pixels within the treatment field, which

eliminates the blurring artifacts on the treatment field edges. Examples of the

application of selective CLAHE were given the previous chapter. Selective

CLAHE was used for digital enhancement of the portal images in this study and

the parameter values are those typically used and recommended [10,19]: a

clipping level of 5 and a region area equaf to *1of the image. For a Sl5x6g¡pixel
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image matri& the region size is set to 64x80 pixels, which takes into account the f
pixel aspect ratio and gives a perfectly square region.

C. The tcstíng gocedura

The testing procedure was performed in a control room of the linear

acceleratorl, with the lighting conditions typical for routine viewing of on-line

portal images during treatnents (the illuminance was about 200 lux). The

images were displayed on an NEC Multisync II monitor. The monitor was

connected to a PCVision+ frame grabber board,z, which was controlled by a PC

AT compatible host computer. A special, interactive program for display and

graphical marking of images was coded in C language.

Portal images were presented to observers in two versions: the

unenhanced original and an image enhanced using selective CLAHE, so that a

total of 22 images (11 unenhanced and 11 enhanced) were reviewed. For each

unenhanced or enhanced portal image there was also a corresponding

simulation image, which was acquired by digitizing a simulation film with a
video camerÐ a lightbox and a 512x480x8 bit frame grabber [24]. The digitized

simulation images had the same orientation as their portal counterparts, but they

were not aligned and had slightly different magnifications. Anatomical

landmarks that were to be located in on-line portal images were marked in

advance in the corresponding simulation images by * observer who did not

otherwise participate in the study. In each image two landmarks were selected

and marked. The selection of particular landmarks was based on their usefulness

for treatment verification - bony structures were generally preferred to features

lMevatron Í<D -L,Siemens Medical l¿boratories, Concord, CA
2lmaging Technology Inc., Woburn, MA
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within soft tissue. Portal images included in the study were presented to

obsen¡ers in pairs with their respective simulation images (with the indicated

landmarks). An observer was asked to mark the corresponding landma¡ks on

the portal image, using a computer keyboard for positioning and fixing cursor

on the landmarks. While positioning the cursor, the observer was able to refer to

the marked simulation image by switching between image displays.

In order to familiarize the observers with the testing procedure, a short

training session with two simulation-portal image pairs preceded the actual test.

The data obtained on the training images were not included in the final results.

Since each portal image was presented in its two versions: unenhanced and

enhanced, the test set of Z}images was presented as two subsets: 1. and 2. In each

subset only one version of a particular portal image was included. Thereby, the

effect of familiarization with individual landmarks was minimized. Unenhanced

or enhanced versions of the images were assigned to the subsets randomly. A

sample presentation order for a set of 11 different portal images, with two

versions per image, is given below:

Subset 1:

Portal Image #1 Unenhanced

Portal Image #2 Enhanced

Portal Image #11 Unenhanced

Subset 2:

Portal Image #1 Enhanced

Portal Image #2 Unenhanced

Portal Image #11 Enhanced
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Since each enhanced and each unenhanced image had to be marked twice,

there were two presentations of the entire image set to the observers. A

minimum time interval between the two presentations was 48 hours, in order to

reduce the effect of memorization of landmarks. Three observers, two

radiotherapy technologists and a medical student were participating in the

study. The observers had previous experience in routine analysis of portal films

for the purpose of treatment verification.

D. Døta ønølysís.

The ma¡king procedure was carried out twice for each portal image and

the x- and y-coordinates of the landmarks as well as the time spent on

detennining the locations of the landmarks were measured for both attempts.

They for:ned the data structure: {(xijk yijù, tjikli=t,z;i=1,2;k=.1.,...,11, where (xijk,

yijÙ and ti;¡ are the coordinates (in pixel units) and the search time (in seconds),

respectively, o1. the j-th landmark in the k-th image measured in the i-th attempt.

From these data two parameters were calculated for each landmark in each

image. The first one, ô¡k measures the accuracy of localization of the j-th

landmark in the k-th image, and is defined as the combined standard deviation

of the landmark coordinates indicated in the two attempts:

ô;r = { l.t ør-f*rik- xzjkJz+ (y1jk - yzjàzl}y, (1)

where p is the pixel aspect ratio equaf to I on our system. The second parameter,

t¡k was the time used for localization of the landmarþ averaged

attempts:
1,

tiu= 2.( trjr + tzjr. )

over the two

(2)
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4. RESULTS.

The results for the errors and times of localization of landma¡ks in the

original and enhanced images are given in Table L for all three obserwers. As can

be seen in the table, some landmarks were not always recognizable, particularly

in unenhanced images. From the total o11..32 individual landmark localizations

(3 observers x 1.1. images x 2landmarks per image x 2 attempts per landmark) in

unenhanced images, 1.1 were unsuccessful (i.e. landmarks were not identifiable

by the observer). Flowever, landmarks were identified and localized in all the

1'32 localizations in enhanced images. The following contingency table

summarizes these observations:

Image
Twe

Landmark
Success

,ocalization
Failure

Original

Enhanced

121(et%)

132(700%)

11(e%)

o (o%)

If there were no true association between the image enhancement and the

probability of missing a landmark one would expect the same number of misses

for both image types. To verify the null hypothesis of no association we apply

the chi-squared test [25]. The calculated 12 equals to 9.48, which exceeds the

critical value of 7.9 at the 0.5 % confidence level. This means that the null

hypothesis has to be rejected and that there is a very strong statistical evidence

that in enhanced images the rate of successfully localized landmarks is higher

(p<0.005) .

In order to test the hypothesis that contrast enhancement by selective

CLAHE results in improved accuracy of landmark localization, the Wilcoxon
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Table 1.

Random error estimates and average times of localization of anatomical

landmarks in original and enhanced on-line portal images.

Observer 1.

Image
k

Landmark
i

Error ò (pixels)
Orieinal I Enhanced

Localization time t (s)

Orieinal I Enhanced

1

2

3

4

5

6

7

I

9

10

tI

1

2

1

2

1,

2

1

2

1,

2

1,

2

1,

z

1,

2

1

2

1,

2

1

2

I 4.7I e.o

17.0
1,3.9

6.9
26.4

2.2
1,.7

9.3
1,.4

19.6

4.s

3.0
18.1

3.0
*

6.6
7.1,

3.5
*

*

**

1,.7

2.2

10.2
7.8

3.7
3.7

1,.7

1.4

2.2
3.3

1,.7

8.9

3.6
13.5

3.7
5.7

12.9
2.8

1.0
4.4

3.7
14.5

15

21

1,9

42

40
39

23
29

1,5

27

20
27

10
42

27
22

27
1,6

18
31,

38

20

15

23

43
30

22
u
t4
24

18
23

13

19

15
34

19
?ß

30
18

1,5

2ß

18

37
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Table 1- continued.

Observer 2.

Image
k

Landmark
i

Error ô (pixels)
Orisinal l-Enhance¿

Localization time t (s)

Orisinal I Enhanced

1

2

3

4

5

6

7

8

9

10

11

1

2

1

2

1

2

7

z

1

2

't

2

1

2

1

2

't

2

1

2

1

2

5.0
3.0

2?

3.0
1.0

0.0
1.0

2.2
3.7

12.2
2.6

0.0
5.4

3.:

2.8
5.3

1,.4

n.4

**
¡+{.

3.7
1,.7

2.2
6.6

2.0
1.0

't.4

2.2

2.8
2.0

1.0
3.0

1.0
1,4.9

3.0
1.0

1,5.6

5.1

', ',

9.6

1,6.1

9.1,

29
17

18
34

39

27

1,6

26

18
17

22
23

18
49

32
41,

33
17

19
47

?ß
23

?fr
19

23
52

25
36

1,5

28

1,5

21

1,6

2ß

25
52

?A

50

60
23

21,

33

56
51,
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Table 1- continued.

Observer 3.

* - landmark was not identified in one of the two attempts,

** - landmark was not identified in both attempts.

Image
k

Landmark
i

Error ô (pixels)
Orieinal I ¡nhanced

Localization time t (s)

Original I Enhanced

1

2

3

4

5

6

7

I

9

10

11

1

2

't

2

1,

2

1

2

1

2

1

2

1

2

1

2

1,

2

1

2

1,

2

1.0
19.8

15.0

2.0

1,.4

12.2

1.7
2.6

2.2
1,.4

't2.9

2.8

2.0
3.3

1.0
7.7

5.0
1,4.9

3.7
2.8

6.1.

9.9

1.0
2.8

4.6
6.8

1.4
25.2

0.0
1,.7

2.4
3.0

1.4
3.0

2.0
5.1

1.0
3.7

6.4
'I.,5.1

1.0
0.0

2.2
11.0

36
87

42
54

34
53

21.

41,

52
43

35
46

22
67

M
39

46
56

37
54

46
57

32
4't

23
86

M
46

30
29

50
44

u
72

29
60

40
33

45
60

34
38

49
56
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signed-rank test [25] was applied to the differences between the ô errors

measured before and after the enhancement. The differences were calculated by

subtracting the latter result from the earlier one, for each landmark in each

image, and for each observer. In cases where a landmark was missed twice

(entries marked lvith r**' in Table 1) or once (entries marked with '1') in the two

localization attempts, the ô errors were set to arbitrary constants such, that the

following hierarchical order of errors was established:

ô(double miss) > ô(single miss) > ò(two successful localizations).

Besides the above requirement, the choice of the constants was quite arbitrary

and would not alter the results of tests based on ranks, such as the Wilcoxon

signed-rank test. For our pu{pose, we set ô(double miss) and ô(single miss) to

800 and 400, respectively, which are the maximum and the half maximum

distance between two points in the tested images.

The Wilcoxon signed-rank test for the error differences pooled for the

three observers and after discarding 5 zero differences, indicates that the sum of

ranks of the negative differences (error before the enhancement is smaller than

after the enhancement) is equal to 510.5. This value is smaller than the critical

value of 514 for a one-tailed test at p=0.1%. Therefore, we conclude that there is a

very strong evidence that the digital enhancement of portal images by selective

CLAFIE improves accuracy in localization of anatomical landmarks (p<0.001).

The effect of image enhancement on the time necessary for localization of

landmarks was examined in a similar way. First, from the pooled results for

localization times eight pairs of original and enhanced images with at least one

unsuccessful localization were discarded. This means that only the times of

successful localizations were included in the comparison. The difference in the

times measured for localizations in original images and in enhanced images was

calculated, and the 57 non-zero differences were ranked according to their
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absolute values, so that the Wilcoxon signed-rank test could be applied. The

rank sum for the negative differences (localization time before the enhancement

is shorter than after the enhancement) is equal to 658. This value is greater than

the critical value of 618 for a one-tailed test with p=5%, and therefore it has to be

concluded that in the present data there is not enough evidence to support the

hypothesis that the digital enhancement of portal images results in shorter

landmark localization times (p>0.05).

5. STIMMARY AND CoNctUSIoNS.

The first aim of the present work was to develop a quantitative technique

for evaluation of observer performance with digital portal images. This

technique may be a more appropriate alternative to the conventional methods

such as contrast-detail study and ROC analysis, since it is more closely related to

the visual analysis of portal images per{ormed during verification of.

radiotherapy treatments. The proposed approach is based on computer assisted

methods for estimation of geometrical errors in patient-beam positioning, and it
requires identification and localization of selected anatomical landmarks in

digitized portal images by * observer. Random error in landmark localization

is used as an indicator of image quality and is estimated from the coordinates of

landmarks obtained from repeated localizations. Additionally, time required for

localization is used to quantify the perceived quality of portal images.

The second aim of the study was to employ the new technique for the

evaluation of the effect on observer performance of digital enhancement of

portal images by selective CLAHE. The results obtained with a set of 1.1 on-line

images of head and neck treatments allow us to reach the following three

conclusions. Firstly, the digital enhancement leads to an increased visibility of

anatomical detail in portal images which manifests itself in a significantly
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reduced rate of undetectable landmarks. In our study all the landmarks were

successfully localized in the enhanced images, while in the unenhanced images

9% of the localizations failed. Secondly, the results indicate with a high level of

significance (p<0.001), that contrast enhancement leads to an improvement in

consistency in landmark localization. This means that the positions of landmarks

can generally be determined more accurately in the enhanced on-line portal

images than in the original ones. Finally, even though our results exhibit a trend

towards reduced times of landmark localization in the enhanced images, there is

not enough evidence to claim statistical significance of this tendency (p>0.05). In

this our results somewhat differ from those obtained by Reinstein and colleagues

[23], who compared detectability of test objects in original and photographically

enhanced portal films. They observed an increase in detectabilty for the

enhanced films when the viewing time was limited to 60 s or less. It is possible

that in the present computer implementation of our testing procedure the

landmark localization time is primarily determined by the speed of the user

interaction with the keyboard and therefore a more subtle effect of quality of

images is not well detectable. Alternative pointing devices such as mouse or

traclùall might prove more suitable in future studies.

In conclusion, the approach presented here can be regarded as an efficient

and useful tool for the evaluation of digital portal image quality. Further:nore,

digital contrast enhancement by selective CLAHE was shown to significantly

improve the quality of on-line portal images as well as the accuracy of

quantitative verification of radiation therapy treatments.
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1. INTRODUCTION.

With the advent of on-line portal imaging systems [1-8], data on the

geometric accuracy of patient set-up during a radiotherapy treatment have

become readily available. Portal images can be acquired at the beginning of each

treatment and updated as the treatment progresses. The huge amount of the

incoming data and the high processing speed required are overwhelming to a

human observer, and there is an urgent need for fast and reliable automated

techniques for treatment verification.

The problem of geometric accuracy can be thought of as consisting of two

basic questions: 1) how well the size and the shape of the actual radiation field

match the prescribed size and shape, and 2) how well the actual position of the

field relative to the patient's anatomy agrees with that prescribed in the

treatment plan. In Chapter 6 an automated method for extraction of treatment

field boundaries from online portal images was described. In this chapter, we

discuss how this technique can be utilized in computerized verification of the

size and shape of the treatment field. Simple and clinically meaningful

descriptors of the size and shape are introduced along with methods for

calculation of these parameters from a closed contour of the field.

2. CaTCUTATIoN oF THE SIzE AND SHAPE PARAMETERS.

A. Ilepresentøtion of the fieldboundøry.

As described in Chapter 6, a closed contour of the radiation field is found

by the field edge extraction algorithm and is ultimately converted to a number of

straight line segments. This polygonal approximation allows for a great

reduction of data that have to be stored and processed, and is represented in the

computer as a set of coordinates (in the pixel coordinate system) for the comers

of the polygon:
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Field Contour = { (xi,yil }, i=0,...,N (1)

where N corresponds to the number of segments in the field contour. To indicate

a closed contour and to simplify notation for the calculation of parameters of the

contour (in the following sections), the 0-th and the N-th corners are identical:

Xo = XN, and yo = YN

The corners can be arranged in two possible orders, depending upon the

selected contour orientation. To avoid this ambiguity, throughout this chapter

we shall adopt the positive (clockwise) orientation for the field contour, such

that while moving from a given corner to its successor, the interior of the field is

on the right-hand side of the direction of the movement. Figure L shows an

example of the polygonal representation of the field contour.

B. Síze descríptors: ørea ønd length of perímetet.

Two simple descriptors of size of a figure are ¿ìrea and length of perimeter

t9-11]. When calculated for the region of the treatment field, they can be used to

indicate the extent of the coverage by the radiation beam. Both parameters can

be efficiently computed from the field contour represented by a set of corîers/ as

described above.

Before describing the computational methods, let us introduce the

following notation:

õ*-horizontal pixel size in physical units (e.g. cms) measured in the

isocenter plane,

òyvertical pixel size,

(2)

p - pixel asPect ratio, P = ôy/ôx.



t74

Figure 1.

Polygonal representation of the treahent field. The boundary of the field is

described by a set of corner coordinates for the polygon. The order of the corners

is such that while moving from one corner to its successor the interior of the field

is on the right-hand side.
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The perimeter P of the treatment field can be computed as the sum of lengths of

the N line segments:

n= ! a¡

i=L

(3)

and the length of the i-th segment d¡, is calculated from the appropriate corner

coordinates as:

di = { [(*i-xi-r) ô*]2 * t(yi-yi-r) õrl2l%=

= [ (x¡-xi-1)z * (y¡-yi-t)Z þ2)/,'a* (4)

An efficient scheme for calculation of the area A enclosed by the field

contour, is based upon the formula for the area of a polygon, with corners at

(xi,yi) (i=Q...,N) [12]:

A =+' ! tr,*r,-r) ôy (xi-xi-r) ôx = A'(òx ôy)

i=1.

where A' is the area expressed in pixel area units. The orientation of the contour

is defined by the order of the corrrers, and with a positive orientation in the

previous subsection the area calculated using (5) is always positive.

C. Descríptíon of the shøpe ønd rotøtion øngle of the field.

The area and length of perimeter of a figure can be used to compute the

thinness ratio T [9]:

(5)

A
T =4n-

P¿
(6)
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The thinness ratio is dimensionless and does not depend upon the scale,

therefore it is used to describe the shape of a figure without reference to its size.

The thinness ratio measures compactness of a figure, and achieves its maximum

value of 1. for a circle and is less than 1. for any other figure. For quadrilaterals (in

many cases the radiation field has rectangular shape) T achieves maximum value
tf,

of ¡ in the case of a square.

Useful descriptors for the shape and angle of rotation of the radiation

field can be obtained from the covariance matrix [11] for the coordinates (up,vp)

of the pixels within the field. The covariance matrix C is defined as follows:

. -l 
c>o< cxY

t*y tyy (7a)

where:

"t,
M-1 \

PÊF

)
PEF

1,

cyy = ñET
PEF

'1,

c>o< = N,f--I

1
t*y = Fl

(rrp -',,)2 = frt up2 - M;2 )

PTF

(uO - ú¡2 = upz-Mú2) (7b)

(7c)

) (tp-uXvp-v)=
PEF

)
PEF

tptp-Múv) (7d)

(7e)

"t,
M-l (

- '1,

u=M ) tp
PSF
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(7Ð

and the summations aÍe carried over all the pixels p belonging to the field Ð and

M is the total number of all such pixels. The (ú,v) point corresponds to the centre

of gravity of the field.

The treatnent field F is represented by its contour Cp and for

computation of the centre of gravity and the covariance matrix we would like to

use formulae based on the contour coordinates rather than enumerating all the

pixels belonging to the field. We have derived such formulae from Green's

formula in the plane [12] which relates integrals over an area (equations 7b-f. are

discrete forms of area integrals) to the appropriate integrals carried along the

contour that encloses the area. The equations for the coordinates of the centre of

gravity are derived as follows:

- '1,

v=M ) up

PEF

-1,1,u=F II"dS=A
F

where A'is the area enclosed by the contour (in pixel

integrals necessary for calculation of c¡¡ç, cyy and c*,

integrals along the field contour:

luvdu
Cp

-1.1,1,v=F y" dS=A, [2""a"
FCp

(8a)

(8b)

units). Similarly, the area

can also be converted to
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ll"rds=Ju4od',
FCp

II"rds=J].,,aa,,
FCp

't

ll"vds= !*"2a"
FCp

(8d)

+ (yi-r+yi)(x¡-1+xi) I ) (ea)

(8c)

(8e)

Since the field contour in our representation consists of a number of straight line

segments connecting the corners with lnown coordinates, all the contour

integrals in equations 8a-e can be expressed as sums of integrals over individual

segments. These segment integrals can be easily calculated (utilizing the fact that

on a segment the v coordinate is a linear function of u), and the results expressed

in tenns of the coordinates of the corners. One then obtains the following set of

expressions for the centre of gravity and the covariance matrix:

- '1, N. xixi-lu=F¡{ a t

i=L

- 't N. yi-yi-lv=6'j{ 4 t

i=L

(yi-yi-rXxi-xi-1)

(yi-yi-rXxi-xi-1)
+ (yi-r+yi)(x¡-1+x¡) I ) (eb)

1 . N. xi3yi - xi-t3yi-1
c)o(=Artt )t 3 -

(yi-yi-r Xx¡ +x¡- 1 ) (xi2+xi-1 2)

J-e'úz¡

(ec)
i=1.

12
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"w=¡h, I'
i=L

-7,t-Xy = A'-1 t

yi3xi - yi-t3xi-t (*i-*i-rXyi*yi-rXyi2+yi-r2)

*i) i2 - *i-tT i-?, (*iz-*i-t})y ¡-tyi

12 I - R'ú21

(ed)

(11a)

Tr
l=l

12

(xi+x¡-1)2( yiLyi-tz)
l)-A'uv

In cases where the horizontal and the vertical pixel sizes differ the

covariance matrix is usually corrected for the pixel aspect ratio p, by multiplnrg

its entries by appropriate factors:

|. .ro Êc*n I
c'= 

[ 
p"*v p'ri\ (10)

(ee)

The two eigenvalues of C' describe the spread (or, in physical interpretation the

moments of inertia) of the field in the two principal directions, in units of the

squared horizontal pixel size:

n =+,1 c>o< + þ2 ,w+ [(c>o< - þ2 ,w)z + + 92 "*y2]%]

pz =tL cro< + þ2 "w- [(c>o< - Þ2 cn¡z + 4 þ2 ,*y2]%] (11b)
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The principal directions, or axes, of the field are determined by the

corresponding eigenvectors. The angle fonned by the eigenvectors with the axes

of the coordinate system can be used to determine the angle of rotation of the

field with respect to the coordinate system fixed in the image plane. The square

root of the ratio of the smaller to the larger eigenvalue describes the degree of

elongation of the field, or its aspect ratio R:

Lta

R=( rr, (12)

3. TEST RESTILTS AND EXAMPTES OF APPLICATION.

The accurary of the scheme for calculation of the field parameters was

tested on a set of on-line portal images of a Rando anthropomorphic phantom.

The images were acquired with 0.5 s exposures of the phantom to the 6 MV

beam of a linear acceleratorl. They represented typical low dose (1,.67 cGy)

localization images. A series of rectangular anterior-posterior (AP) fields were

applied to the supraclavicular (upper thorax and neck) region of the phantom,

and the size and the rotation angle of the field were varied by changing the

collimator settings of the linear accelerator. A sample image, for a 6.5x18 cm2

field is shown in Figure 2. The exact field parameter values were directly

obtained from the collimator settings and compared against those computed by

the algorithm and scaled to the isocenter plane.

The total of 12 test images with different field sizes and rotation angles

were processed by the edge extraction algorithm as described in Chapter 6 to

produce segmented field contours. From these data the four geometric

lMevatron KD-2, Siemens Medical Laboratories Inc., Concord, Ca
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Figure 2.

On-line portal image of a Rando phantom obtained with a 0.5 s erposure, using

a 6 MV treatnent beam. The anterior-posterior radiation field covered the

supraclavicular region.
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p¿uameters of the field, length of perimeter, area, angle of rotation and aspect

ratio, were calculated using the fonnulae that were derived in the previous

section. The thinness ratio parameter being merely a combination of perimeter

and area was not included in the tests.

Figure 3a shows the estimated values of the length of perimeter for the 12

fields, plotted against the actual values as defined by the collimator settings. The

agreement between the actual and the estimated lengths of perimeter is very

good - the largest observed discrepancy was only 1.1 cm. The relative errors of

the estimates of perimeter lengths are shown in Figure 3b. For 9 out oî."1,2 fields

this error was smaller than 2%, and in all the cases it was smaller t}:.anS%. A

significant trend is observed in the sign of the error (positive values indicate

overestimation and negative values underestimation of the length of perimeter) -

the error is positive for larger fields and is negative for smaller fields. This can

be explained by geometric distortions in the imaging system which cause the

pixels that are located far from the centre of the field of view to be slightly

smaller, in real terms, than the central ones. The distortions, however, are

relatively minor and corrections were not applied in the present work.

The exact and the estimated ¿ìreas of the treatment field for the L2 test

images are shown in Figure 4a. The calculated values are very close to the actual

field areas and the largest departure of 4.8 cm2 *as observed for the largest

applied field. The relative error is shown in Figure 4b, and the experimental

error never exceeded 5% of the expected value and in 9 cases it was less than 2%.

The previously observed trend in the direction of error is present in these data

also, and has the s¿Ìme explanation.

The covariance matrices and their eigenvectors for all the fields were

calculated. It can be shown that in the case of a rectangular field the directions of

the two eigenvectors coincide with the directions of the sides of the rectangle.
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Figure 3.

Results of the automatic measurements of length of perimeter for varying field

sizes and orientations:

a) measured vs. preset length of perimeter,
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Figure 4.

Results of the automatic measurements

orientations: a) measured vs. preset area,
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Using this property we could compare the calculated angles between the

eigenvector conesponding to the larger eigenvalue of the scatter matrix and the

fixed image coordinate system, against the angle of rotation setting for the

collimator. Flowever, if the field is a perfect square, its scatter matrix is

s5rmmetric and there is one double eigenvalue for which there is no unique

eigenvector (any nontrivial combination of two linearly independent vectors in

the plane is also an eigenvector t13]). Therefore the single case of a square field

was excluded from the angle comparison. The data for the other rectangular

fields are plotted in Figure 5a and indicate very good agreement between the

calculated and the preset field angle. The discrepancies, which are shown in

Figure 5b, did not exceed +'1..7" and were almost syu'rmetrically distributed

around 0o. These discrepancies are partially attributed to the fact that the

coordinate systems of the image (detector) and of the collimator (treatment

machine) were rotated with respect to each other by some small angle. The

relative rotational misalignment between the two systems can be estimated at

0.38o+0.14o, which are the average and the standard error of the angles

calculated for fields obtained at the 0o setting of the collimator.

It can be shown that the aspect ratio R calculated according to (12) for a

rectangular field should be exactly equal to the ratio of the shorter and the

longer sides of the rectangle. The relationship between the aspect ratio as

defined by the collimator settings and the one estimated from the field boundary

is shown in Figure 6a. The experimentally determined estimates for R always fall

very close to the expected values, as shown in Figure 6b, and the largest error

was equal to7.8% of the actual aspect ratio. In 9 out of the 12 analyzed cases, the

error in the calculated aspect ratio did not exceed 5%.
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Figure 5.

Results of the automatic measurements of angle of rotation for varying fields:

a) measured vs. preset angle,
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Figure 6.

Results of the automatic measurements of aspect ratio:

a) measured vs. preset aspect ratio,
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Figure 7.

Images of a head and neck treatment and the

parameters:

a) large field during the initial stage of the therapy,

automatically found field

b) field partly shielded to reduce the dose to the spinal cord.
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4. DISCUSSION.

One of the pressing and unresolved problems in qualit5r assurance for

radiation therapy treatments is the rapid on-line verification of shape and size of

the treatment field. With the introduction of on-line portal imaging systems new

possibilities have opened up for verifying the overall size and shape of the field

by direct measurement. In the present chapter we have considered the

application of the algorithm for the extraction of treatment field edges to

computerized analysis of the size and shape of treabnent fields. Efficient

computational methods for estimation of field parameters from segmented

contours of the field have been presented. The proposed preliminary set of

parameters includes: length of perimeter, area, thinness ratio, angle of rotation

and aspect ratio. They were selected to provide a description of the field that is

meaningful to the therapist and can be easily determined from the treatment

prescriptions. The prescribed field sizes can be entered into the verification

scheme either as collimator settings or as an outline of the field from which the

appropriate parameters can be found. The size and orientation of the treatment

field is then verified by comparing parameters determined for the actual field

with those of the prescribed field.

The accuracy of the scheme for edge extraction and estimation of the

shape parameters was tested on a set of on-line portal images with predefined

field parameter values. The tests indicate that the length of perimeter and area of

the field can be determined with an average accuracy better than 5%, rotation

angle can be calculated with an error smaller than 2 degrees, and the uncertaint¡r

in the estimated aspect ratio is smaller than 8%. This level of accurary should

certainly allow for automatic detection of any major errors in field shaping. A

clinical example of such application is given in Figures 7a-b. Figure 7a shows a

portal image for treatment of carcinoma of the hypophar¡mx and the parameters



190

found for this field. Another treatment of the same patient but given several

days later, is shown in Figure 7b. The field was reduced by a block shielding the

spine, and this is clearly reflected in the calculated parameters, which indicate

smaller atea, perimeter and aspect ratio (the field is more elongated for the

second treatment). A missing spine block could be automatically detected and

indicated to the technologist. In order to assist the therapist in making decisions

about possible corrective actions in case of less obvious errors, it will be

necessary to develop clinically justifiable guidelines for tolerances on the field

size and shape. Another potential application of this algorithm is in radiation

therapy quality assurance - for routine checks of the collimator calibration. The

tolerances on the accuracy in the collimator settings, as specified by the

manufacturers are typically 2 mm or less [14] which corresponds to errors in

perimeter, area and aspect ratio that are very close to the maximum errors

produced by the algorithm. Therefore, for the purpose of the collimator

calibration it would be desirable to improve the accuracy of the parameter

estimation by correcting for distortions.

In summary, the scheme presented here is an attempt to develop an

accurate and reliable solution to the problem of automated verification of

treatment fields in radiation therapy. It is the first step towards fully automatic

radiation therapy verification, using the on-line portal imaging system to obtain

data on the patient and beam positions. Future work should concentrate on the

development of automatic procedures for the extraction of anatomical features

from portal images and relating them to those in the treatment prescription, with

the aim of determining the accuracy of the radiation field placement with respect

to the patient's internal anatomy.
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1. THE NEED FOR ON-LINE MONTTORING oF R.A,DIATIoN THERAPY TREATMENTS.

One possibility for a higher cure rate and surr¡ival of cancer patients is by

improving local control and more efficient treatment of the primary and regional

disease. The estimates of the numbers of additional survivors per year, that can

be achieved by eliminating local recurrences, were analyzed by Suit and

Westgate [1]. For the U.S. alone, they indicated about 2700 additional survivors

with carcinoma of the uterine cerix, 2000 with carcinoma of the oral cavity-

oropharynx, 4000 with ca. of the ovary, 77,000 colo-rectum,7200 non-oat cell

cancer of the lung, 3600 prostate, and 3000 with bladder cancer. An efficient way

to achieve improved local control in radiation therapy treatments is to utilize a

more precise definition of the target volume and to escalate the dose to the target

[2]. Such an aPProach requires, however, unfaltering precision in the geometry

of the patient-beam set-up, as inadequate radiation coverage due to geometrical

misses has been identified in many cases as the cause of local tumour recurrence.

Previous studies, reviewed in Chapter 1, showed that displacements of the

radiation field larger than 5 mm occurred on the average in about 17% of all

treatments. This creates an imperative need for monitoring the geometric

accuracy of the radiation dose delivery, which should enable the therapist to

reduce the magnitude and/or the frequency of occurrence of set-up errors and to

diminish their clinical impact in three different ways. Firstly, some errors could

be rectified by repositioning the beam or the patient before the major portion of

the dose is delivered. A recent study of localization errors in mantle treatments

[3] showed that the incidence of major errors (displacements greater than 1 cm)

was reduced by 60To af.ter the first correction based on a portal verification

image, and by 84% after two corrections. Secondly, monitoring of treatments

would be helpful in deterrrining the most appropriate type of patient

immobilization and other set-up techniques, that would lead to a reduction in
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movement errors. Finally, the observations made

used in planning for treabnents that would be

etTors.

during dose delivery could be

less susceptible to geometric

2. A DIGITAL VIDEO PORTAT IMAGING DE\rICE.

The two chief disadvantages of using conventional portal films for
verification of radiation therapy treatments a¡e the time delay between the dose

delivery and availability of the image for viewing, and the poor quality of the

raw image. The time factor alone practically rules out the possibility of using

film for verification of complex treatments such as the dynamic a¡c or 3-D

techniques employing multiple beam angles. The typically very poor quality of
portal film images, especially in terms of low contrast of the patient's anatomical

features, results in the need to digitize and enhance portal radiographs, which

further delays visual verification of the treatment.

A number of digital on-line portal imaging devices have been developed

to overcome the drawbacks of the portal film, including fluoroscopic video

systems Í4'8), matrix of ion chambers [9], silicon diodes [10] and scintillating

crystals [11]. These imaging systems were compared in chapter 2, with the

conclusion that at present the video systems are particularly suitable for the task

of on-line monitoring of radiotherapy treatments. The main reasons for this

conclusion are the high spatial and temporal resolutions of the video system,

which are superior to those attainable by the alternative imaging systems.

The imaging performance of a prototype video portal imaging system

was analyzed in terms of the spatial resolution, noise characteristics and

observer performance. The spatial resolution was quantified by measuring the

Line Spread Function (LSF) and the Modulation Transfer Function (MTF). The

Full Width at Half Mafmum (FWHM) of the system's LSF, at the radiographic
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magnification M ='1,.4, was found to be in the range l.l - 1.6 mm at the isocenter

plane, depending on the direction in the image and the energy of the beam

(resolution is better, meaning the FWHM is smaller, in the direction

perpendicular to the video raster rines and for lower beam energy). By

comparing LSFs obtained at various magnifications, the effect of the finite
radiation source size was evaluated and the intrinsic resolution of the system

(assuming infinitesimally small source) was also estimated. It was shown to be

primarily limited by the camera, the lens and the digitiser rather than by the

phosphor and metal scïeens. Therefore the most efficient way of improving the

spatial resolution is by changing the pixel size.

The analysis of noise in the system included estimation of noise variance

and Wiener spectra (noise Power spectra). It revealed that the noise in the system

is dominated by quantum mottle, and that a possible increase in the Signal-to-

Noise Ratio (SNR) can be achieved mostly by improving the efficiency with
which quanta are detected by the system. Optimization of the metal and

phosphor screens and increasing the size of the light detector are the two most

efficient ways of ensuring a higher SNR.

The perfonnance of the system with real observers was evaluated through

a Contrast-Detail study, which was aimed at the determination of sizes and

contrasts of circular objects at the threshold of detection. The comparison of
results for the 6 MV and 23 MV beam energies indicated that the lower

perceptibility of images acquired at the higher beam energy is largely due to the

reduced primary contrast. Also the effects of the dose used for image formation,

the accuracy of video signal quantization and scatter were evaluated. The results

showed that under the most favourable acquisition conditions (exposure

equivalent to the full treatment, no scattering media between the imaged object

and the detector, and the input range of the &bit analogue-to-digital converter
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covering only the signal intensity band that contained information on the object)

objects as small as 1 mm in diameter could be detected at the 1% contrast level.

3. DIGITAL ENHANCEMENT OF ON.LINE PORTAL IMAGES.

Two obvious deficiencies in the quality of portal images acquired with an
on-line video system are the noise and the low contrast on anatomical detail.
They are the main source of difficulties in visual interpretation of on-line portals
for the PurPose of treatment verification. The common underlying cause for the
reduced SNR and contrast is the predominantly Compton nature of interactions
of megavoltage photons with patient and the detector, which is characterized by
interaction cross-sections that are an order of magnitude lower than for
diagnostic energy photons and practically independent of the atomic
composition of different tissues. The digital format of on-line portal images
makes them amenable to digital manipulation aimed at the enhancement of their
appearance to the observer.

Two approaches have been adopted for digital suppression of noise. The
first relies on summation of a number of video frames that are generated by the
video camera at the rate of 30 frames per second. The variance of random noise
in the resulting N-frame average image is reduced by a factor of N. This gain in
SNR is achieved at the exPense of extending the image acquisition time and
increasing patient exposure, which limits the effectiveness of the frame
averaging technique. AIso a prolonged acquisition time may not be acceptable

because of the patient movement (also the radiation source movement in
dynamic arc treaturents) which would result in motion blur in the averaged

image' The maximum accePtable acquisition time will depend on the treatment
site, patient immobilization, direction of the beam with respect to the moving
anatomical structures, ãütd also on the desired spatial and contrast resolution of
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the image. The dose delivered to the patient during the acquisition of a single

image is another important consideration when choosing the most suitable

acquisition time, Particularly for double exposure images where large volumes

of normal tissue may be included in the unblocked radiation field.

The noise remaining in the frame averaged image can be further
suPPressed by digital filtering. Conventionally, linear smoothing filters (e.g.

local mean filter or Gaussian blur [12]) are applied to the image in either the

spatial or frequency domain, which attenuate the high spatial frequency

comPonents of the image. Utilization of these low-pass filters is based upon the

premise that at high spatial frequencies the signal-to-noise ratio is less

favourable (typically the Power spectrum of the signal declines with frequenry

faster than the noise Power spectrum) and elimination of high frequencies from

the image should improve the overalt SNR integrated over the entire spatial

frequency range. A serious drawback of low-pass filtering is that the edge

definition can be significantly worse in filtered images, which impairs visual

perception of anatomical detail and makes the whole treatment verification

process less reliable.

As an alternative to linear smoothing, non-linear filters have been

developed that are designed to remove noise from areas of uniforrr intensity

and to Preserve the original spatial resolution at field edges or sharp anatomical

structures. A well known example of such a technique is the median filter [13],

which generally Preserves edges of objects that are larger than half the size of the

filter kernel. Another class of non-linear smoothing techniques is fonned by
adaptive filters [14,15]. Generally speaking, the amount of smoothing in the

adaptive methods varies in proportion to the local ratio of noise to the variations

due to the object structure. Various adaptive filtering techniques differ between

themselves in the selection of the statistical parameter to represent the smoothed
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image intensity (usually mean and weighted mean, or less frequently median

intensity of pixels within the filter window), and in methods for estimation of

the noise variance. We have developed an adaptive smoothing technique (the

modified Lee filter) in which the inte¡mediate result of frame averaging, in

conjunction with the final frame averaged image, are used to estimate the local

noise variance. This approach was shown to be more effective in the removal of

noise in flat featureless areas than conventional non-adaptive techniques, and at

the same time it preserved a crisp edge definition better than the original Lee

filter in which the noise variance was estimated from pixel intensities in a flat

field region.

In general, digital methods of contrast enhancement transform pixet

intensities in the original image to values which lie in a dynamic range more

suitable for visual inspection. The simplest example of such a technique is

windowing, where a specific band of pixel intensities, selected either

automatically or interactively by an observer, is mapped onto the full display

range. Windowing is commonly employed in many areas of medical imaging,

for example it is an essential tool in displaying CT slices. The usefulness of

windowing becomes limited when the features of interest within the image

occuPy a wide range of intensities and little improvement in contrast can be

achieved by simple linear remapping. The use of double or multiple windows

and a sawtooth transformation can partially remedy this problem [12], but it also

introduces artificial edges at the discontinuities of the sawtooth mapping, which

may impair an observer's perception of the enhanced image.

Histogram manipulation techniques, and in particular histogram

equalization (HE) and histogram hlperbolization (HF! have been developed to

assure optimal utilization of the dynamic range of the image display [16,12]. The

pixel intensity transfonnation in HE is such that in the enhanced image the
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numbers of pixels at each intensity level are all equal - hence the image

histogram is equalized. In histogram hyperboli zatron, on the other hand, the

transfor¡nation equalizes the numbers of pixels occupying different levels of the
image brightness perceived by the human visual system, where the brightness is
defined according to Richter's law [17] as the logarithm of pixel intensity. In both
HE and HH the enhancing transfonnation is global since it is calculated from the

histogram of pixel intensities of the entire original picture, and is applied to all
the pixels in the same manner. The most apparent shortcoming of the global
histogram manipulation techniques is that the local contrast on various features

within the image is not enhanced uniformly, and in fact for features whose pixel
intensities a¡e relatively infrequent in the original histogram, contrast will be

reduced' In order to remedy this weakness local or adaptive histogram

modification techniques have been developed, in which the image is divided
into a number of smaller regions and the enhancing transfonnation carried out
on a regional basis [18,19]. In this way conkast is enhanced more uniformly
throughout the image. We have developed a local histogram modification
technique called moving histogram equalization (MFIE), in which artifacts

commonly associated with the bilinearly interpolated adaptive histogram

equalization (AHE) are reduced.

Performance of MFIE, AFIE and other conventional digital contrast

enhancement techniques was quantitatively evaluated with phantom and patient
images obtained with the video on-line portal imager. The conventional

techniques selected for our comparative study included windowing, global

histogram modifications (HE and HH), and also high-pass filtering which is
commonly used for enhancement of fine anatomical stn¡ctures in digital
diagnostic radiographs obtained with photostimulable phosphors. The results of
a.quantitaü"" 

ïO 
objective comparison indicated superiority in performance of
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local histogram modification techniques over the alternative approaches, in
ten¡rs of the higher contrast gain as well as better uniforrrity of enhancement at

all locations within an image and at all original intensity levels (contrasts in the

dark and bright areas a¡e enhanced equally well).

The only serious drawback of digital contrast enhancement by local

histogram modification is that it introduces loss of definition on the edges of the

treatment field. Analysis of this problem, carried out in Chapter 6, showed that it
can be remedied by separating the treatment field from the background prior to
the enhancemenÇ and including in the enhancing transformations only the pixels

within the field boundary. An edge extraction algorithm has been developed for
the purpose of delineation of the treatment field in portal images. The algorithm

consists of four modules that are applied to the original portal image in
sequence' In the first step, edges are enhanced with a derivative of Gaussian

operator [20] that assures high response to the field edges relative to anatomical

or other edges in the image. Pixels for which the response of the edge operator

was the strongest are subsequently connected by an edge follo*i.g algorithm to

produce a raw contour of the field. In the last two steps the contour is refined by
converting it into strai$ht line segments and appending to the contour any parts

of the field edge that might have been missed out during the initial edge

following. The final contour encloses exclusively those pixels that belong to the

treatment field, and the local histogram modification is applied selectively to the

field region. Such a combination of edge detection and selective enhancement

was shown to produce images of superior contrast on the patient's anatomical

features as well as accurate definition of treatment field edges.

4. EFFICACY OF DIGITAL CONTRAST ENHANCEMENT.

The efficacy of different digital contrast enhancement techniques was
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initially evaluated through a numerical study based on calculated local contrasts

in unenhanced and enhanced images (Chapter 5). However, it is difficult to

predict from these results to what extent digital enhancement of portat images

improves or facilitates their visual analysis for the pu{pose of treatnrent

verification. Such a question could be most directly answered onty through
quantitative studies with human observers. Two classic approaches to the

evaluation of observer performance with diagnostic images are contrast-detail

studies and receiver operating characteristic (ROC) analysis [21]. The obse¡er,s
task in these techniques is to detect various objects (simulated lesions) in the test

images, a task which parallels visual analysis performed during diagnosis. This

is, however, guite different from the visual analysis of portal images, which
involves both recognition and localization of anatomical landmarks that can be

used as a reference in deterrrining the position of the treatment beam with
respect to the patient. Therefore we developed a special method for evaluation of
observer performance with portal images, in which the observer has to identify
and localize predefined anatomical landmarks in portal images.

The method was employed to compare the accurary and speed of
landmark localization between unenhnaced on-line portal images and images

enhanced digitally by selective adaptive histogram modification. The results of
this comparison were presented in Chapter 7 and indicate that the enhanced

images are Senerally more useful in visual treatment verification. Anatomical

Iandmarlcs were more readily identified in the enhanced images than in the

unenhanced. Also digital enhancement resulted in significantly higher accuracy

in landmark localization. The effect of the enhancement on the speed of analysis

of portal images varied among the observers, and in some cases the time

required for localization of landmarks was significantly reduced, while in other

cases this beneficial effect was not observed.
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5. COMPIJTERTZED VERIFICATION.

with the advent of digital detectors capable of producing portal images in
near real-time, a need arises for the development of computerized methods for
the verification of accuracy of radiotherapy treaturents at a speed matching that

of the image acquisition. Verification of the geometric accuracy of the treatnrent

set-up consists essentially of two major problems that can be dealt with
independently. The first one is concerned with the analysis of the size and shape

of the radiation field applied during the treatmen! while the second one

involves detennination of the position of the patient with respect to the beam. At
present, a workable solution to the latter is still beyond our reach and will
require development of suitable methods for automated registration of portal
and simulation images (or digitally reconstructed radiographs that can be used

in place of the simulation images) based on the corïesponding anatomical

landmarks.

The algorithm for delineation of the treatnrent field that has been

employed in selective enhancement of on-line portal images can also be utilized
in automated analysis of the size and shape of the treatment field. Efficient

computational methods for calculation of basic parameters for the field interior
from the boundary data have been presented in Chapter 8. The initial set of

parameters included length of the perimeter, aÍea, aspect ratio and orientation

angle. The parameters found for the actual field in the portal image could be

compared against those calculated for the prescribed field and any discrepancies

indicated to the operator.

The accurary of the entire field parametrization scheme has been tested

on a number of on-line portal images with rectangular fields of different sizes.

The correct values for perimeter, area, aspect ratio and orientation angle were
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found directly from the collimator settings. The relative erïor did not exceed a

few percent or 2" (for the angle), which should be sufficiently low for detection

of major errors in fietd shaping.

6. Frm-rns woRIC

A. Improoements ín the imaging performønce of the system.

Although the detector in its present forrn is capable of rapidly producing

portal images of useful quality, it is expected that modifications in the detector

design should bring about further improvements in image quality. Theoretical

analysis of the detective quantum efficiency (DQE) of the system [S] indicated

that the efficiency of the metal screen in the conversion of high-energy photons

into secondary elecbons sets the ultimate limit to the performance of the entire

system. However, no studies have yet been published on the optimization of
DQE as a function of the material and the metal screen over different beam

energies, and the effect on spatial resolution. Increasing the light ouþut from the

phosphor screen is another way of improving the performance of the system,

since it diminishes the effect of the low light collection efficiency of the camera
lens on the overall DQE [b,7]. Results obtained by Munro et al. for Gd2o2s:Tb

screens with thicknesses in the range 6t400 mg/r;rrr? showed the light ouþut
almost linearly incteasing with the screen thicloess. Limitations to employ,rng

thicker and brighter phosphor screens may come from unacceptable losses in
spatial resolution and/or technological difficulties in screen manufacturing, and

they require fu rther investigation.

Besides modifications in the metal and phosphor screens, changes in the

design of the light detector can be applied to improve the performance of the

system. In our present design a Silicon Intensified Target (SIT) camera is
employed in which the photoemissive detecting element is a multiatkali (S-20)



' 205

photocathode. The photocathode absorbs and converts into photoelectrons only

about ?-0% of the incident photons at wavelengths that correspond to the

emission spectrum of the phosphor 122,231. But because of the gain in signal

obtained by the acceleration of photoelectrons, SIT and other camera types based

on photoemissive detectors (e.g. Isocon) are capable of producing useful images

without extended signal integration even at the low light levels produced by the

phosphor screen. On the other hand, video cameras emploþg photoconductive

detectors such as silicon Charged-Coupled Device (CCD) or lead oxide vidicon

are more quantum efficient, as they absorb and convert to electron-hole pairs

about 30% (CCD, [23]) to almost 1,00% (vidicon) of the incident photons [24].

Flowever, at low illuminance levels they require signal integration on the

detector in order to produce an image that is not dominated by the thermal and

the video amplifier noise. It is not clear at present, which of the two alternative

detector types (photoemissive vs. photoconductive) and which particular camera

type is best suited for video portal imaging applications (in tenns of SNR and

temporal resolution). More research is needed in this area.

From the theoretical analysis of the DQE of a fluoroscopic portal imaging

system [5], it also follows that a light sensor with a larger area would allow for a

more efficient optical coupling with the ouþut of the phosphor screen and yield

a higher DQE. Ideally, one would like to have the light sensor directly attached

to the phosphor so that all the photons exiting the phosphor screen would be

captured and used in the image formation process. An interesting development

in this area was the recent proposition by Antonuk and colleagues [25,26] to use

a two-dimensional array of hydrogenated amorphous silicon photodiodes and

transistors as the light detector in a megavoltage imaging system. Additional

benefit of using a large area light sensor in contact with the phosphor screen is

the reduction in thickness of the entire detector.
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Finally, changes in the digital part of the system can be introduced to
yield a higher quality of on-line portal images. One desirable modification

would be to increase the accuracy of the analogue-to-digital converter (ADC) to
more than the present I bits. The results of the contrast-detail study from
Chapter 3 of the Present thesis showed that finer digitisation of the detector

signal significantly improves perception of low contrast detail in on-line images.

Swindell et al. [27] estimated that the desired accuracy of the ADC would be-1,2

bits. Other beneficial changes would involve a greater parallelization of the

digital components of the imaging system to achieve a higher speed in
processing of images so that the most effective enhancement techniques that

have been described in chapters L6 could performed in real-time.

B. computatíonal methods for aerìficatíon "Í geometríc accuracy in
rødíotherapy.

Automated methods for verification of the patient position with respect to

the treatment field should be given high priority in future work In the first stage

it will involve development of techniques for extraction of anatomical features

from portal and simulation images. The corresponding features will then have to

be matched and their positions relative to the treatnrent beam compared between

the two images. Additionat computational difficulty stems from the fact that

transformations that will be used to convert measurements from the simulation

to the portal coordinate systems, or vice versa, will have to be adaptive i.e.

dependent on the location within an image to account for non-rigidity of the

patient anatomy.

Quantitative techniques for verification of the patient-beam positioning

that are based on comParison between the simulation and the portal images are

based on projections of anatomical landmarks onto the planes orthogonal to the
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simulation and treatment beams. An implicit assumption is made that the angles

for:ned by the simulation and treatment beams in the coordinate system defined

by the patient anatomy a¡e the same. Therefore, with these methods it is not

possible to verify the accuracy of beam placement in three dimensions, or even

to verify the angle of the beam with respect to the anatomy. In order to remedy

these deficiencies, new approaches to quantitative treatment verification will
have to be developed that would compare positional information on the

anatomical landmarks extracted from the two-dimensional portal image, with
the three-dimensional CT or other data used in treatment planning.

C. CIìnicaI øpplícations.

With the introduction of on-line portal imaging devices into routine

clinical practice, new Possibilities exist for more systematic studies on the

frequency and magnitude of errors in patient set-up. As data become available it
will be easier to reach statistically meaningful conclusions about the

susceptibility to set-up errors of various treatment techniques, and hopefully

also about ways to reduce treabnent inaccuracies. Another issue of great

importance would be to evaluate through clinical trials the impact of on-line

portal imaging on local tumour control and recurrence rate and eventually on

patient survival. Such studies should probably be conducted on a multi-
institutional basis to assure that sufficient data will be available to draw
conclusions of statistical significance.

A vigorous research effort should also be put into the development of
clinical guidelines on methods and levels for corective actions that should be

undertaken for various degrees of set-up errors. In general, these guidelines will
depend on a particular clinical situation, as localization enors of a given

magnitude may cause more serious reperorssions in some cases and be
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relatively insignificant in others. Ideally, one would like to feed the positional

information obtained with an on-line portal imaging system back to the

treatment planning system which would then evaluate magnitude and

significance of the discrepancies between the planned and the actual dose

distributions, and make recommendations as to what, if any, corrective actions

should be taken.
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