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Series Preface

Since their inception over a century ago, advances in the science and technoledizaiimaging

and radiation therapy are more profound and rapid than ever before. Furthelistiglines are
increasingly cross-linked as imaging methods become more widely used to plan, guide, monitor,
and assess treatments in radiation therapy. Today, the technologies of medical imaging and radiation
therapy are so complex and computer driven that it is di cult for the people (physicians and
technologists) responsible for their clinical use to know exactly what is happening at the point of
care, when a patient is being examined or treated. e people best equipped to understand-the tech
nologies and their applications are medical physicists, and these individuals are assuming greater
responsibilities in the clinical arena to ensure that what is intended for the patient is actually delivered
in a safe and e ective manner.

e growing responsibilities of medical physicists in the clinical arenas of medical imaging and
radiation therapy are not without their challenges, however. Most medical physicists are knowl
edgeable in either radiation therapy or medical imaging and expert in one or a small number
of areas within their disciplines. ey sustain their expertise in these areas by reading scienti ¢
articles and attending scienti ¢ talks at meetings. In contrast, their responsibilities increasingly
extend beyond their speci ¢ areas of expertise. To meet these responsibilities, medical physicists
periodically must refresh their knowledge of advances in medical imaging or radiation therapy,
and they must be prepared to function at the intersection of these two elds. How to accomplish
these objectives is a challenge.

At the 2007 annual meeting of the American Association of Physicists in Medicine in
Minneapolis, Minnesota, this challenge was the topic of conversation during a lunch hosted by
Taylor & Francis Group and involving a group of senior medical physicists (Arthur L. Boyer,
Joseph O. Deasy, C.-M. Charlie Ma, Todd A. Pawlicki, Ervin B. Podgorsak, Elke Reitzel, Anthony
B. Wolbarst, and Ellen D. Yorke). e conclusion of this discussion was that a book series should be
launched under the Taylor & Francis banner, with each volume in the series addressing a rapidly
advancing area of medical imaging or radiation therapy of importance to medical physicists. e
aim would be for each volume to provide medical physicists with the information needed to under
stand technologies driving a rapid advance and their applications to safe and e ective delivery of
patient care.

Each volume in this series is edited by one or more individuals with recognized expertise in the
technological area encompassed by this book. e editors are responsible for selecting the authors
of individual chapters and ensuring that the chapters are comprehensive and intelligible-to some
one without such expertise. e enthusiasm of volume editors and chapter authors has been grati
fying and reinforces the conclusion of the Minneapolis luncheon that this series of books addresses
a major need of medical physicists.



x Series Preface

e series Imaging in Medical Diagnosis and erapyould not have been possible without the
encouragement and support of the series manager, Lu Han, of Taylor & Francis Group. e editors
and authors, and most of all I, are indebted to his steady guidance of the entire project.

William R. Hendee
Founding Series Editor



Preface

e introduction of at-panel detectors for clinical imaging in radiation therapy in the mid-1990s
was the beginning of the age of computerized image guidance in this eld. e early electronic por
tal imaging devices (EPIDs) provided fast, easy clibgah’s eye vigBEV) imaging for accurate
pretreatment patient positioning. With the introduction of on-board kilovoltage (kV) imaging sys
tems in the early 2000s, megavoltage (MV) portal imaging has mostly fallen out of favor with most
research and development favoring the newer low-energy systems. Recently, however, there has
been a resurgence of interest in MV imaging for quality assurance, portal dosimetry, cone-beam
computed tomography (CBCT), and real-time tumor tracking. e purpose of this book is to bring

all of this information together in one place so that a reader may derive a clear understanding and
appreciation for the current clinical applications and future opportunities a orded by beam'’s eye
view MV imaging.

IMAGE GUIDANCE IN RADIATION THERAPY

Image guidance is key to the precision and accuracy of radiation therapy. Modern radiation therapy
equipment enables the delivery of very precisely calculated amounts of radiation in complicated
shapes in order to maximize target conformality and minimize the damage to healthy tissues.
is exquisitely delivered therapy is for naught unless the patient anatomy is located in the correct
location during every treatment fraction. In fact, poorly controlled localization can lead te harm
ful e ects such as toxicities in organs at risk and even debilitating or lethal injury. On the ip side,
highly precise and accurate localization can not only prevent harm but also enable radiation dose
escalation to the target providing greater tumor control and extending survival.

ere are several approaches to image guidance in radiation therapy, each with advantages and
disadvantages. Current clinical technologies include optical surface imaging, kV X-rays, magnetic
resonance imaging, positron emission tomography, and MV X-ray imaging. Among these options,
the last (MV imaging) is the most prevalent while also the most undervalued. Nearly every new
clinical linear accelerator comes equipped with MV imaging as a standard feature. Given the high
“penetration” in the marketplace, innovations in MV imaging can translate to a large, widespread
impact. erefore, the cost/bene t ratio for improvements in MV imaging is highly favorable.

MV IMAGING

External beam radiation therapy is most o en performed with clinical linear accelerators-provid
ing a photon beam with a peak energy in the 625 MV range. e photons that are not absorbed in
the patient pass through unattenuated and are lost in the shielding of the treatment room. But there
is valuable information contained in the distribution of these photons, which can be collected by
deploying an imaging panel on the exit side of the patient. is is sometimes dadiad’s eye view

Xi



xii Preface

imaging because the resulting images are formed by the treatment beam, showing exactly
what is being irradiated. In addition to the anatomical information, the beam intensity and eld
shape as a function of time data can be acquired to assure the accuracy and precision of treatments
and/or provide an input for real-time adaptation. Although this technique has some limitations,

the main bene ts include the lack of additional imaging dose, target visualization during treatment,
minimal localization degeneracy, and, in the case of CBCT, more accurate dose calculation.

ORGANIZATION OF THE BOOK

is book has been written to provide a comprehensive introduction to the history, current state of
the art, and future prospects for MV imagi@hapters through3introduce the development of
portal imaging, the construction of modern at-panel imagers, and the modeling of these devices
with Monte Carlo techniqueshapters 4hrough 7 present the current clinical applications of
EPIDs and MV imaging from the beam’s eye vieghapters 8hrough12provide a glimpse of the
future: novel techniques and innovative detector designs that can enable real-time motionr manage
ment, adaptive radiotherapy, and automatic quality assurance.

In this book, we have assembled the experts in the eld of MV imaging to provide-a com
plete assessment of the current and future capabilities of MV imaging in image-guided radiation
therapy. By bringing together the history, technical basis, clinical uses, and future possibilities in a
single book, it is anticipated that the reader will gain a wide range of appreciation for the strengths
and weaknesses of MV imaging. As long as the vast majority of radiation therapy procedures con
tinue to be administered with X-ray radiation, there will be a role for beam’s eye view imaging to
ensure the precision and accuracy. It is hoped that this book will inspire researchers to develop
further innovations, not heretofore imagined, to improve the quality, safety, and e cacy of radia
tion therapy.



Editor

Ross |. BerbecoPhD, is a board-certi ed medical physicist, associate professor of Radiation
Oncology at Harvard Medical School and director of Medical Physics Research at the Brigham and
Women'’s Hospital and Dana—Farber Cancer Institute, Boston, Massachusetts. He earned his PhD
in high-energy experimental physics at the University of Michigan, before transitioning to medical
physics. Dr. Berbeco began working with beam’s eye view (BEV) imaging during his postdoctoral
fellowship at the Massachusetts General Hospital, Boston, Massachusetts, and has since continued
to research BEV imaging for tumor localization to facilitate applications such as delivered dose
reconstruction, adaptive radiation therapy, and tumor tracking.
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11 MOTIVATION

e purpose of radiotherapy is to eradicate a tumor with high-energy X-rays while sparing the
surrounding organ-at-risks (OAR) as much as possible. Typically, there will always be some dis
crepancy between the planning situation and treatment. Treatment margins are employed to make
the treatment robust against these discrepancies. A misplacement of the tumor with respect to
the beams that exceeds the treatment margins can cause a geometric miss. e importance of this
e ect has been recognized for some time. Marks (1974) compared eld placement errors (FPE) with
and without immobilization. Byhardt in 1978 reported FPE per site, whereas Brahme in 1984 dem
onstrated the e ect of eld shi s on estimated tumor control probability (TCP), and Kinzie et al.
(1983) showed that recurrences occurred more frequently when inadequate margins are applied
(Marks 1974, Byhardt et al. 1978, Brahme 1984, Kinzie et al. 1983).

Rabinowitz et al. (1985) related FPE to clinical outcome where major protocol variations were
observed frequently and were shown to a ect the survival. e only available method to measure
FPE at that time was portal Im, although early attempts had been made to integrate X-ray on linear
accelerators (LINAC) or cobalt sourc&gg(re 1.1 (Lokkerbol and Smit 1961, Biggs et al. 1985). In
addition, a rare report exists of remote visual evaluation of setup based on a uorescent screen mirror
systemwithout a camera (https://www.historad.com/en/#!/en/100-years-radiotherapy-netherlands-
cancer-institute-rebuilding/image-guided-rotational-therapy/). ese approaches were not widely
disseminated, mainly due to a lack of means to digitize the images and insu cient computing power
to quickly process and analyze the Ims. A complicating factor was the di erence in perspective
between the imaging and treatment beamlines. is made it very di cult to interpret the images, as
computed tomography (CT) and digitally reconstructed radiographs (DRRs) were not yet available.

At this time (mid-1980s), X-ray Im was used for megavoltage (MV) imaging; however, the
Im was expensive, cumbersome, and error prone due to the low contrast. Investigators such as

3



4 History of MV imaging

Figure 1.1 (a) Early reported integration of imaging on a radiotherapy machine often utilized diag -
nostic X-rays. An X-ray tube and image intensi er-based X-ray detector are placed perpendicu -
lar to the beamline of this early isocentric Co60 machine developed at the Netherlands Cancer
Institute. The device can be seen in action here: https:/www.youtube.com/v/9_B8DfvBvKY&hl=en_
US&feature=player_embedded&version=3. (b) Biggs et al. reported in 1985 the integration of an

X-ray imaging chain (Im-based) on a linear accelerator. For both systems, image analysis was ham
pered by the use of a different imaging and treatment beamline.

Galbraith (1989) pursued optimization of the Im-screen cassettes. In 1985, Meertens showed the fea
sibility of digital image processing to enhance contrast and sharpness of MV Ims (Meertens 1985b).
However, the home-built laser scanner employed in that study took several hours to digitize one Im
and the limited computing power available (e.g., Digital PDP-11) further increased the time needed
to process images, limiting these approaches to research only. Grayscale display devices were not
common, so processed data needed to be printed on Im for review. e necessary Im printers for
digital images appeared with CT scanners in the early 1980s. In those days, most common computer
equipment (terminals and printers) supported text only. Analysis of portal Ims was done by manual
comparison with 2D kilovoltage (kV) radiographs or digital reconstructed radiographs using, for
example, rulers or templatesSidure 1.2 Around this time, it became clear that some digital-solu

tion would be highly preferable. e introduction and availability of microprocessors facilitated this
technological shi. e Intel 8086 processor, one of the rst 16 bits microprocessors with su cient
computing power for image processing, had appeared in 1978 enabling digital image processing on
small and low cost computer systems. e time was ripeslectronigortal imaging devices (EPIDSs).

@) (b)

Figure 1.2 (a) Portal Im-screen cassette mounted on a linear accelerator. (b) Portal Ims were

visually compared with reference images (e.g., simulator images) often with the aid of templates or

rulers. The hands shown are of Dr. J. Lebesque. (Courtesy of the Harm Meertens, the Netherlands
Cancer Institute.)
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Coinciding with the initiation of the EPID development, a number of workshops were held that
eventually evolved into the recurrifdectronic Portal Imaging (ERQnferences. is meeting series
is still continuing to date—every other year, mostly in Europe, United States, or Australia. e-memo
rable rst workshop (not counted in the series though) was held in Chapel Hill, North Carolina in 1987
(Figure 1.3p organized by George Sherouse. Norman Bailey and Arthur Boyer organized the subse
guent meeting in Las Vegas in 1989. At this meeting, physicist Shlomo Shalev organized an image qual
ity competition ancenhance-o. e Las Vegas phantowas introduced there, which is still commonly
used, and was later combined with commercial analysis so ware, called PIPS (Rajapakshe 1996).
Subsequent meetings were held in Newport Beach, San FraRasice (.3 Amsterdam, Houston,
Brussels, Vancouver, Brighton, Melbourne, Leuven, Sydney, Aarhus, and St. Louis. In its current form,
the workshop is now calléglectronic Patient Imagirand covers all forms of in-room patient imaging.

Over the years, the meetings changed focus from detector development to image analysis, clinical
application, setup error correction protocols, treatment margins, use of implanted markers, portal
dosimetry, tracking, and magnetic resonance (MR) guidance. Most important, the meetings always
have had a multidisciplinary character, with physicists, physicians, and radiographers in-the orga
nizing committee, presenting and in attendance. Noteworthy is the 2006 meeting chaired by Kay
Hatherley, the radiographer greatly responsible for the early introduction of EPID in Australia. She
opened the meeting giving a welcome speech from inside the shark tank of the Melbourne aquarium.

(@) (b)

Figure 1.3 (@) Invitation for the rst workshop on Electronic Portal Imaging in Chapel Hill that
brought together about 25 pioneers in the eld. (b) The 3rd workshop was visited by around 200
people. The logo, designed by Shlomo Shalev, very aptly visualized the goal of electronic portal
imaging: hitting the target. (Courtesy of Marcel van Herk.)



6 History of MV imaging

1.2 EARLY DEVICES

e most obvious design for an EPID is to combine a uorescent screen with a video camera similar
to the devices used for low-energy X-rays. For compactness and to keep the camera out of the high-
energy radiation beam, a tilted mirror is typically placed below the uorescent screen, while the
camera is looking in a direction parallel to the screen. One of the earliest reported systems using
this technology is by Benner et al. (19&2)(re 1.3

However, video systems have several drawbacks. e relatively low light output of the-uores
cent screen, in combination with the poor light collection due to the lens aperture leads to a low
detective quantum e ciency (DQE) of well below Awhile the devices are very bulky. Larger
lens apertures would lead to poor resolution due to spherical aberrations. Yet, because of their
simple design, it was these kinds of systems that were rst adopted as commercial solutions for
companies such as Elekta and Siemens (Benner et al. 1962, Baily 1980, Leong 1986, Visser 1990).
Add-on systems using this technology were developed by Eliav and Cablon (de Boer 2000, Odero
2009). e problem of low light collection was addressed by using ampli ed cameras and later
cooled CCD cameras (Franken 2004). Cooled cameras also alleviated issues with radiation dam
age to the CCD chip. Cablon produces such a system, with so ware developed in collaboration
with the Erasmus Medical Center in Rotterdam, the Netherlands, although Elekta also produces
a CCD camera device intended for lower income markets. To address the bulkiness of the device,
Wong et al. (then in St. Louis) proposed the use of optical ber coupling instead of a mirror
and started a company called FiberVisibig(re 1.4 (Wong et al. 1990). However, interestingly

Figure 1.4 Possibly the rst reported EPID. The basic design and mechanical construction is very
similar to later screen/mirror devices, although the video camera (gray box on the right) is very
bulky. Here the device is used in the xed beamline of a 30 MV Betatron. (Courtesy of Radium
Hospital, Oslo, Norway, 16 December 1961; From Benner S. et al.Phys Med Biol,, 7, 29-34, 1962.)
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™

@ (b) (c)

Figure 1.5 The FiberVision EPID is a screen/video camera system, where the mirror has been
replaced by a tapered bundle of optical bers. Images (a) and (b) were made by Marcel van Herk
during a visit to St. Louis in 1988, image (c) was provided by John Wong.

the ber technology did not overcome low DQE because the light-acceptance angle of the tapered
bers was similar to a lens system (Boyer et al. 1992) and the di culty of manufacturing and large
weight made this approach impractickiqure 1.5

e pursuit of compact solutions led to several subsequent innovations. e rst truly compact
system was based on a scanning line array of diodes and was introduced by Lam et al. (1986).
However, due to the scanning approach and the low DQE of the applied diodes, this device had
poorer quantum e ciency than video-based system8.¢1 ). Morton and Swindell combined
photocells with heavy tungsten alloy scintillators bringing the DQE of such a scanning device to
practical levels of about 0.§Morton et al. 1991), and rst clinical use of the device was reported,
in particular in breast (Gildersleve et al. 1994).

However, low sampling e ciency still limited the DQE, as the detectors are located only for a
very short time at any array location. lonization chambers were an alternative detector but these
su er from an ever lower e ciency due to the low density of the ionization medium. Liquid or high-
pressure gases were therefore considered a more suitable ionization medium for imaging detectors.
However, due to the large number of required pixels, it was not feasible to associate each pixel with
its own electronics to amplify and integrate the signal (a method that would be employed much
later in amorphous silicon [aSi] devices). Instead, some form of multiplexing was required to limit
the required number of ampli ers to one of the dimensions of the imaging array. A mechanical
solution for this multiplexing is, so called kinetistatic charge detection, proposed by Dibianca and
Barker (1985). However, rather than using pixel detectors, the idea was to use strip detectors lled
with high-pressure gas with a carefully controlled ion dri speed. By moving the detector system
with exactly the same speed as transfer of ion speed in the gas, ionization in the liquid would be
static in space, and each location in the medium acts as its own signal collector, realizing a sampling
e ciency close to 100. As a result, the detector promised a very high DQE, up ta&pending
on the thickness and density of the liquid or gas layer, while maintaining a relatively simple design.
However, 30 years later, this proposed device is still in the prototype stage, with a recent iteration
presented in 2006 (Samant and Gopal 2006). Another form of multiplexing can be achieved by
in-plane rotation of an array of liquid- lled strip detectors (Bova et al. 1987). is detector uses
tomographic reconstruction to obtain a 2D image using only a one-dimensional array ef detec
tors and ampli ers Figure 1.6ahows a prototype with a single detector that could be translated).
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(@) (b)

Figure 1.6 (a) Scanning scintillator detector array reported by Morton and Swindell in 1991.
(Courtesy of Will Swindell.) The device consists of 128 zinc tungstate scintillation crystals individu
ally coupled to photodiodes. The array is scanned in 4-10 s over the image plane to obtain a
128 128 pixel portal image. (Courtesy of Swindell.) (b) Prototype rotating detector developed by
Bova et al., University of Florida. (Courtesy of Marcel van Herk [during his visit to Gainsville].)

is idea was abandoned, likely due to the limited processing power available at that time. e
use of ultrapure liquids in a wire chamber-like con guration was pursued at the University of
Michigan, Ann Arbor, Michigan following its use at the European Center for Nuclear Research
(CERN) for high-energy detectors. However, it was di cult to achieve su cient sampling e
ciency if no detectors were read out simultaneously as the ion lifetime would be very short (Boyer
et al. 1992). No practical device was ever demonstrated. e only commercially implemented
liquid- lled detector used electronic multiplexing, and was successfully marketed as the Varian
PortalVision, with two main detector versions released around 1990 and 1997. e authors started
their own development of the scanned detector using air- lled chambers (van Herk 1985). e
detector array consists of two parallel plates with perpendicular electrode strips, where-one elec
trode set is connected to a switching high-voltage power source per column, whereas the other
electrode set is connected to a single electrometer per row. With air- lled chambers, images were
successfully acquired but the device su ered from a very low e ciency (due to the short sampling
per chamber, and extremely small signal due to the small chamber size and density), as well as a low
resolution due to the long lateral range of ionization charge through the ionization meditim—ini
tially air. e low resolution could be counteracted by using a Lucite spacer with cylinder-shaped
holes for each electrode intersection. However, the major breakthrough arrived when the chamber
was lled with a liquid, isooctane, as the ionization medium. e rst prototypes built had 30 rows
and 30 columns (Meertens 1985a), and later prototypes 128 rows and 128 c6ligionres1(.y (van
Herk and Meertens 1988). e 128 128 system was used clinically for a short time, initially as a
general purpose EPID and later as a portable EPID to use during total body irradiation (TBI) (e.g.,
Gladstone et al. 1993). e major bene t of this system for application in TBI was its relatively high
radiation resistance due to the use of discrete components.

e original 128 128 pixel device sampled each chamber row for 20 ms, giving a total scan
time of about 3 s. is corresponded to an expected sampling e ciency of less thamdlimprove
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(@) (b)

Figure 1.7 Two prototypes of the liquid- lled EPID. (a) The device (30 30 pixels) demonstrated
early feasibility of liquid- lled detectors but was too small for clinical use. (b) The device (128 128
pixels, 32 32 cn¥ active area), with a carbon ber housing, was used brie y clinically prior to com -
mercialization and later for veri cation of TBI placing the detector on the patient bed, imaging the
lung region during TBI to check the location of lung shields. (Courtesy of author.)

the sampling e ciency, elaborate sampling schemes based on Hadamard matrices were attempted
but were unsuccessful in demonstrating major bene ts of this approach as these only reduced
electronics noise, not quantum noise (van Herk et al. 1992). However, later analysis showed that
the sampling e ciency was actually much higher than Which could be attributed to an unex
pected long ion lifetime in the liquid. is prolonged lifetime was due to water pollution of the
liquid slowing down ion mobility, and as a result greatly reducing recombination (van Herk 1991).

e incoming radiation therefore forms a type of latent image in the liquid while the high voltage

is switched o, and during that time, ion loss is due to recombination only. However, the-recom
bination causes a distinct nonlinear dose-response curve, which is very close in form to a square
root function (Boellaard et al. 1996). In typical radiotherapy use, the ion lifetime was about 200
ms (depending on the dose rate). Sampling e ciency therefore depended mostly on the readout
speed and improved from 3in the prototype and Mark-I detector to about 20n Mark-II

devices with faster readout. e corresponding DQE ranged from 0.630.2 . e liquid- lled

device was rst commercialized by Brown—Boveri, whose radiotherapy section was later taken
over and continued by Varian, albeit focusing on detector development and so ware only. All
commercial liquid- lled ionization chamber devices had a detector array with 2%®% pixels of

1.27 1.27 mm. One noteworthy development that coincided with the development of the rst
clinical prototype in Netherlands Cancer Institute (NKI) was the introduction of carbon ber
composite to create light-weight housings with good transparency for phétiguse 1.7h is
technology was subsequently adopted for new xtures for setup and immobilization of patients.

In addition to electronic detectors, the development of systems for computed radiography
should also be mentioned. At rst, this technology was based on selenium plates similar to the
ones used in analog photocopiers. Later, laser-stimulated phosphors were used, a technology that is
still employed. e advantage of these plates is that they provide very high resolution, while avoid
ing the use of expensive Ims. However, as readout is o -line it does not solve one of the major
obstacles of Im, the need for development, making online application impractical (Astapov et al.
1981, Gur 1989, Geyer 2006).
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1.3 AMORPHOUS SILICON DEVICES

e bene t of active pixel technology for EPIDs was apparent for a very long time before its rst
practical implementation. e work of Larry Antonuk, working at the University of Michigan
should be highlighted. As early as 1992, Dr. Antonuk presented the design of amorphous hydro
genated silicon arrays at the second EPI workshop in Newport Beach, Califoguiee (1.3
(Antonuk et al. 1992). In their abstract they presented a device of 101énem and 240 250

pixels, but indicated that devices with sizes of 25 to 50 cm edge could be realized in the future
with real-time readout.

In the design, which has not fundamentally changed since its introduction, the detector
consists of a scintillation plate placed in direct contact with a detector plate. e detector plate
de nes each pixel by a large photodiode, in which the inherent capacity is used to integrate the
light signal. e pixel is combined with a switching eld-e ect transistor that connects each
detector row to the readout electronics to extract the residual charge, and recharge each pixel
for a next readout. e major advantage of the active pixel technique is that integration of the
light signal takes place in the photodiodes of each pixel separately, giving it a close to 100
sampling e ciency. e tight coupling between the uorescent screen and the photodiode array
also improves the light utilization from below 1n camera systems to about 3CHowever,
it would take almost a decade until such devices would become mainstream and replace other
EPID technologies. e main limitations that needed to be overcome were the development
of fabrication plants that could handle the required size of detector plates, the development
of suitable readout electronics, and the electrical connection between the detector array and
the electronics, nowadays using a rubber material with anisotropic electrical conductivity. e
development of these technologies was driven by innovations in at-panel display devices for
TV and computer applications. Current at-panel detectors have more than one million pixels
on detector arrays of larger than 4040 cm. Innovations compared to the original reported
device in 1992 include faster readout, ampli ers with programmable gain to reduce electronics
noise, and improved radiation hardness of the readout electronics. Radiation hardness of the
panels has always been very good due to the amorphous nature of the semiconductor material
(Boudry and Antonuk 1996).

Figure 1.8 (a) Early amorphous silicon detector plates. (b) Electronic schematic diagram of an aSi
panel. (Courtesy of Larry Antonuk, University of Michigan.)
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Figure 1.9 Images from an early aSi device (Heimann detector later used in Elekta IviewGT EPID),
compared to images acquired on a liquid- lled device with the same dose. The visual image qual -
ity suggests about a factor 8 difference in quantum ef ciency between the devices, mostly related
to the scanning ef ciency. For visual comparison, images were processed with equivalent unsharp
mask Iters. (Courtesy of Marcel van Herk, 2000.)

A comparison of the image quality of the then mainstream liquid- lled ionization chamber
array and an early aSi detector provided by Elekta, made by the author in the year 2000 is shown
in Figure 1.9 e relative image quality suggests an appropriate factor of 8 improvement in quantum
e ciency; i.e., the top le image on an aSi detector has similar quality as the bottom right image
taken on a liquid- lled detector with 8 times more dose.

1.4 EARLY CLINICAL EXPERIENCE

Initially, megavoltage (MV) radiographs were mainly used for weekly patient imaging, which
provided an ad hoc style of setup error correction that was not very e ective in reducing geo
metric uncertainties. With the clinical introduction of the rst EPIDs, the development of
image processing and analysis, data analysis, correction protocols, and margin calculations
could start in earnest. In 1988, the rst EPID was introduced in clinical practice at the NKI. e
simultaneous boottchnique for prostate cancer (Lebesque and Keus 1991) originated from this
early EPID work. is technique is a good example of an advanced margin-reducing treatment
enabled by innovative technology. Initial work on portal image analysis focused on detection of
the radiation’s eld edge in relation to patient anatomy (e.g., Bijhold et al. 1991a). At that time,
EPIDs were o en not rigidly mounted on the gantry. erefore, the detected eld shape, in
combination with a eld-edge matching algorithm provided an essential step in the analysis of
treatment quality (Bijhold et al. 1991b). In addition, eld-shape analysis was developed to vali
date that the actual delivered eld shape coincided with the planned one (Bijhold et al. 1992a,
Leszczynski 1993, Dong and Boyer 1996). e next step involved automatic detection and reg
istration of the, mostly bony, anatomy, and later radiopaque markers. In addition, 3D—2D reg
istration was pioneered in the EPID eld (Gilhuijs et al. 1996, Murphy 1997). One of the latest
developments in this line is the use of kV-MV image pairs for ultrafast setup correction of
markers (Mutanga et al. 2012). Independent of the analysis methods, correction protocols need
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to be in place. Initially, o -line correction protocols were proposed and used by several groups,
mainly because of the time requirements for a table move that had to be performed manu
ally a er reentering the treatment bunker. Bijhold et al. (1992b) rst reported that the use of a
strict correction protocol reduced the amount of required corrections and increased the accu
racy compared to intuitive assessment. e decision protocol developed by Bel et al. (1993) was
implemented very early in three clinics and demonstrated a large increase in setup accuracy
for prostate treatments (Bel et al. 1996) with very limited workload. A natural extension from
o -line correction protocol rules was the introduction of adaptive radiation therapy by Yan
et al. (1995). With automatic couch movement, the need for limiting the number of corrections
reduced resulting in no action-level protocols (de Boer 2001) and daily online corrections. Both
the procedures are still widely used today.

Field of image analysis for electronic portal imaging (EPI) reached maturity in the mid-
1990s, at which time the application in Europe really took o . is shi was apparent at the
2nd International Workshop oftlectronic Portal Imaginig 1992. e rst clinical online use
of EPIDs was reported by de Neve et al. (1992). e cable of a table hand pendant was extended,
allowing remote control of the table to correct for incorrect patient positioning detected using
a Siemens Beamview device. ey reported results of 21 patients, where arounof @dages
(taken with relative high fraction of the treatment dose) were of su cient quality for evaluation.
Treatment was interrupted for roughly 10of elds, followed by remote adjustment. Gilhuijs
and van Herk reported on the development of their algorithms and so ware system for detection
of setup errors based on chamfer matching of eld edge and anatomy (Gilhuijs and van Herk
1993). e last step was to extend the system with so ware for automatic preparation of refer
ence images (mostly simulator images), where eld edges and anatomical features were extracted
automatically. Later the same algorithms were used to automatically detect anatomy on DRRs.
is system was partly integrated in the Varian PortalVision device and the speci ¢ so ware
developed at NKI is still used to date at that institution, rather than other available commer
cial solutions. Other automatic and semiautomatic image-matching algorithms based on image
regions, moments, landmarks, multiscale medial axes, and curves were presented by the authors
Boyer, Moseley, Munro, Ja ray, Shalev, Fritsch, and Balter (Moseley and Munro 1994, Radcli e
et al. 1984, Fritsch et al. 1995, Dong and Boyer 1995). Many of these early algorithms are still
widely used in commercial systems. Early clinical application results based on the analysis of
hundreds of images were discussed by radiographers from Winnipeg and by physicist Mike
Herman from Baltimore (Herman et al. 1994). Authors Ja ray, Bisonnette, and Yu presented
physical characterizations of EPID systems and proposed optimizations related to scatter (e.g.,
optimizing build-up plates and magni cation). Also early attempts were made to quantify dosi
metric bene ts of online and o -line correction procedures and derive treatment margins. ese
developments inspired the pursuit of margetipesNot in the EPI meeting, but in the same
year (1992), NKI author Bijhold was the rst to separate random and systematic errors (Bijhold
et al. 1992b), which was an essential step that eventually led to the development of margin reci
pes that are still widely used. In the following years, radiopaque markers were introduced that
enabled more accurate patient setup, in particular in the prostate (Nederveen 2003). EPIDs were
then further studied to validate multileaf collimator (MLC) motion, and eventually for portal
dosimetry. At theEPI96workshop, half of the talks were about clinical implementation and
there were several talks about using markers, and cone-beam computed tomography (CBCT)
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was presented by David Ja ray. Even though clinical application of EPIDs in Europe started in
the mid-1990s, it took quite a long time before the application became widespread in the United
States. For a large part, this discrepancy may be attributed to billing rules that did not cover EPI
for a long time.

With the wide-scale implementation of CBCT for patient setup veri cation, EPIDs are less and
less frequently used for setup veri cation. Currently there is a large interest to use the EPID signal
for quality assurance (QA) of the delivery, by means of EPID dosimetry, using a variety of method
ologies (van Elmpt 2008).

1.5 SUMMARY

Over a period of about 20 yeal@ble 1.}, EPI has become an indispensable component -of vir
tually every medical LINAC. e eld initially focused on detector development, but eventually
covered all aspects of image-guided radiotherapy such as image processing, decision protocols
(adaptive radiotherapy), and treatment margins. With the introduction of secondary imaging
systems on LINACs, such as CBCT and magnetic resonance imaging (MRI), the application
of these detectors is changing from patient setup toward treatment QA for dose and patient
motion.

Table 1.1 Timeline of historical EPID developments

Year Topic

1960 Cobalt with perpendicular X-ray unit Lokkerbol and Smit (1961)

1961 First use of video EPID Brenner (1963)

1974 Importance of setup errors published Marks (1974)

1978 First 16 bit microprocessors https://en.wikipedia.org/wiki/Intel_8086

1980 First modern video EPID Baily (1980)

1980 CT scanners introduced in RT

1985 First X-ray unit on LINAC Biggs et al. (1985)

1985 Digital Im processing Meertens (1985b)

1986 Scanning diode array EPID Lam et al. (1986)

1988 Liquid- lled matrix ionization chamber van Herk and Meertens (1988)

1990 Fiber vision Wong et al. (1990)

1990 First commercial EPIDs released

1991 Edge detection algorithms Bijhold et al. (1991a)

1992 Prototype aSi arrays Antonuk et al. (1992)

1992 EPID image analysis methodology van Herk (1993)

1993 First off-line correction protocols Bel et al. (1993)

1995 Prostate motion measured van Herk (1995)

1996 First 3D/2D matching algorithms Gilhuijs et al. (1996)
(Murphy 1996)

1998 First EPID dosimetry applications Boellaard et al. (1998)

2000 First CBCT reported Jaffray (2000)

2000 First aSi detectors commercial

2002 aSi used in CBCT system Jaffray (2002)

2005 First commercial CBCT systems
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2.1 GENERAL REQUIREMENTS FOR IMAGING SYSTEMS

2.1.1 INTRODUCTION

Until the early 1990s, Im dominated the imaging procedures in radiation oncology treatment
environments. Working with Im was a cumbersome and time-consuming process not suitable for
much of today’s imaging procedures in radiation therapy. e use of Im was primarily limited to
quality assurance (QA) and, in certain situations, verifying the patient’s position. ere was mini
mal integration with the treatment machine and interfacing with various treatment techniques
was limited. Along with the advancement in digital imaging technology and, with it, the ability to
provide images quickly or even in real time, the requirement for a tight integration with the treat
ment machine, and in particular, with the beam-delivery subsystem, became crucial for acquiring
images with superior quality.

Section 2.will brie y address the treatment machine components relevant for imaging and
how they in uence the image quality and detector design. e focus here will include the detector
design, key detector components, and the operation of at-panel image deSsaition 2.5will
explain advantages and limitations of megavoltage (MV) imaging.

2.1.2 PRINCIPLES OF BEAM GENERATION (LINEAR ACCELERATOR)

Most radiation therapy machines utilize a linear accelerator (LINAC) to generate the high-energy
X-ray beam. Treatment machines with radioactive sources will not be considered in this book, as
they are seldom equipped with digital imaging systems.

e two principle accelerator types are traveling wave and standing wave accelerators. Both types
of accelerators do not deliver the radiation as a continuous beam; rather it is delivered in discrete
pulses. e pattern is not relevant for radiation treatment. However, for image acquisition, it is essen
tial to synchronize with the beam pulse pattern to achieve good image quality. e actual electron
acceleration takes place in roughlys A er delivery of each beam pulse, there is a delay -of sev
eral milliseconds (2.5-200 ms) until the next beam pulse occurs. As a result, the pulse repetition
frequency (PRF) can vary between 5 and 400 Hz. e di erent PRFs are used to control the dose rate
for a given energ¥igure 2.1shows a timing diagram of a typical beam delivery pulse pattern. Each
of the shown beam pulses has a microstructure, due to the inherent phase focusing, and consists of
roughly 2 10' micropulses, 330 ps apart and 30 ps wide (3 GHz accelerator system). is micro
structure can be ignored for image acquisition synchronization.
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(a)
Dropped pulses

(b)

Figure 2.1 (a) Timing diagram of a typical beam pulse pattern generated by a linear accelerator.
(b) cut-out pulses (Some accelerator types do not only vary with the frequency for regulating a par-
ticular dose rate, they cut-out pulses and generate in this way an irregular pulse pattern).

e beams of the accelerated electrons have a relatively narrow energy spectr8m-% ).
However, when these narrow band electrons are converted to photons, a spectrum is generated that
starts at low keV values and spans up to the energy of the accelerated elguon2.2(solid
line) shows a typical photon spectrum of a 6 MV treatment beam.

When passing through the patient, the photons get absorbed. Due to the energy dependence
of the X-ray cross section in a body, the low-energy part of the beam spectrum gets absorbed
more heavily than the high-energy photons. is changes the spectrum as shoRigune 2.2
(dashed line).

In addition to these spectrum changes, there is a radial dependency of the energy. When the
beam is passing through a attening Iter (FF) in the head of the treatment machine, the photons
near the central axis have to pass through more materials (typically copper and tungsten) in order
to achieve a at beam pro le. ere is a disproportionate absorption of low-energy photons near
the central axis. e further away they can pass through the lter, the less material they have to
pass through. As a consequence, the hardening of the beam spectra has a radial dependency. e
spectrum is hardened near the central axis. is is important to note, since the detector and, in
particular, the scintillator has an energy dependent response. Applications using the MV detector
as a dose veri cation device have to correct for this energy depenéanoe .3
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Figure 2.2 6 MV photon beam spectrum. For an unattenuated 6 MV beam (solid line) and spec-
trum after passing through 20 cm of soft tissue and 3 cm of bone (dashed line). Note that the scat-
ter is not considered in this diagram.
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e Target e

Flattening Iter
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Figure 2.3 (a) Beam pro le of a attening lter-free (FFF) beam and (b) a beam pro le with atten -
ing lter (FF). There is also a radial symmetric energy falloff from the central axis toward the eld
edge, as indicated by the gray shades of the beam. The darker shading corresponds to a higher
average energy (beam hardening).

2.2 DIGITAL IMAGING AND DETECTOR TYPES
FOR X-RAY IMAGING

What is a digital X-ray image? What kind of information does the image content represent? It is
important to understand that an X-ray image is not comparable to an analog Imimage. An analog
image, basically, represents an analog value—no discrete steps—of an object being projected onto a
Im. ere is also no discretization in the spatial domain; no spatial bins such as pixel with a given
area are present. An X-ray image is, by nature, a distribution of quanta that are registered into pixel
bins. e X-ray image is formed by individual photons that basically carry binary information. It is
either there (not absorbed in the object being imaged) or not there (absorbed in the object).
Imagine a man standing in the rain with an umbrella. In this analogy, raindrops represent the
photons and the umbrella represents the object to be imaged. When the rain starts, the contour of
the umbrella is barely visible on the oor (image detector). e more raindrops that fall, the sharper
the contour gets. e raindrops carry only binary information; they either get stopped (absorbed)
by the umbrella or they can fall freely onto the ground and forrmage e more raindrops, the
better themage quality
e same holds true for an X-ray image. e imaged object will potentially absorb a certain number
of photons, depending on the atomic number Z and the density of the object, producing di erent signal
levels in the detector. Consequently, it is important that there are as many photons contributing to an
image as possible. e image quality is primarily dependent on the number of photons being captured
by the image detector. Increasing the dose and generating more photons is not necessarily the preferred
method, since this increases the dose to the patient. erefore, it is important to capture all the pho
tons impinging on an image detector. Contemporary MV image detectors capture aoh21 of
the photons. e majority of the photons travel through the detector without interacting with it. Some
physical constraints make e ciency improvements di cult. In order to understand the physical limi
tation, we need to have a closer look at the detector design and X-ray conversion. We will focus here
on high-energy detectors, which rely primarily on the indirect detector principl&éatien 2.2)3
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Figure 2.4 Physical processing steps of (a) a direct converter and (b) an indirect converter.

Almost all of today’s radiation therapy systems utilize a at-panel detector for imaging and
QA tasks. ese latter applications, including dosimetric and machine parameter veri cation, are
becoming important functions of modern at-panel detectors.

2.21 AMORPHOUS SILICON FLAT-PANEL DETECTORS

ere are two basic types of amorphous silicon (aSi) at-panel detectors.

1. Direct converter type, which utilizes a thick layer of photoconduction material for X-ray
detection.

2. Indirect converter type that incorporates a phosphor layer to produce visible light photons
a er interaction with an X-ray photon.

Figure 2.4compares the di erent physical processing steps of a direct and an indirect converting
at panel.

Direct converting at panels are not well suited for high-energy imaging application and are
therefore discussed here only brie y. All at-panel detectors currently used on LINAC are based on
the principle of indirect conversion.

2.2.2 DIRECT CONVERTER

e incident high-energy photon is converted into an electron-hole pair in the photoconduction layer.
A high voltage is applied between the top electrode and the pixel electrode in order to generate an
electric eld in the photoconductor. is electric eld is responsible for separating the electron and the
hole. e electron travels to the top electrode and the hole to the pixel electrode (bottom) and causes a
change in electric potential on the pixel capacitor. e electric potential change is reset when the pixel
is read out and the necessary charge is measured and digitized in the readout elédtyoraca

e photoconducting material used in many direct conversion detectors is amorphous Selenium
(@aSe). is material is not well suited for absorbing high-energy photons due to its low atomic
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Figure 2.5 Direct converter at panel.

number (Z = 34). Materials with a higher atomic number are better suited the cross section for
Compton interaction is proportional to Z per unit volume (Jable 2.1 Compton interaction is
the dominant interaction for the therapy beam-energy spectrum. e only way to increase the e
ciency would be to use a material with a higher atomic number or to thicken the photoconducting
layer. Due to technical di culties of controlling the fabrication of thick and stable layers over large
areas, the maximum thickness of aSe is limited to approximately 1 mm.

e use of photoconducting material with a higher atomic number has also been investigated.
In particular, the use of mercuric iodide (HgWith an e ective atomic number of Z = 66 and lead
iodide (Pbl) with an e ective atomic number of Z = 62.7 have been studied. e reliable and uni
form deposition of these materials over a large area has not been resolved. Due to the high Z, both
materials would have been very e cient for detection of high-energy photons of a therapy beam.

2.2.3 INDIRECT CONVERTER

Image detectors based on the indirect converter principtpute 2.% convert the incident X-ray
photons in multiple steps={gure 2.4p First, the photons are converted to secondary electrons;

X-ray
Build-up
e e
Santillator © Light
+ + + o+ +
E * ' ’

Figure 2.6 Indirect converter at panel.
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these electrons deposit their energy by either ionization or by atomic excitation. e latter is the
preferred e ect in scintillators, because atoms produce the energy di erence as a light photon when
they revert to their unexcited state (§égure 2.9 us, one electron will excite hundreds or even
thousands of atoms and generate a corresponding number of light photons. ese light photons
are captured by the aSi photodiode. e light creates electron-hole pairs in the aSi diode, which are
then stored in the intrinsic capacitance of the photodiode. is accumulation of charge changes
the electric potential at the photodiode. When reading out the detector, the initial potential will be
reestablished by transferring a charge into the photodiode. e amount of charge that is transferred
to the photodiode is measured and digitized. is digitized value represents the pixel signal and
hence the number of photons interacting with the pixel.

2.2.4 ADVANCED TECHNOLOGIES

Flat-panel imager technologies have been around for the past 15 years. Can we expect new
technologies that will gain importance in the future? Certain trends are now visible in the
diagnostic market; manufacturers have added complementary metal-oxide-semiconductor
(CMOS)-based imagers to their product portfolio. However, it is unlikely that they will replace
the aSi-based imager. Rather, they will extend the range of applications a digital imager can be
used for, especially where high resolution, low-system noise, and fast readout speed is required.
Radiation therapy imaging systems using a high-energy treatment beam as a source, would
not pro t from the more expensive CMOS technologies, since the CMOS technology does not
address the most important shortcoming of aSi-based at-panel detectors, namely, poor detec
tion e ciency. About 98 of the photons incident on the detector do not interact with the detec

tor and, therefore, do not contribute to the image signal. ere are several paths being pursued
to improve the performance. One idea is to use high Z material to increase the cross section for
high-energy photons. Alternatively, adding more scintillation material to the detector would
also increase the e ciency. However, increasing the thickness of the scintillator also increases
the blurring and reduces the spatial resolution. A third approach to address this limitation is to
stack up multiple detection layers (including the pixel array) within the same image detector.
Apart from the e ciency improvement, there are other developments under consideration to
improve the performance of current at-panel detectors. E orts are being made to increase the
readout speed, reduce the imager lag, enlarge dynamic range, and improve radiation hardness
of the detector. ese are important steps toward better image quality and will be the basis for
enabling new applications.

2.3 FLAT-PANEL DETECTOR DESIGN

2.3.1 X-RAY CONVERSON

2.3.11 HOW TO DETECT PHOTONS

Photons can only be detected if they interact with matter. In the energy range used for radiation
therapy, two types of interactions dominate: Photoelectric and Compton. Both interaction types
are brie y explained in order to understand speci c detector properties. Pair production, which
starts at photon energies above 1.02 MeV, does not play a signi cant role in high-energy imaging.
A detailed explanation of these e ects can be found in other sources.
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2.31.2 PHOTOELECTRIC EFFECT

Photoelectric absorption takes place when a photon interacts with an electron of the inner shell
of an atom. e entire energy of the photon will be transferred to the electron, the secondary par
ticle. Part of the energy removes the electron from the shell (=binding energy) and the remaining
energy is transferred to the electron as kinetic energy. us, the photon is completely absorbed.
e electron with the binding energy closest to the energy of the incident photon, but not less
than that, has the highest probability of being ejected. e ejected electron leaves a vacancy that
will be lled from an electron of a shell further out that has less binding energy. e energy dif
ference when moving from an outer shell to an inner shell will be radiated either as characteristic
X-ray or as Auger electrons. ese tertiary particles have an isotropic distribution. For imaging
we are primarily interested in the secondary particle (the emitted electron) as these particles carry
enough energy to undergo further reactions in the scintillator and eventually generate the signal
that form the image.

Probability of interaction: e probability of a photon undergoing a photoelectriateraction
depends mainly on (1) the energy of the photon and (2) the atomic number, Z, of the
material. Photoelectric interaction probability for a given energy of the photon per unit
volume is approximately proportional t&".Z=or low atomic numbers, the proportionality
is closer to Z5than Z. For a given Z, the interaction probability is roughly proportional
to 1/B. ese values reduce to 1/E for incident photon energies above the rest mass of the
electron (0.511 MeV).

2.31.3 COMPTON EFFECT

Compton scattering (Compton e ect) is the dominant interaction of X-ray photons in the-thera
peutic energy range (4-25 MV) with tissue and with image detectors. e Compton e ect is an
inelastic interaction of a photon with a weakly bound electron of the outer shell of the absorber
material. e interacting photon transfers part of its energy to the electron that will be ejected
from the atomic shell. e incident photon is scattered and emitted with the rest energy, that

is, the incident energy minus the energy that was transferred to the ejected electron. As with
all particle interactions, energy and momentum must be conserved. ere are limits to the
maximum scattering angle and the maximum energy that can be transferred to the scattered
electron. e maximum angle of the scattered electron cannot exceedrdth the direction

of the incident photon. e photon can scatter at any angle. However, for the scattered photon,
there are scatter angle dependent limitations of the energy. e energy of a photon scattered at
90 is always less than or equal to 511 keV and the maximum energy forsadi@red photon
(backscatter) cannot exceed 255 keV. However, a scattered high-energy electron can undergo
a bremsstrahlung event and generate a photon with higher energy then allowed by the above
constraints.

Probability of Interaction: e probability of Compton interactions depends on the electron
density (electrons/cB) of the material. e probability is independent of the atomic num
ber Z per unit mass and proportional to the density and to the atomic number Z per unit
volume, with the exception of hydrogenated material. In hydrogenous material, the electron
density is almost doubled compared to anhydrogenous materials. Hence, the probability of
Compton interaction is higher in hydrogenous material with the same mass as in arhydrog
enous material. e fraction of the energy transferred to the electron is dependent on the
energy of the incident photon. If the energy of the incident photon is well below the electron's



2.3 Flat-panel detector design 25

90.0
80.0
70.0
60.0
50.0
40.0
30.0
20.0
10.0

0.0
0.01 0.1 1 10 10C
Photon enegy (MeV)

Enemy of the scattere eledron (%)

Figure 2.7 Energy of secondary electrons.

residual energy ( 511 keV), then most of the energy remains with the scattered photon. e
energy of the electron is then small. If the incident photon energy is much higher than the
rest energy of the electron, then most of the energy is transferred to the eleiguom 2.7
shows the fraction of the energy transferred to the secondary electron as a function of the
incident photon energy. e values are averaged over all scatter angles.

2.3.1.4 SUMMARY OF PHOTON INTERACTION

Table 2.lillustrates the relationship of the interaction probability to atomic humber Z and beam
energy E for di erent photon interaction types. Note that the table is a simpli ed illustration of the
interaction—probability relationships.

2.3.2 IMAGE-DETECTION LAYERS

Photons that are not detected in the imager represent lost information and, depending on the
application, wasted radiation dose to the patient. us, the goal of every detector is to capture
as many primary photons as possible. As outlined earlier, the e ciency of a high energy detec
tor is relatively poor, due to the small cross section of the high-energy photons. In today’s image
detectors, less than 2of the photons interact and contribute to the image signal. It is important

to understand that at-panel detectors are energy integrating devices and do not count-or accu
mulate photons. e majority of high-energy image detectors are based on the indirect conversion
principle. Figure 2.8shows the basic components of a high energy at-panel detector. Each com
ponent will be described further in detail.

Table 2.1 Qualitative overview of dependence of interaction probability
on atomic number Z and energy E for different interaction type

Relationship with

Type of atomic number (2) Relationship with incident photon
interaction per unit volume energy (E)

Photo effect 74745 ESS(E 05MV),E (E 0.5MV)
Compton effect Z E0-E1

Pair production 2 Log(E)
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Figure 2.8 High-energy (megavolt) at-panel detector cross section.

2.3.21 COPPER BUILD-UP (DOSE BUILD-UP EFFECT)

As we have seen previously, the majority of the photons will interact with the detector by Compton
scattering. A high-energy electron is ejected and will travel a certain distance, before it deposits
its energy. e energy deposition of high-energy charged particles (electrons) takes place through
multiple collisional losses. Due to the high kinetic energy of these charged particles, they can travel
a substantial distance before they have deposited all of their energy through ionization, excitation,
and radiation losses. us, maximum energy is not deposited at the surface of the detector. Instead,
the peak energy deposition is shi ed by approximately the average range of the electrons. In order
to maximize detection of photons or their secondary electrons, the ideal point to collect the signal
is where the deposition peak is located. at is why a 1 mm copper plate is placed on top of the
scintillator. e copper acts as a build-up and ensures that the area of maximum energy deposition
lies in the scintillator, the place where the light is generated.

2.3.2.2 SCINTILLATOR (LIGHT GENERATION)

e primary function of the scintillator is to convert the photons and the secondary electrons to
light. e Compton interactions occur not only in the build-up plate but also in the scintillator.
Indirect at-panel imagers use a phosphor as scintillation material. ese phosphors are typically
doped with an element that creates an activation state (luminescence centers) in the forbidden
band. Most scintillators for high-energy at panels use gadolinium oxysul dgJ(&) as a scintil
lation material. It is deliberately doped with terbium (Tb), which determines the wavelength of the
emitted light photons. In a GO,S:Th scintillator, the peak wavelength is around 545 nm (green
light). Figure 2.9shows a simpli ed illustration of the scintillation process. When the secondary
particle (Compton electron) deposits part of its energy, it excites electrons of the atom with which
it interacts. ese electrons are excited into the conduction band; from there they fall back through
the activation states to the valence band. When moving from the excited activator state to the
activator ground state, the energy di erence is released as a light photon. In materials doped with
terbium, the energy di erence of the two activator states is such that it equals the energy of a green
light photon. us, the released photon has a wavelength of 545 nm or about 2.3 eV. However, some
electrons return to the valence band without going through the activator center and do net gener
ate light.

e secondary electron releases its energy through multiple collision losses. is results in
many light photons being generated along the track of the electron. Each interaction that passes
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Figure 2.9 Light generation in the scintillator.
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Figure 2.10 Light scatter in (a) transparent scintillator and (b) scintillation powder in a binder.

through the activator state consumes about 2.3 eV, which is transferred to the light photon.
For example, a 2 MeV photon ejects a 500 keV secondary electron. is electron undergoes
multiple collisions and could release more than 220,000 light quanta. Due to competing energy
loss processes, only around 25,000 light quanta are released. Note that one initial photon, in
our example a 2 MeV photon, has now generated around 25,000 light photons, each carry
ing redundant information. is is known as quantum ampli cation or conversion gain of the
phosphor. It is not advisable to create a phosphor that is transparent, because the isotropic light
generated could travel a long distance within the phosphor and cause blurring. Constructing
the phosphor out of small light-re ective particles will scatter the light and reduce blurring
(Figure 2.1 ese small phosphor particles are mixed into a binder. e index of re ection

of the binder is deliberately chosen to be di erent from the index of refraction of the phosphor
particle. is enhances the re ectivity of the particle such that the light does not move through
the particle; instead, it tends to re ect o the surface of neighboring particles. us, the spread

of the light is reduced. Most scintillators used for high-energy image detectors are constructed
as described in this chapter.

2.3.2.3 AMORPHOUS SILICON PIXEL ARRAY

e task of the aSi pixel array is to convert the visible light (545 nm for gadolinium oxysul de [GOS]
scintillator) to an electric charge that can subsequently be read out by the electronics. A pixel consists
of a photodiode that converts light to an electric charge and a thin Im transistor (TFT) switch, which
can be turned on to read out the captured charge. e photodiode also acts as a charge storage device.
All of the accumulated charge will remain on the photodiodes intrinsic capacitor, until it is read out
by the electronics. e pixels (photodiode and TFT) are arranged in a matrix as shdviguire 2.11
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Figure 211 Simpli ed aSi pixel array for a detector with 3 4 resolution.

Light-to-Charge Conversion (Photodiode)Converting the light photons to an electric charge
is the task of the photodiode. e photodiode is an aSi PIN diode with a light-transparent top
metal layer. When light quanta enter the photodiode electron-hole pairs are generated. e
electric eld of the reverse biased diode separates the electrons and the holes. e electrons
travel to the cathode (n-doped) and the hole to the anode (p-doped) of the [digdies (2.1P
e structure of a PIN diode forms an intrinsic capacitor that is able to store the generated
charge. As long as the PIN diode is not read out, the charge is accumulated in this intrinsic
capacitor. Hence, the photodiode can be thought of as a charge-integrating device.

Charge ReadoutA er a reset and before radiation is turned on, the voltage across the photo
diode equals the VBias voltage (in our example 5 V). e anode is at 5V and the cathode
is at 0 V. When the photodiode is exposed to light, as a consequence of the interactions
described earlier in this chapter, charge is generated and the cathode potential drops
(Figure 2.13 e anode potential cannot move since it is tied to the VBias potential.
Readout of the charge by turning the TFT-on establishes the initial potential at the anode
as shown irFigure 2.13 ere is no dedicated reset cycle as reading out the charge resets
the pixel. e charge that is read out to reestablish the voltage level at the cathode of the
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Figure 2.12 Charge generation in the pixel diode.
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Figure 2.13 Voltage level at the photodiode. Note the timing is not to scale. In practice, the expo -
sure time is generally much longer than the readout (TFT-on) cycle.

photodiode (V1 in the above gure) is measured in an external charge integration ampli er.
e charge is directly proportional to the integrated light incident on the photodiode and
therefore also proportional to the X-ray photons interacting with the detector. is results

in a linear relationship between the uence incident on the detector and the measured
pixel signal for a given energy spectrum.

Readout Time Constant:e time to read out the charge stored in the photodiode is limited by
physical properties of the pixel. e intrinsic capacitance and the resistance, when the TFT
is switched on, form a resistor—capacitor (RC) network. e time constantR C of this
network limits how fast the charge can be read out. Currently used aSi pixel arrays have time
constants on the order of a couple ef If the TFT were switched on for time equal,tonly
67 of the charge would be read out. An incomplete charge readout would cause similar
image artifacts as with the lag e ect (described in Unwanted Pixel Array Properties). For
this reason, it is common to set the readout time to be at leaghi&h enables a transfer of
approximately 99 of the charge to the integration ampli er. ese physical properties are
the primary cause for the readout time restriction, and hence limit the maximum achievable
frame rate.

Unwanted Pixel Array PropertiesAs with any physical device, there are certain real phenomena
that degrade or limit the actual performance of at-panel detectors. One such phenomenon
is the dark current associated with the photodiode. e dark current is present in all diodes
and is similar to the reverse bias leakage current in nonoptical devices. e dark current has
the same direction as the photocurrent and can therefore generate a signal in the absence of
radiation. is dark current is responsible for part of the o set signal that is seen in aSi-based
at-panel detectors. However, the major part of the o set signal originates in the electronics.
Since the aSi photodiode array is an integrating device, the dark current is integrated between
two readout cycles and is therefore dependent on the frame readout speed. As with any diode
leakage current, the dark current is also a function of the temperature. As a consequence,
the o set calibration or dark- eld calibration of the imager is dependent on temperature and
frame readout speed. It is therefore recommended to perform dark or o set eld calibration
on a regular basis. Some systems perform this calibration in the background without any
user interaction. Another characteristic of aSi arrays is charge trapping in the pixel diode.
It appears to the user as image lag or gain loss. Lag e ect, sometimes referred te as ghost
ing or memory e ect, is primarily caused by charge trapping in the photodiode. Lag e ects
originating in the scintillator are typically much smaller. Charge trapping occurs if there are
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additional energy levels between the valence and the conducting band of the photodiode.

ese additional energy levels are generated by the disordered structure of the aSi. ere are
two noticeable e ects that are related to charge trapping: (1) the gain e ect and (2) the lag

e ect. e rst 5-20 frames acquired a er beam-on appear to have less gain than the sub
sequent frames. Before the radiation is turned on, the trapping states in the photodiode are
empty. With the start of radiation, the trapping states are gradually lled up. ese trapped
charges cannot immediately be read out, and are therafesingn the rst few frames

of the readout. A er some time, the trapping states are lled and all of the newly generated
charge can be read out by the electronics. e loss of charge at the beginning of the sequence
appears as if the detector would have less gain, hence the name gain e ect. When-the radia
tion is turned o, the trapped state releases the charge as a function of time. Even though
there is no radiation present, a charge that was caught in the trapped state can be read out and
will appear as lag or as a ghost image. Charge trapping and charge releasing are exponential
functions and are continuous processes, which reach an equilibrium during radiation.

2.4 OPERATION OF A FLAT-PANEL IMAGER

e previous sections detailed the detection and conversion of X-ray to an electronic signal and
explained the function and properties of the di erent detector components. is section describes
the detector operation and how it is integrated and synchronized with the beam delivery system,
the LINACs.

A at-panel image detector incorporates a two-dimensional pixel array. Each pixel consists of a
photodiode and a TFT switch. e TFT gate connections of an entire row are tied to one gate line.
e TFT switches in a particular row will be turned on simultaneously when the gate line is activated
(Figure 2.14 Only one gate line is turned on at a time. As soon as the TFTs of one row is activated,

Gate line
Photodiode
Gae
driver Biasline
(5V
typical)
TFT
Data line Vbias
Ref inpu
(0 V typical)
Control Readout(charge) ampli ers

Analog to dgital converter

Figure 2.14 Schematic representation of a3 4 aSi array with associated electronics.



2.4 Operation of a at-panel imager 31

the charges are transferred via the data line to the integration ampli er. Each pixel in a particular
row has an individual data line and charge ampli er. However, all pixels in the same column are con
nected to the same data line and therefore share the same charge aFipglier 2.11 e readout
scheme described reduces the number of contacts to the panel and simpli es the design.

A frame readout sequence starts either at the top or at the bottom of the panel by activating
the rst gate line. A er the entire charge has been read out and transferred to the charge ampli er,
the gate line is turned o and the adjacent gate line is turned on. is process continues until all
rows have been read out. e gate lines are typically addressed in sequence, although they could
be addressed in any order. A er a short pause, the readout starts again and the next frame is read
out. All integrating at-panel detectors are continuously read out even if there is no radiation being
delivered and no image is requested. e integrating behavior of this detector design continuously
accumulates signals such as dark current even in the absence of a radiation source. ese accumu
lated background signals, together with other high-precision analog voltages, can only be-kept con
stant when the readout timing of the detector is also constant. is is achieved with the continuous
readout scheme. Error signals that are constant can be corrected with a calibration scheme as it is
outlined inSection 2.4.3

2.41 DESGN AND ELECTRONCS

2411 GATE DRIVER ELECTRONICS

e gate driver electronics consist mainly of a very long shi register with an output stage that is
able to drive the TFT gates. Typical TFT o -voltages are 10 V. TFT on-voltages are in the order of
12 V. In most designs, the output stage of the shi register can be switched on and o to control the
gate-on time, the time the charge is transferred to the readout ampli er.

2.41.2 READOUT ELECTRONICS

Each data line is connected to a dedicated charge integration ampli er. e integration ampli

ers have very sensitive input stages in order to convert charges as small as a couple of femto
coulomb into voltages that can be further processed. It is common to use a technique called
correlated double sampling (CDS) to cancel out any o set and low-frequency noise signals. e
CDS circuit captures a rst sample just before the TFT is turned on and establistsesignal

level. e TFT is then turned on for a prede ned period that allows the charge to be transferred

to the ampli er and establishes a second signal level. e di erence of the two signal levels
represents the readout pixel charge. Only this signal di erence is further processed and eventu
ally converted to a digital signal. Modern design incorporates the analog-to-digital converters
(ADC) in the same application specific integrated circuit (ASIC) as the charge amplifier. Older
designs perform the analog-digital conversion in separate chips or even outside of the detector.
Typical pixel value quantizations are 14 or 16 bit.

2.41.3 CONTROL ELECTRONICS

e control electronics have two main functions. First, they generate the signal used to control
the timing of the gate driver and the readout circuit. e timing may vary depending on the

di erent readout modes, the selected dose rate, and the requested dose per image. e control
electronics also format the digital pixel data such that they can be sent to the host for further
processing.
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2.4.2 DETECTORREADOUT AND SYNCHRONIZATION TECHNIQUES

ere is a restriction on the minimum time an aSi at-panel detector can be read out. One
fundamental limitation is the RC time constant arising from the TFT-on resistance and the
pixel capacitance. Assuming a typical TFT-on resistance of 0.7 mOhm and a pixel capacitance
of 10 pF, the time constant will be up tog. In order to read out 990f the pixel charge, the
TFT-on time should be at least 4 time constants or abous38ome spare time is required for
the readout and other delays, so a minimal pixel time ofs#®ould be used in this case. is
is the time that is required to read out a complete row, since all pixels in one row are being read
out simultaneously. Assuming a detector with a resolution of 128280, the minimum row
time has to be multiplied by the number of rows in order to get the frame time. Hence, the time
for reading out the entire detector is roughly 50-100 ms. Reading the detector during one of the
5 s beam pulses would create uncorrectable image artifacts and has to be avoided as outlined
in Section 2.1.2

e time between two consecutive beam pulses can be as short as 2.5 ms; therefore, it is not
possible to read out a complete frame in-between two beam pulses. ree basic detector readout
methods are implemented by the system integrator and are chosen depending on the imaging
use case. e three detector readout methods are describegeations 2.4.2 through2.4.2.3
Depending on the manufacturer, the name of the method might vary, but the principles remain the
same. e timing diagram is drawn for illustrative purposes for a 322 detector array (Idlumns
and 32 rows). e accumulated charge is shown for one pixel in row 1; however, all pixels in the
same row will demonstrate similar behavior.

2.4.21 PROJECTION RADIOGRAPHY

Projection radiography is primarily used for single pre- and posttreatment imaging. e beam
delivery system synchronizes with the image acquisition system, so that the dose is delivered in-
between two consecutive frame readouts. is method prevents any artifacts induced by the beam
pulse, but requires the beam delivery to be paused for at least one frame readout time (50-100 ms),
which is not desirable for in-treatment imagiriggqure 2.1p

If a radshot image is acquired during treatment, one or two reset frames (frames without beam)
are required to clear the detector prior to the desired image acquisition. is adds substantially
more beam-pause time and is typically undesirable during treatment delivery.

Beam pulses

First row Last row
(row 1) (row 32
Frame (row) readout

Frame n Frame n+1

Accumulated charge
of pixel 1 in row1

Readout of
pixel 1 in row 1

Figure 2.15 Radshot mode timing diagram for a frame with 32 rows.
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Beam pulseperiod

Frameperiod (1/fps) (typ. 2.5 ms 10 ms)

Beam pulses

First row Last row

(row 1) (row 32)
Image (row) readout

Framen Frame nt+1 Frame n+2
Accumulated charge
of pixel 1 in row1
Readout of
pixel 1 in row1

Figure 2.16 Synchronized mode timing diagram for a frame with 32 rows.

2.4.2.2 SYNCHRONIZED IMAGING
Synchronized image acquisition coordinates the row readout with the beam pulse delivery such that
it never reads out at the same time as a beam pulse is being delivered. Based on the selected machine
parameters (dose rate, energy, etc.), the imaging system calculates the number of rows that can be
read in-between two consecutive beam pulses. Instead of reading a complete frame at once, the frame
is partitioned in groups of rows that t in-between beam pulses. A er the readout of the last row, a
delay is added before the start of a new frame readout. is delay is adjusted such that the required
amount of dose is accumulated between two consecutive readout cycles of the skigam®2.15
Note that the pixel signal is the charge that is accumulated between frame n and frame n

is mode is best used for beam’s eye view (BEV) imaging, since it can run in the background
and does not in uence beam delivery. However, for systems or treatment modes where beam pulses
are randomly droppedhanding artifactsan occur due to di erential accumulation of beam pulses.

2.4.2.3 UNSYNCHRONIZED IMAGING

e unsynchronized image acquisition mode reads out frames completely independent of the beam
pulse timing Figure 2.1Y. e imager is free running is causes two types of image artifacts.

Frameperiode (1/fps)

Beam pulses
Frst row Last row
(row 1) (row 32
Image (row) readout
Framen Frame n+1
Frame n+2
Accumulated charge
of pixel 1 inrow1
Accumulated Accumulated
7 beam pulses 8 beam pulse

Figure 2.17 Unsynchronized mode timing diagram for a frame with 32 rows.
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First, when a beam pulse occurs during active row readout, the pixel signal will be slightly altered.
is can be observed in the image as small horizontal (direction of the row) lines that exhibit an

o set. Second, due to the unsynchronized frame start, not every row has accumulated the same
amount of beam pulses. Horizontal bands with a lower or higher signal can be observed in the
image. Both e ects appear at random locations and therefore cannot be corrected. However, for
dosimetry modes, where many frames are integrated or averaged to form an image, the artifacts
smear out and are much less pronounced than in a single frame image. It is worth mentioning that
no charge is lost, even if the beam pulse occurs exactly when the row is being read out.

2.4.3 FLAT-PANEL DETECTOR CALIBRATION

e goal of at-panel detector calibration is to correct each pixel, so that all of them appear to
have the same properties in terms of o set and gain. If you look at the pixel-response curve in
Figure 2.18the calibration makes the two pixel-response curves (pixel a and pixel b) look identical.

Due to inconsistent manufacturing, there are pixels that do not function at all or exhibit unsta
ble behavior. e task of the defective pixel correction function is to replace these defective pixels
with an estimated pixel value.

2.4.3.1 OFFSET CALIBRATION (DARK FIELD CALIBRATION)

e o0 set calibration enables the correction of any o set present in the system. e inherent pixel

o set value consists of two main components: (1) the pixels diode dark current as described in
Section2.3.2.3and (2) the various analog electronics o set along the signal path. e o set values
are readout timing and temperature dependent; hence, regular o set calibration is essential for
maintaining good image quality.

Reading the detector in the absence of the X-ray beam provides the o set value of all pixels. In
order to reduce the random noise associated with every image, the o set image is read several times
and then averaged. e o set value of each pixel is then stored in the o set image. During normal
image acquisition, the individual o set of each pixel is read and subtracted from the acquired value.
As a result, the individual pixel o set is removed.

Pixel Pixel
response response
Pixel a
Pixel b Pixel a= Pixel b

Gain (sensitivity)

Gain (sensitivity
O set
X-ray X-ray

exposure exposure
(b)

(@)

Figure 2.18 Pixel-response curves for two pixels: (a) Before calibration and (b) after calibration.
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2.4.3.2 GAIN CALIBRATION (FLOOD FIELD CALIBRATION)

Each pixel has a slightly di erent sensitivity (signal gain), as depictédure 2.18In addition to

the pixel gain variation, there is a multiplicative gain component that originates in the readout elec
tronics. e gain correction adjusts the gain of each pixel such that all pixels appear to have the same
gain. e gain image that is used for correction is acquired with a full- eld exposure (ood eld).
Multiple ood elds are averaged to prevent image degradation due to the presence of random noise.
e acquired gain image is normalized with the average (or median) value of the acquired image.

e full- eld exposure is not a uniform eld (the beam pro le is not at), so not every pixel is
exposed to the same amount of radiation. It is not possible to distinguish whether the di erence
in signal level is due to di erent pixel sensitivity or di eréntalexposure levels. erefore, val
ues in the gain correction image correct both sensitivity di erences and beam nonuniformities.
e resulting image (without an object) is always at. is is a desirable e ect when the image is
acquired for standard imaging use cases. However, if the image is used for verifying correct dose
delivery—as is the case for dosimetry use cases—this will de nitely not yield the desired result.
Algorithm and correction mechanisms exist to separate the sensitivity correction component from
the beam nonuniformity correction component in the gain image. is primarily allows for cor
recting the pixel sensitivity while maintaining the beam non-uniformity.

2.4.3.3 DEFECTIVE PIXEL CORRECTION

Every at-panel detector has pixels and sometimes lines or columns that do not respond correctly.
ese defective pixels have to be corrected. Typically, the systems replace defective pixels by an
average or the median pixel value of the nearest neighbor pixels. e pixel correction is performed
a er the o set and gain correction.

2.5 MV IMAGE QUALITY

e fact that the high-energy at-panel detector is in the axis of the beamline allows and enables the
capture of images without additional radiation during treatment delivery. It also provides informa
tion of the two important dosimetric axesdndy). e depth (along the beam axis) information
is less important, since there is no rapid dose fallo in the direction of the beam axis. A unique
advantage of the high-energy beam is the ability to penetrate through high atomic number material
such as hip implants or teeth llings.

High-energy (MV) images su er in contrast and sharpness when compared to kilovoltage (kV)
images. e contrast that appears in the image is mainly in uenced by two physical processes:

1. e ability of the object being imaged to create absorption di erence when the beam passes
through anatomy with di erent density. e ability to absorb X-rays is strongly dependent
on the energy of the photons and the type of interaction that takes place. e photon inter
action type is mainly a function of the atomic number Z &eation 2.3)land the beam
energy. ese dependencies are best visualized in the energy-dependent attenuatien coe
cients.Figure 2.1%hows the linear attenuation coe cients for bone and so tissue. e linear
attenuation coe cient is chosen because it visualizes the ability of di erent materials to
absorb X-rays for the same path length. For imaging purposes, this is more illustrative than
using density normalized mass attenuation coe cients.
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Figure 2.19 Linear attenuation coef cients; solid line: bone; dashed line: soft tissue. ( Source: www.
nist.gov/pml/data/xraycoef/). The dark gray area marks the energy range of diagnostic kV imaging
and the light gray area marks the range of MV imaging.

As can be seen Figure 2.19the di erences in the attenuation coe cients between bone
and so tissue are smaller for MV energies than for kV energies. is results in smaller
attenuation di erences and consequently less signal di erences between bone and so tissue
when MV energies are used for imaging.

2. e second process re ects the ability to e ciently absorb photons in the at-panel detector.
e absorption e ciency is a function of the atomic number Z, the density, and the thick
ness of the absorber material. As outline8éttion 2.3.,2he absorber material consists
of a build-up and a scintillator layer. e scintillator uses a material with a relatively high Z
(gadolinium oxysul de: Z = 64). e dominant interaction process is photoelectric absorp
tion up to 400 keV. Above this energy, the Compton interactions dominate. As outlined in
Section 2.3,%he probability of interaction for the photoelectric e ect is roughly prepor
tional to 2 and for Compton it is roughly proportional to Zgble 2.J. e dominance of
the Compton interactions in MV at-panel imagers is one important factor for the relatively
poor quantum detection e ciency of high-energy at-panel detectors. Current at-panel
detectors used for treatment imaging have a quantum detection e ciency of arow2d |1
so only a small fraction of the photons are converted to an image signal. For comparison,
diagnostic (kV) imaging systems have a similar detector construction, but reach a detection
e ciency of 50 —70 , due to the dominance of the photoelectric e ect.

eoretically, any subtle di erence in contrast could be made visible (assuming su ciently small
pixel value quantization), if they were not limited by the noise that is present in all X-ray images.

e majority of today’s detectors are described @gantum limited at means the only noise

source that can be observed in the image is a consequence of the statistical spatial distribution of
the X-ray quanta. is noise is sometimes referred to as quantum noise. Any other noise source
such as system noise is negligible and therefore not visible in the image. e quantum noise can
be described by a Poisson distribution. As a consequence, the noise becomes a function of the sig
nal amplitude itself: = N, where N is the number of quanta ands the quantum noise. e

only way to reduce the noise is to detect more quanta. Assuming the imaging dose is constant, the
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detection e ciency of the detector had to be improved to capture a bigger fraction of the photons.
Reduced noise will then improve the visibility of the object contrast. Concepts to increase detector
e ciency are described isection 2.2.4

Another disadvantage of imaging with a high-energy photon beam is the electron shower that
is created by Compton interactions. One photon can create electrons with relatively high energy
(Figure 2.7. ese electrons release their energy through multiple ionization and excitation pro
cesses. e secondary photon can interact with matter and generate electrons that then deposit
their energy some distance away from the incident interaction. As a result, the scatter component
of an MV beam is not negligible. Due to the relatively high energy, scatter cannot be reduced by an
antiscatter grid. ese mechanisms, together with blurring in the detection layers, contribute to the
degradation of the spatial resolution, and hence the loss of sharpness.
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3.1 INTRODUCTION

Evaluating electronic portal imaging device (EPID) detector design alternatives and understanding
its performance for imaging and dosimetry applications is enhanced by having a detailed understand
ing of how the EPID responds as a radiation detector. A primary tool for evaluating expected detec
tor response and performance is Monte Carlo (MC) radiation transport simulationschepter
describes MC as applied for EPID imaging and dosimetry, utilizes MC to evaluate basic detector
performance to incident radiation, and demonstrates the use of MC to compute EPID images.

MC simulations have been used extensively in EPID studies as they have undergone several
generations of evolution, from liquid ionization chambers to camera-based systems, to aSi-based
at-panel detectors. Studies range from investigating the image-formation process (Bissonnette
et al. 2003), detector design (Wowk et al. 1994; EI-Mohri et al. 1999; Cho et al. 2001; Schach von
Wittenau et al. 2002; Ko et al. 2004; Radcli e et al. 2009), simulation of detector characteristics

39
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such as detective quantum e ciency (DQE), noise power spectrum (NPS), and modulatien trans
fer function (MTF) (Bissonnette et al. 2003; Star-Lack et al. 2014), detector optical transport
(Liaparinos et al. 2006; Michail et al. 2010; Blake et al. 2013), investigating alternative detector
designs (Monajemi et al. 2006; Sawant et al. 2006; Teymurazyan and Pang 2012), considering
accelerator target design to optimize imaging (Flampouri et al. 2002), analyzing detector spectral
response (Yeboah and Pistorius 2000; Laure Parent et al. 2006), energy-deposition kernel genera
tion for use with other calculation algorithms (Keller et al. 1998; McCurdy et al. 2001; Kirkby and
Sloboda 2005; Li et al. 2006; Wang et al. 2009), to generating simpli ed calculation models for
clinical use (Jung et al. 2012).

Although further evolution in EPID design is anticipated, this chapter concentrates on current
aSi at-panel detectors.

3.2 EPID MONTE CARLO

EPID MC simulations are typically used to (1) understand detector response; (2) predict images
either with or without the patient; and (3) compute energy-deposition kernels to aid alternative
calculation algorithms. Depending on the calculation, the source of incident particles can range
from a treatment head simulation and/or source model, to parallel beam of monoenergetic par
ticles incident on the EPID surface. In the case of predicting a through-patient image, a patient
model, typically based on CT scan of the patient, is placed between the source and the EPID with
ensuing particle transport through the patient. e MC simulation through the EPID is typically
based on detailed geometric descriptions provided by the manufacturer. In addition to the typi
cal radiation interactions in the detector, the simulation may include transport of optical photons
within the detector as this a ects the signal recorded by the detector.

3.2.1 GEOMETRIC MODELING

For accurate response simulation, the geometric model for an EPID MC simulation should be based
on the manufacturer design speci cations. It has been shown that for some imagers, backscatter from
materials downstream of the EPID contribute to the detector signal (Ko et al. 2004), meriting their
inclusion in the simulation geometry. In some circumstances, minor detector elements that contribute,
for example, 0.5 of the signal can be neglected from the model, but at the risk of degraded model
accuracy. Similarly, backscattering materials can o en be adequately modeled with a simpli ed model.

e schematic illustration of a typical imager along with materials included in the MC geomet
ric model is shown ifigure 3.1 e MC geometric model includes the front cover and the detector
case, as well as a detailed model of the internal image detection unit (IDU) (not all materials are
shown). e materials downstream of the IDU need to be included in the MC simulation only if
radiation interactions in those materials contribute to energy deposition in the screen. Materials
downstream of the IDU are required for simulation of Varian's aS500 and aS1000 imagers (Ko et al.
2004), but not for the aS1200 imager or for Elekta iViewGT imagers (Laure Parent et al. 2006).

For the MC, the geometric model consists of multiple parallel planes of uniform materials.
is geometry is straightforward to implement in Geant, GATE, MCNP (Schach von Wittenau
et al. 2002), Penelope, EGSnrc, and the BEAMnrc, DOSXYZnrc, and DOSRZ user codes. e
MC scored energy in the screen serves as a surrogate for the detector response. e screen can
be geometrically subdivided into individual pixel elements for scoring, or a virtual scoring mesh
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Figure 3.1 Schematic drawing of a typical EPID. Items included in the dashed box are included in
the MC simulation model. The stiffener, screen, and backscatter are simpli ed representations of
the multiplane components used in simulations. Figure is not to scale.

can be overlaid on the screen for scoriRigigre 3.5 is later method is further discussed in
Section 3.3

3.2.2 LIGHT TRANSPORT

Although at-panel imagers yield a signal when operated in direct measurement mode without

an intensifying screen (EI-Mohri et al. 1999; Sabet et al. 2010), intensifying screens are used to
increase sensitivity in all commercial EPIDs. A typical intensifying screen is the Lanex Fast Back
screen (Carestream Health, Rochester, NY), which increases the detector sensitivity by a factor
of 8 (Vial et al. 2008). e intensifying screen dominates the detector energy respgdesgon

3.2.3 and contributes to signal blurring from the spread of optical photons in the imager (Kirkby

and Sloboda 2005; Blake et al. 2013). MC simulations of detector response including optical pho
ton scatter have demonstrated that it can be ignored without compromising simulation results for
most scenarios. As a result, energy deposition in the screen serves as a suitable surrogate for EPID
response in MC simulations (Blake et al. 2013).

3.2.3 DETECTORRESONSE

Figure 3.hows the MC computed energy deposited per monoenergetic source particle-for pho
tons and electrons incident on a Varian aS1200 EPID imager. e photon scale has been multiplied
by a factor of 10 for easier comparison of the responses. e photon energy response is high at
low energies due to high photoelectric cross section of th®,5d'b screen. As the photoelectric
cross section decreases with increasing energy, so does the EPID’s photon response until the signal
increases due to Compton interactions.

Electrons with E3 MeV have insu cient energy to traverse the materials upstream of the phos
phor screen; therefore only the bremsstrahlung from these electrons contribute to the EPID signal
above 3 MeV, the signal from electrons rapidly rises with electron energy. e electron-response
curve looks similar to a backward electron depth-dose curve, as expected when a xed-depth
detector is irradiated with electrons of increasing energy. Above 4 MeV, the signal per electron is
more than 10 times the signal per photon.

As indicated inFigure 3.2 the EPID energy response is substantially di erent from water-
equivalent detectors, particularly for EL MeV photons. is is not an overresponse of the EPID,
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Figure 3.2 Dose deposited in the screen per source particle as a function of particle energy for
monoenergetic photons and monoenergetic electrons incident on a Varian aS1200 EPID. The pho-
ton dose scale has been multiplied by 10. Above 5 MeV, dose/photon is  1/10th the dose/electron.
The dashed curve is the relative dose deposited per source particle at 1.5 cm depth in water. The
energy response of the screen differs from water, particularly at energies below 1 MeV.

but merely the natural e ect of photoelectric interactions in the higher e ective Z than water
detector. is nonwater-like energy response challenges most dose calculation algorithms that use
water-based energy deposition kernels.

Using MC, the photon response as a function of energy can be subdivided by the materials
that generate the secondary electrons that interact in the phosphor screen as drigureiB.3
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Figure 3.3 Fractional contribution of secondary electrons contributing to energy deposition in
the screen for the Varian aS1200 imager as a function of photon energy. The different curves rep
resent different detector materials. Note, totals may not add to 1 due to contributions from the
aSi glass panel (max 2.5 @ 6 MeV) and other materials between the Cu build-up and the aSi panel
(max 3 @1 MeV). Upstream signi es detector elements traversed before the Cu build-up, whereas
downstream detector elements after the aSi glass panel.
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Contributions from materials upstream of the Cu build-up, the entire screen, and }0gS5h

screen layer and materials located downstream of the aSi glass panel are shown. At low energies,
all signal is from photons interacting in the screen, with Cu build-up components starting to con
tribute at E 0.5 MeV. By 3 MeV, the Cu build-up levels o to contribute 0.56—0.60 of the total dose.

e components upstream of the Cu screen begin contributing at the same energy that external
electrons begin contributing-{gure 3.2 3 MeV. As energy increases, the dose contribution from
electrons generated upstream of the screen increases to neady th@ total dose, whereas the
detector unit backscatter components contribute up tm8the signal.

3.2.4 ENERGY-DEPOSITION KERNELS

Example MC computed energy-deposition kernels for photons and electrons are shown in
Figure 3.4.ese kernels are computed by simulating monoenergetic particles incident perpen
dicular to the imager at the imager center and scoring the EPID response. It is interesting to note
the response kernel is narrowest at intermediate photon energies; the 1.0 MeV kernel is narrower
than those at 0.15 and 10 MeV. is is due to the transition from photoelectric to Compton, to
pair-production dominated events, and contributions from backscattered electrons. e electron
kernels are substantially broader than the photon kernels due to multiple Coulomb scattering in
materials upstream of the imager screen.

3.2.5 MonNTE CARLO CALIBRATION TO DETECTORRESONSE

e output from typical EPID MC simulations is the dose deposited in theG&:Tb intensifying
screen, which converts electrons produced in the Cu build-up plate into visible light, which is then
detected by the aSi glass panel. e light output is considered to be directly proportional to the
energy deposited in the screen. Due to slight variations in at-panel manufacturing processes, real
detectors have pixel-to-pixel sensitivity variations. Similarly, readout electronic variations result in
further pixel-to-pixel sensitivity variations and a nonzero background signal. To account for these
variations, dark- eld and energy-dependent ood- eld calibrations are typically performed to
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Figure 3.4 Monte Carlo computed energy-deposition kernels for monoenergetic (a) photons and
(b) electrons for the Varian aS1200 EPID imager. The photon kernel has a minimum width near
1 MeV, whereas the electron kernel gets narrower with increasing energy.
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normalize measured pixel responses. is normalization, however, suppresses the true beam pro
le. Flattened beams typically halvernsat shallow depths, whereas ood- eld corrected images
will have a at pro le. erefore, the true beam pro le must be restored to measured images prior
to intercomparing them with MC calculations.

Processes used to restore the true beam prole to a ood-eld attened measured image
include (a) applying an empirical (Siebers et al. 2004) or measured (Van Esch et al. 2004) correc
tion matrix, (b) ensuring that the ood- eld image is uniform (Siebers et al. 2004), or (c) direct
calibration of the relative pixel response (Greer 2005; Sun et al. 2015; Boriano et al. 2013). Since the
di erential energy response of the EPID di ers from that of water, Im, and other typical beam-
pro le detectors, care must be taken when the calibration is based on matching another detec
tor, since the detector response will deviate with respect to such a calibration when the energy
spectrum incident on the EPID changes. Only direct calibration of the relative pixel response,
without reference to a non-EPID—measured beam pro le will result in a calibration that is robust
to energy spectrum changes, with the response being proportional to the dose to the EPID imag
ing phosphor.

e conversion of measured EPID pixel-intensity per monitor unit to MC computed dose per
treatment head source particle can be accomplished by equating the measured and computed
responses under a single set of common conditions, for example,1® Dd# eld with the imager
at 105 cm source-detector distance (SDD).

For a properly commissioned MC source model, no additional calibration should be required
to account for output dependencies, for example, due to eld-size dependencies of output factors.

3.2.6 EPID sOURCEMODEL CONSIDERATIONS

For pretreatment and patient-EPID image calculations, accuracy is limited by the accuracy of the
source model used in the calculations. Although MC source-model tuning typically matches depth
dose and lateral beam pro les for phantoms located near isocenter, users must be aware that the
EPID is usually positioned at a highly extended source to surface distance (SSD)L8@pcim)
compared with typical patient-dose calculation80~110 SSD). erefore, one must ensure that

the model remains valid at these extended distances. Furthermore, as the energy dependence of the
EPID signal per photon di ers from that in water, the energy spectrum in the MC source models
should be tuned to simultaneously match in-water and EPID responses.

3.2.7 SIATISTICAL CONSIDERATIONS

In an MC simulation, the statistical precision of a scored quantity is proportional to the number
of events that contribute to the score, which is proportional to the number of particle histories
(nHistories number of source particles) simulated. e nHistories simulated required to-com
pute an EPID image is substantially greater than the number for a patient-dose calculation with an
equivalent statistical precision.

With the same incident uence, the number of events occurring in two volumes containing
equivalent materials is proportional to the voxel volume. For example, eight times as many scoring
events will occurina 44 4 mn? patient-dose voxel thanina 2 2 mn? voxel. For equiva
lent statistical precision, a simulation with 4 4 mn® voxels requires one-eighth as many histo
ries as one with 22 2 mn? voxels. A similar scaling can be performed to determine the number
of histories for an EPID simulation of equal statistical precision. Consider a3@® mni EPID
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containing 512 384 0.78 0.78 mni pixels. e sensitive region of the EPIDs phosphor screen

is 0.3 mm thick; therefore, the EPID voxel volumeligl5th that of a2 2 2 mn? voxel. For

a 1024 768 or 1024 1024 imager, the voxel-volume ratio is 1/180th. If this were the orly fac

tor, when aiming for equivalent statistical precision, a single-beam MC calculation with the EPID
located at the plane of the patient would require simulation of at least 45 times as many histories as
required for a patient-dose calculation.

For nonequivalent materials, the ratio of the material interaction cross sections must also
be accounted for when determining the ratio of the number of interactions per unit volume.
Near 2 MeV, the dose per photon for the EPID and an equivalent water detector are about equal
(Figure 3.2 erefore, there are nearly equivalent events per unit volume in this Compton-
dominated energy region. At both low energies and high energies, the EPID signal is larger in
comparison to water, but always within a factoraxb. For a 6 MV beam with mean photon energy
near 2 MeV, the material di erences have little to no e ect on the required number of histories.
Similarly, the beam-hardening caused by the patient will have little e ect on nHistories.

For simulations of in-treatment imaging, the EPID is placed downstream of the patient at an
SDD of 150-180 cm. Compared with the patient at 100 cm source-to-axis distance (SAD), the par
ticle uence is reduced by 2.25 (SS50) to 3.3 (SSD 180); hence, the NPS for these simulations
must be increased by these factors for equivalent statistical precision.

An additional factor that a ects nHistories for EPID calculations is the number of beams
used in the treatment delivery. For patient-MC dose calculations, the nHistories required for a
given statistical precision is independent of the number of beams because the beams converge in
the high-dose region at isocenter and the quantity of interest is the integrated patient dose from
the treatment. Unfortunately, this independence does not carry over for the unique EPID images
formed by each beam. When per-beam EPID images are desired, the nHistories for each beam
must be su cient to reach the desired statistical precision. Over an entire treatment, this mul
tiplies the total nHistories by the number of beams. is becomes especially burdensome when
cine-EPID images are desired for arc-therapy veri cation, with images at, for example, 180 control
points, or continuous cine images at 10 Hz yielding 600 independent EPID frames for a 60 s, 360
gantry rotation.

e overall nHistories required for EPID image creation can be staggering when a statistical
precision similar to that which is needed for patient-dose calculations. e increase in nHistories
and computation time can be as low as a factor of 45 when a382imager is simulated for a
single beam with the EPID at isocenter, but as high as 350,000 for a7&®4mager located at
180 cm SDD for a 600 frame cine acquisition. e time required to compute these EPID images can
be reduced with multiple fast multicore CPU or GPUs, and utilizing variance reduction techniques
and approximations in calculationS€ctions 3.2nd3.9.

3.3 VARIANCE REDUCTION AND APPROXIMATIONS

Many publications discuss variance-reduction techniques for particle transport. e interested
reader can nd detailed discussion and references with respect to variance reduction in Jenkins
et al. (1988) and Siebers et al. (2005).

Variance reduction refers to techniques to reduce the computer CPU tieeessary to determine
a quantityR within a speci ed statistical uncertainty, without changing the computer hardware.
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T is proportional tdN, the number of statistically independent particle tracks simulated. e variance,
\%, decreases with/N, the producT \# is constant, and the e ciencyof s simulation is given as

1
T

Variance-reduction techniques play an essential role in radiotherapy treatment head MG simula
tions and patient-dose calculations. Techniques such as bremsstrahlung splitting, Russian roulette,
history repetition, simultaneous transport of particle sets, and ctitious cross sections have enabled
research on delivery systems, detectors, and dose deposition in heterogeneous patients and phan
toms. Variance reduction has also enabled clinical patient-dose assessments.

For EPID simulations, application of variance-reduction techniques during the treatment head
and patient transport portions of a simulation are critical to ensure that enough particles-are inci
dent on the EPID to achieve a statistically meaningful inagetibn 3.2)7 e above variance-
reduction techniques can also be applied to particles transported through the imager; however, the
greatest bene t is achieved by techniques that ensure that the incident particle contributes to the
image creation as opposed to transporting through the imager without interacting. As such, an
e ective variance-reduction technique for EPID MC simulations is forced interactions of incident
photons with the imager components followed by implicit capture (survival biasing) in which the
incident particle survives each collision, but with its weight reduced by its survival probability.
With this technique, multiple progeny of each incident particle can contribute to the EPID image.
e e ciency improvement of this process can be enhanced by sampling multiple di erent par
ticle cascades from a single incident particle to further sample the energy deposition distribution.
Additional gains can be made with application of source-particle history repetition, which will
result in multiple identical particles incident at di erent locations on the imager. Here, ful reap
plication of the imager signal at multiple locations can be applied, greatly improving calculation
e ciency. Reapplication of the energy depositions at multiple locations is similar to MC kernel
convolution, discussed iBection 3.5

True variance-reduction techniques introduce no bias in the quantity being computed. As
the goal of MC is to compute the quantity of interest with the lowest total uncertainty, itis o en
prudent to trade-o small systematic errors for large e ciency gains, thereby enabling-reduc
tion in the random, and more importantly, total uncertainty. Many approximations inherently
exist in an MC simulation, for example, condensed history electron transport is an approxima
tion; however, extensive comparisons with experiments have demonstrated that condensed his
tory techniques can be used without introducing detectable bias. Other typical approximations
utilized include geometry simpli cations, energy cuto s, physics models, and others. Ideally,
all approximations are backed up with a sensitivity study to determine the systematic error
introduced.

When a particle is transported in an MC code, a substantial fraction of the CPU time in a
given particle history can be consumed by the boundary crossing algorithm used to transport
a particle across material or scoring region boundaries. Although the boundary crossing algo
rithm used can a ect both the speed and accuracy of the MC simulation, for energy depaosition
scoring in the EPID phosphor screen, eliminating the boundaries between adjacent scoring
regions, as shown frigure 3.5can substantially reduce the simulation time without intreduc
ing signi cant bias. e method separates the particle transport geometry and its associated
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Figure 3.5 Schematic representation of the direct conversion of the energy-deposition event
position to the pixel index. Instead of requiring the MC to transport particles through individual

pixels at the imager screen level, energy-deposition events at a position (x, y) are directly trans-
lated to pixel coordinates (i, j). This virtual pixelization removes the need for the MC to perform

interpixel boundary crossings, and, therefore, reduces the MC computation time. (From Siebers J.
V. et al.,, Med. Phys, 31, 2135-2146, 2004. With permission.)

boundaries from the energy-deposition grid, which is boundary-less. e condensed-history
step electron-energy deposition event locations are directly translated to pixel coordinates.
Eliminating the scoring-plane boundaries reduces calculation time by a factdrfof a typi

cal EPID MC simulation. However, bias is theoretically introduced by the boundary artifact
indicated inFigure 3.6 is e ect has been described by Bielajew et al. (2000). In practice,
however, the bias introduced is negligible and is blurred out by the spread of the optical photons
within the phosphor screen.

Other geometric simpli cations have also been used to reduce MC calculation time for EPIDs.
Frauchiger et al. (2007) investigated several geometric EPID models and concluded that eight-layer
geometry results in similar EPID dose distributions compared with the accurate 24-layer geometry,
yet reduces the CPU time by about a factor of 6.

When computing through-patient EPID images with 6 MV beams, electron transport in
the patient can be neglected, as these electrons have no direct contribution to the EPID signal
(Figure 3.2 e in-direct bremsstrahlung contribution from electrons in the patient is negligible.

Voxel 1 Voxel 2

dats pasuapued
L\l'ed uoioal3

Figure 3.6 Theoretical bias introduced eliminating interscoring region boundaries in the EPID
screen in an EGSnrc simulation. Without boundaries, the condensed history step length can be
large with respect to the voxel size and all energy deposition would be scored in Voxel 1, whereas
the electron path simulated with the intervoxel boundary would consider the distance to the scor -

ing region boundary, choose a shorter step length, and deposit some of the energy in Voxel 2
along the electron path. In practice, this bias is negligible.
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3.4 EPID RESPONSE INMV TREATMENT BEAMS

MC simulations and measurements show excellent concordance for 6 MV beams as shown in
Figures 3./and 3.8 Similar agreement has been found by a number of authors Such as Spezi and
Lewis (2002); Parent et al. (2007); Cu in et al. (2010). e MC simulation reproduces both pro le
shape and absolute output as a function of eld size, except in the gantry-couch pro le at distances
of 5to 15 cm forthe 15 15 and 20 20 cni elds. is discrepancy is due to backscatter from

the EPID mounting, which was not su ciently modeled for the simulation. Techniques have since
been introduced to account for the nonuniform backscatter of the Varian aS500 and aS1000 imagers
(Wang et al. 2009; Rowshanfarzad et al. 2010). Note, the Varian aS1200 and Elekta iViewGT do not
have the asymmetric pro le problem since they have su cient uniform backscatter material.

An example of good agreement between MC and EPID measurement is steiguren3.8for
pretreatment intensity-modulated radiation therapy (IMRT) quality assurance (QA). Visually, the mea
sured and computed pro les are nearly indistinguishable. Pro les showigime 3.8@nd the EPID
dose-di erence histogram iRigure 3.8dlemonstrate the accuracy achievable with MC for 6 MV beams.

MC-based studies of image formation for 6 MV photons show that electrons originating in the
treatment head or in a patient can be safely omitted from MC calculations for most imagers since
few electrons have su cient energy3(MeV) to reach the EPID screen. For higher energy beams,
however, electrons contribute a substantial fraction of the signal, as is sheigaran 3.9which
compares 18 MV measured and simulated images as a function of eld size. A calibrated-MC com
puted image excluding electrons will fail to reproduce the beam pro le as a function of eld size.
For large eld sizes, the beam horns are exaggerated and the out-of- eld dose is underestimated. e
right panel shows that the electron contribution is a broad-pro le without noticeable beam edges.
For the 25 25 eld size, the signal from electrons for an 18 MV beali8is of the photon signal.
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Figure 3.7 Comparison between measured and MC computed beam pro les as a function of eld
size for 6 MV beams on an aS500 imager. Comparisons are in terms of absolute pixel response with
the measurement and MC cross calibrated in a 10 10 cn? eld. The discrepancies at distances

5to 15cmforthe 15 15 and 20 20 cn? eld in the gantry-couch direction are attributed to
inadequate modeling of the backscatter from components downstream of the detector unit. (From
Siebers J. V. et al.,Med. Phys, 31, 2135-2146, 2004.)
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Figure 3.8 Measured and MC computed pretreatment aS500 EPID images for a sliding-window
head-and-neck IMRT eld. The MC simulation included transport through the treatment head, the
moving MLC leaves, and the portal imager. The MC image accurately reproduces the intensity
modulation and the tongue-and-groove effect from the MLC delivery. The average pixel difference
was 0.5 and the gamma passing rate for this eld was 99.7 with a2 , 2 mm criterion. (Adapted
From Siebers J. V. et al.,Med. Phys, 31, 2135-2146, 2004.)
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Figure 3.9 (a) Comparison of measured and MC simulated 18 MV beam pro les with and without
contributions from treatment-head generated electrons and (b) photon and electron contribu -
tions to the EPID response. Exclusion of the electron component for high-energy beams affects
the calibration such that the large eld beam horns are exaggerated and the out of eld dose is
underestimated if they are neglected in the simulation.
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3.5 MC KERNEL FLUENCE CONVOLUTION FOR EPID IMAGE
GENERATION

An EPID is a xed geometry device that can change its location with respect to the beam. From
the EPID’s point of view, the only di erence between one beam con guration and the next is the
di erential energy uence incident on the detector, which analog MC simulates one particle at a
time. Although forced interactions, history repetition, and other variance reduction techniques are
utilized to improve the signal per EPID-incident particle with some success, the upper limit of the
signal per EPID-incident particle for an incident partie{&, J whereE is the particle energy and
u is the particle direction, is achieved by scoring the energy-deposition K&Pnél,) at the par
ticle’s location. Although it is impractical to comp#i>, E,) for continuous oating point values
of Eandu, careful discretization & andu along with one-time precomputation K{P, E,) make
the problem tractable. is is the basis for kernel convolution techniques.

Kernel convolution techniques utilize MC computed EPID dose-response kernels along with
particle uence to compute the dose to an imager pixel. e basic form of the convolution te com
pute dose to positionon the EPID panel is

D(r) (EDEKE,r F)dEd

that convolves the di erential energy uenge ( Er’j with the energy di erential kern&(E,r ).

Kernel convolution techniques have been used extensively for predicting images from MC com
puted uence using polyenergetic kernels derived from monoenergetic kernels (McCurdy and
Pistorius 2000; McCurdy et al. 2001), radially-di erential polyenergetic kernels to account for o -
axis hardening (Li et al. 2006), and direct summation of images created by weighted monoenergetic
kernels (Wang et al. 2009). Although each of these algorithms discretizes the problem and neglects
directional dependence)(of the incident particle on the EPID (kernel tilting is not implemented),
they reproduce measured EPID images with an accuracy that is similar to that of full analog EPID
MC simulations. With su cient kernels, kernel-based methods reproduce analog MC computa
tions within the statistical precision of the analog MC computation, thereby making them a rea
sonable time-saving substitute for full analog EPID MC simulations.

3.6 MC COMPUTATION OF IN-TREATMENT IMAGES

MC simulations can play an important role as a tool for independent veri cation of patient dose
in every treatment fraction in an adaptive radiotherapy process. is could be ideally done online,
using fast codes, or o ine, for the purpose of recording the patient dose accumulated during the
course of treatment and for taking corrective action if the prescription constraints are not met.

A survey of EPID related publications indicates that an increasing number of institutions are
currently using EPID for pretreatment and treatment veri cati@mapters 6and11 of this book
cover these applications. e sensitivity and speci city of these validation tasks is dependent on the
accuracy of the EPID dose calculations. Although some commercial treatment planning systems
(TPSs) provide EPID dose or image predictions, as noted, the di erential energy response of aSi
EPIDs and TPS water-kernel-based dose calculations limit the accuracy to which non-MC or non-
EPID speci ¢ dose response kernels can reproduce EPID signals. MC simulations are ideally suited
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for treatment QA purposes and allow users to perform veri cation tasks in an independent man
ner, in a framework outside the TPS. Besides their proven advantage in terms of dose calculation
accuracy, MC simulations allow one to investigate the in uence of source components for beams of
a particular type and their contaminant particles. For independent treatment veri cation, some MC
codes present the advantage of being open-source and publicly available. is is a feature that allows
for user customization in ways that would be impossible with proprietary commercial QA solutions.

A truly patient-speci QA protocol should be relevant to the actual patient treatment and be
capable of providing patient-pose speci ¢ dosimetry. Although phantom-based commercially
available QA solutions are widely used for pretreatment veri cation, they would obviously not be
able to catch during treatment errors, such as patient mispositioning, errant multileaf collimator
(MLC) position, and so on. In contrast, patient 3D dose calculation using real-time linear accelera
tor (LINAC) log information and transit EPID dosimetry (in conjunction with cone-beam-com
puted tomography (CBCT) data acquired in every treatment fraction) can provide the information
needed for accurately assessing the patient-dose accumulation over the entire course of treatment.

EPID can be used for both pretreatment and tramsit/i{vo dose veri cation. Pretreatment
dose veri cation allows for detection of errors made during the transfer of treatment parameters
between the TPS and the treatment unit and for detection of malfunctioning equipment (machine
output variations, atness and symmetry errors, or leaf positioning errors, e.g., due to incorrect
MLC calibration). Transit dose veri cation allows for detection of errors related to patient treat
ment (setup errors, organ motion, anatomy changes, or changes related to di erent patient arm
position, e.g., or to the fact that the beam passes through a di erent part of the couch or restraining
device). An EPID-based adaptive radiotherapy work ow has been described in detail by Persoon
et al. (2013), although their dose calculation algorithm was Varian's Acuros, rather than MC. For
transit dosimetry, a model of the treatment couch (e.g., Teke et al. [2011]) should be included,
besides the patient CT dataset, in the MC simulation.

e types of errors that can be detected by comparing measured and MC predicted EPID
images depend on the coupling between the MC image prediction algorithm and the patient-dose
prediction algorithm. If the simulated source particles for the patient-dose calculation are used
for the pretreatment EPID veri cation and particles exiting the patient-dose calculation algo
rithm are used for transit dose veri cation, there is little opportunity for the delivery errors to
be introduced and go undetected. Comparison of measured and predicted pretreatment images
con rms the beam delivery, including congruence of the information transferred to the delivery
system and that used for the MC patient-dose computation. Comparison of the MC predicted and
measured transit images con rms the patient attenuation. Patient shi s through homogeneous
regions could be di cult, if not impossible to detect; however, the LINAC beam delivery can be
rigorously veri ed. On the other hand, if there is no coupling between the MC predicted images
and the patient-dose calculation, comparison between measured and such stand-alone MC pre
dicted EPID images might not reveal dosimetry errors that may originate in the TPS or TPS data
transfer. Improper conversion to DICOM (or transferring the wrong beams) would in uence the
MC prediction algorithm and the LINAC delivery, making such errors undetectable. Similarly,
errors in the patient-dose calculation (e.g., wrong output factors or MLC characteristics such as
the dosimetric leaf gap) would not be detected by stand-alone MC predictions. ese, error if
present, would be uncovered by a direct TPS tqitientdose comparison that simultaneously
computes the EPID image. Some authors have accounted for deviations between TPS predicted
and delivered uence by utilizing pretreatment EPID images to back-project the beam uence and
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reconstruct a phase space that can then be sampled to calculate the MC patient-dose distribution
and predict the transit EPID dose (van Elmpt et al. 2006).

Although the earlier EPID MC studies typically focused on integrated eld images to verify
the accumulated eld shape and dose, for dynamic treatments such as volumetric modulated arc
therapy (VMAT), it is desirable to also predict and verify images per control point. Podesta et al.
(2014) provided a calibration method for time-dependent pretreatment dose veri cation for both
attened and attening lter free (FFF) beams, and showed that su cient data are present in the
LINAC log les and EPID frame headers to reliably synchronize and resample portal image frames
to correspond to treatment plan control points.

Asuni et al. (2013) described a method for simultaneously providing MC dose deposition in
both the patient CT dataset and any type of planar (entrance or exit) detector for VMAT plans.

Su et al. (2015) developed an e cient simulation technique and demonstrated the feasibility of
including transit EPID cine-mode MC simulations as part of a comprehensive patient-speci c VMAT
QA process. ey developed a novel tool within the BEAMnrc/DOSXYZnrc environment that
is capable of providing transit EPID distributions, per control point, or over any user-de ned time
interval, in a single simulation, for any VMAT plan delivered to a patient, as describection 3.7
Simultaneously, the total MC dose distribution is generated within the patient CT phantom.

A meaningful dose reconstruction requires simulations through an updated anatomy dataset,
since there may be patient anatomy variations during a fractionated course of treatment. McVicar
et al. (2015) have proposed a work ow to assess daily dose distributions using a patient CBCT data
acquired before each fraction and MC simulations. All image and contour registrations-are per
formed automatically with a deformable image registration so ware suite and MC simulations are
performed daily on the anatomy-updated deformed CT set, using the automated MC QA system
described in Popescu et al. (2015). An indirect validation of the dose reconstruction is performed
by comparing daily EPID images acquired during patient treatment with MC predicted ones (using
the Su et al. [2015] technique mentioned above), based on the updated patient anatomy. e LINAC
performance is intrinsically captured by EPID images. e dosimetric e ects of LINAC perfor
mance can be capture by using LINAC log les for MC inputs.

At present, there is no general consensus on the thresholds for action level, when di erences
between actual and predicted EPID doses are noted, since it is di cult to interpret these di erences in
terms of their implications for tumor control probability and normal tissue complication probability.

3.7 ADVANCED CLINICAL APPLICATION: 4D E PID IMAGE
PREDICTION

Popescu and Lobo (2013) have introduced a new class of phase spaces in international atomic energy
agency (IAEA) format (Capote et al. 2006), cllRphase spacés which a time-like variable (most
commonly, the MU index) is part of the record of each particle, along with its position, energy, charge,
momentum vector direction, LATCH, and so on. A similar feature was proposed much earlier by
Spezi et al. (2001), but it was limited to the native (planar and static) BEAMnrc phase space format
and thus not amenable to VMAT simulations in which the patient geometry is time-dependent. e

4D phase space takes advantage of the fact that the IAEA format permits storage of nonplanar phase
spaces; the 4D phase space is stored at the patient CT boundary. is scoring geometry allows for
the capturing of all particles that exit the patient, regardless of their direction, and can be saved in
either the LINAC (BEAMnNrc) or patient (DOSXYZnrc) coordinate systdfiggi(e 3.1D
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Figure 310 An entrance phase space, scored by BEAMnrc at the bottom plane of the LINAC,
shown in beam’s eye view (a) is used as the input for a DOSXYZnrc VMAT simulation. The simulation
provides a dose distribution in the patient CT phantom (not shown) and an exit phase space, which
can be visualized in either DOSXY Znrc coordinates (b) or BEAMnrc coordinates (c). Each particle in
the exit phase space is labeled with the appropriate MU index. The exit phase space can further be
used as input for EPID simulations.

e 4D exit phase space is used as input to EPID MC simulations, which are performed in the
LINAC coordinate system since, in this system, the EPID position is invariant as the gantry rotates
around a patient.

In comparison with discrete per-control-point simulations, an advantage of the 4D phase space
approach is that the continuity of the beam delivery between control points is considered in the
same manner as it occurs for the beam delivery. Even for large control point spacing, beam delivery
(hence patient dose) is accurately simulated.

e time/MU index permits computation of EPID images over arbitrary user-de ned gantry
angles, including between adjacent control points, partial arcs, or integrated over the entire treat
ment delivery (Popescu and Lobo 2013; Su et al. Zigbje 3.15hows MC simulated EPID dose
images for a small (200f the total MU delivered), arbitrarily selected, MU interval of a two-
arc VMAT treatment for prostate and pelvic nodes. Image (a) resulted from a simulation through
the original planning CT of the patient, whereas image (b) resulted from a simulation through a
rescan, two weeks a er the beginning of the treatment. Each simulation has relativelydajge (
standard deviations due to the statistical issues discusSedtion 3.2.7Although typical meth
ods of comparing images with this much uncertainty are not applicable, systematic changes can
be detected by taking advantage of the fact that the MC reports both the dose and the uncertainty
on a pixel-by-pixel basis. If the patient was identical in the two simulations, the di erences of the
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Figure 311 MC simulated EPID dose images for a 20 of the MUs from a VMAT delivery. (a) was

simulated through the original CT of the patient, whereas (b) was simulated through a rescan, two

weeks after the beginning of the treatment. (c) shows the histogram of the pixel dose difference

divided by the combined statistical standard deviation from the two simulations. Fitting the his -

togram with normal distributions reveals three distributions: the 96.6  of pixels with a systematic

offsetof , 0.01, ,, 1.0;4 ofpixelswith , 2.5, , 0.3;and1.6 ofpixelswith | 2.4,
. 0.5.

doses divided by the standard deviation of the di erence would yield a normal distribution with a
mean of zero and standard deviation of one. When the patient di ers, systematic di erences in the
geometry change the distribution shape. Fitting with a series of normal distributions can be used
to infer the changes. In this case, direct di erences of pixel doses with respect to the combined
standard deviation from the two MC simulations reveals three normal distributions that describe
the resulting change. e majority of pixels (96.9 are t with a normal distribution o set by

M 0.01 with ,, 1.0. e remaining pixels come from two distributions: 1.4vith ,, 2.5,

y 0.3andl.6with | 2.4,  0.5. ese changes are due to changes in beam transmission
through the patient.

3.8 SUMMARY

EPID MC simulations can be used for simulating and studying the imaging and dosimetrie proper
ties of the imager, to compute energy-deposition kernels to aid alternative EPID calculation algo
rithms, and to compute images for patient treatment QA. Nearly every major MC code package
has been used to simulate EPIDs. Geometric modeling of most EPIDs is straightforward, and can
be simulated by a series of uniform material slabs. It is best to base the geometric modeling on
vendor provided speci cations to ensure accurate response modeling. EPIDs in clinical use have a
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minimum of 1 mm of Cu build-up prior to a scintillating screen. e build-up material suppresses
the EPID response to incident electrons with energy less thiteV. Compared with water, MC
simulations show that clinical EPIDs have a greater response to low-energy photons due to photo
electric interactions with the high Z materials in the scintillation screen.

Due to their small pixel size, large distance from the source, and when there is a need to
compute an independent image for each beam or beam segment, the number of particles
required for statistically relevant MC simulations is substantially greater than the number
required for patient-dose calculations. As such, variance-reduction techniques play an important
role in EPID simulations. An e ective method for EPID computation is to use MC to compute
the uence incident on the imager, then convolving that uence with MC computed energy-
deposition kernels.

MC computed EPID images accurately reproduce measurements when an accurate source
representation is used. Simulations are useful to predict pretreatment and during-treatment
images integrated over the entire treatment delivery, or images for a portion of a given beam’s
delivery.
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41 INTRODUCTION

Beam's eye view (BEV) radiographic imaging refers to the acquisition of planar X-ray projection
images using the megavoltage linear accelerator (LINAC) treatment beam as the X-ray source and
an X-ray imaging receptor to collect and display the image for the purpose of patient localization
and treatment veri cation. As described@hapter 1 radiographic imaging of one type or another

has been used throughout the history of external beam radiation therapy. e importance of BEV
imaging, otherwise known a@®rtal imagingfor treatment accuracy improvement and error reduc

tion was well known before digital imaging became widely available (Reinstein et al. 1987). e
introduction of digital BEV imaging in place of Im cassette systems vastly improved the imag
ing work ow and increased the frequency of imaging during the 1990s and 2000s (Herman et al.
2001b). More recently, the widespread availability of in-room kilovoltage (kV) imaging systems has
in many cases replaced or at least reduced the role of BEV imaging. However, BEV imaging retains
some unique characteristics that cannot be entirely replaced by alternative imaging systems. BEV
imaging is the only direct means of verifying the position of the patient anatomy with respect to
the treatment portal. BEV imaging veri es, in a single image, both the shape and location of the
treatment portal with respect to the patient anatomy. In addition, there are potential applications
for tracking moving targets and the quantitative veri cation of the delivered dose. Other image
guidance methods can only indirectly verify patient location via registration of the imaging system
to the LINAC isocenter, and they do not capture the delivered treatment eld shape or location.
Further, the information captured by BEV imaging exists whether we detect it or not, requiring only
the addition of an image receptor and acquisition system to make use of this information that is
otherwise lost. In this chapter, we describe the components and processes involved in BEV imaging
systems as they are routinely used in the modern radiation therapy setting.

4.2 SYSTEM COMPONENTS

4.21 IMAGING SYSTEM

e BEV imaging system consists of (1) an X-ray source, the megavoltage (MV) LINAC; (2) an object,
typically the patient lying on the treatment table, (3) an image receptor positioned behind the
object, typically an amorphous silicon (aSi) digital at-panel imager, commonly referred to as the
electronic portal imaging device (EPID), (4) image acquisition electronics to govern the-acquisi
tion parameters, data readout, and data processing to form a digital image matrix; and+5) a dis
play monitor and so ware for user interface. In addition, o -line review and image archives are
managed within an oncology information system (OIS) and an image archive system (Shakesha
et al. 2014).

Imaging detectors and their principles of operation were described in det@hapter 2
We shall describe some of the fundamental characteristics of BEV imaging by comparisen to con
ventional diagnostic radiography as follows:

1. The radiation source: The LINAC operates in pulsed mode. Electron pulses pass
through the accelerating waveguide with a maximum pulse repetition frequency
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(PRF) of about 400 Hz, impinging on the target to create the clinical X-ray beam. Each
pulse is a few microseconds long and delivers about 0.2 mGy (Beierholm et al. 2011).
The instantaneous dose rates vary dramatically from very high during a beam pulse
(around 70 Gy/s for a typically attened beam) to almost zero in-between pulses. Individual
portal image frames are read out row-by-row at a rate of about 3 to 10 frames/s. To avoid
beam pulse artifacts, BEV image acquisition systems usually operate in a synchronized
mode by connection to a LINAC pulse signal to pause readout during each beam pulse
(Berger et al. 2006, Podesta et al. 2012, Mooslechner et al. 2013). Diagnostic X-ray
sources are operated under simple continuous current conditions involving much smaller
instantaneous intensities.

2. Energy spectrum: At MV energies, Compton interactions are the predominant process for
creating contrast in anatomical structures seen in a BEV radiograph. Attenuation due to
Compton interactions has a relatively weak relationship with di erent anatomical tissues
compared to photoelectric processes that are the dominant process in diagnostic radiography
(Dance et al. 2014). erefore, the MV radiation beam exiting the patient contains poorer
subject contrast than is the case in a diagnostic X-ray beam. Working in favor of BEV imag
ing is the fact that a LINAC beam is far more intense and the primary transmission through
the patient is much higher than for a diagnostic beam, so the number of primary photons
reaching the detector is much higher and the fraction of the total signal from patient scatter
is less (Boyer et al. 1992, Ja ray et al. 1994). Unlike diagnostic X-ray systems, the LINAC
beam spectrum is typically xed to the available treatment beamlines and there is no ex
ibility for optimizing spectrums to speci ¢ imaging applications by energy selection or
[tration.

3. Image receptor: e MV X-rays incident on the X-ray receptor are much less likely to be
detected and contribute to image signal compared to diagnostic X-rays due to the poor
guantum absorption e ciency (Jaray et al. 1995). e detective quantum e ciency (DQE),
which is a measure of how efficiently the detector transfers the signal-to-noise properties
of the incident radiation beam to the output image relative to an ideal detector, is about
1 for a standard EPID, and about 4680 for standard diagnostic detectors (Granfors
and Aufrichtig 2000, Herman et al. 2001b). Detector readout circuitry is sensitive to
radiation damage, and MV radiation is more difficult to shield. To minimize risk of radia
tion damage the electronic components in EPIDs are positioned out of the direct beam
and are protected by additional shielding. Whereas in diagnostic systems, the electronics
can be adequately shielded when positioned under the detector within the exposed area.
Antiscatter grids widely used in diagnostic imaging to minimize patient scatter are not
effective at MV energies. There is potential for improving MV imaging performance with
new detector designs, refer@apter 1Zor more information on advanced image recep
tors for BEV imaging.

In summary, the poorer contrast properties of the incident MV beam and the reduced detection
e ciency at high energies limits the image quality and requires higher doses to the patient for a
useful anatomical image compared to a diagnostic radiography systgme 4.lillustrates how

some of these factors impact clinical image quality.
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(@) (b)

Figure 4.1 Un ltered radiographic images of the same head phantom acquired with a kV imag -
ing system (a) and MV imaging system (b). The kV radiograph was acquired at 100 kV, 0.5 mAs. The
MV radiograph was acquired at 6 MV with 3 monitor units. In this example, the MV radiograph delivers
approximately 1.5-2 orders of magnitude of more doses to the patient (head phantom). Both images
have been windowed to the equivalent range of gray-level information contained in each image.

4.2.2 REFERENCEIMAGES

Image-guided radiation therapy (IGRT) requires the registration of an image acquired-at treat
ment with a reference image. In modern CT-based radiation therapy, the reference image for BEV
imaging is the digitally reconstructed radiograph (DRR), which is a computer-generated virtual
radiograph. e DRR simulates a radiographic image by simulating the X-ray transport through
the patient (CT) and incident onto the detector plane. DRRs may also contain additional treat
ment eld information such as the location of the collimator central axis and eld (portal) shape
as de ned by collimating jaws or multileaf collimators (MLCs). 3D contours of targets or anatomi
cal structures can also be projected onto the 2D DRR. e DRR must be scaled to match the BEV
image dimensions that is dependent on the imaging system geometry.

Several di erent models for generating DRRs have been developed (Siddon 1985, Sherouse et al.
1990, Galvin et al. 1995). ey are all based on ray tracing from a point source through a CT dataset,
voxel-by-voxel, and onto a 2D image plane behind the object. e intensity at each pixel of the DRR
is modulated according to the attenuation properties of each voxel integrated along a rayline from the
source to the pixel through the CT dataset. In the setting of BEV imaging, the aim of the DRR algo
rithm is to provide a clear and geometrically accurate reference image of those high-contrast anatomical
features visible on the BEV image that are important for image registration. e relationship between CT
number and attenuation can be manipulated to simulate di erent beam energies or enhance di erent
contrast details on the DRR. e appearance of the DRR can also be manipulated by postprocessing lters
and window level settings similar to any other radiograph. Filters are mainly useful for improving contrast
in the measured BEV image. One common image lter is called adaptive histogram equalization (AHE)
(Rosenman et al. 1993, Sherrier and Johnson 1987). An example of window leveling and AHE is shown in
Figure 4.2 e AHE lter spreads out the information of interest across the histogram to make better use
of the gray levels and thereby enhance contrast, at the cost of adding some artifact in sharp high-contrast
regions and also increased noise. A variation of AHE called contrast limited AHE (CLAHE) was devel
oped to reduce the enhancement of noise in regions of low contrast (Rosenman et al. 1993).
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Figure 4.2 BEV images of a whole brain treatment with different windowing and Iters applied.
The top un Itered image uses the full window range (red vertical lines on the gray level histo -
gram). The middle un Itered image has window levels narrowed to the useful gray level. The
bottom image has been AHE Itered, as can be seen by the altered distribution of the gray-level
histogram.

e optimal DRR settings may vary for di erent clinical applications, and settings should
be developed for each application considering exactly how the DRR is to be used. For example,
when using ribs and vertebra as the reference for patient setup, one may choose DRR settings
that highlight these bony structures. If it were important to visualize the carina or a so tissue
tumor within the lung, then di erent DRR settings should be used to bring out the so tissue
contrast Figure 4.3 For prostate treatments, one may prefer a DRR that highlights implanted
gold seed ducials within the prostate gland. For breast tangents, it may be the position of the
lung and chest wall interface relative to the posterior eld edge (demonstrating the amount of
lung within the treatment portal). ere are also DRR tools that can assist where there are metal
prosthetics obscuring anatomy within the treatment portal (Lovelock et al. 2005).
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Figure 4.3 DRRs of an anterior beam treating right lung and mediastinum generated from a
commercial treatment planning system: Image (a) is a standard DRR using lung presets and ramp
Iter. The target volume contours are also projected onto the DRR. (b) DRR was generated using a
volume of interest (VOI) encompassing the lungs but excluding the ribs and spine. Image (c) is a digital
composite radiograph (DCR) using lung presets and the same VOI as (b) DRR. Image (d) is a DCR
with ribs preset.

All modern radiotherapy treatment planning systems (RTPS) contain tools for generating and
manipulating DRRs. Some RTPS’s include tools to de ne volumes of interest for the generation of
DRRs that exclude parts of the anatomy that are not of interest or obscure features of interest.

Various annotations are included or can be added to DRRs in the RTPS. Central axis crosshairs
and MLC or collimating jaw outlines are o en projected onto the DRR to show the prescribed portal
image position and shape. Annotated scales can be useful for con rming the image scaling. Tools to
draw lines or points onto the DRR are useful as additional guides for image registration.

e DRR must be in a digital form compatible with other so ware in the radiotherapy chain.
Typically, DRRs and all the information added to them can be exported from the RTPS as DICOM-RT
les and can be imported to any OIS or IGRT so ware applications. e correct generation and
transfer of DRRs across di erent computer systems in the radiotherapy work ow must be veri ed
when commissioning or testing so ware components within that work ow (IAEA 2004).
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4.2.3 IMAGE REGSTRATON

Image registration is the determination of a common coordinate system in which images can be
compared (Van Herk 2000). A key link in the BEV image guidance chain is the registration of the
portal image to the DRR. Errors in this process may be propagated directly to treatment, and
importantly any system errors in the registration process may be propagated through-all treat
ments of all patients. It is therefore important to understand the principles of operation and to
consider the various factors that contribute to image registration accuracy.

There are many methods for registering a portal image to a DRR. Different commercial
software systems have different configurable settings available and users need to investigate
the details of their own systems or combination of systems. The position of the BEV image with
respect to the isocenter may be determined by a physical graticule in the beam or a software-
based calibration such as a fixed pixel of the detector (typically the centre Fiouede 4.4
shows an example of a BEV-to-DRR image registration. In this example, the isocenter was
manually assigned to each image according to the physical graticule in the BEV image and
the digital graticule in the DRR. Registration was performed manually to bones aided by con
tours and the system reports offsets between the reference (DRR) and measured (BEV image)
isocenter points.

The registration process may be manual or automatic, using a number of available meth
ods. Manual or automatic registration can be based on contours, points, image gray levels,
isocenter, or treatment field edges (Balter et al. 1992, Bijhold et al. 1992, Moseley and Munro
1994, Fritsch et al. 1995, Leszczynski et al. 1995, Hristov and Fallone 1996, Krueder et al.
1998, Bastida-Jumilla et al. 2011). The registration process can be configured for individual
images or a linked pair of stereoscopic images, such as an anterior—posterior (AP) and lateral
orthogonal image pair. Most modern IGRT systems allow the kV and MV imaging systems
to combine such that a stereoscopic pair of images can be generated from any combination of
kV and MV images (kV/kV, MV/MV, and kV/MV). Since the kV and MV imaging systems are
fixed at orthogonal angles to each othieig(ire 4.5, there is no gantry rotation required to
create an image pair, thus saving the time it takes to rotate the gantry between images (Mutanga
et al. 2008).

Y2 Y2

X1 x2 X1 X2

Y1

Figure 4.4 The AP pelvis image (a) is a Itered double exposure BEV image with a physical grat
cule used to assign isocenter in the image registration software. Image (b) is a DRR from the treat
ment planning system with a digital graticule; MLC shielding is displayed and bony anatomy curves
drawn on. Image (c) is an overlay of both images after manual registration to bony anatomy. The
two isocenters are indicated by small crosses. In this example, the registration software reported
0.5 and 0.1 cm offsets to the right and superior, respectively.
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kV - AP

MV - LAT

Figure 4.5 Stereoscopic image pairs may be acquired using MV and kV imaging systems without
gantry rotation between images.

Any misalignment of the physical or digital graticule with the true X-ray isocenter will-propa
gate through to treatment setup errors. Such system calibration errors are not recognized by the
image registration so ware and are therefore not necessarily visible to the LINAC operator or any
subsequent o -line image review. e potentially serious consequences of a systematic misalign
ment in treatment have prompted recommendations for daily quality assurance (QA) of the isocen
ter alignment of IGRT systems (Bissonnette et al. 2012).

e result of image registration is a set of treatment table shi s for the transverse, longitudinal,
and vertical directions. If a six-degrees-of-freedom table is used then registration may also be correct
for rotations and the table o sets include pitch, roll, and yaw values. Table shi s are limited to rigid
motions, and therefore only rigid registration methods are used in IGRT. Poor patient setup can cause
deformations due to di erent angles between or within bony structures such as the spinal vertebra,
pelvis, skull, and mandible (van Kranen et al. 2009). ese errors cannot be completely corrected for
with rigid o sets and re-setup of the patient may be required at the discretion of the treating team.
Ideally, the table shis are transferred and executed remotely via computer network to the LINAC
control system without the need for manual data entry or to go into the treatment bunker to manually
shi the table. Remote table shi and the time it saves in patient setup has been a signi cant factor
in the rapid uptake of daily online IGRT. As with any new technology, remote robotic table controls
and automated IGRT procedures bring new risks to patient safety that need to be carefully considered
and mitigated where possible (ICRP 2009). For example, the potential for serious collisions with the
patient and/or equipment should be reconsidered with new robotic table systems. Regular revision of
safety and QA programs are required to capture the evolving clinical IGRT processes.

4.3 CLINICAL IMAGING

ere have been several excellent reports on the clinical use of BEV imaging in radiotherapy
(Munro 1999, Hurkmans et al. 2001, Herman et al. 2001a, 2005, Radiologists TRCo 2008). As men
tioned in this chapter’s introduction, IGRT technology has changed dramatically since even these
relatively recent reviews were published. In many clinical applications, the role of BEV imaging
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Figure 4.6 Simple schematic diagram of imaging hardware, software, and processes involved in
BEV imaging in a typical radiotherapy work ow. Arrows indicate the data ow. Systems may be

con gured such that the registration of DRR and portal images can take place in the oncology

information system or in in the image guidance system. Methods for assigning isocenter, register -
ing images, and reporting offsets may vary between software systems and are con gurable within
software systems. Careful system veri cation is required to con rm consistent transfer of data and

that processes are robust to all clinical scenarios, such as different patient orientations.

has been replaced, in part if not in full, by in-room kV imaging systems (Fang-Fang et al. 2009,
Potters et al. 2010, Korreman et al. 2010). is is partly due to the superior image quality that can
be achieved with fewer doses using kV IGRT systems, and partly due to the fact that treatment por
tals themselves have been largely replaced by dynamically time-variant intensity-modulated beams
that greatly reduce the utility of BEV imagiriggure 4.5 Nevertheless, recent surveys of IGRT
practices across di erent continents indicate that BEV imaging continues to play an important
clinical role (Mayles 2010, Simpson et al. 2010, Bridge et al. 2015).

BEV imaging has its origins in the era of eld-based treatment planning. As treatments became
more conformal, the treatment elds became smaller and more irregular in shape, making them
generally less useful for portal imaging. One way to address this di culty is to use a double exposure
method where the portal image is superimposed onto a larger image that captures the surrounding
anatomy, as shown Figure 4.4Hatherly et al. 2001). e additional imaging dose to surrounding
anatomy from the open- eld portion limits the frequency of double exposure imaging. Another
limitation is that the choice of treatment beam angles may not be suited for stereoscopic imaging.
is problem can be avoided by the use of orthogonal imaging elds, typically an AP and lateral
eld pair using elds large enough to visualize the bony anatomy around the treatment area. ese
image-only elds (sometimes referred to as setup elds) can be used with MV imaging but they
became more routine with the introduction of kV in-room imaging that adds signi cantly less dose
than equivalent MV setup elds (Walter et al. 2007, Ding and Munro 2013). Image-only eld pairs
were also somewhat forced onto radiotherapy by the inability to acquire BEV images with intensity-
modulated radiation therapy (IMRT) and volumetric modulated arc therapy (VMAT). Today it is
a routine clinical practice to image daily with kV eld pairs or cone-beam computed tomography
(CBCT) prior to treatment.

Although kV imaging and modulated delivery techniques bring obvious bene ts to radiother
apy practice, in some clinical scenarios it could be argued that BEV imaging is more appropriate.
Imaging elds, whether kV planar, MV planar, or CBCT, can be used for pretreatment setup correc
tions as described earlier, but only BEV imaging provides a veri cation image of the actual delivered
beam. Traditionally, the physician’s review of this veri cation image was a key aspect of radiotherapy
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QA (Reinstein et al. 1987). Physicians review BEV images to verify that the treated area and associ
ated shielding with respect to anatomy agrees with the prescribed treatment. Setup elds or CBCTs
can only con rm the position of the patient with respect to the isocenter position, and that assumes
the system is accurately calibrated. If the physician uses a eld-based treatment planning technique,
particularly where shielding was referenced to bony landmarks, then eld-based imaging (BEV
imaging) provides a more direct and intuitive method for treatment veri cation than setup elds or
CBCTs. e absence of BEV veri cation images challenges traditional roles and responsibilities of
radiotherapy sta , since the responsibility of treatment veri cation has been transferred to the radia
tion therapists at the time of treatment (White and Kane 2007, Cox and Jimenez 2009). It also relies
critically on the medical physicist establishing and maintaining acceptable performance of IGRT sys
tems and an appropriately resourced multidisciplinary team to ensure safe and optimal procedures is
established and followed (Fontenot et al. 2014).

As a general rule, the treatments that are best suited to BEV imaging are those from BEV ( eld)-
based treatment plans. Emerging roles for advanced forms of BEV imaging are discRase8 in
(Chapters 812) of this book. e following sections describe some of the conventional BEV imaging
procedures that are still widely used.

4.3.1 BREASTAND CHESTWALL RADIOTHERAPY

Breast and chest wall cancer patients comprise a large group of radiotherapy patients who still o en
receive conventional eld-based treatments (or modern variants thereof). Recent surveys of breast
radiotherapy practice report that forward planned tangential beams are still the predominant tech
nigue (Dundas et al. 2015). Although more advanced imaging techniques may provide mere infor
mation and superior image quality, they will also add dose to organs-at-risk (OAR) in this relatively
young patient cohort and have not been demonstrated to provide a net gain in bene t versus risk in
this particular scenario.

BEV imaging has a long-standing role in breast radiotherapy (van Tienhoven et al. 1991,
Hurkmans et al. 2001, Alia et al. 2065yure 4.7shows a BEV image used for chest wall radio
therapy. Apart from conventional localization and interfraction setup error studies, BEV imaging
has also been used for verifying heart in eld in le -sided breast radiotherapy (Magee et al. 1997),
and CINE-BEV imaging has been used to evaluate intrafraction breast motion (Kron et al. 2004).
BEV imaging has also been useful for veri cation of the increasingly utilized deep inspiration
breath hold (DIBH) technique used to reduce heart dose in le -sided breast radiotherapy (Borst
et al. 2010, Jensen et al. 2014, Lutz et al. 2015).

4.3.2 SwmpPLE 3-DiMENSIONAL CoNFORMAL RADIATION THERAPY
(3DCRT) PELVIS RADIOTHERAPY

e pelvic bony anatomy is relatively well visualized in BEV imaging. For some simple treatment
techniques, such as three- or four- eld bladder or rectum treatments, BEV imaging provides ade
guate image guidancEigure 4.8

Other subgroups of pelvis patients where MV BEV imaging may be of bene t include the follow
ing: (1) where the presence of metal prosthetic hips obscure anatomy in kV imaging, (2) where the
thickness of an obese patient reduces penetration of kV signal to the extent that imaging requires
excessive mAs, or (3) where kV-MV paired imaging is implemented.
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Figure 4.7 Chest wall medial tangent eld: (a) Reference images (DCR), (b) DRR, and (c) EPID BEV
image. All images include a digital graticule indicating collimator central axis. The DCR highlights
high-density structures such as ribs and wire markers on skin. The DRR shows more soft tissue
detail including the amount of lung in the eld. The BEV image provides veri cation of the amount

of lung in eld and the superior/inferior eld borders. Reference images also show the jaw orienta -
tions and the presence and direction of a wedge (triangle dashed line on anterior eld edge), which

can be checked against the machine settings at the time of treatment.

Figure 4.8 Stereoscopic image pair registration of orthogonal EPIDs for a palliative bladder treat -
ment. DRR and double exposure BEV image overlays are viewed with even weightings. The DRR
contains MLC shielding and manually drawn contours of pelvic bony anatomy used as the reference
for registration.

4.3.3 FIELD-BASED PALLIATIVE RADIOTHERAPY

Palliative intent radiotherapy is a signi cant component of radiotherapy workload, with opti
mal utilization rates estimated to be 14f all newly diagnosed cancers (Jacob et al. 2010). e
relatively low doses indicated for e ective palliation do not generally require the same level of
treatment conformality as curative regimens, and this is re ected in IGRT protocols with less
frequent imaging (Rybovic et al. 2008, Simpson et al. 2010). Palliative radiotherapy of vertebra,
extremities, and brain, for example, o en uses simple eld-based treatment planning techniques
with well-de ned bony anatomy landmarks, making them suited to BEV imaging for localization
and veri cation.
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4.3.4 OFF-LINE PROTOCOLS

O -line imaging protocols are a correction strategy aimed at reducing systematic errors in
patient setup using prior information to estimate corrections for future treatment fractions (de
Boer and Heijmen 2001, Hurkmans et al. 2001). In the days of Im, the procedure for imaging,
processing, and measuring setup errors was prohibitively time-consuming and typically lim
ited to weekly imaging with o -line review (Kutcher et al. 1994). e advent of EPIDs greatly
streamlined the imaging process making more frequent imaging feasible (Hurkmans et al. 2001,
Herman et al. 2001b). e availability of more frequent imaging and the increasingly conformal
treatment techniques increased demand for improved patient setup correction strategies. e
frequency of imaging was still somewhat limited by the imaging dose, all of which could not
necessarily be incorporated into the treatment plan, and the lack of e ciently integrated IGRT
tools such as remote robotic table shi s. e widespread availability of both in-room kV imaging
and integrated IGRT solutions has made daily pretreatment correction strategies feasible. Such
onlineprotocols have proven to be more e ective and e cient, to the degree that o -line imaging
protocols have become increasingly di cult to justify (Valicenti et al. 1994; Kupelian et al. 2008,
van der Vight et al. 2009).

e principles of o -line imaging protocols are instructive for understanding the nature of
setup uncertainties in radiation therapy. e aim of an o -line protocol is usually to quantify sys
tematic setup errors with the least amount of imaging. e concet dine refers to the fact that
corrections are determined between treatment fractions using retrospective image data, and o en
applied on subsequent treatment fractions with no imaging. Typically, there is a procedure for
detecting any change in the systematic setup error throughout the course of treatment. € litera
ture is rich in descriptions and evaluations of many o -line correction protocols (Amer et al. 2001,
Bortfeld et al. 2002, de Boer and Heijmen 2002, van Lin et al. 2003, Herman 2005, Litzenberg
et al. 2005, van der Heide et al. 2007, van Herk 2007, Greer et al. 2008, Radiologists TRCo 2008).
Limitations of o -line correction strategies include the relatively large amount of missing infor
mation, no correction for random errors, and the somewhat cumbersome implementation. e
importance of these factors became increasingly apparent when large studies with daily imaging
became feasibl€igure 4.9from a UK report shows the complex work ows of a typical o -line
imaging protocol.

4.3.5 ONLINE PROTOCOLS

As discussed earlier, online protocols have become routine practice in recent years. In principle,
the online protocol is much less complicated than o -line protocols because it typically involves
the same (or very similar) imaging process being conducted on every treatment fraction regardless
of site or technique. For each treatment fraction, the patient is setup on the treatment table and is
imaged, registration of X-ray image and reference image performed to obtain o sets, and-the treat
ment table is shi ed accordingly, prior to commencing treatment. Online corrections minimize
both the random and systematic components of patient setup error each day. Online protocols may
stipulate that no shi is necessary if the o set is below a specicdction thresho|dor it may

be decided to shi on any nonzero o set (zero action threshold). Routine daily online corrections
may not be feasible if IGRT is based on BEV imaging alone because BEV imaging typically requires
some additional imaging dose. e trade-o between imaging dose and setup accuracy needs to be
considered on a site-by-site basis.
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______________________________

Figure 4.9 An example of an implementation of an off-line correction protocol. (Reproduced with
permission from The Royal College of Radiologists. On Target: Ensuring Geometric Accuracy in
Radiotherapy. London: The Royal College of Radiologists, 2008.)
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Figure 4.10 Plots of patient setup errors each day of treatment (circles). Image (a) is uncorrected
setup data showing large systematic and random error distribution, Image (b) shows setup errors
following an off-line correction strategy. The solid line shows that systematic error was reduced

from day 3 after correction but random error distribution remain unchanged, and Image (c) shows

setup errors following an online correction strategy. The systematic and random errors were

reduced from day 1. (Reprinted from Seminars in Radiation Oncology, 22, Bujold A. et al., Image-
guided radiotherapy: Has it in uenced patient outcomes, 50—61., Copyright (2012), with permission

from Elsevier.)

A more advanced application of online image protocols is real-time imaging for intrafrac
tion motion management. is is addressed i@hapter 9 In terms of managing interfraction
setup errorsFigure 4.10llustrates the improvements that can be achieved with o -line and
online IGRT.

4.4 SYSTEM CHARACTERIZATION AND QUALITY
ASSURANCE

As described irChapter 1 the aSi EPID has been a standard accessory on conventional
LINACs since the early 2000s, and aSi EPID technology remains the ubiquitous geld stan
dard in clinical EPIDs (Kirkby and Glendinning 2006). There are two dominant providers of
aSi EPID panels in the current radiotherapy market. Varian supplies EPID panels for Varian
LINACS and Perkin—Elmer supply EPID panels for Elekta and Siemens LINACs. The speci
fications of current EPID panels are shownTable 4.1Retrofitted camera-based imaging
systems are available and in limited use but are not included in this chapter (Odero and
Shimm 2009).
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Table 4.1 Detector speci cations for commonly used aSi EPIDs

Vendor Varian Varian Varian Perkin Elmer Perkin Elmer
Detector Model as500 as1000 as1200 XRD 1640 AL/AG XRD 1642 AP
Detector type aSi AMFPf, aSi AMFPI, aSi AMFPI, aSi AMFPI, aSi AMFPI,
Copper Copper Copper Copper Copper
Gd,0,S:Th Gd,0,S:Th Gd,0,S:Th Gd,0,S:Th Gd,0,S:Tb
scintillator scintillator scintillator scintillator scintillator
Detector 40 30cm 40 30cm 43 43cm 41 41cm 41 41cm
dimensions
Pixel dimensions 512 384 @ 1024 768 @ 1280 1280 @ 1024 1024@ 1024 1024@
0.78 0.78 mm 0.392 0.392mm 0.336 0.336 mm 0.4 0.4 mm 0.4 0.4 mm
Digitization 14 bit 14 bit 16 bit 16 bit 16 bit
Source-to- Variable: Variable: Variable: 160 cm 160 cm
detector distance  120-180 cm 120-180 cm 120-180 cm

a Active Matrix Flat-Panel Imager

4.41 RESDUAL ERRORS

e overall accuracy of treatment depends on many clinical, physical, and process-related com
ponents. Important components of treatment accuracy not addressed by BEV imaging systems
include target delineation and the choice of target surrogates used for image registration (Bujold
et al. 2012). As a physical IGRT system, the end-to-end accuracy of BEV imaging is in-principle
the same as a modern in-room kV imaging system. BEV imaging may be slightly more accurate
because it is not reliant on the coregistration of the kV imaging and treatment coordinate systems.
However, the poorer MV image quality is expected to increase variability in registration accuracy
compared with kV systems (Pisani et al. 2000). e overall accuracy of kV (2D or 3D) versus MV
imaging systems is reliant on many variables including the contrast of the reference anatemy, char
acteristics of 3D deformations, clinical IGRT protocols, and other clinical site and patient-speci ¢
considerations (Mageras and Mechalakos 2007, Moseley et al. 2007, Topolnjak et al. 2008, White
et al. 2009, Hawkins et al. 2011, Gill et al. 2012).

4411 GEOMETRIC ACCURACY

e importance of geometric accuracy for BEV imaging depends on the clinical application and
the so ware implementation for IGRT. Most modern applications of BEV imaging will be highly
dependent on an accurately calibrated position of the at panel in the plane perpendicular to the
beam axis, and on its distance from the source. As discusSedtian 4.2,3he method of image
registration is also an important consideration and can be divided broadly into two categories:

1. Pixel-based isocenter placement: is method is is commonly used in modern IGRT sys
tems. A pixel location on the at panel is the surrogate isocenter. Typically, this is the central
pixel (e.g., pixel 512,512 of a 1024024 pixel detector). Corrections for gravitational
e ects on image panel versus isocenter alignment with gantry rotation may be added to this
procedure by built-in look-up tables. Any error in the calibration procedure or any mechani
cal variations over time may transfer through the IGRT system as a systematic localization
error.
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2. Measurement-based positioning: A physical reference for isocenter position is included in
the BEV image. is may be an in-air graticul&igure 4.%for placement of the isocenter,
or simply using the eld edge. ese methods could involve manual or automaticregis
tration of the physical reference from the BEV image. is method is independent of the
calibration of the at-panel position in the plane perpendicular to the beam central axis,
but is dependent on the accurate alignment of the physical reference (i.e., in-air graticule
or collimators de ning eld edges) and the ability of the so ware or user to locate that
reference.

e source-detector distance (SDD) also requires accurate calibration. e SDD accuracy will
a ect the scaling of the measured image, the importance of which increases with distance from the
central axis with divergence from a point source.

Modern IGRT so ware systems o en contain multiple user-de ned preferences that-deter
mine the registration implementation under clinical conditions. Users must understand their
local implementation and design their QA procedures to capture local clinical practice. End-
to-end IGRT tests that follow a speci ¢ clinical process are recommended to ensure system
accuracy.

Recommended tolerance values for the mechanical accuracy of EPIDs have been quoted as

2 mm for nonstereotactic andlL mm for stereotactic applications (Klein et al. 2009). Coincidence
of kV and MV isocenters for modern IGRT systems should be within 1 mm (Bissonnette et al.
2012). Maintaining tolerances within 2 mm at arbitrary gantry angles requires additionat correc
tions given EPIDs typically sag 1-2 mm over the range of gantry angles (Grattan and McGarry
2010, Rowshanfarzad et al. 2012, 2015). e EPID’s mechanical accuracy is only one component of
residual errors in IGRT and does not include, for example, the uncertainties in image registration
and the mechanics of treatment table shi s.

4.4.2 IMAGE QUALITY

It is important to maximize image quality in order to minimize the uncertainty in image regis
tration while avoiding unnecessary imaging dose. e image quality of each new imaging panel

is tested against vendor speci cations during acceptance testing. Baselines for image quality are
established during commissioning and are used to monitor performance over time as part of a QA
program, typically conducted with one of the commercially available phantoms designed for MV
imaging (Rajapakshe et al. 1996, Herman et al. 2001b, Kirkby and Glendinning 2006, Klein et al.
2009, Das et al. 2011, Pesznyék et al. 2011, Stanley et al. 2015).

4.4.2.1 SPATIAL RESOLUTION

Current portal imaging detectors have pixel sizes of approximately 0.4 mm, which when pro
jected back to the patient equates to a still smaller e ective resolution depending on SDD (e.g.,
about 0.25 mm for 160 cm SDD). Such a high spatial resolution is unnecessary for mest radio
therapy imaging applications; in fact, the Elekta kV imaging system downsamples kV planar
images to 512 512 without a noticeable compromise in quality. Reported spatial resolutions
from experimental studies using the modulation transfer function (MTF) are in the range of
f50 0.21-0.6 Ip/mm, noting the sensitivity of MTF to measurement technique. Measuring
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MTF from line or edge spread functions in the MV setting is complicated and requires-special
ized equipment to su ciently shield the beam (Cremers et al. 2004, Sawant et al. 2007, Son et al.
2014, Deshpande et al. 2015). For clinical purposes, a simpler approach using a commercial
image quality phantom is su cient.

4.4.2.2 CONTRAST-TO-NOISE RATIO

Contrast-to-noise ratio (CNR) provides a measure of an imaging system’s low-contrast resolution,
and hence the system’s ability to distinguish so tissue features on a radiograph. Relatively poor
CNR is a limitation of BEV imaging due to the reasons describ8&dtion 4.2,1and is a key
advantage of kV in-room imaging systems. BEV radiographic imaging is used primarily for regis
tering bony anatomy, implanted ducial markers, or lung and bronchial boundaries where contrast
is su ciently high to overcome the CNR limitations. Commercial image quality phantoms provide
convenient tools for measuring CNR for QA and detector comparisons (Menon and Sloboda 2004,
Das et al. 2011, Blake et al. 2013).

4.4.2.3 IMAGE ARTIFACTS

Artifacts in digital radiography are relatively straightforward. Problems with faulty electronics are
generally obvious in the imadégure 4.13yives some examples of clinical images with faulty elec
tronics. Sometimes these types of problems are intermittent and sometimes they can be removed
with panel calibration (Huber et al. 2013), but they usually indicate that a component of the panel is
failing. Unfortunately, the panels are not designed to be readily repaired by replacing components
and typically, the entire panel must be replaced.

Pixel sensitivities may change over the lifespan of the detector due to radiation e ects on
the detector array or associated electronics (Winkler and Georg 2006, Huber et al. 2013). e
imager-calibration process typically requires (1) an o set (dark eld) correction that removes
the temperature-dependent background image signal and (2) a gain (ood eld) correction that

@ (b) ©

Figure 4.11 Artifacts indicating faulty imaging panels. Images (a) and (b) show streaking arti
facts corresponding to readout lines. Image (c) shows missing data from one readout group of
the panel.
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Figure 412 EPID images of a Las Vegas phantom: (a) raw image, (b) offset corrected image,
(c) offset and gain corrected image, and (d) line pro les across the phantom showing the various
stages of correction. Images a, b, and d show the discontinuities in pixel sensitivity corresponding
to different readout groups associated with their separate readout electronics.

removes the variations in pixel sensitivities. A third correction to remove damaged pixels is also
applied.Figure 4.1Zhows images in various corrected states.

ere are variations in the implementation of these correction strategies for di erent vendor
panels. O set corrections may be updated automatically by the system at a con gurable interval, or
it may require manual collection. Gain corrections are derived from a ood exposure of the entire
panel to an open beam with no object in the beam. Calibration les are required for each frame
rate, and may also be required for di erent energies, dose rates, and di erent panel distances with
a multilevel gain calibration (Huber et al. 2013). Since gain le corrections are typically acquired
with the panel centered on the collimator central axis, and since pixel response is sensitive to the
spectral variations in LINAC photon beams as a function of distance from the central axis (Greer
2007), gain les do noatten images optimally when the panel is moved from its calibrated posi
tion, especially for large crossplane or in-plane shi s.

Under certain conditions, LINAC pulses introduce synchronization artifacts in BEV
images. is is not normally a problem for conventional BEV imaging where multiple frames
are averaged, but tends to become more prominent with fewer frames and less dose per image.
Synchronization e ects become problematic in imaging applications involving individual
frames, such as free-running CINE imaging, particularly at fast frame rates or low PRF (Wertz
et al. 2010, Mooslechner et al. 2013). Clinical BEV imaging systems usually operate with an
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external trigger signal at each LINAC gun pulse to synchronize readout schemes minimizing
interference between beam pulses and row readout.

4.4.3 IMAGE DOSE

It is well established that MV imaging requires one-to-two orders of magnitude of more dose than
equivalent kV imaging (Murphy et al. 2007, Walter et al. 2007, Ding and Munro 2013). If BEV
imaging is strictly de ned as imaging with the treatment beam, then BEV imaging addago

ing doseln practice, however, some common clinical applications of BEV imaging do add imaging
dose, such as the commonly used double exposure method. e double exposure method involves
irradiating anatomy outside the treated volume by opening the collimator jaws by some prede ned
distance. e openportion of the double exposure image typically requires between 1 and 3 monitor
units (MU), equal to a few cGy, to a relatively large volume outside the treated volume (Kudchadker
et al. 2004). Modulated treatments require non-BEV imaging techniques such as setup elds or
CBCT. Since kV imaging provides signi cantly better image quality at signi cantly less imaging
dose, where kV imaging is available it should be used in preference to MV imaging for setup elds.
Regardless of modality, all radiographic imaging protocols should be optimized and justi ed based
on the bene t versus risk to the patient in the radiotherapy context. Particular care is required for
children and young patients (Olch et al. 2007).

Another characteristic of MV imaging is that, unlike kV imaging, the dose can be included in
the treatment plan on any commercial treatment planning system. is makes it possible te incor
porate imaging elds into the treatment plan and therefore into the prescribed treatment dose. In
practice, this may still be limited by unpredictable variables in the frequency of imaging, especially
for o -line imaging protocols. In principle at least, an accurate record of imaging dose could be
determined retrospectively in the treatment planning system (TPS).

4.4.4 QUALITY ASSURANCE

All of the mechanical and image quality parameters described earlier should be regularly monitored
as part of a routine QA program. Speci c tests, frequencies, and tolerances can be based on published
guidance documents (Herman et al. 2001b, Klein et al. 2009). Additional tests not described earlier
include the correct function of collision interlocks and dry-run system tests that capture the end-to-
end clinical process. e consistency of image data (and its transfer between systems) under realistic
clinical work ows needs to be captured in a QA program, including veri cation of di erent patient
orientations, beam directions, collimator, and treatment table rotations.

4.4.5 FELD-SIZE LIMITATIONS

A common practical consideration with BEV imaging is that some treatment portals do not t
within the boundaries of the EPID’s detection area. Sometimes the eld size will t but the asymmet
ric shielding requires the panel to be o set laterally or longitudinally. For example, monoisocentric
breast treatments may require a longitudinal panel shi to capture the entire half-beam blocked
tangent or superclavicular elds, especially if a double exposure method is used. Technique-speci c
imaging protocols should include guidance for such panel shi s where required. Irradiating out
side the detection area is to be avoided, as it will result in incomplete image capture and risk reduc
ing the lifespan of the detector due to irradiation of the surrounding electronics. For example, the
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Elekta EPID is xed at 160 cm, and the detection area is about®@hioh means that any jaw
positioned greater than 12.5 cm from central axis will overshoot the detection area unless the panel
is shi ed from its centered location.

45 FUTURE

Several factors have impacted the clinical use of BEV imaging over the past decade, including
(1) the proliferation of alternative in-room IGRT systems, particularly kV radiographic systems;
and (2) the increasing utilization of modulated treatments. On the other hand, there has been
renewed interest in BEV imaging in the research setting driven primarily by the search-for opti
mal solutions to real-time intrafraction motion management. e role of BEV imaging is likely to
remain complimentary to other in-room imaging modalities that provide improved localization
capabilities but lack the fundamental abilityinmagethe treatment beam. e unique character

istics of BEV imaging described in this chapter, and the role of BEV imaging in emerging clinical
applications outlined in subsequent chapters, make a strong case that BEV imaging has an ongoing
role to play in radiographic imaging for radiation therapy.
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5.1 INTRODUCTION AND HISTORY

Two-dimensional (2D) imaging, using either Im or electronic portal imaging (EPI), has long
been the gold standard for initial patient setup and weekly veri cation of patient positioning.
Weaknesses inherent to 2D imaging for patient setup include the lack of information of tumor
position relative to bony anatomy and out of plane rotation. e need for a more precise patient
positioning has led to the development of three-dimensional (3D) imaging systems such as cone-
beam computed tomography (CBCT), which yield an image in a format similar to that of the
image acquired during simulation and allows for a direct comparison of patient positioning and
tumor localization.

87
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It was recognized early in the development of portal imagers that a rotating 4 or 6 MV treatment beam
could be used in conjunction with the imager to produce a tomographic image. Early systems devel
oped in the 1980s used a 4 MV beam collimated to produce a 1 cm thick fan beam and a linear array of
plastic scintillators (Simpson et al. 1982), later improved with a scintillation crystal-photodiode detector
(Morton et al. 1991). e second half of the 1990s saw the development of 2D X-ray detectors (Mosleh-
Shirazi et al. 1998), enabling to take full advantage of the divergence of the beam. One of the rst such
systems (Midgley et al. 1998) used a liquid- lled matrix ionization chamber located in a cassette mounted
on a retractable arm of a Varian linear accelerator (LINAC) (Varian Medical Systems, Palo Alto, CA). All
these early systems, ultimately, could not be used clinically because of the high imaging dose necessary
to obtain an image of su cient quality, but they contributed greatly to the development and widespread
adoption of CBCT in general, both with kilovoltage (kV) and megavoltage (MV) systems.

In collaboration with the University of California, San Francisco (UCSF), Siemens Medical Solutions
(Concord, CA) developed a low-dose MV-CBCT, that was demonstrated to be useful clinically in a
landmark paper in 2005 (Pouliot et al. 2005). is work was the basis of the MVisipoduct that
is available on Siemens LINACS, and is currently the only commercially available MV-CBCT system.
is chapter will discuss this system in detail, with an emphasis on clinical and practical aspects.

5.2 TECHNOLOGY OF MV-CBCT IMAGING
5.2.1 MV-CBCT AcCQuUISITION

A CBCT image is reconstructed from a number of 2D projections acquired on a at-panel detector in
small angular steps as the source-detector system rotates around the object. In MV-CBCT, the X-ray
source is the treatment LINAC itself, as illustrateféigure 5.1set to its lowest available photon energy,
typically 6 MV. On the Siemens clinical MVisiorsystem, the detector consists of 102424 amor
phous silicon (aSi) photodiodes connected to thin Im transistors. e diodes are spaced everyn400
in both directions, for a total active area of 409469.6 mr e panel is located at a source-to-imager
distance of 145 cm, so that the maximum imaging eld size at the isocenter plane B72Z7.dhm e
bit depth of each pixel is 16 bits and the maximum readout time for the entire detector is 285 ms.
ere are several di erent acquisition protocols, in which parameters can be varied. e param
eter having the largest impact on image quality is the total exposure. As the treatment beam is used,
exposure to the patient can be directly expressed as absorbed dose using the usual formalism for dose
calculation with MV therapy beams. e beam is calibrated to deliver 1 monitor unit (MU) per cGy
to water at the depth of maximum dose at a source-to-axis distance (SAD) of 100 cm, using a eld
size of 10 cm10 cm. e total exposure is then selected by choosing the number of MU that will be
delivered throughout the arc. In general, more MU corresponds to better signal-to-noise. Clinically
useful protocols range from 3 to 20 MU. It is technically challenging to use less than 3 MU because
the gantry speed calibration is out of range for such a fast acquisition. Protocols in excess of 20 MU
are technically feasible but not used clinically due to the prohibitive dose associated with imaging.
Next, the number of projections and the sampling rate, that is, the angular travel between two
projections, can be selected during acquisition. ese two parameters combine to form either a full
arc of 360 or a partial arc of 200 e number of projections can range from 100 to 600, and the
sampling rate from 0.5 to 2.0 per projection. When partial arcs are selected, the start angle can be
chosen freely between 18®eam posterior to the patient in supine position) and 3A0recent
study showed that none of these acquisition parameters had a signi cant e ect on image quality
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Figure 5.1 MV-CBCT system during acquisition. The megavoltage treatment beam is used in arc
mode with a eld size covering the amorphous silicon portal imager. Beam pulse and detector acqui -
sition trigger are synchronized to acquire an image at a few degree intervals, typically 1 , over an arc
of 200 or 360 . The result is a reconstructed volume of maximum dimensions 27.4 27.4 27.4 cny.

within their clinically available range (Gayou 2012). However, considerations other than image qual
ity could be taken into account to select the acquisition parameters. For example, the use of a higher
number of projections will lead to a longer acquisition time, as the gantry will have to move slowly to
allow time for the detector to readout the data before another projection is acquired, with acquisition
time variations on the order of 15 s. Similarly, a higher number of projections will require a longer
reconstruction time. So, choosing a coarse sampling could lead to a more e cient clinical work ow
without a cost in image quality. In addition, if analyzing the unreconstructed projections themselves
is of interest, a lower number of projections are desirable, since for the same total exposure a higher
exposure per projection is realized, therefore leading to better contrast on the projections themselves.
e image quality of the reconstructed MV-CBCT image is directly a ected by the image qual
ity of the individual projections. When the imager acquires data while the beam is continuously
on, the beam pulse structure and the detector trigger combine to create undesirable artifacts on the
projection. In order to avoid such artifacts, the readout trigger is synchronized with the beam pulse
when the gantry reaches the next angle, and the beam is held while the detector is in readout mode,
e ectively removing the beam pulse artifact.

5.2.2 MV-CBCT RECONSTRUCTON

e principle of 3D reconstruction of tomographic images from a set of 2D projections is well
established (Feldkamp et al. 1984) and has been described in the context of MV-CBCT (Pouliot
et al. 2005, Morin et al. 2009). At any gantry angla voxeV identi ed by coordinatesx, Y, 2)
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in the reconstruction volume is related to its projection pixeh the detector plane identi ed by
transverse and longitudinal coordinates ¥), through a projection matri®( ) such that

p(uv, ) POV (Xy.2) 6.1

e projection image rst undergoes a series of steps designed to improve image quality prior to
performing the reconstruction. ese steps rst include o set, gain, and dead pixel corrections,
and transmission Itering, using either an average or a di usion Iter to reduce noise. e di usion
Iter uses di erent levels of averaging depending on the local gradient. A logarithmic conversion
and normalization is then applied to the corrected pixel Vidlye):

lo u,v,
N u,v, n 22" u.v (5.2
| u,v,

wherely(u, V) is the intensity of the pixel without attenuation obtained in the MV-CBCT gain cali
bration procedure without any object between the source and the imager. A backprojection lter is
applied in the frequency domain, either edge-enhancing, edge-preserving, or smoothing. All these
steps are described in detail in the literature (Morin 2007).

e voxel at position V in the reconstruction volume is obtained by summing the contributions
of the corresponding projection pixel at each gantry angidenti ed through Equation 5.1. e
projection matrice$ are obtained via a calibration procedure that involves a geometric phantom
with 108 embedded tungsten beads with known location on the phantom. e phantom, shown
in Figure 5.2is placed at the LINAC isocenter, and a series of 200 projections are acquired. On
each projection, corresponding to a di erent gantry angle, the position of each bead on the imag
ing plane is automatically detected and mapped to the actual bead position in the reeonstruc
tion volume on the phantom. is gives an overdetermined sample of projection equations. Even
though gantry-mounted imaging systems do not have a rigid isocentric geometry and source-to-
image plane relationship, the projection matrices calculated in this calibration procedure take into
account detector movements and possible sag and mispositioning.

e reconstruction process results in a 27.427.4 L cn®, where L is the Y-jaw opening in the
cranio-caudal direction, which can be adjusted from 5.0 to 27.4 cm. Restricting the jaw opening
reduces scatter in the imaging eld resulting in better image quality, but also hides potentially use
ful anatomical information for image registration. erefore, the selection of this parameter will
depend on the anatomical site and user preference. Users can also choose between three di erent
reconstructed resolutions: 0.5, 1.0, or 2.0 mm voxel size in all three dimensions.

e last step of the reconstruction process is the application of a uniformity correction to-elimi
nate cupping artifacts, which increases noise in the center of the image due to beam scatter and
hardening. is correction uses a geometric model whose parameters are empirically determined
using water phantoms of di erent sizes. In the Siemens systems, the parameters themselves are not
available to the clinical user, who can only make a selection between three anatomical sites (pelvis,
thorax, and head-and-neck) and three sizes (small, medium, and large).

e MV-CBCT acquisition takes 45—-60 s depending on the selected MU protocol, and-recon
struction starts on a dedicated workstation immediately on arc completion. e reconstruction
time is approximately 60-110 s, depending on the selected image resdlatitn5.1summa
rizes the acquisition and reconstruction parameters available to the user of the Siemens MVision
system.
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Figure 5.2 Photograph of the manufacturer-provided geometry calibration phantom. One hun -
dred and eight tungsten beads of known position are placed in a helical fashion around the cylindri -
cal phantom. The relationship between the beads’ absolute position in the reconstruction volume
and their extracted position on the projections acquired in the calibration process is used to build
the projection matrices for each gantry angle.

Table 5.1 Summary of acquisition and reconstruction parameters available to the user of the Siemens
MVision system, and their possible values

MV-CBCT parameter Possible values
Source-to-image distance 145 cm

Source-to-axis distance 100 cm

Typical clinical exposure protocols 3-20 MU

Beam output 1 cGy/Mu at d

Detector pixel size and number 400 m, 1024 1024

Detector size 409.6 409.6 mn¥

Arc length 200 or 360

Number of projections 100, 180, 200, 360, 400, 450, 600
Sampling rate 05,06,07,08,09,10,20
Transmission lter Average or diffusion
Backprojection Iter Edge-enhancing, edge-preserving, or smoothing
Uniformity correction Pelvis, thorax, or head-and-neck
Y-jaw opening (L) 5.0-27.4 cm

Reconstructed volume size 27.4 27.4 Lcm?

Voxel size 0.5,1.0, 2.0 mm
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5.3 IMAGE QUALITY AND IMAGING DOSE

e quality of the reconstructed MV-CBCT image is of paramount importance to the image-
guidance process, where it is registered to a planning dataset acquired using a conventional fan-
beam kV CT. e image should be of su cient quality to distinguish di erent anatomical objects of

di erent size and providing di erent contrast with the surrounding anatomy, which is usually case
dependent. For example, if the object to register is the prostate, then the MV-CBCT image must
provide enough contrast with the surrounding so tissue, like bladder and rectum, so that it can

be clearly identi ed and aligned to the planning CT. e level of contrast needed for the prostate

is higher than the one needed to register bones, which are more easily visible on the image because
of their high density.

A comprehensive study of the e ects on image quality of the reconstruction parameters pre
sented infable 5..was performed (Morin et al. 2009). It showed that most of these parameters have
a signi cant impact on image quality. However, it also showed that for each of these parameters,
there was an optimal value that was not case dependent. e authors recommend using a 0.5 mm
voxel size, whereas displaying a slice thickness of 5 mm; using a di usion transmission Iter; and
using thesmoothingbackprojection Iter. Furthermore, it was mentioned earlier in this chapter
that acquisition parameters such as number of projections and sampling rate do not have a signi
cant impact within the range that is available to the user.

In all photon-based imaging systems, increasing the number of photons traversing the object
to image and reaching the detector decreases the contrast-to-noise ratio (CNR) and enhances vis
ibility. However, when using high-energy photons, increasing the number of photons increases the
absorbed dose to the patient, to levels that can reach a clinically signi cant percentage of the dose
used for therapy. It therefore becomes critical in MV-CBCT imaging to use the minimum dose that
can produce the visibility required for each particular case, in a way similar to the familiar as low as
reasonably achievable (ALARA) principle of radiation safety. From a practical standpoint, the user
really has only two parameters to select when creating an imaging protocol to setup the patient: the
total exposure, expressed with the total number of MU to be delivered, and the uniformity correc
tion model, which depends on anatomical site and patient size.

5.3.1 QUANTIFICATION OF IMAGE QUALITY

5.3.1.1 UNIFORMITY

Image quality is quanti ed by three main characteristics: uniformity, CNR, and spatial resolution.
A more uniform reconstructed image makes the process of image viewing and registration easier
by allowing for the use of general preset level and window settings. Uniformity can be evaluated in
a phantom of uniform density, comparing the mean pixel value around the periphery of the phan
tom to that around the center. e use of the proper uniformity correction model, based on ana
tomical site and patient size, yields a uniformity reachingif&oth the axial and cranio-caudal
direction (Morin et al. 2009), using the following formula, normalized to the di erence between
water and air mean pixel values:

mean(periphery) mean(center) 100 (5.3)
mean(watg) mean(air) '
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5.3.1.2 SPATIAL RESOLUTION

Spatial resolution represents the ability of a system to distinguish a small object of high contrast
from its surrounding. A system with high spatial resolution is able to resolve smaller objects. ere
are several ways to estimate spatial resolution, each having their own limitations. One way is to
image a phantom containing di erent high-contrast line pairs of di erent sizes and separation, and
evaluate which is the smallest line pair visible. Using this method, it was found that the MVision
system was able to resolve 0.3 line pair per mm, which is lower than the 0.5 line pair/mm obtained
with a conventional kV-CT with the same phantom (Gayou and Mi en 2007a). Another method
consists of extracting the point spread function (PSF) of the system, which represents the system’s
response to a point stimulus, with the use of a small object of known size. is method involves
deconvolving the PSF from the object size. e study of spatial resolution of the MVisgystem

using the second method found that the full width half maximum of the PSF was around 1.9 mm
(Morin et al. 2009).

5.3.1.3 CONTRAST-TO-NOISE RATIO

CNR is the most important image quality characteristic in image-guided clinical applications. It
characterizes the ability to distinguish a structure from its surrounding background. A system
with a high CNR is able to resolve a structure even if the density di erence with the surrounding
anatomy is low. e major disadvantage of the MV-CBCT system compared to its kV counterparts
lies in its ability to detect contrast. In kV imaging, the photons interacting with the anatomy are
more likely to interact via the photoelectric e ect rather than the Compton e ect. As the-photo
electric e ect is highly sensitive to the atomic number Z of the material, contrast will be greater
for the same level of noise, compared to an MV imaging system, leading to a higher CNR. e MV
system also derives contrast from photoelectric e ect, but in a much smaller proportion. is is
especially true for bony anatomy with high Z components, but is also re ected in lower resolution
of so tissue.

Any given system is characterized by its CNR as a function of the difference in electron den
sity between an object and its background, as the electron density is the factor driving contrast.
For clinical applications purposes, the CNR is measured using a water phantom containing
inserts of known electron density in the range typically found in the human body, and extract
ing the mean pixel values within the insert and the background and is given by the following
formula:

mean(insert) mean(badkground)

CNR
mean standard devation(inset),standard deviation(badground)

For example, dense bone (electron density relative to water 1.512) or lung in the inhaling respira
tory phase (0.190) will provide a higher CNR than adipose tissue (0.952), muscle (1.043), or liver
(1.052), against a water-equivalent background. e ability to resolve low-contrast objects ulti
mately depends on the level of noise, which according to counting statistics, varies as the inverse
square root of the number of photons hitting the detector. erefore, for any density insert, the
CNR will increase proportionally by the square root of the exposure, that is, the square root of the
absorbed dose by the patient. As a clinical example, with a low MU protocol (4 MU), the CNR for
muscle is around 3, which leads to limited visibility. With a high MU protocol (15 MU), the CNR

for muscle increases to 5, improving the ability to distinguish it from the background. For dense
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bone, the CNR is around 21 for a 3 MU protocol. erefore, when registering bony anatomy for
image guidance, a low MU, low-dose protocol is largely su cient.

5.3.2 IMAGING DOSE

5.3.2.1 IMAGING DOSE AND IMAGE QUALITY

e dose related to MV cone-beam imaging has always been a somewhat controversial topic. Some
contend that it is not possible to use MV-CBCT for daily imaging as the associated dose can reach
a few percent of the therapeutic dose, and could therefore be clinically signi cant. Others argue
that radiation dose from daily kv CBCT can also be signi cant, and yet usually ignored in the
planning process. A comprehensive study of MV-CBCT dose and its relationship with image qual
ity was performed (Gayou et al. 2007b). Central and peripheral dose was measured using an ion
chamber in a cylindrical acrylic phantom, and the dose distribution was characterized inside an
anthropomorphic phantom using Im and thermoluminescent dosimeters (TLDs). e dose to

the center of the pelvic-sized phantom for the 15 MU protocol was around 9 cGy; the dose to the
center of the head-sized phantom for the 4 MU protocol was around 2.5 cGy. ese values agreed
with other studies (Morin et al. 2007a) and followed expectations for the given beam energy, eld
size, and depth. e dose posterior to the isocenter was-ZD lower, depending on the phantom

size, whereas the dose anterior to the isocenter wakigfler, since the arc was acquired anteri

orly from the right to the le side of the phantofigure 5.3hows the e ects of the choice of MU
protocol, that is, the imaging dose, on image quality of a phantom with inserts of di erent density,
for a 200 arc. e CNR clearly increases when the dose increases, so that on the phantom objects
that cannot be resolved with 2 cGy imaging dose can easily be seen with 12 cGy imaging. It should
be noted that even with 48 cGy, which is excessive for daily clinical use, the image quality does not

Figure 5.3 The reconstructed image of a phantom with 16 inserts of 4 different sizes and 4 dif-
ferent relative electron densities (1.09, 1.17, 1.48, and air), using (a) kV-CBCT and (b—h) MV-CBCT
with different MU protocols, identi ed by the absorbed isocenter dose. As the dose increases,

the noise decreases and more small objects of low density become visible, re ecting an increase

in contrast-to-noise ratio. (From Gayou, O. et al., Med Phys,, 34, 499-506, 2007. With permission.)
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Figure 5.4 lllustration of the increased contrast-to-noise ratio with imaging dose in a head-and-
neck patient. With 2.5 cGy (b), only bony anatomy can be used as guide for image registration to
the planning CT (a). With 9.0 cGy (c), soft tissue resolution is increased. (From Gayou, O. et alMed
Phys, 34, 499-506, 2007. With permission.)

equal that of kV fan-beam CRFigure 5.4llustrates this point further on a head-and-neck patient,
where 2.5 cGy imaging dose is su cient for visualization of bony anatomy, but 9.0 cGy is required
to resolve so tissue in the neck.

From a practical clinical standpoint, the choice of imaging dose should come from a cost/
bene t analysis, which on one side considers the imaging dose relative to the therapeutic dose, and
on the other side evaluates the clinical bene t of the imaging procedure in terms of tumor control
and possible decrease in toxicity to organs-at-risk (OAR). For example, the imaging dose deposited
by a 15 MU MV-CBCT scan used for image guidance of a prostate intensity-modulated radiation
therapy (IMRT) treatment, is around 9-10 cGy. As the prostate moves daily depending-on blad
der and rectal content, daily imaging is recommended if margins on the order of 5 mm are used,
and a high-dose protocol is necessary to resolve the prostate, bladder, and rectum. In this case, the
imaging dose amounts to 5of the usual fractional dose of 180—200 cGy, which is clinically sig
ni cant. If bony anatomy is the basis for image guidance, a smaller dose can be used, as the CNR
for bone is larger than that for so tissue. A 2.5 cGy imaging dose represents oriy.3.2of a
conventional fractional dose. For stereotactic cranial or body radiation therapy applications, where
a high fractional therapeutic dose is used, a high-dose imaging protocol is not only acceptable as
the imaging dose is a smaller fraction of the therapeutic dose, it is also recommended as-high qual
ity image guidance is of prime importance in daily setup of high-dose treatments, which typically
have smaller margins.

5.3.2.2 IMAGING DOSE MANAGEMENT

Recognizing that delivering a target imaging dose on the order-é&f 4of the therapeutic dose

is excessive, but also realizing that the bene ts of volumetric imaging in terms of so tissue de ni
tion or identi cation of rotation, deformation, or anatomical changes over time are of great value,
methods were developed to integrate the imaging dose into the radiation treatment plan. One of the
great advantages of MV-CBCT is the fact that it uses the treatment beam, and therefore is already
modeled in the treatment planning system (TPS). Including the imaging dose only consists of cal
culating an arc of given start and stop angles, eld size, and total MU. ere is no additional quality
assurance (QA) other than verifying the constancy of the output of the beam in imaging mode.
One method of dose integration rst optimizes the therapy plan, then calculates the total imaging
dose for the prescribed imaging modality and frequency. e two are then added together with a
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compensation factor weighing the treatment plan dose, so that the total target dose corresponds to
the prescribed dose, according to the following formula (Morin et al. 2007a):

Trx CF T Twv ceer Ny (5.4)

where:
T+« is the planned target dose
Tuv-cect IS the imaging target dose
CFis the compensating factor, which is usually betweerna®8 100
n; is the number of imaging sessions

As a result, the target dose is identical to the plan in which the imaging dose would be ignored.
OAR surrounding the target receive more dose than if no imaging was performed, but less than if
it was performed and not taken into account.

A second method rst calculates the imaging dose from the MV-CBCT arc, and then per
forms an IMRT optimization taking into account the xed imaging dose (Mi en et al. 2007).
is method results in similar target coverage as the rst method, but it also has the potential to
improve the sparing of the OAR that are a ected by at least one of the IMRT beams, compared
to a plan ignoring the imaging dose. e reason is that since the optimizer already knows what
dose such organs are receiving from the imaging process, it can optimize the IMRT beams, so that
the total dose does not violate the constraints. Organs that are not directly a ected by the IMRT
beams but receive imaging dose see a net increase in total dose, compared to a plan ignoring the
imaging dose.

e ease of modeling the imaging dose in any TPS actually constitutes an advantage over kV
imaging modalities. TPS are usually not equipped to handle low-energy beams, and modeling
these elds can be very di cult. However, the total dose from a kV-CBCT may not be negligible,
especially dose to bony structures, whose high Z components are sensitive to low-energy photons
(Ding et al. 2010). e kV-CBCT imaging dose can even be 2 to 3 times higher for children than for
adults due to their smaller size (Deng et al. 2012).

5.4 PERFORMANCE AND QUALITY ASSURANCE

Image quality is an important aspect of MV-CBCT. If the anatomy of interest cannot be resolved
on the image, the registration cannot be performed. However, positioning accuracy is of primary
importance in the registration process. An image of good quality can be incorrectly registered to
the planning CT if an error is introduced in the reconstruction process leading to the introduction
of an o set that does not accurately re ect the real patient geometry. Positioning errors introduced
during image reconstruction tend to be systematic in nature. Two potential causes are (1} misposi
tioning of the at-panel detector, whose deploying mechanism can wear out over time; and (2) bad
projection matrices due to a faulty geometry calibration setup. e accuracy and reproducibility
of the at-panel deployment can and should be checked daily with the help of a metallic crosshair
inserted in the accessory mount. e stability of the position of the projection of this crosshair can
be assessed and corrected, if necessary. A detector shi in the longitudinal direction of 1.5 mm will
translate to a longitudinal position error of 1 mm at isocenter. A lateral detector shi may result in
a rotational error of the reconstructed image.
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A careful calibration of the projection matrices is of primary importance to the positioning
accuracy of the system. From the user’s perspective, most care must go into setting the calibration
phantom accurately, with the help of the room lasers or the gantry crosshair at the cardinal angles.
e rest of the process, that is, the acquisition of the calibration arc and the construction of the
projection matrices, is performed automatically by the computer. e stability of the calibration
process was veri ed over a 12-month period and found to be excellent, with variations well under
1 mm (Morin et al. 2009).

e positioning accuracy of the system can be veri ed by taking an image of a phantom with
metallic seeds of known absolute position, and assess the reconstructed position of the seed. Such
a test should be done daily with a simple cube phantom aligned to room lasers. In the case of the
Siemens MVision system, a cylindrical QA phantom is provided, with a total of 12 metallic beads
embedded in three axial slices of the phantom. When the phantom is carefully aligned around the
LINAC isocenter, the positions of the 12 beads are known, and their reconstructed position should
fall within 2 mm, according to the manufacturer’'s speci cations. In practice, the accuracy of
the MVision system is closer to 1 mm. It should be noted that another advantage over a gantry-
mounted kV volumetric imaging system is that the imaging and treatment system share the same
isocenter by design, since they share the same source. As such the QA step of verifying isocenter
coincidence is removed.

The phantom described previously can also be used to perform tests of image quality repro
ducibility. The phantom is divided into several sections, each measuring a different quality
characteristic. One section is made of solid water for quantification of uniformity and noise.
The section containing line pair patterns assesses spatial resolution. Two sections containing
inserts of different electron density relative to water and different sizes measures the stabil
ity of the CNR ratio. One of these slices is showignire 5.3 These phantom tests need to
be repeated on a monthly basis. A noted degradation of image quality is usually corrected for
with a recalibration of the detector gain, obtained by irradiating the flat panel with no object
in the path.

Image artifacts can also be introduced by issues with other components of the LINAC, such as
the gantry rotation. ese artifacts are generally apparent on the image and are noticed inmedi
ately by the daily users. Corrective action can then be taken in a short time.

5.5 CLINICAL USE

e primary use of MV-CBCT is for localization, that is, veri cation and correction of the
patient setup on the treatment table according to the setup used during simulation. In the
MVision system, the process is incorporated in the work ow. e imaging arc is scheduled
in the record-and-verify system (R&V) and transferred to the treatment workstation, which
provides the interface between the R&V and the LINAC. During acquisition of the arc, the pro
jections are automatically transferred to the workstation, and the image reconstruction process
begins immediately. e planning CT image, which was transferred from the R&V system prior
to the rsttreatment, is loaded automatically, and a rigid registration is performed with a maxi
mum mutual information algorithm, using translation in the longitudinal, vertical, and lateral
directions. A visual evaluation and manual correction of the registration is then performed,
and the corrective couch o sets are calculated. e couch is moved accordingly and the treat
ment can proceed.
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For localization purposes, the reduced CNR compared to kV-CBCT does not constitute a
great handicap. MV-CBCT-guided therapy is used routinely for daily imaging of all anatomical
sites. Its accuracy has been proven for so tissues such as prostate, comparing favorably with
ultrasound and evenly with stereoscopic markers (Gayou and Mi en 2008). Anatomical sites
that rely essentially on bones for registration, such as brain or head-and-neck, can use lower
MU protocols. In fact MV-CBCT has been used routinely in accuracy studies evaluating head-
and-neck setups (Gra et al. 2013, Motegi et al. 2014). e use of MV-CBCT to image ducial
markers to help localizing pancreatic tumors were also reported (Packard et al. 2015). Finally, a
study of the e ects of tumor motion on MV-CBCT lung imaging found that for motion less than
15 mm and the positioning accuracy of the system was not compromised (Gayou and Colonias
2015).

One of the great advantages of volumetric information obtained from CBCT imaging is the
ability to not only correct for mispositioning but also to monitor changes in anatomy over the
course of treatment. For example, patients treated for head-and-neck cancer tend to lose a lot of
weight as a result of dysphagia and odynophagia caused by treatment-induced irritation. In some
cases, weight loss can be so severe that the planning CT no longer represents proper patient geom
etry and the dose distribution does not conform to the actual disease. Daily volumetric imaging is
a great tool for monitoring such changEgyure 5.5hows the planning CT with initial contours
of target and OAR for an oropharyngeal cancer patient, along with a MV-CBCT image taken a er
4 weeks of treatment. e MV-CBCT image shows an approximately 3 cm reduction in neck diam
eter, leading the planning target volume to lie outside the patient contour. Subsequently, a second
planning CT was acquired for that patient, and a new plan was created and used for the remainder
of the treatment. In this case, the daily use of MV-CBCT imaging directly led to this simple form
of adaptive therapy.

A signi cant milestone in adaptive therapy is the ability to adapt the treatment plan everyday
just prior to treatment, based on information obtained from the image-guided radiation therapy
(IGRT) image. e steps involved in such a process include fast and accurate contouring and
fast and accurate dose calculation. Accurate contouring relies primarily on good image quality,
typically with high CNR. is is an area where MV-CBCT would likely underperform, relative

Figure 5.5 Clinical example of adaptive radiotherapy enabled by the use of MV-CBCT in a head-
and-neck patient. After 4 weeks of radiation therapy, the patient lost a considerable amount of
weight. The MV-CBCT image shows a decrease in neck diameter of 3 cm, with planning contours
protruding outside the patient, potentially leading to misadministration. The patient underwent a
midcourse resimulation and a new plan was designed for the remainder of the treatments.
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to kV-CBCT. e literature is poor on the subject of autocontouring or propagating contours
on MV-CBCT images, but it stands to reason that MV imaging is not the modality of choice,
at least not without the need for manual contour editing, which adds time to the adaptive pro
cess. In terms of dose calculation, two parameters are of primary importance: the cerrespon
dence between CT number and electron density (CT-to-ED curve), and the uniformity of the
image (independence of the CT-to-ED curve on location and patient size). An early study of dose
calculation based on MV-CBCT showed the linearity of the CT-to-ED curve over the clinical
range (Morin et al. 2007b). It was also demonstrated that with the proper anatomy-dependent
uniformity correction algorithm, as discussed earlier in this chapter, dose-volume histograms
from dose calculations on MV-CBCT and conventional CT were in excellent agreement. e
same group proposeddopse-guided radiation theramyork ow, where the dose-of-the-day is
calculated based on the image-guidance dataset, and can be used to determine when a patient
requires replanning (Cheung et al. 2009). ey demonstrated the applicability of MV-CBCT for
that purpose.

e relatively small portion of low-energy photons in the MV-CBCT beam spectrum leading to
a small probability of photoelectric interaction is a detriment to image quality in general, because
of the loss of contrast. However, it allows for a reduction of streaking artifacts in patients with
metallic implants, such as dental llings, prosthetic hip, or surgical clips. With low-energy beams
these high-density, high-atomic number materials cause photon starvation that greatly reduces
visibility around them. With MV imaging, these artifacts are reduced signi cantly, as illustrated in
Figure 5.6In these cases, a MV-CBCT image can be taken at simulation time in conjunction with
and registered to the planning CT, to help not only contouring but also assigning electron density
in the a ected region for dose calculation purposes.

@

(b)

Figure 5.6 lllustration of photon starvation artifacts introduced by high-Z metallic implants in

kilovoltage imaging (b). The anatomy of interest is not visible on the planning CT of this prostate
patient with bilateral prosthetic hips. By contrast, the MV-CBCT image of the same patient shows a
much reduced artifact due to the higher energy spectrum (a). This image can be used in conjunc-
tion with the planning CT for contouring purposes.
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5.6 FUTURE OF MV-CBCT

e MV-CBCT system described in this chapter is the rst-generation system developed and com
mercialized by Siemens Medical Solutions. ere are two main ways to improve the image quality
through increased CNR and spatial resolution, while maintaining the simplicity of the MV-CBCT
system: (1) development of EPIDs with better detective quantum e ciency (DQE), and (2) increase
of the low-energy photon uence in the beam spectrum. ese topics are cover€tapters 12

and8, respectively. However, it should be noted that the latter is the focus of the second-generation
systems developed by Siemens, commercialized under the InLine kViame. e manufac-

turer created an imaging beamline in which components in the treatment head that contribute to
low-energy photon absorption or scatter have been reduced to a minimum (Faddegon et al. 2008).
e tungsten target was replaced with a low-Z carbon target. e tapered primary collimator was
replaced with an untapered collimator. e attening lIter (FF) and mirror were removed and the
ceramic monitor chamber was replaced with a thin-wall ionization chamber. Finally, the energy
of the electron beam hitting the target was reduced from 6 to 4.2 MeV to curtail electron leakage
from the target. As a result, the energy spectrum of the beam was signi cantly shi ed down, which
not only had the e ect of increasing the high-contrast component of the beam but also to better
match the detector-response window, thereby reducing noise. Measurements showed that the CNR
was increased by a factor up to 3 compared to the rst generation treatment beamline systems. e
resulting e ect is illustrated irigure 5.7which shows much better resolution of so tissue even
with an imaging dose of 2.5 cGy, similar to the contrast observed with 9 Ei@yiia 5.4

Figure 5.7 lllustration of the increased contrast-to-noise ratio obtained with a new imaging beam -
line with the same isocenter imaging dose for head-and-neck cancer patient. The new imaging
beamline uses a 4.2 MeV electron beam striking a low-Z carbon target without attening lter,
resulting in a relative increase in the low-energy photon uence in the beam spectrum.
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Of the three major LINAC vendors who developed gantry-mounted CBCT systems, Siemens
was the only one to pursue the simpler, more cost-e ective route of MV energy imaging, at the
cost of decreased image quality. Varian and Elekta both developed kV systems, with an X-ray
tube and at-panel detector mounted 9ffom the treatment beam. However, in 2012, Siemens
decided to pull out of the LINAC market, and stopped manufacturing and selling systems, while
still o ering services on existing systems until 2022. erefore, there is e ectively no commer
cially available new MV-CBCT system on the market for purchase at this time. e development
work done by Siemens and their collaborators at the University of California, San Francisco
(UCSF), however, provides a solid foundation for other manufacturers to design MV-CBCT sys
tems if they found it of interest to add it to their imaging arsenal. e characteristics might then
be slightly di erent than those discussed in this chapter, but the foundation would undoubtedly
be the same.
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6.1 INTRODUCTION
6.1.1 PReTREATMENTQA

Widespread clinical implementation of intensity-modulated radiation therapy (IMRT) using con
ventional linear accelerator (LINAC) equipment increased rapidly in this century following a decade
of development of the equipment and techniques. In the early years of clinical adoption, there was
much debate in the medical physics and radiation oncology community on the quality assurance
(QA) requirements and procedures that were needed for this new technology. Previous -QA para
digms relied on the fact that essentially a small library of delivered uences was used for clinical
treatment using either the open eld or a set of wedged eld uence pro les. ese uences could,
therefore, be veri ed with routine regular QA techniques that evaluated beam symmetry, beam at-
ness, and wedge pro les. However, the new IMRT uence deliveries were unigue to every patient
plan and involved a much more complex planning and delivery sequence using technology and
techniques that were new to most treatment centers. Naturally, a conservative approach was taken
and the dominant view became that these treatments should be individually measured to ensure
that the uence or dose delivered for the patient corresponded to the treatment plan known as pre
treatment QA. Some centers later scaled back the use of pretreatment QA on an individual patient
basis once they felt they had gained su cient experience with the techniques and con dence in the
delivery accuracy. However, the majority of centers continue to perform pretreatment QA for their
IMRT patients with some jurisdictions making this a mandatory component of patient treatment.
e debate on the requirement to perform pretreatment QA on every patient is still ongoing, with
arguments that, for example, rigorous equipment QA combined with independent planning-calcula
tions or combinations of these may su ce. It is not the purpose of this chapter to enter this debate,
rather to accept that the medium-term future in radiation oncology will see continued widespread
pretreatment QA.

ere is considerable variety in the methods and equipment used to perform pretreatment QA;
however, they mostly follow the same general principle. e patient treatment plan is used to cal
culate a dose on a phantom that corresponds to the measurement phantom or dosimeter that will
be used on the LINAC. is is referred to here as the reference plan. e reference or patient plan
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is then delivered at the LINAC and the dose delivered is measured with the dosimetric system.
e measured dose and the reference dose are then compared using an evaluation metric usually
the gamma evaluation criteria [1]. e reference plan and measurements can be performed on an
individual beam-by-beam basis or with a combined delivery. Particularly for volumetric-modu
lated arc therapy (VMAT), a combined delivery approach is o en used. A variety of commercial
dosimetry systems are available and widely used for these measurements. e major drawbacks
of these systems are the setup time involved and the generally low resolution or sampling of the
delivered dose.

is chapter will discuss the role of electronic portal imaging devices (EPIDs) in this context
and outline how they have been used for IMRT and VMAT individual patient pretreatment QA.
is will be limited in scope to EPID nontransmission dosimetry measurements performed
prior to treatment. Nontransmission dosimetry is de ned by van Elmpt et al. [2] as “determi
nation of the dose in the detector, patient or phantom or determination of the incident energy
uence, based on measurements without an attenuating medium between the source and the
detector, i.e. phantom or patient.” is is distinct from transmission (or transit) dosimetry
where the beam has passed through the patient and is used to assess delivered dose either at
the plane of the EPID or within a phantom or patient datasetiyo dosimetry). e latter is
discussed in more detail @hapter 11 Although a considerable body of work exists to per
form dosimetry with camera-based or other design EPIDs, these have been superseded by at-
panel amorphous silicon (aSi)—based technology for some time now and therefore will not be
discussed. e advantages and disadvantages of aSi-type EPIDs for pretreatment QA will be
outlined along with the current methods employed for their use and some potential future
developments.

6.1.2 BRIEF DOSIMETRIC PROPERTIES OF EPID

6.1.2.1 IMAGE FORMATION

ere is considerable literature on the dosimetric properties of EPIDs and these will only be brie y
introduced here. For more information, the reader is referred to review articles by van Elmpt
et al. [2] or Greer and Vial [3]. In a typical aSi EPID design, X-rays and electrons produced in the
copper conversion layer interact with the phosphor layer (terbium-doped gadolinium oxysu de) to
produce visible light photons that then interact in the aSi-based photodiode array. A small percent
age of the signal produced in the photodiode array is due to direct detection of X-rays and electrons.
is has been experimentally measured by blocking light from the phosphor layer from reaching
the photodiodes to be approximately 8f the total (light direct) signal [4].

6.1.2.2 EPID SCATTER

Scatter of the incident beam will occur in the conversion layer and the phosphor layer and poten
tially also in layers distal to the detector. Both forward and backward radiation scatter €an con
tribute to dose deposition in the EPID. Considerable optical scattering also occurs in the phosphor
layer [5,6]. e EPID response is also a ected to an extent by low-energy head scatter that varies
with eld size and which is not completely Itered out by the conversion layers of the EPID [7].
is is particularly apparent at high energies such as 18 MV where the eld-size response of the
EPID varies more than that measured with ion chamber [7]. e EPID energy distribution due

to a delta-impulse of photon uence (tli®se kernedf the EPID) can be modeled directly with
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Monte Carlo (MC) methods, or measured with line-spread function experiments. Comprehensive
models of EPID scatter that include optical photon scatter and energy deposition in the photodi
odes have been developed by Kirkby et al. [6] and more recently by Blake et al. using the GEANT4
MC system [5]. ey concluded that modeling of EPID dosimetry using energy deposition in the
phosphor layer without explicit modeling of optical scatter provided an adequate description of
EPID response.

A feature of Varian EPIDs that is not present for other vendors is backscattered radiation
from the support arm that has components seated directly underneath the active detection
layer. Backscattered radiation introduces an additional nonuniform backscatter signal to the
image, which is dependent on where the uence impinges on the detector [7-9]. Introducing
a shielding layer with thicknesses of 2-5 mm of lead between the support arm and the detec
tor to intercept the backscattered radiation has been found to be e ective [8,10-12]. e newer
Varian aS1200 EPID design contains a shielding layer between the support arm structure and
the active detector. Experiments with a prototype model showed that the backscatter signal was
reduced to less than 0.%f the total signal by this shielding [13]. Methods to model or correct
the backscatter artifact from acquired images have also been developed and are discussed in
Section 6.3.1.3

6.1.2.3 ENERGY-DEPENDENT RESPONSE

EPIDs exhibit a strong energy-dependent response due to the high atomic number conversion and
phosphor layers. As the photoelectric e ect is much more probable at low energies, low-energy
X-rays and electrons are preferentially absorbed in the phosphor layer producing a much greater
EPID signal per unit incident energy than for higher energy X-rays and electrons.

is energy-dependence manifests as an increased response to o -axis radiation due to the
lower average photon energy [14,15]. At less than 15 cm o -axis, the EPID response is already
10 higher than ion-chamber response relative to central axis. is e ect is much reduced-in at
tening lter free (FFF) beams. is o -axis dependence is corrected by the ood- eld division of
images that are acquired, producing a at-EPID pro le. However, this also removes beam o -axis
dosimetric information. e energy dependence also a ects measurement of IMRT beams where
a signi cant proportion of the signal produced in a given pixel can be due to multileaf collimator
(MLC) transmission. As this is a considerably harder beam than the open eld, the EPID response
is reduced. e result is a reduced signal in low-dose regions where the majority of the dose is due
to MLC transmitted beam. is e ect is of the order of 30in the relative EPID response to open
and MLC transmission components, which has been experimentally measured and MC modeled
[15,16].

6.1.2.4 PIXEL SENSITIVITY VARIATION

Each individual pixel in the photodiode matrix can exhibit a unique o set or background signal
(no radiation present) and unique gain response to incident radiation. ese are corrected using a
dark- eld image and a ood- eld image or gain image. e dark eld is acquired with the beam o

and is subtracted from the raw images. e ood eld is acquired with the eld completely irradi

ating the imager to simulate a uniform incident beam uence, and raw images are divided by the
ood- eld image. As discussed earlier, the ood- eld image signal increases with o -axis distance
due to the energy variation in the incident beam. is has two e ects: (1) this o -axis response is
removed from corrected EPID images and (2) artifacts are introduced if images are acquired at a
di erent EPID position from the ood- eld acquisition position [17]. An alternative approach has
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been proposed where the pixel sensitivity variation (matrix) is measured without the additive o -
axis response and is used to correct raw EPID images [14,17].

6.1.2.5 RESPONSE LINEARITY WITH DOSE

Another dosimetric feature of EPIDs that should be considered for dosimetry is the deviation from
linearity that can occur for small monitor unit (MU) deliveries or with particular types of imaging
modes. ese deviations can be due to incomplete recording of the delivered signal due to missing
frames at the start or end of acquisition [18] and image lag and ghosting e ects [19-26]. Recent
work has shown that the majority of nonlinearity e ects at low MU are due to incomplete capture
of partial dose frames, which can be largely corrected by vendor acquisition improvements [18,27].
Ghosting is a decrease in pixel sensitivity, and hence EPID responses in an irradiation due to a
prior irradiation while lag is the charge carry over to subsequent frames due to incomplete detec
tor readout [19]. e nonlinearity can be measured and correction factors derived as a function of
delivered MU.

is e ect is also important for cine imaging used for VMAT dosimetry, which is discussed in
Section 6.4.1.1

6.1.3 UNCERTANTIES IN EPID NONTRANSMISSON DOSIMETRY

e uncertainties in the measurements made of IMRT or VMAT deliveries with EPID can be
grouped into three broad categories: (1) uncertainties in the spatial localization of the detec
tor measurement with respect to the beam; (2) uncertainties in the measured image values; and
(3) uncertainties in conversion of image to dose or prediction of EPID image, depending on which
type of method is being used.

Some form of image registration is required to compare EPID images, which are acquired in
the pixel-based coordinate system of the EPID and the reference plan dose, which is in a coordinate
system referenced to the beam isocenter. e planning system also assumes a perfect isocenter that
does not vary with gantry angle and LINAC uncertainties are ignored. e simplest approach is to
determine the beam isocenter location on the EPID panel to translate pixel coordinates to isocen
ter referenced coordinates. is can be achieved by some form of calibration generally using eld
centers, average of 18®@tated eld centers, graticule-type phantoms, matching of image to the
corresponding beam outline from the plan, or more advanced calibration phantoms [28-31]. is
calibration can also be extended, so that the isocenter location on the panel is described as a func
tion of gantry angle. Measurements will generally include a combined EPID sag/ ex and gantry
wobble of the LINAC. A method that separates gantry and EPID sag components has been reported
and used to study variations across multiple LINAC platforms [29,32]. Newer EPID systems such as
the ones on the Varian Truebeam can also reposition the EPID at any gantry angle based on a pre
measured sag/ ex calibration function. Provided careful calibration measurements are performed
and the EPID sag/ ex is stable over time, the uncertainty due to EPID position can be small and
certainly, submillimeter accuracy is achievable.

Some so ware systems that compare EPID to measured or predicted doses do not use this form
of calibration and perform either manual or automatic rigid registration of the EPID data to-the ref
erence data. Although this can overcome positioning uncertainties, it could also potentially remove
real di erences in spatial location of the delivered dose (e.g., MLC position systematic o sets).

Uncertainties in the measured image values can arise from a number of sources. Pixels
and electronics can degrade and become defective over time due to radiation damage and age.
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is can cause increased noise in the images, unstable, or missing signal in pixels or panel areas,
and changes in pixel sensitivity or gain. Careful monitoring of EPID performance as part of a
pretreatment QA program is essential to ensure consistent results. ese programs can include
frequent dark and ood- eld (gain) calibrations, if required. Another e ective approach is to
normalize acquired images with a large image acquired of the entire detector. is can remove
variations in the pixel response; however, it will also remove any real changes in beam pro le
that may have occurred. is can also be a useful method to correct for dosimetry performed at
EPID positions di erent from the ood- eld calibration position, as this di erence in position
introduces artifacts [17]. Other sources of signal uncertainty include those described earlier such
as backscatter and nonlinear response at smaller MU settings due to incomplete signal capture
and/or ghosting and image lag characteristics. Backscatter artifacts, if not corrected, can degrade
results and can be di cult to interpret. In the absence of a correction method, potential backscat
ter work-arounds can include collimator rotations to minimize the beam incident on the support
arm or to place the long axis of the beam orthogonal to the main direction of the ood- eld divi
sion backscatter component.

Finally, uncertainties in conversion of image to dose or prediction of EPID image are important.
All models have limitations and inaccuracies. It is important that the user understands the model
that is being used and identi es potential limitations that could lead to discrepancies between
EPID results and treatment planning system (TPS) or modeled EPID images. A thorough testing of
the model used over a wide range of conditions is essential.

6.2 NONDOSIMETRIC METHODS

6.2.1 MULTILEAF COLLIMATOR POSITION VERFICATION

With very high-resolution pixels (0.3—0.4 mm) and large detector areas, EPIDs have the potential
for the measurement of MLC position during IMRT and VMAT deliveriggyre 6.1 ese could
provide measurements to validate trajectory log les or separately as an independent measure of
leaf position, that can be compared to the planned leaf trajectories or used to reconstruct delivered
dose [33]. EPID measurements must be at a high sampling rate to avoid MLC position blurring on
the images and to provide su cient leaf position localization accuracy. Sampling rates of EPIDs
were typically in the 2.5-10 Hz range until recently when higher speeds of up to 25 Hz have become
available. A prototype complementary metal-oxide-semiconductor (CMOS) detector with- a sam
pling rate of up to 400 Hz has been proposed as an alternative system for these types ef measure
ments [34]. With current clinical systems, it can be di cult to acquire and access the individual cine
images or image frames at a su cient sampling rate required for accurate MLC position analysis.
Alternatively, separate frame-grabber systems that use a one-way connection to the clinical system
to receive image frames during acquisition are being utilized in the research setting and can provide
the required image data as discusse®eation 6.4.1.1

Another challenge with these measurements is that the EPID operates on a time basis with
each image acquired in regular xed time intervals, whereas the treatment planning MLC posi
tions are speci ed at control points as a function of delivered MU for IMRT or gantry angle for
VMAT. erefore, the common approach is to determine the delivered MU (gantry angle) as a
function of time during the delivery that allows the EPID measured MLC positions to be syn
chronized to the treatment plan. Several early approaches used the MU signal from the LINAC
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with a CCD-based EPID system using custom-built circuits to trigger acquisition at speci ed
dose points or by applying percentage MU to measured frames [35—38]. Determining the gantry
angle as a function of time during VMAT delivery can be challenging and is discussed later in
Section 6.4.1.3

Analysis methods for detecting and comparing MLC positions have varied with many reports
gualitatively overlaying detected MLC positions and planned positions for real-time analysis
during delivery with more quantitative o -line analysis [39—-42]. Real-time quantitative -analy
sis of MLC trajectories has also been reported [43]. Methods to verify positioning during MLC
tracking deliveries have also been developed using planned apertures adjusted for target motion
projected onto the EPID [44]. Considerations must also be made when comparing EPID-derived
MLC positions and TPS or MLC delivery le positions as these can specify di erepbsiadn
parameters. Leaf o set tables applied at the LINAC also have to be considered. An interesting new
development with the previously mentioned frame-grabber systems is that leaf positions-are writ
ten into image information rows enabling real-time comparison using only acquired image data.

6.2.2 DOSE RECALCULATION OR RECONSTRUCTON

Measured leaf positions can also be used to recalculate the dose delivered to a patient model [33,45].
Potentially these or similar methods could be applied to pretreatment QA. ese methods are par
ticularly useful for MLC tracking deliveries where the planned apertures are no longer actually
delivered because the MLC is constantly adjusting position in response to a target motion signal.
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Figure 6.1 A measured beam aperture from an EPID image frame. (a) The planned MLC positions
at the corresponding gantry angle have been superimposed on the grayscale EPID image; the
difference between the planned and measured MLC positions at this measured EPID image for
(b) the left bank, and (c) the right bank; and (d) a measured single leaf trajectory compared to the
planned leaf trajectory. The solid line represents the EPID measured trajectory and the points show
the MLC position speci ed at each control point. (From Zwan, B.J. et al. An EPID-based system
for gantry-resolved quality assurance for VMAT, Journal of Applied Clinical Medical Physics, 2016,
17(5): 348-356.)
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e recorded delivered apertures are used to constrdetiveredDICOM plan les that can be
imported to the TPS for dose calculation. ese methods are discussed in de@ibjter 11

6.3 TECHNIQUES FOR PRETREATMENT DOSIMETRIC IMRT
VERIFICATION WITH EPID

Various commercial so wares are available to perform pretreatment veri cation using EPID
acquired images. ese include, for example, the Varian Portal Dosimetry, epiQA, EPIldose,
Dosimetry Check, and Adaptivo. ese systems use principles and methods that are discussed in
the following sections.

6.3.1 SmuLATION oF EPID GRAYSCALEVALUES

ere have been two major approaches to dosimetry with EPID: (1) models that convert EPID
signal to water-equivalent dose, and (2) models that predict the EPID grayscale signal using infor
mation from the treatment plan, referred to here as simulation of grayscale values. is latter
approach remains to date the most widely used in clinical EPID pretreatment QA. ese types of
models independently calculate the EPID signal expected from delivery of each beam of the patient
treatment plan. e two major components of these prediction models are to (1) model the uence
in-air from the accelerator head due to the prescribed MLC motions, MU delivery, and jaw posi
tions, and (2) model the interaction of this uence in the EPID layers to produce the EPID signal
from the beam. e absolute grayscale can be calibrated by comparing the EPID signal for a refer
ence delivery to the model prediction value with the same geometry (e.d0 t&%, 100 MU, and

EPID at a speci ed position). As the measured dose is not directly compared to the TPS dose, these
types of models can con rm that expected uence calculated from the plan is delivered accurately
by the LINAC. ey do not necessarily account for errors in modeling by the TPS, for example,
MLC e ects. If the model uses the same incident uence model as the TPS, then only scattering
and dose-deposition components in the reference phantom dose calculation are not included. An
attractive proposition would be to use the existing TPS models or simple adaptations of these to
calculate EPID dose. However, the energy-dependent response and di erence in scatter kernels of
the EPID and water make this challenging.

6.3.1.1 ANALYTICAL KERNEL-BASED MODELS

MC prediction models have been utilized to predict EPID grayscale images for IMRT beams; how
ever, these are discussed in detathapter 3and will be largely omitted from the discussion here.
Several di erent analytical or semianalytical models have been proposed [9,16,23,46,47] with the
advantage of increased speed over full MC calculations. ese models use EPID scatter kernels
that are convolved with the incident-energy uence to model EPID dose deposition. e kernel
represents the normalized point spread function or spatial distribution of energy deposition per
unit incident energy for a delta-impulse of photon uence. It is reasonable to assume that the dose-
deposition kernel is independent of the particular location on the EPID as the EPID layers are uni
form in structure. is assumption breaks down to an extent with support arm backscatter in the
Varian system; however, this can be accounted for in an additional backscatter calculation model
that is additive to the basic uniform EPID dose-deposition model. e EPID properties are highly
energy dependent; however, and particularly the primary dose deposition increases considerably
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with o -axis distance. e incident energy uence will be comprised of both primary and head-
scattered components and will include both photons and electrons. Both analytical and MC meth
ods have been incorporated to derive the incident-energy uence distribution at the plane of the
EPID [16,48,49].

A comprehensive analytical mode was reported by Chytyk et al. [49]. eir model includes mul
tiple monoenergetic EPID dose kernels calculated with MC modeling, each describing the EPID
dose-deposition pattern in the phosphor layer for a monoenergetic incident pencil beam of photon
uence:

D(r) (r.8) K(r.E)

where:
D(r) is the predicted EPID image signal distribution integrated over all incident photon energies
<(r,E) is the incident-energy uence distribution at the plane of the phosphor layer for enekgy bin
K(r,E) is the normalized EPID dose-deposition (scatter) kernel, assumed to be radially
symmetric
..is the convolution operator

Note that the energy dependence of the EPID image formation is accounted for by summing the
convolution of incident uence with monoenergetic EPID dose kernels, over all discrete energy
bins in the uence spectrum [50]. e incident uence distribution for each energy bin is calculated
using a two-source focal and extrafocal model that models both a primary uence distribution and
a scattered uence distribution. Speci c aspects of the MLC and secondary collimators were also
modeled including jaw and MLC transmission, MLC rounded leaf tips, tongue and groove e ect,
and interleaf leakage. is type of model can comprehensively account for the energy-dependent
response of the EPID at the expense of increased calculation time. e authors also determined in
a separate work that the nonperpendicular incidence of the primary beam o -axis that results in
tited dose-deposition kernels could be ignored, and kernels calculated with perpendicular inci
dence can be used [51].

Simpler versions of the above-mentioned model have been developed that use polyenergetic
dose-deposition kernels. ese kernels operate on the integrated or total energy uence distribu
tion (subscriptTl indicating total energy):

D(r) O() r(r) K+(r)

Note that a radially dependent o -axis response fa@0r)) is now required to model the energy
dependence of the EPID to lower energy components o -axis. In practice, this factor can be ignored
when predicting ood- eld corrected EPID images, as the ood eld acts to cancel the o -axis
dependence of the EPID. To predict EPID images that are corrected only for pixel sensitivity, then
the o -axis dependence is required.

A two-kernel model was developed by Li et al. based on separation of primary and MLC trans
mitted energy uence components [16]. An estimate of the energy uence distribution at the EPID
plane for the open beam and the MLC transmitted beam components is calculated using an MC
LINAC model. Separate kernels were derived from an MC model of the EPID for the open beam-
energy spectrum and the MLC transmitted energy spectrum. ese were also calculated as a
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function of o -axis distance to model the o -axis energy dependence. e central magnitude of the
kernel was 30 lower for the MLC transmission than for open beam due to the energy-dependent
response of the EPID that agrees well with experimental measurements [14,15]. is model was
further developed by Wang et al. [52] to include detector-dependent kernels that account for the
di erences in eld-size response for di erent EPIDs. is was done by varying the thickness of
backscatter material used in the MC calculation of the kerriglaré 6.2

6.3.1.2 VARIAN PORTAL DOSIMETRY METHOD

A simple polyenergetic kernel model, the widely used van Esch model [23] for the Varian Portal
Dosimetry image per MU is expressed as

PD(x,y,SDD) [ H x,y,SDD) OAR(PD) R CSky 1/ MUfactor

F(x,y,SDD): Itis the incident uence scaled to the EPID source-detector distance (SDD). -is u
ence is generated by the Eclipse TPS and for each point is the fraction of the MU that receives
open beam through the MLC. is is sometimes referred to as an open-density matrix. is
uence does not contain any o -axis dependence of uence; however, it does consider MLC
transmission and the o set of the 50eld-edge intensity from the rounded leaf-edge tip of
the Varian MLC.

OAR(DD): It is an o -axis factor matrix that is entered by the user during commissioning and is
usually a dose pro le measured in water at depth,,,.

RF: e kernel used in the convolution is a triple Gaussian function. e Gaussian parameters
are optimized using comparison of model prediction to a measured EPID image for a pyramid-
like test pattern made with static MLC shapes.
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Figure 6.2 Agreement between an analytical model and a Monte Carlo model predicting EPID
grayscale response for open eldsof5 5,10 10,15 15,and25 25cn? elds. (From Wang S.
etal., Med. Phys, 36(8), 3582—3595, 2009.)
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CS~v: As the uence model does not consider an output factor due to the collimator opening, a
separate eld-size dependent scalar factor is included as a look-up table. is is based on the
ratio of measured to predicted images at central axis for various symmetric and asymmetric
elds. is factor is normalized to the model prediction per MU under calibration conditions
of an open 10 10 cni eld at 100 cm source-EPID distance. is normalization is expressed
in CU units, a custom image unit used by Varian. is normalization factor is usually set to
0.01 CU per MU, so that in the above calibration conditions a planned 1 MU will result in a
0.01 CU prediction model value. e measured EPID image must similarly be calibrated to
CU units by recording the image under the calibration conditions.

1/MUfactor: To obtain a prediction per MU, the prediction is divided by the MUfactor. To-deter
mine the nal Varian Portal Dosimetry image, the model result per MU must be multiplied
by the MU set for the IMRT beam.

In addition to the CU image calibration, an o -axis factor matrix is applied to the measured
image to correspond to tl@AR(DD) added to the prediction model. is is because the incident
uence pro le is removed from the EPID image by the ood- eld calibration procedure. Usually
the same dose in water pro ledt,, is used. A limitation of the Varian portal dosimetry model is
that there is no explicit tting of the o -axis model predictions and the measured EPID data. To
improve the agreement of o -axis predictions and EPID measurements, Bailey et al. [53,54] modi
ed the o -axis factor matrix based on tting to measured EPID images.

Correction factors to account for the EPID response to the MLC transmitted component at
o0 -axis distances have also been empirically derived [55]. is work identi ed that o -axis cor
rection factors were required to give good agreement to EPID measurements even for open beams
in agreement with Bailey et al. [53,54]. Howell et al. reported a gamma analysis of 1152 treatment
elds from 152 treatment plans using the Varian Portal Dosimetry product [56].

6.3.1.3 BACKSCATTER MODELING

For the Varian aS500/1000 systems, a variety of correction methods have been proposed. e sim
plest and most widely used is to correct the backscatter artifact in the ood- eld image. e ood-
eld image itself has a large backscatter signal component. erefore, the inverse of this component
is introduced to ood- eld corrected images by division of the measured image by the ood- eld
image. By modeling or measuring the backscatter signal component in the ood- eld and remov
ing this from subsequent ood- eld corrected images, dosimetry for smaller elds can be improved
[57,58]. However, larger elds will exhibit greater backscatter artifact, so this method can be con
sidered to shi the backscatter artifact from small elds to larger elds. An implementation of this
method has been included in the Varian Portal Dosimetry system using the beam pro le correction
matrix that is applied to the measured ood- eld corrected images [58,59].

Some more sophisticated methods that consider the eld-size dependence of the backscatter
have been developed based on explicit modeling of the backscatter [60,61] or empirical correc
tions based on measurements with varying eld sizes [62]. As the backscatter introduces asym
metry largely into the in-plane direction of the EPID signal, a method has been derived that uses
re ection of pixel values about the crossplane center of the EPID for open elds to determine a
series of eld-size dependent correction matrices [62]. MC modeling approaches have also been
developed where the support arm is modeled as a set of slabs of nonuniform thickness [63]. e
model of Wang with kernels developed for variable backscatter thickness can model the e ect of
backscatter on central axis eld-size dependence but not the o -axis asymmetry. e thickness
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of a uniform water slab varied from 1 to 1.6 cm for di erent imagers with a 2.1 cm air gap to the
detector layer [52]. Rowshanfarzad et al. [60] derived a backscatter kernel from empirical-measure
ments using narrow beams incident on the EPID with the support arm present and with the EPID
removed from the support arm. A curve t to the subtraction of EPID response measured o arm
from that measured on arm was used to determine the backscatter kernel. e backscatter predic
tion model is as follows:

) WE o (r)M(r) B(r)

where:

() is the backscatter component of the EPID image

WEF is the weighting factor to model the additional component of EPID central axis signal due
to backscatter

M(r) is a binary mask that isolates the incident uence component that will interact with the
backscattering material

B(r) is the backscatter kernel that is modeled as a broad Gaussian function representing the fact
that the backscattered radiation is widely scattered

is model was added to an analytical EPID prediction model and an improvement in EPID image
prediction was demonstrated for open and IMRT elds. Removal of the backscatter component of
the measured image is also feasible. An adaptation of the above model by King et al. [61] has been
derived to iteratively estimate and remove the backscatter component of an acquired image. More
recently a similar algorithm was developed by Podesta et al. [64].

6.3.2 CONVERSION OF GRAYSCALEVALUES TO DOSE IN WATER

To simulate water equivalent dosimetry with an EPID, models that convert EPID signal to
water-equivalent dose have been developed. Using EPID data acquired in-air, the dose in a
phantom or patient model is estimated. The following models in many cases derive from ear
lier work performed with video-camera—based EPIDs and scanning liquid ion-chamber—based
EPIDs.

6.3.2.1 DECONVOLUTION-CONVOLUTION METHODS

A dose plane or planes in a water equivalent phantom can be estimated from the EPID image using
kernel methods similar to the analytical prediction models discussed earlier. e most common
method is deconvolution of the EPID image with an EPID scatter kernel to obtain incident u
ence followed by a model that calculates dose in a water phantom from the incident uence. As
these models begin with the energy integrated EPID image, the energy dependence of the EPID
response is di cult to incorporate and they generally use polyenergetic kernels to derive the model.
Deconvolution to obtain incident uence can be expressed as follows:

(N C(ND(r) *K()

whereC(r) is an o -axis correction factor. For the case of a ood- eld corrected EPID image, the
correction factor can restore the radially dependent pro le of the incident uence. For an EPID
image corrected only with a pixel sensitivity matrix, the correction factor will remove the o -axis
energy dependence of EPID response.
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One of the early methods used with modern at-panel imagers derived an EPID scatter kernel using
MC modeling of the dose deposition in the phosphor layer from a delta uence beam combined
with an empirically derived optical scatter kernel [65]. is was used to derive primary uence by
deconvolution with the image. e uence was then convolved with an MC-generated dose in water
kernel to calculate dose at a de ned depth. e uence was then compared to 2D dose distributions
measured with Im in a solid water phantom for open elds and three IMRT elds.

Further work calculated the EPID scatter kernel using MC modeling that included an explicit
MC model of the optical light scattering in the gadolinium phosphor layer [6]. e MC kernel was
also compared to measured line-spread function data for validation. EPID images deconvolved
with the kernel were compared to in-air uence measured with a diamond detector. e inclusion
of the optical kernel improved agreement with the measured uence. An analytical three exponen
tial function was also tted to the MC kernel results.

More recently, a similar approach was developed using the functional kernel form derived by
Kirkby et al. to obtain incident uence using the above formalism [13]. is was combined with an
analytical dose in water calculation at four di erent depths using depth-dependent kernels combined
with two o -axis factor functions. An implementation of this model by Varian Medical Systems has
been presented with dose calculated at 5 cm depth in water for a Truebeam accelerator with an aS1200
backscatter shielded EPID. e model results were compared to MatriXX ion-chamber array results
for various test and IMRT elds={gure 6.3 A correction for the di erence in EPID response to
primary and MLC transmitted beam components have also been derived that is applied to the EPID
image before dose calculation [66]. A similar model formalism was recently reported by Podesta et al.
[64] based on the earlier model developed by Nijsten et al. for a Siemens LINAC and Perkin—Elmer
EPID [67]. Dose in water is determined at 5 cm depth from EPID images using exponential function
kernel parameters obtained by tting directly to dose-in-water data.

6.3.2.2 DIRECT CONVOLUTION METHODS

e dose in water phantom can also be estimated without the deconvolution to uence, with a
direct convolution of the EPID image with a kernel to estimate dose-in-water plane.
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Figure 6.3 EPID images converted to dose-in-water with a deconvolution—convolution approach
compared to TPS calculations and measurements for 6 MV IMRT elds. First row: dose distribu
tions. Second row: Gamma comparison to AAA prediction. Third row: Gamma comparison to
2D ionization chamber array. Gamma comparisons for 3 /3 mm. Dark line: 5 isodose line. (From
Keller P, EPI2K14.)



116 Pretreatment EPID-based patient-speci ¢ QA

Dw,d(r) D(I’) Kep’d w(r)

whereK ¢pigow(r) is a kernel designed to estimate dose-in-water from the EPID signal directly. is
limits the depths in water that the dose can be estimated to depths greater than the depth where
scattering in the EPID and water are similar, which is around 5-6 cm or greater. is method was
used with kernel parameters derived with optimization to calculate dose at 10 cm depth in water
in a virtual at phantom [68]. A similar approach was developed by Nelms et al. [69] and used in
the EPIDose commercial so ware. ey also incorporated a correction factor to the EPID response
based on each segment size, similar to the calibration method of Nicolini et al. [70] described in the
following section.

6.3.2.3 CALIBRATION METHODS

Nonconvolution calibration-based methods to estimate a dose-in-water from the EPID image
have also been developed. The simplest method of EPID pixel conversion to dose-in-water
was developed by Lee et al. [71]. This method determines the depth in water that most closely
matches the scattering properties of the EPID by comparing field-size response and beam pen
umbra shape for various depths in a water phantom to EPID data. After determining the depth,
EPID pixel values are converted to dose-in-water plane at that depth simply by multiplying
the EPID signal by a calibration factor, which is the ratio of the dose at the central axis at that
depth-in-water for a 10 10 cni field to the EPID signal for the same field size given the same
number of MUs.

Dw,dop(r) CF D(")

where CF is the calibration factor adg), is the depth-in-water. is method was found to yield
gamma pass rates when compared to TPS calculations averagifigr 94 IMRT elds with

3 /3mm, 10 of maximum dose threshold criteria using a depth of 5 cm in water for a 6 MV
beam.

Methods based on linear calibration curves of EPID pixel responses to dose-in-water have
been investigated. Chang et al. [72] used a calibration method for aSi EPIDs similar to that used
previously for the scanning liquid ion-chamber EPID to derive dose-in-water. Nicolini et al.
[70] measured the linear calibration curves of EPID pixel value to dose-in-water for varying jaw
de ned eld sizes and the same elds but with the aperture fully blocked by the MLC. is yielded
a library of linear curves as a function of eld size for both primary begrarid MLC transmi
ted beamt().

Dpr mpr(EWWF) Por Cbr(EWWF)y Dy my(EwwF B; o (EwwF)

where:
D is the dose in Gy measured in water phantom with ion-chamber at the center of the square
eld
EwwrF is the eld size
Pis the average pixel value for a region of interest at the center of the eld
m andq are the tted linear parameters with 0

Using the MLC delivery le each IMRT beam was divided Migeparate segmergseach with
a shape and normalized weight For each pixel of the image, signal due to primary beam
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and to MLC transmitted beam is considered. If the pixel with total sR(mg) falls within the
s, segment aperture the fractional primary signal contribution from that segRettt, j) is
assumed to be

Pp(i,]) ws P(i,])

An equivalent eld size (Ewwhis then calculated for thgg segment ané; (i, j) is used to caleu
late the dose-in-water from the linear calibration function for pixel to dose for that eld size (with
eld-size interpolation between the library of linear calibration functions)

Do p(i,]) mMpr(BwwWR)Ps (i) cor(Bwwhy

A er repeating this conversion for all segments and summing the results, the dose-in-water due
to the primary beam is derived from the EPID image. e fractional pixel value component due

to MLC transmitted beam is then estimated from the estimated total primary signal in each pixel
subtracted from the actual measured pixel signal. is transmitted component of EPID signal is
then calibrated to dose-in-water using the linear equations as given earlier but now measured for
the MLC transmitted beam. Finally the dose due to the primary beam and the dose due to MLC
transmitted beam is added together to give the dose-in-water calibration for the pixel.

Dw(i,j) D« (i.)) Sle,pr(i )

As the method is based on the calibration of the central region of square fields, the model
accuracy will decrease for pixels in segments exhibiting different scattering conditions. The
method was termed GLAsS and has been developed into a commercial software package
(EpiQA).

6.3.2.4 CALCULATION OF DOSE IN MORE COMPLEX PHANTOMS
OR PATIENT MODEL

A further set of EPID pixel to dose conversion methods can be described that estimate dose-
in-complex phantoms or a patient model based on nontransmission EPID measurements.
Ansbacher derived the dose at 10 cm depth in a at phantom and then converted this dose to
the midplane dose of a virtual cylindrical phantom (radius 10 cm), using an o -axis correction
matrix and extension to three-dimensional dose in the phantom using exponential depth dose
modeling [68]. is method allows the dose from multiple beams to be combined to determine
the overall composite delivered dose that can then be compared to TPS calculations in-the phan
tom. Steciw et al. [73] derived incident uence by deconvolution of an EPID scatter kernel. is
uence was then used as an input into a commercial TPS for dose calculation. Doses and dose-
volume histogram comparisons with the planned dose were then performed. A commercially
available system (Dosimetry Check) similarly obtains incident uence, which is then used with a
separate dose calculation engine to estimate dose distributions within the patient CT model for
comparison to the planned dose [74]. EPID kernel parameters were optimized to minimize the
variance between measured dose pro les in a water tank and EPID derived dose. Isodose over
lays and gamma comparisons were demonstrated for two clinical IMRT cases: a prostate and a
head and neck case.
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6.4 VMAT VERIFICATION WITH EPID

6.4.1 TIME AND GANTRY-ANGLE RESOLVEDIMAGING

e rapid introduction of VMAT into widespread clinical use has brought considerable challenges

for pretreatment veri cation methods using EPID imaging. To fully validate VMAT delivery it is
essential to determine thdte correct dose is delivered at the correct gantry ergflere, images

should be acquired during the delivery as a function of time or gantry angle and the dose assessed
in some manner as a function of angle, a more di cult proposition than using a single integrated
image. is can take the form of an assessment of dose delivered over small subarcs of the delivery
or reconstruction of a three-dimensional dose distribution from the measured images using pro
jections at speci ¢ gantry angles.

6.4.1.1 CINE IMAGING

To acquire these images requires a cine-mode type acquisition where images or image frames are
acquired continuously during the VMAT delivery and are available to the user for postdelivery
analysis. Cine mode has received much less attention for dosimetry than integrated mode imaging
[75,76]. e availability of these types of images from the accelerator vendors is currently variable.
e Varian C-Series IAS3 EPID systems have a cine-mode acquisition with a frame rate of up to
10 Hz and potentially higher for half-resolution mode (spatial resolution is reduced to34
from 1024 768). e system allows the user to specify the number of frames that are averaged for
each cine image. is mode su ers from some limitations in that two partial frames at the start
and two partial frames at the end of acquisition are discarded and bu er over ow issues can occur
when too many frames are acquired. e former means that the signal/MU in the clinical images
reduces markedly for small MU and this must be accounted for particularly when calibrating
signal to dose. Operating the EPID in half-resolution mode can reduce the latter problem but the
increased signal can potentially lead to image saturation with EPID positions close to the source.
e Varian Truebeam system and the Elekta iView system o er movie mode images; however,
these are normalized for storage and therefore dosimetric information is lost. Truebeam has an
image processing service option that can be used to obtain individual frame images where each
frame is the cumulative image to that point. e Perkin—Elmer service so ware (XIS) used with the
Elekta EPID can be utilized to acquire each frame of the delivery in a single image le; however, no
gantry-angle information is available for the stored image frames. Mans et al. modi ed in-house
image acquisition so ware to acquire image frames with the iView®.&tHz for VMAT veri ca
tion with theirin vivo EPID dosimetry so ware [77]. A new version of the Elekta iView system is
currently being released that may address the issue of imaging during VMAT.

6.4.1.2 IMAGE SCANNING ARTIFACTS

Another problem that has been identi ed with cine imaging is image artifacts that occur from the
interplay of image readout scanning and the discrete beam pulsing or dose rate of the accelerator
[78,79]. As images are read out sequentially, for example, row-by-row, each row has a shi ed time
interval over which dose is integrated between two readouts. erefore, if the dose pulse rate varies
over comparable time intervals, di erent image rows can integrate di erent doses leading to large
signal di erences within a single frame. is can hamper dosimetry as the TPS or image prediction
currently does not include these variations. Some methods to alleviate this have been reported with
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algorithms to predict and hence remove the ar fact [78] and frame-rate modi cations can provide
some canceling of the artifact [79]. is is typically not a problem with integrated images, since
if the artifacts are in di erent locations on the individual frames they are then markedly reduced
a er averaging.

6.4.1.3 GANTRY-ANGLE DETERMINATION

It is critical that an accurate gantry angle can be assigned to each image. Images are acquired
at xed time intervals that are not necessarily easily related to gantry angle, since gantry speed
can vary during VMAT delivery. A variety of di erent methods have been proposed for this
purpose. e Varian C-Series IAS3 system records a gantry angle in the header of each cine
image; however, this has been shown to have errors up[8-382]. An iCom connection to

the treatment machine has been used with the Elekta system to record gantry angles and assign
to each acquired frame with a measured lagdof s [77]. Separate inclinometers can be placed

on the LINAC and the angle reading time base synchronized to the image readout time base to
assign the angle. Trajectory log les can be used in a similar way. Radiographic inclinometers,
where a phantom is imaged on each frame to determine the gantry angle [81], have been utilized
to compare with other methods and also to determine angle during delivery by retracting some
MLC leaves and jaw positions [83].

6.4.2 PLANAR DOSE METHODS

6.4.2.1 INTEGRATED IMAGE-BASED METHODS

Preexisting methods such as the Varian Portal Dosimetry system, the GLAaS system and the
EPIDose system have been applied to VMAT veri cation using EPID images integrated ever rela
tively large subarcs or a single integrated image of the entire delivery [84—86]. e Portal Dosimetry
system splits the delivery into a few separate arc deliveries each covering a xed angle range with
a single integrated image acquired for each. is is then compared to the predicted image for that
angle range. Note that each is a separate arc delivery with beam on and o occurring for each.
ese arc deliveries typically encompass large angle ranges to reduce workload wathy@ical

value. Some limitations of this approach are that the actual patient delivery is not used for the veri
cation and that low dose avoidance regions can give signi cant di erences. High levels of gamma
evaluation agreement have been reported with the integrated image approaches for large numbers
of patients.

6.4.2.2 TIME OR GANTRY-ANGLE RESOLVED METHODS

Although more di cult to perform, methods that use gantry-resolved dosimetry provide a com
prehensive veri cation of the delivery. ese methods acquire separate images over small subarcs
of the delivery (a few degrees) and compare these to either a predicted image for that subarc or a
TPS calculation of dose to a at-water phantom for the subarc. A di culty with these methods

is the alignment of the measured and reference doses over these small ranges of angles. Errors in
alignment can result in large di erences in the comparisons. Several approaches to overcome this
problem have been investigated. One approach is to determine the angular range of the measured
data and to then calculate the Varian Portal Dosimetry prediction for this angular range [87].
Another method involved measurement of the EPID images over sthallibarcs of the delivery

and interpolation of an in-house predicted image set before comparison [88]. e interpolation was
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based on matching the cumulative image signal in both datasets. A time-dependent comparison
has been made where the expected dose to water for particular xed time intervals is calculated
based on a measured gantry angle versus time relationship and compared to the dose to water
modeled from images acquired in these time intervals [64]. An additional time-dependent gamma
parameter was also employed for comparisons.

An interesting issue arises with these methods for how to display results for the angle-dependent
comparisons. Aseudo-3Dnethod was used by Liu et al. [87] where the predicted image and mea
sured sets as a function of gantry angle are stacked to facob8Bvith each image in the-y plane
and thez direction corresponding to gantry angle. e data are then projected through the stack onto
three planes representing leaf motion axis versus gantry angle, crossleaf axis versus gantry angle and
leaf motion axis versus crossleaf axis. Gamma evaluation calculations were then performed on these
2D projected data planes. Woodru et al. [88] displayed gamma pass rate results versus gantry angle
as line charts along with the angular di erences between the aligned angle using cumulative signal
and the target gantry position. Podesta et al. [64] used radial plots to display the gamma evaluation
results as a function of gantry angle a er these were translated back from time to gantry angle.

6.4.3 3D METHODS

6.4.31 3D DOSE ESTIMATION BASED ON TIME RESOLVED IMAGES

e aforementioned problems encountered with aligning small angular ranges of doses can be
overcome by using the measured cine images separately calculating a 3D dose in phantom for
each image using the gantry angle associated with each image. Uncertainties in gantry angle for
the acquired images have a more limited e ect particularly if these are random in nature. Several
of the methods used for IMRT that involve these types of calculations can be utilized for VMAT
in a straightforward manner with limited adaptation in the methods required. e Dosimetry
Check so ware can be used in this case provided a gantry angle is available for the acquired
images. e method of Ansbacher is suited to the VMAT geometry by using a virtual cylindrical
phantom. Some preliminary results with this method have been reportedHig0}¢ 6.3
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Figure 6.4 lllustration of a 3D dose calculation in a virtual cylindrical phantom using cine-EPID
images for a VMAT high dose delivery. The leftis from EPID and the right is from the TPS. The dose
in the cylindrical phantom is calculated from each image using recorded gantry angles and the
doses for all images summed. In this case, 148 images from two arcs were used.
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6.5 FUTURE DEVELOPMENTS

6.5.1 GoLD STANDARD MODELS

ere is a general trend toward producing LINAC that have consistent dosimetric characteristics
that can then be used with gold-standard TPS datasets for ease of commissioning. LINAC char
acteristics are generally very consistent across machine types. is brings the possibility for simi
lar gold-standardeEPID dosimetry models where the same image acquisition parameters are used
across di erent centers. is will reduce commissioning workload and acceptance of these systems,
and enable comparison of data between di erent centers [59,89].

6.5.2 CLINICAL TRIAL AUDITING

Methods for pretreatment veri cation with EPID are currently being extended to clinical trial
auditing. e European Organization for Research and Treatment of Cancer (EORTC) recently
reported on a study where centers performed their own in-house pretreatment QA, which could
include EPID methods and the results were analyzed centrally [90]. However, one-third of the center’s
data could not be analyzed and interpretation of results is di cult. A study has recently commenced
to use EPID alone for this type of assessment [91]. is aims to standardize the measurement system as
much as possible as almost all centers have EPID and these are similar in construct. e conversion of
EPID image to dose and comparison to TPS is performed at a central site to standardize the analysis.

6.5.3 FRAME-GRABBERSYSTEMS

An interesting new development is the use of systems such as separate computers with frame-
grabber cards and so ware to obtain a copy of the individual frames that are acquired in the clini
cal so ware. e clinical system can be operated using either integrated or cine-mode imaging

in this case. Image lines at the end of each frame can be coded with information on the machine
state such as gantry angle, MUs, and even MLC positions. ese systems are ideal for cine imaging
and other applications including real-time use. Future availability of these systems as clinical tools
would be of great bene t to the community.
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71 INTRODUCTION: PATIENT SAFETY AND THE LINK
TO BEAM'S EYE VIEW IMAGING

Patient safety and quality of care is integral to the practice of health care, but is of special concern in
radiation oncology due to the complexity of the processes, the many hand-o s between various pro
fessionals, the protracted timeline for the preparation and execution of treatment, and the mxany tech
nical components from multiple vendors (Donaldson 2008). is complexity can be appreciated in the
extremely intricate work ow diagrams of the process of care (Ford et al. 2009). Given this-complex
ity, it is not surprising that errors can and do occur. In fact, error is an inevitable part of any process
(Reasons 1997). In radiation oncology, the results of such errors can be dramatic as seen in some of the
recent tragic accidents in the eld: the overdose of a young patient in Scotland, Lisa Norris (Executive
2006), the miscalibration of a stereotactic radiotherapy dose system (Bogdanich and Rebelo 2010;
CoxHealth 2010), and the large overdose of a patient in New York due to a failed intensity-modulated
radiation therapy (IMRT) delivery (Bogdanich and Ruiz 2010). Reports of these accidents in the U.S.
national media have galvanized the eld toward improving patient safety (Hendee and Herman 2011).
Catastrophic errors are rare in radiation oncology. ey do, however, point to a deeper-under
lying issue with the safety and quality of care. e quality of radiotherapy plans can be thought
of as lying on a spectrum (Dunscombe 2013) with the lowest quality plans being obviously
unsafe. In the middle, however, there are plans which, though not catastrophically unsafe, are of
lower quality than standard of care or best practices would dictate. Evidence of this quality gap
can be found in data from cooperative group trials. A reanalysis of the TROG02.02 trial for head-
and-neck cancer, for example, showed that 4Pplans were considered as seriously noncompliant

127
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on re-review (Peters  2010). Furthermore, it has been shown that these low-quality plans are
linked to poor outcomes and worse overall survival (Peters 2010). Other cooperative group
trials show an e ect like this as described in several recent meta-analyses (Fairchi2d13;
Ohri 2013). eissues of patient safety and quality of care extend well beyond radiation oncol
ogy of course. Recent studies have updated the 1999 report from the Institute of Medicine and sug
gest that iatrogenic harm may be the third leading cause of death in the United States (James 2013).
ere is then a clear need to improve and standardize the quality of treatments in radiation
therapy. Numerous e orts are underway to address this problem including the use of incident
learning (Zeitman 2012; Clark 2013; Hoopes  2015), techniques in quantitative risk
assessment and mitigation (Hug 2008, 2016; omadsen 2013), and improved use of peer
review and quality audits (Marks 2013). A thorough treatment of this topic can be found in the
2013 AAPM Summer School proceedings on quality and( safetgisen 2013).
In this context, the question becomes: What is the role of beam’s eye view (BEV) imaging for
improving the safety and quality of care? ere are two main aspects of BEV imaging that are
directly relevant:

1. BEV imaging as an “end-to-end teAtreat deal of attention has been given recently to
the end-to-endest as a measure of safety and quality. is test is typically performed with a
phantom that includes an embedded object and/or Ims. e phantom serves as a surrogate
for the patient and follows the entire work ow up through the point of treatment. e
concept here is that unintended deviations in planning or localization can be identi ed in
the irradiated phantom. Such tests are recommended IASA&RO Safety White Paparsd
elsewhere (Fraass 2011; Moran 2011). BEV imaging can also be thought of as
an end-to-end test. ough it is not possible to embed Ims or measurement devices, one
can perform localization measurements and even calculate back-projected dose through
the patient (e.gChapter 1)

2. BEV imaging as an automated safety datike many quality control processes-cur
rently employed in radiation oncology, many aspects of BEV imaging can be automated.
Automation can serve an important function in safety improvement as seenhiethechy
of e ectivenesshere automation and forcing functions are listed as the most e ective means
of intervention (Grout 2006). is conceptual model is part of a larger trend in health care
that recognizes design and human factors engineering as a key component of safety (Gurses

2009) and owes much to the early design work of Don Norman (Norman 1988) and

subsequent research on human—computer interface. In the situations where BEV imaging
can be implemented as a semiautomatic systenCltapter 1}, it may be more reliable than
other quality control measures that rely on human inspection. Automated safety nets are
being explored in other applications in radiation oncology as well such as so ware-assisted
plan veri cation (Yang and Moore 2012; Li  2014; Noel 2014; Xia 2014) and
automatic algorithms that assess plan quality against predictions of what is achievable
(Moore 2011; Wu 2011; Good 2013).

Several BEV related reports have appeared that re ect the points aforementioned. A landmark
study (Mans 2010) reported the experience with electronic portal imaging devices (EPIDs)-
based dosimetry in clinical operations and demonstrated the ability to detect safety-critical
problems in the delivery of beams. More information is availabGhapter 11

In summary, BEV imaging o ers a semiautomatic means to identify errors and thereby improve
the quality and safety of radiotherapy. Because of its position in the overall work ow (i.e., at the
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very end of the chain of preparation and treatment), it is potentially sensitive to errors that occur
throughout the whole process of care preparation and delivery. is is particularly attractive since

it is known that errors o en originate in the process of treatment planning (Clark2013). e

following sections dissect the ways in which BEV imaging can serve a safety-critical role and its
future potential in this regard.

7.2 CASE STUDIES: BEAM’'S EYE VIEW AS A SAFETY CHECK
IN ACTION

e following three case scenarios illustrate the use of BEV imaging to detect errors in treatments.
Each case illustrates a slightly di erent operation of BEV imaging. All of these case studies are
drawn from actual events from institutional incident learning systems (e.g., Ny ot2015). e

events described here are near-miss events, that is, errors which were identi ed before they reached
the patient, and so did not result in any harm. In each of these case scenarios, BEV imaging would
have served to identify the error if other quality control measures failed.

7.2.1 CAskE 1. INCORRECTFIELD SHAPE

A patient treatment plan was performed for a linear accelerator (LINAC) viadam modulator
device, that is, a multileaf collimator (MLC) for which there are no jaws (Elekta Inc., Crawley UK).
As is standard with such plans, the jaws were automatically set to the largest eld si2& ¢h6).

It was then decided that the patient would actually be treated on another LINAC, and so the
designated machine was switched in the treatment planning system (Pinnacle v.9.0, Phillips, Inc.,
Madison, WI). On this other LINAC, standard jaws are present and should be moved to block up to
the edge of the MLC-de ned eld. However, the option in the planning so waeetgaws to block

was not checked, and so the jaws remained at their default locatior216m setting). e end

result was a eld with proper MLC blocking but with a gap between MLC leafs that was not covered
by a jaw. is gap (0.5 cm wide) extended over a critical structure.

In this case, this issue was identi ed by a physicist on plan review and was corrected. However,
BEV imaging could identify this problem and others like it. e identi cation could happen either
prior to treatment (e.g., port Ims or pretreatment EPID-based QA as discuss&thpter ¢ or
potentially during the rst treatment fraction if us@uvivo (e.g.Chapter §.

7.2.2 CASE 2: INCORRECTISOCENTER

Numerous variants of this error scenario have been noted in clinical practice, but this particular
situation is extremely di cult to detect. In this case, a plan was generated in the treatment plan
ning system (Pinnacle v.9.0, Phillips, Inc., Madison, WI) with all beams assigned to a particular
point labeled asocenterHowever, the digitally reconstructed radiographs (DRRs) for this treat
ment were generated to a di erent poitite calculation pointA causal factor for this error is a
human factors design issue: the treatment planning so ware uses the last point that was selected
by the user as the location for the DRR and in this case it happened tcalketiretion poinand
not the intended isocenter.

In this case, the discrepancy on the DRR was noted by a physicist on plan review prier to treat
ment and the problem was corrected. However, if the issue were not identi ed then the wrong
DRR might have been used for localization and alignment, and the patient treatment could have



130 Beam'’s eye view imaging for patient safety

proceeded to the incorrect location. is would be challenging to identify posttreatment. is case
study bears similarities to another presented in the literature from our group (For®012a).

BEV imaging may serve a role in such situations. It would clearly need to be performed, how
ever, during the patient treatment. Tests performed prior to treatmentfapter § would not be
sensitive to changes in the isocenter location as discussed further below.

7.2.3 CaskE 3: BoLUS FOR SARCOMA TREATMENT

A patient receiving postoperative radiation therapy for a leg sarcoma was intended to be treated
with 5-mm thick bolus placed over the surgical site in order to boost the dose to the skin that was
considered at risk. e attending physician communicated this through the oncology information
system. However, because of human—computer interface design issues, the relevant note was not
apparent to sta . e treatment planning was performed as intended (i.e., with bolus in place) but
the information was not communicated to the treatment team. e specializelds alertpart
of the treatment eld) was also not lled out in the oncology information system, preventing the
warning to the treatment sta . In this case, an alert dosimetrist noticed the absence of bolus when
called to check the rst fraction of treatment and the issue was resolved.

BEV imaging could play a role in detecting problems such as this. It would need to be used dur
ing patient treatment for this to be e ective. Pretreatment, phantom-based, BEV measurements
would be unlikely to identify this problem.

7.3 QUANTIFYING THE POTENTIAL IMPACT OF BEAM'S
EYE VIEW IMAGING AS A SAFETY TOOL

e case studies above illustrate the potential of BEV imaging as a safety tool, but to fully assess its
potential impact, a quantitative study is needed. One tool to facilitateghaity control quanti cation

(QCQ which has been explored by our group (Ford 2012b). is technique takes incidents from
clinical practice as its input. For each incident, one evaluates whether a particular quality control mea
sure is potentially able to identify that incident and thereby disrupt the safety problem before it reaches
the patient. In this way, one can quantify the potential sensitivity of each quality control measure.

ere are some inherent biases in this type of analysis. First and foremost is the fact that it is
based on voluntary incident reporting at the clinical level, and so only captures the incidents that
occur in that clinic and only those that are reported into the system. One way to minimize this bias
is to gather many hundreds or even thousands of incidents. is makes the analysis less subject to
reporting bias. Bias can also be minimized by using multiinstitutional data. is is the approach
taken in our studies.

Our studies suggest that there is a wide variation in the potential e ectiveness of various
common quality control measures (Ford 2012b). Interestinglyn vivo EPID-based dosimetry
appeared as one of the top-ranking quality measures in terms of its potential ability to identify
safety-critical errordn vivo EPID-based dosimetry is one type of BEV imaging and is discussed
more in Chapter 11 Although this initial study was promising, further validation was needed.
Recently we repeated this analysis on a completely separate incident learning database from
another clinic and showed much the same pattern (Bojechko2015).

e data from this study showed an interesting e ect: the potential e ectiveness of EPID-
dosimetry depends very much on how it was employed. is can be seBmgure 7.1 is plot
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Figure 7.1 Detectability and occurrence for ve different error scenarios drawn from incident
reports. Circles are detectability based on EPID dosimetry performed prior to treatment, whereas
squares are for EPID dosimetry performedin vivo at the rst treatment fraction.

displays ve di erent error scenarios according to the occurrence and detectability, a eategori
zation scheme of risk assessment advocated by AAPM Task Group 100 (Hu2016). Here
the relative occurrence score (arbitrary scale) is measured from the data in the incident learning
database. e detectability of the events was evaluated under one of two scenarios: BEV-EPID
dosimetry performed prior to treatment (circles) or EPID dosimetry performed during the rst
fraction (squares).

Five di erent error classes shown kigure 7.1are as follows: (A) error in physics dosimetry
calculation, (B) corrupted treatment plan, (C) missing or incorrect documentation, (D) error in
CT data, and (E) incorrect isocenter. Several patterns are immediately apparent. First, there are a
number of error classes (e.g., D and E) that are not detectable at all with pretreatment measurement
but which are potentially highly detectabl®Q ) within vivoEPID dosimetry. ese error classes
are relatively common in this clinical database. Second, there is one type of error class that has the
same detectability regardless of which technique is used (e.g., A, both potentig)liyt K»@uld
be noted, however, that this error class occurs relatively more rarely. Finally, there is a class of errors
which, although have higher detectability wiithvivo dosimetry, have a detectability rate that still
falls far short of 100 (e.g., C).

Overall, these data suggests that EPID dosimetry is an e ective safety tool but only if
employedn vivowith the patient present. ere are thus technique-dependent trade-o s to how
this system is utilized as summarizedrable 7.1Table 7.1also notes a potential disadvantage
of in vivoEPID-based dosimetry, namely, the fact that the results are not available until just a er
the rst treatment. For this reason a real-time solution may ultimately be required (Fuangrod

2013; Monville 2014) and this may be especially important for high-dose-per-fraction

treatments.

In the aforementioned discussion the tepotentialappears frequently. In other words, the
analyses considered an idealized situation whereby if a quality controtolddilentify an error
it actuallydoeddentify the error. is is a signi cant assumption because it could alter the cenclu
sions: a relatively sensitive test that does not perform well may actually be less e ective than a less
sensitive test that performs with high delity. EPID-based dosimetry is thought to be less prone
to this problem because it can be implemented in a way that is semiautomatic and less reliant on
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Table 7.1 Safety-critical aspects of beam’s eye view imaging as employed under various scenarios

Technique Advantages Disadvantages
Imaging » Provides localization information * No dose measure
* Well established * Field/beam information
often not quanti ed
Pretreatment EPID * Provides dose measure * Not sensitive to common
dosimetry (Chapter 6) ¢ Provides check prior to rst treatment errors
* Well established
In vivo EPID dosimetry ¢ Provides dose measure * No check prior to treatment
(Chapter 11) « Sensitive to common errors * More false positives

 In development

human performance (Olaciregui-Ruiz  2013). However, it must be recognized that even EPID
dosimetry will not be equally sensitive to all types of error scenarios that it may be applied to.

ere is now emerging data that attempts to answer this question of actual reliability of a par
ticular test. It relies on a technique in which deviations are arti cially introduced into a plan. One
then measures the ability of the quality assurance (QA) system to detect these deviations: is tech
nique has been employed in the novel study by Carlone(2013) where the authors introduced
MLC calibration errors and then measured the ability of the IMRT QA to detect those errors. One
can calculate both the sensitivity and speci city of the test and can create an ROC curve by varying
the test parameters (in this case the cuto value for tiest).

is technique can be generalized to include many types of erféigure 7.2hows an example
as applied tin vivoEPID dosimetry, using the EPID system described in various reports (Mans
2010; Olaciregui-Ruiz  2013). e data inFigure 7.2re drawn from six actual IMRT patient treat
ments. Errors were represented by introducing simulated deviations in the treatmeFRiglias.7.2
suggests that some deviations such as dose output changes are highly detectable (black line), whereas
detection of other deviations is not better than random (gray line). e data shown in green represent
a relatively large patient shi of 1 cm laterally. e conclusions are interesting, although more work is
needed. Data like these begin to address the question of the sensitivity of this BEV imaging technique
to various errors and the dependence on technique and measurement endpoint.

1.0

0.8

0.6

Sensitivity

0.4

0.2

0 0.2 0.4 0.6 0.8 1.C
1-sped city
Figure 7.2 Receiver—operator curve (ROC) forin vivo EPID dosimetry measurements of two varia

tions: a shift of the patient by 1 cm laterally (gray line) and an overall dose scaling by 6 (black line).
AUC are 0.58 and 0.94, respectively. (Courtesy of Eric Ford, University of Washington.)
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7.4 UNINTENDED CONSEQUENCES

In a complex environment like health care, error prevention e orts can have unintended conse
guences. A classic example of this is the experience with clinical provider order entry (CPOE) systems.
One important motivation for implementing CPOE systems is to reduce error, that is, reduce adverse
drug events related to medication error by eliminating transcription errors and other faults (Bates
1999). However, such systems do not always have the intended e ect. A landmark study from
University of Pittsburgh Children's Hospital, Penn Ave, Pittsburgh, PA (Han 2005) reported
experience over at 18-month period in 2001-2003 with the implementation of a new CPOE system.
is study actually showed arincreasen the mortality of their hospitalized pediatric patients over
this period from 2.8 to 6.6 (odds ratio 3.28 0.001). is was attributed to human—computer
interface design issues and other challenges during implementation. A survey by another group
(Koppel 2005) supports this, nding that one commonly used CPOE system facilitated error
in 22 di erent types of error scenarios. ough such systems are intended to improve safety, it is
important to be aware of possible unintended consequences.

One potential method for addressing this is to employ a formalized risk assessment-to evalu
ate the new technology being considered. A recent study in this regard is directly relevant to BEV
imaging (Sawant  2010). e authors use the technique of failure mode and e ects analysis to
analyze the potential risk points in an MLC-based tumor-tracking system. ey nd, for example,
that the system can fail by not asserting a beam-hold when the jaws are in an incorrect position.
rough an examination of such failure modes, the authors were able to develop a quality manage
ment program to reduce the potential for error. E orts like this can be applied more generally to
the BEV technology and techniques in order to reduce the impact of unintended consequences.

7.5 CONCLUSIONS AND FUTURE DIRECTIONS

BEV imaging can serve as an important component of a patient safety and quality management
program. is is demonstrated in a handful of studies both in operational practice and also from

a more theoretical assessment of detectability. As technology and techniques continue to evolve,
it will be important to consider and evaluate these e ects. Several key questions may help guide the
future work:

1. What is the potential safety bene t of the BEV technology?
is question needs to be evaluated for each new technique, technology, or service in question
relative to other existing techniques. Simply adding another layer of safety barrier may have
little impact on the ultimate safety or quality of treatment. is is illustrated-igure 7.3
which shows the impact of 15 separate quality control checks added in combination with
one another. In these data there is little added value a er the rst ve checks. is is because
the previous checks have already been probed for the same types of errors. When consider
ing whether to add additional layers of quality control, the new measures should either be
sensitive to di erent error classes or should be more reliable in some way than the measures
already in place.

2. How can the BEV technology best be used to maximize its potential for safety improvement?
In the examples presented earlier it was suggested that the full potential for EPID-based
dosimetry is only realized if it is usiedvivorather than prior to the treatment. is illustrates
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Figure 7.3 The sensitivity of multiple standard quality control checks when used in combination
with one another. (Reprinted with permission from Ford, E. C., Terezakis, S. Int. J. Radiat.
Oncol. Biol. Phys.,84, e263-269, 2012b.)

the fact that the potential of any given BEV technology may be very much related to how it is
used. is must be carefully considered in evaluating these technologies and techniques.
It is likely that the maximum bene t will be derived from systems that are as automated as
possible, that is, removing the reliance on human inspection. is need is understood and
advocated by the experts in patient safety (Deming 1986; Grout 2006). It is being realized in
some of the automated treatment plan quality check systems that are now emerging (Li
2014; Noel 2014; Xia 2014; Dewhurst ~ 2015). In some applications, the BEV
technology lends itself naturally to such automation.

3. What are the risks in the technology or technique itself? What are the unintended consequences
of introducing a given technology?
Any new technology or procedure change may have unintended consequences. ese can be
potentially very toxic or even lethal for the patient as illustrated by the examples aforemen-
tioned. It is therefore very important to address this issue in a systematic manner. At least
one related study has appeared (Sawant 2010), which does this prospectively using the
failure mode and e ects risk-estimate methodology. Future studies with such methods will be
valuable. At the same time it must be realized that such risk-assessment methods are not able
to capture all the error scenarios that one encounters in actual clinical practice as suggested
by recent studies (Yang 2015). It is important to gather information about error path-
ways from actual clinical operations. is should happen at the departmental level through
a structured incident learning system, as speci cally advocated by the American Society of
Radiation Oncology (ASTRO) and other professional societies (Zeitmar2012). At a more
global scale, more information will hopefully be available through distributed incident learn-
ing systems such as radiation oncology incident learning system (RO-ILS) (TM) (Hoopes
2015), SAFRON, ROSIS (Holmberg 2010), or other systems. ese systems may provide
invaluable information about error pathways speci ¢ to BEV imaging, and this represents an
important direction for shared learning.

Underpinning all of these questions and future progress is the need for quantitative measures of safety
and quality. We have discussed a few methods for accomplishing this, but this itself is a work in devel
opment. In the future, more reliable and automatic means will be developed for quantifying the impact
of these technologies with a meaningful endpoint. Ultimately this should be tied to clinical outcomes.
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8.1 INTRODUCTION: RATIONALE AND PHYSICAL
MECHANISMS OF LOW-Z TARGET IMAGING

8.1.1 RATIONALE FOR LOW-Z TARGET IMAG ING

Beam's eye view (BEV) imaging has been applied to guidance of radiation therapy for decades
(Rabinowitz et al. 1985; Rosenthal et al. 1992) and provides arguably the most useful view possible,
that is, that of the tumor volume relative to the collimation of the treatment beam. However, since its
inception, BEV imaging has been fundamentally limited by the beam’s energy characteristics. Linear
accelerator (LINAC) photon beams were designed speci cally for therapeutic purposes (Podgorsak
et al. 1975), providing appropriate depth-dose characteristics for typical patient geometries.
erapeutic energy spectra, for example, for a 6 MV beam, contain less thano jghotons in the
diagnostic energy range (Orton and Robar 2009). When applied to the task of radiographic imaging,
this attribute presents two key disadvantages. First, the predominant interaction for the majority of
primary photons in tissue is Compton scatter, the mass coe cient of which shows no dependence on
the e ective atomic number of the medium being imaged. A near absence of primary photons in the
diagnostic energy range limits the proportion of photoelectric absorption occurring in the patient,
and thus the strong dependence on atomic number (with a mass coe cient varying approximately
with Z9) of this interaction cannot be leveraged in producing di erential attenuation between tissues,
that is, subject contrast. e second limitation is the low e ciency of common detectors used for BEV
imaging when used to detect therapeutic beams. For example, a typiosb @dtector provides
approximately 1 zero-frequency detective quantum e ciency (DQE) (Munro and Bouius 1998).
Accordingly, the motivation in the development and use of low atomic number (Z) target LINAC
beams is to generate, within the usual beamline of a LINAC, a photon-energy spectrum that will be
more useful for imaging. Speci cally, the goal is to recover a signi cant proportion of photons in
the diagnostic energy range, for example, in the range ef50 (Orton and Robar 2009; Robar
et al. 2009; Faddegon et al. 2010). is has the two-fold bene t of improving subject contrast by
augmenting the proportion of photoelectric absorption in the patient, and increasing, for many at
panel, solid-state detectors, the e ciency of detection. Given that the low-Z target beams may be
designed to replicate the geometry as a treatment beamline (e.g., with regard to source position and
collimation), the approach may be combined with many of the other advantages and techniques of
BEV imaging as described®art 20f this book.

8.1.2 PHYSICAL MECHANISMS OF LOW-Z TARGET
BEAM GENERATION

e concept of low-Z target beams for patient positioning is not new; in fact, the rationale for and
experimental examples @w-energy imagingeams produced by thick, low-Z LINAC brems
strahlung targets were described by Galbraith (1989). is work articulated the physics underlying
the production of a photon beam containing an increased low-energy component, including the
following points:

Although diagnostic energy bremsstrahlung photons are created in high-Z and low-Z targets,
the use of the latter reduces the absorption of low-energy photons, allowing a higher propor
tion of low-energy photons to escape the target. is is due to a reduced relative cross section
for photoelectric absorption in the low-Z target.
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For any energy of electron beam incident on the target, according to thin target data
(Motz 1955), the fractional yield of low-energy photons is highest for low-Z targets and the
yield increases as the energy of the incident electron beam is decreased.
Electron-electron bremsstrahlung is more signi cant in low-Z targets compared to high-Z
targets. e spectrum produced has a lower peak energy than electron-nuclear bremsstrah
lung (Motz 1955; Podgorsak et al. 1975).

With regard to efficiency, while higher-Z targets give a greater yield of bremsstrahlung
overall, over the forward 815 angular range, that is, that subtended by a typical LINAC
primary collimator in a LINAC, the yield is roughly independent of Z (Nordell and
Brahme 1984).

is same early work described the experimental installation of beryllium and graphite tar
gets within an AECL erac-20 accelerator, demonstrating the production &b aMV photon

beam. A signi cant component of diagnostic energy photons was deduced by the rapid-attenua
tion in water, and the fact that a more penetrating beam, that is, similar to the standard therapy
beam, was recovered through the introduction of a sheet of lead that preferentially absorbed the
low-energy ( 150 keV) spectral component. Finally, Galbraith demonstrated that compared to
imaging with a 6 MV therapy beam, low-Z targets o ered the potential of substantially increas
ing image contrast, and that the relative advantage is reduced as a function of thickness of the
patient Figure 8.).
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Figure 8.1 Measured contrast versus solid water absorber thickness for a 2 g/cn? disk in air. The
4 MVd and 6 MVd curves correspond to low-Z target beams, and are compared to contrast yielded
by a 124 kVp and standard 6 MV therapy beam. (Reprinted from Galbraith, D. M.,Med. Phys., 16,
734-746, 1989. With permission.)
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8.2 PARAMETERS IN DESIGN OF LOW-Z TARGET BEAMLINES

Compared to a standard therapeutic photon beam, three modi cations are generally made to
implement a low-Z imaging beamline. First, a low-Z target replaces the standard therapy target.

e target typically has Z 13, which is low in comparison to conventional tungsten (#4) or

copper (Z 29) therapy target materials. Second, the attening ltration is removed to prevent
selective absorption of low-energy photons downstream from the target. ird, as described in
some (but not all) implementations, the mean energy of the incident electron beam is reduced
compared to that typical of a therapeutic beam (Faddegon et al. 2008; Robar et al. 2009; Parsons
and Robar 2012a) in order to increase the overall proportion of the low-energy photon population.

8.2.1 CHOICE OF TARGET MATERIAL

Various low-Z target materials have been proposed, including beryllium, graphite, sintered dia
mond, and aluminumTable 8.1gives examples of materials and thicknesses used previously. It
has been shown (Ostapiak et al. 1998; Tsechanski et al. 1998; Flampouri et al. 2005; Orton and

Table 8.1 Summary of low-Z target properties and reported effects on image quality

Author

Galbraith (1989)

Tsechanski
etal. (1998)

Ostapiak et al.
(1998)

Flampouri et al.
(2005)

Faddegon et al.
(2008)

Roberts et al.
(2008)
Orton et al.
(2009)
Robar et al.
(2009)
Sawkey et al.
(2010)
Roberts et al.
(2011)
Fast et al.
(2012)
Robar et al.
(2012)
Parsons and
Robar (2012a)

Target thickness and
material

14.2 mm graphite
5 mm aluminum

16.5 mm beryllium,
15.7 mm carbon
6 mm aluminum

13.2 mm graphite

20 mm carbon (28 ), nickel
exit window (71 )
10 mm aluminum

6.7 mm and 10.0 mm
aluminum

13.2 mm graphite, 13.2 mm
sintered diamond

20 mm carbon (28 ), nickel
exit window (71 )

13.2 mm graphite

7.6 mm graphite

7.6 mm carbon, 6.7 mm
aluminum

Electron
energy

6 MeV
4.0 MeV

6.0 MeV

4 MeV

4.2 MeV

5.6 MeV (mean)

6.0 MeV

3.5 MeV and
7.0 MeV

4.6 MeV and
6.4 MeV

5.6 MeV (mean)

4.2 MeV

2.35 MeV

1.851t0 2.35
MeV

Effect on imaging 2

Contrast increase by up to a factor of 2

Qualitative improvement of contrast in
head-and-neck imaging

Contrast increase by up to a factor of 4

Contrast increase by up to a factor of
9.5 (thin objects)

Contrast-to-Noise Ratio (CNR) increase
by a factor of 3, improvement of
spatial resolution by a factor of 2

Contrast increase by factor of 1.3 for
thick objects and 4.6 for thin objects

Contrast increase by a factor between
1.6and 2.8

CNR increase by up to a factor of 2.4
(7.0 MeV) and 4.3 (3.5 MeV)

Similar CNR/dose with diamond
compared to graphite

Factor of 5 to 7 less dose required for
comparable CNR

CNR increase by a factor of 2.6

Greater reduction of dose with eld
collimation compared to 6 MV

CNR increase by factor ranging from 2.2
t0 9.7

a All studies compared to 6 MV, with the exception of Tsechanski et al. who compared to 10 MV.
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Figure 8.2 Monte Carlo calculated photon spectra for a standard 6 MV therapy beam, compared
to beryllium and aluminum targets for electron energies of 4 MeV and 6 MeV. In this work, almost
40 of photons generated have energies between 25 and 150 keV, compared to 0.3 for the 6 MV
beam. (Reprinted from Orton, E. J. and Robar, J. L.,Phys. Med. Bio, 54, 1275-1289, 2009. With
permission.)

Robar 2009; Parsons and Robar 2012a; Parsons et al. 2014) that use of lower-Z target materials
will increase the total proportion of low-energy photons in the spectrum produced. For example,
Figure 8.Zompares energy spectra from aluminum (43) and beryllium (Z 4) targets over
the energy range below 200 keV. As shown, the low-energy photon population between 25 keV and
150 keV varies from approximately 2% 40 , in comparison to just 0.3for a clinical 6 MV
beam (Orton and Robar 2009). e proportion in this useful energy range increases modestly,
from 36.9 to 39.7 when aluminum is replaced by beryllium, for the 4 MeV beam. An impor
tant observation is that while a lower target atomic number increases fractional uence, much of
this gain occurs at very low energies, for example, 40 keV. Although this may be advantageous in
imaging at low separation (e.g., breast or extremities), for more common patient geometries (e.qg.,
head-and-neck, lung, and pelvis) this component will increase patient dose without contributing
to image formation.

If the energy-spectral characteristics may be controlled by varying the target Z, one would
expect that image quality will be a ected. In a Monte Carlo (MC) modeling study, Flampouri
et al. (Flampouri et al. 2005) demonstrated that when imaging thin subjects, contrast depends
signi cantly on the atomic number of the target used. For example, contrast is increased by
approximately 30 when Z is lowered from 20 to 4, for objects within a 10 cm thick water phan
tom. However, when the subject thickness increases to 20 cm, over the same range of target
materials contrast varies by less than.1@& nding is consistent with the spectral variation
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shown inFigure 8.2for larger separation geometries, the additional very low-energy fractional
uence has a less pronounced e ect on contrast.

Aside from atomic number, various other physical properties are important in selecting an
appropriate target material. Although aluminum has been shown to have advantages with regard
to contrast-to-noise ratio (CNR) improvement (Orton and Robar 2009; Robar et al. 2009), it has a
comparatively low melting point (660@). Although the melting point of beryllium is apprexi
mately twice as high, it is associated with low neutron activation energy. In addition, the-machin
ing of beryllium is inconvenient due to its toxicity if inhaled in particulate form. is leaves
carbon as a viable candidate. Carbon o ers the advantage of no melting point and a very high
sublimation temperature of 5530. Both graphite and diamond have been used as LINAC targets,
with the latter o ering the advantages of (i) a higher thermal conductivity by a factor of at least
seven, allowing dissipation of heat during beam production, and (i) a higher density, facilitating
a thinner target that may yield better spatial resolution characteristics (Connell and Robar 2010).
Sawkey has shown that graphite and diamond give similar results with regard to CNR as a func
tion of imaging dose (Sawkey et al. 2010).

8.2.2 TARGET THICKNESS

Tsechanksi (1998) suggested that it may be preferable tdhisdeaaget, that is, with a thickness

less than the continual slowing down approximation (CSDA) range of the electron in the target
medium. e reasoning behind this suggestion was that the majority of bremsstrahlung events occur
in the super cial target layers, and thus, thicker targets would simply harden the beam. -is con
tradicted the earlier suggestion by Galbraith that thick targets are appropriate, given the contribu
tion of straggling electrons to low-energy bremsstrahlung output (Galbraith 1989). In Tsechanski’s
work, it was demonstrated that the integrated photon uence below 150 keV was indeed higher, for
example, for a 1.5 mm compared to a 4 mm target; however, this was demonstrated for an inter
mediate Z (copper), not for a lower atomic number material. e thin-target approach su ers from

the drawback of requiring a lter, for example, a plastic sheet in the accessory tray of the LINAC
to prevent excessive super cial dose to the patient by transmitted electrons (Tsechanski et al. 1998;
Robar 2006; Orton and Robar 2009). Using a similar thin-target approach, Ostapiak et al. (1998)
measured an increase of dose in the build-up region by a factor of 3 if the lter were omitted, for a
beam generated by 6 MeV electrons on a 1.7 cm carbon target. Robar (2006) showed that removal of
a polystyrene lter in an aluminum or beryllium target beamline results in a very high super cial
dose over the rst several millimeters, caused by transmitted electrons, followed by a more deeply
penetrating dose due to the bremsstrahlung photon component. Other than the inconvenience of
requiring a removable accessory for imaging, this approach is also limited in that the tray attenu
ator will itself act as a source of scatter close to the patient and detector, potentially compromising
image quality. Following the observation by Flampouri et al. (2005) that contrast actually varies
minimally as a function of low-Z target thickness, most subsequent implementations employed
full-thickness targets, that is, greater than the CSDA range of incident electrons.

8.2.3 TARGET LOCATION

Conceptually, the low-Z target can be placed in a similar location as the therapy target, for exam
ple, within the usual target arm of the LINAC. However, for practical reasons, most experimental
investigations have placed the target in air, downstream from the primary collimation, for example,
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in place of the scattering foil or attening Iter (FF). is o ers a convenient experimental setup,
since one or more targets can be installed, for example, without removing vacuum from the target
assembly and primary collimator. Installed low-Z targets are simply moved into position through
manual collimator rotation (Tsechanski et al. 1998; Robar 2006; Robar et al. 2009). In this arrange
ment, the LINAC may be operated in electron mode in order to retract the usual therapy target.
Although electron modes typically involve beam currents that are two to three orders of magnitude
lower than photon modes, this generally does not pose a problem for imaging because-high cur
rents are not required. Finally, if heat dissipation is of concern, unlike conventional LINAC targets
in vacuum, air cooling is an option.

e placement of a low-Z target in air, downstream from the vacuum assembly has been used
by Faddegon in a Siemens LINAC (Faddegon et al. 2008). Roberts in an Elekta unit (Roberts et al.
2008) and Robar in Varian platforms (Robar et al. 2009). In the Siemens Primus unit, the target
was located in place of the scattering foil normally used to scatter 18 to 21 MeV beams. In the
Elekta Primus unit, the target was located at the bottom of the primary collimator, supported by
an aluminum cone that was attached to the high-energy di erence Iter mountings. In the Varian
high-energy clinical linear accelerator (Clinac) unit, low-Z targets have been placed in vacant ports
of the carousel, that is, replacing the FF.

Common to all of these arrangements is the potential for broadening of the electron beam
through scatter in air a er emerging from the vacuum assembly, upstream of the low-Z target.
e concern here is compromise of spatial resolution resulting from enlargement of the focal
spot. Orton et al. (2009) experimented with various target positions by systematically raising
the beam-side surface of the target above the carousel in which it was installed. On a high-
energy Varian LINAC, this group was able to locate the target within 9 mm of the beryllium
exit window of the primary collimator assembly without obstructing rotation of the carousel.
When the target was located at the level of the carousel, the full width half maximum (FWHM)
of the incident electron beam was shown to be 2.4 mm; moving the upper surface to within
9 mm of the beryllium exit window of the primary vacuum reduced this width to 1.9 mm. In a
Varian high-energy Clinac unit, Connell and Robar (2010) placed radiochromic Im at the loca
tion of the upper surface of the low-Z target, which allowed direct measurement of the electron
beam pro le as it impinged on the target surface, showing FWHM values of 2.3 mm and 2.7
mm for 7.0 MeV and 4.5 MeV beams, respectively. For these experimental arrangements with
low-Z targets in air, focal spots thus were broadened slightly, for example, by approximately 1
mm FWHM (Keall et al. 2003) over those for therapy targets in vacuum. is has been found
to not compromise with spatial resolution signi cantly; in fact, as describ&kation 8.4.2
the spatial resolution can be slightly improved over that for a standard therapy beam (Connell
and Robar 2010). In contrast, for an Elekta unit, Roberts determined that the electron uence
distribution was 8 cm wide at the level of the carbon target (Roberts et al. 2008). e reason that
imaging was still possible without severe degradation of spatial resolution was due to the fact
that more than 70 of photons were actually produced in the nickel exit window of the vacuum
structure, not the low-Z target.

8.2.4 REMOVAL OF FLATTENING FILTRATION

ere are few examples of low-Z target beamlines where attening lItration was le in place.
is is not surprising, given that Itration is commonly composed of stainless steel, copper,
or lead, which would simply remove the useful, low-energy component of the beam. It is clear,
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however, that if the FF is removed while the LINAC target is unmodi ed, marked improve
ments of image quality are realized. For example, Christensen et al. (2013) demonstrated that the
increased uence rate, the so er energy spectrum, and the removal of scatter from the attening
[tration contribute to improved image quality in uoroscopic imaging. In this work, the relative
modulation transfer function (RMTF) was shown to increase by di0a spatial frequency of

0.75 line pairs/mm and CNR was increased over that yielded by attened beams by up to a fac
tor of 4. Some of this improvement was simply due to the increased uence rate of the attening
Iter free (FFF) beam with a xed acquisition frame rate. Faddegon demonstrated that the major
source of extrafocal scattered uence is the FF, comprisingf2reatment beamline uence.

ese photons have lower energies than the primary beam and are detected at higher e ciency,
and thus removal of the FF serves to improve spatial resolution (Faddegon et al. 2008; Faddegon
et al. 2010).

8.2.5 INCIDENT ELECTRON ENERGY

Although a low-Z target beamline vastly increases the proportion of low-energy photons produced,
typical energy spectra will contai®0 of photons within the diagnostic energy range, and a high
energytail persists to the maximum energy of electrons incident on the tdfigetr¢ 8.2 ese

photons are undesirable for several reasons. First, they will interact through Compton scatter and
thus will contribute little to subject contrast. Second, for higher energy photons a larger propor
tion of the photon energy is transferred to the recoil electron, resulting in a higher patient dose per
interaction. ird, this population will not be e ciently absorbed by most detectors. An approach

to proportionally lower this high-energy population is to reduce the mean energy of the incident
electron beam.

e e ects of lowering the electron beam energy on image quality have been described in sev
eral studies. For sintered diamond targets, Sawkey performed low-Z target cone-beam computed
tomography (CBCT) imaging using both 6 MV and 4 MV beams (Sawkey et al. 2010). When imag
ing at lower doses 10 cGy), the lower energy yielded improved CNR by. 2% order to further
reduce the overall proportion of photons in the high-energy tail, it is advantageous to lower the
electron beam energy below that used typically in therapy. is approach has been used, albeit
with a high-Z target, in the tomotherapy unit (Accuray, Incorporated), where the energy was low
ered to 3.5 MeV (Yartsev et al. 2007). To some extent, lowering the energy below that typically
used for therapy is also possible on other LINAC platforms. In aluminum-target CBCT imaging,
for example, the electron energy was reduced from 7.0 to 3.5 MeV, which produced an-improve
ment in CNR by a factor of approximately 1.8 (Robar et al. 2009). Parsons lowered the energy
further on a Varian high-energy Clinac unit, performing aluminum and carbon target imaging
over the energy range from 1.85 MeV to 2.35 MeV (Parsons and Robar 2012a). Beam production
remained stable over this range; however, output from the waveguide/bending magnet dropped by
approximately 40 as energy was lowered from 2.2 to 1.9 MeV. e output declined precipitously
when energy was lowered below this limit. Adjusting energy over this range yielded an increase of
the relative spectral population in the diagnostic energy range, from #4851 as energy was
reduced from 2.35 to 1.9 MeV. However, the spectral change resulted in only modest improvements
in CNR as a function of dose for realistic subject geometries. e authors, therefore, concluded
that low-Z imaging at 2.35 MeV was preferred given the higher dose rate achievable (Parsons and
Robar 2012a).
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8.3 ENERGY AND DOSE DISTRIBUTIONS OF LOW-Z
TARGET BEAMS

8.3.1 FEATURESOF LOW-Z TARGET ENERGY SPECTRA

Typical clinical therapy beams contain almost no photons in the diagnostic energy range. For
example Figure 8.2shows almost no photons below 100 keV. Further examples of low-Z target
energy spectra are given kigures 8.38.5 and8.6 for Varian, Siemens, and Elekta treatment
units, respectivelfrigure 8.3lemonstrates that, at least within a narrow range of electron energies,
the mode of the spectrum is set predominantly by the target material, for example, with carbon
giving a peak near 20 keV and aluminum at approximately 45 keV (Parsons and Robar 2012a).
In this example, the fraction of diagnostic photons ranges fromtd®4 , with higher propor

tions yielded by lower electron energy beams and lower Z targets. Noting that very low-energy
photons will only increase patient dose without ameliorating image quality, this work also dem
onstrated that a carbon target can be laminated with a very thin copper layer to selectively lter
photons below 25 ke\FF{gure 8.3 Figure 8.5compares energy spectra between a carbon target
imaging beamline (IBL) and treatment beamline (TBL) in a Siemens unit (Faddegon et al. 2008).
e example also demonstrates that although the TBL spectrum coincides only marginally with
the detector response, the IBL is comparatively well matched. is feature introduces the bene t of
improving the CNR without increasing patient dose. A similar set of spectra is shbignrie 8.6

for an Elekta unit with XVI and iView/GT detectors, for a mean energy of 5.6 MeV and a 20 mm
carbon target (Roberts et al. 2008). is beamline di ered from other examples in that more than
70 of photons arose from bremsstrahlung in the moderate-Z (nickel) exit window, not from the
low-Z target below.

12
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Figure 8.3 Energy spectra for carbon and aluminum targets below 150 keV, for incident electron

beam energies of 1.90 and 2.35 MeV. (Reprinted from Parsons, D. and Robar, J. LMed. Phys., 39,
4568-4611, 2012. With permission.)
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Figure 8.4 Energy spectra for 2.35 MeV electrons incident on a carbon target backed with various
thin layers of copper for lItration of the very low-energy component. (Reprinted from Parsons, D.
and Robar, J. L.,Med. Phys., 39, 4568—-4611, 2012. With permission.)

8 10 Resmpnse:
c
g Bare deector 6 MV TBL
g 4 MV IBL
(]
=
% 1 I wa
© 10
5 er/ wat
(0]
(8]
c
()
=]
> 102 Resmnse:
? 1 mm copper
) Satter from attener
g
©
& 103
0.01 0.1 1 10
Enemgy (MeV)

Figure 8.5 Calculated energy spectra for the treatment beamline (TBL) and low-Z target imaging
beamline (IBL) for a Siemens treatment unit. Also shown are the energy response of the detector
with and without copper layer and variation of mass attenuation and mass energy attenuation
coef cients for water. (Reprinted from Faddegon, B. A., Wu, V., Pouliot, J., Gangadharan, B., and
Bani-Hashemi, A.,Med. Phys., 35, 5777-5810, 2008. With permission.)
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Figure 8.6 Comparison of calculated low-Z target and 6 MV therapeutic spectra for an Elekta
treatment unit, compared to the energy response of XVI and iViewGT detectors. (Reprinted from
Roberts, D A, Hansen, V. N., Niven, A. C., Thompson, M. G., Seco, J., and Evans, P. MPhys. Med.
Bio., 53, 6305-6319, 2008. With permission.)

Figure 8.7 Calculated off-axis variation of mean energy for the IBL and TBL for the Siemens car
bon target beamline. (Reprinted from Faddegon, B. A., Wu, V., Pouliot, J., Gangadharan, B., and
Bani-Hashemi, A.,Med. Phys., 35, 5777-5810, 2008. With permission.)

Compared to standard therapy beams, low-Z target beamlines may also introduce dier
ences with regard to spatial variation of energy spectra. For the Siemens beaiguime8.7
compares the imaging and treatment beams with regard to radial variation of mean energy, a
change largely due to the removal of attening lItration. In this work, Faddegon et al. (2008)
noted that reducing the o -axis variation of energy spectrum serves to reduce cupping artifacts
in raw CBCT images.

8.3.2 DOSE DISTRBUTIONS FROM LOW-Z TARGET BEAMS

As described earlier, low-Z targets produce so er energy spectra and therefore depth-dose
curves will exhibit less penetration in water compared to high-Z target beams with correspond
ing electron energiesigure 8.8shows, for example, that for a carbon target beamline, the
dose at 10 cm is approximately 1@ess than the treatment beamline (Faddegon et al. 2008).
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Figure 8.8 Depth ionization curves for electron beamline (EBL), low-Z target imaging beamline (IBL),
and treatment beamline (TBL) for the Siemens unit. (Reprinted with permission from Faddegon,
B. A., Wu, V., Pouliot, J., Gangadharan, B., and Bani-Hashemi, AMed. Phys., 35, 5777-5810, 2008.)
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Figure 8.9 Percent depth doses for aluminum and carbon target beams, for 1.90 and 2.35 MeV
electron energies. (Reprinted from Parsons, D. and Robar, J. L.Med. Phys., 39, 4568-4611, 2012.
With permission.)

Figure 8.9%shows a more pronounced example, where 1.9 MV and 2.35 MV carbon and alumi
num target beams show PR, values of 30 and 50 , that is, 37 and 16 lower than for a
typical 6 MV therapeutic beam (Parsons and Robar 2012a).

Similar to FFF therapy beams (Titt et al. 2006), low-Z target beamlines are forward peaked
along the radial dimension, rather than being at or exhibiting beam héigare 8.1@&ompares
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Figure 8.10 Off-axis dose pro les for a 4.2 MV carbon target imaging beamline (IBL) compared
to that for a 7.0 MV treatment beamline (TBL). Solid lines and crosses show measured data, com
pared with Monte Carlo simulated results (steps). (Reprinted with permission from Faddegon, B. A.,
Wu, V., Pouliot, J., Gangadharan, B., and Bani-Hashemi, A.Med. Phys., 35, 5777-5810, 2008.)

pro les at shallow depths in water for the Siemens carbon target beamline (Faddegon et al. 2008).
Pro les will be more forward peaked at higher electron energies, according to the angular distri
bution of the Larmor relationship describing bremsstrahlung intensity. Pro les will also be more
forward peaked for lower atomic number targets due to the variation of mass angular scattering
power, which is roughly proportional to Z. Forward-peaked uence pro les do not presenta prob
lem for imaging, as ood- eld corrections will account for the nonuniformity of beam uence. In
addition, the uence distribution is quite compatible with CBCT imaging for typical subjects, with
higher uence near the central axis compared to the periphery, that is, similar to that produced by
a bow-tie Iter for a full-fan acquisition.

For CBCT acquired with a 6 MV therapeutic beam, Gayou et al. measured dose distributions
and modeled the image acquisition using a commercial treatment planning system (Gayou et al.
2007). Given the changes in characteristics of dose pro les shown earlier, one can expect dif
ferences in imaging dose distributions for patients when low-Z target beams are employed. In
order to visualize and account for imaging dose distributions, Robar et al. (2014) commissioned
the Eclipse anisotropic analytical algorithm (AAA) (Varian Medical Systems, Incorporated) to
model photon distributions with an accuracy of better than, Slespite the fact that the algo
rithm is usually con gured for higher quality therapeutic beams. is allowed generation of
three-dimensional dose distributions for low-Z target CBCT protocols, comparison of volume-
of-interest acquisition with full- eld imaging, and almost complete compensation fqurds=nce
of the imaging dose distribution through optimization of volumetric modulated arc therapy
(VMAT) plans Figure 8.1L
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