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Abstract
Optical-CT has been shown to be a potentially useful imaging tool for for the two
very different spheres of biologists and radiation therapy physicists, but it has yet to live
up to that potential. In radiation therapy, researchers have used optical-CT for the
readout of 3D dosimeters, but it is yet to be a clinically relevant tool as the technology is
too slow to be considered practical. Biologists have used the technique for structural
imaging, but have struggled with emission tomography as the reality of photon
attenuation for both excitation and emission have made the images quantitatively
irrelevant.
Dosimetry. The DLOS (Duke Large field of view Optical-CT Scanner) was
designed and constructed to make 3D dosimetry utilizing optical-CT a fast and practical
tool while maintaining the accuracy of readout of the previous, slower readout
technologies. Upon construction/optimization/implementation of several components
including a diffuser, band pass filter, registration mount & fluid filtration system the
dosimetry system provides high quality data comparable to or exceeding that of
commercial products. In addition, a stray light correction algorithm was tested and
implemented. The DLOS in combination with the 3D dosimeter it was designed for,
PREAGETM, then underwent rigorous commissioning and benchmarking tests validating
its performance against gold standard data including a set of 6 irradiations.
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DLOS commissioning tests resulted in sub-mm isotropic spatial resolution (MTF
>0.5 for frequencies of 1.5lp/mm) and a dynamic range of ~60dB . Flood field uniformity
was 10% and stable after 45minutes. Stray light proved to be small, due to telecentricity,
but even the residual can be removed through deconvolution. Benchmarking tests
showed the mean 3D passing gamma rate (3%, 3mm, 5% dose threshold) over the 6
benchmark data sets was 97.3% ± 0.6% (range 96%-98%) scans totaling ~10 minutes,
indicating excellent ability to perform 3D dosimetry while improving the speed of
readout. Noise was low at ~2% for 2mm reconstructions. The DLOS/PRESAGE®
benchmark tests show consistently excellent performance, with very good agreement to
simple known distributions. The telecentric design was critical to enabling fast
(~15mins) imaging with minimal stray light artifacts. The system produces accurate
isotropic 2mm3 dose data over clinical volumes (e.g. 16cm diameter phantoms, 12 cm
height), and represents a uniquely useful and versatile new tool for commissioning
complex radiotherapy techniques. The system also has wide versatility, and has
successfully been used in preliminary tests with protons and with kV irradiations.
Biology. Attenuation corrections for optical-emission-CT were done by
modeling physical parameters in the imaging setup within the framework of an ordered
subset expectation maximum (OSEM) iterative reconstruction algorithm. This process
has a well documented history in single photon emission computed tomography
(SPECT), but is inherently simpler due to the lack of excitation photons to account for.
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Excitation source strength distribution, excitation and emission attenuation were
modeled. The accuracy of the correction was investigated by imaging phantoms
containing known distributions of attenuation and fluorophores. The correction was
validated on a manufactured phantom designed to give uniform emission in a central
cuboidal region and later applied to a cleared mouse brain with GFP (green-fluorescentprotein) labeled vasculature and a cleared 4T1 xenograft flank tumor with constitutive
RFP (red-fluorescent-protein). Reconstructions were compared to corresponding slices
imaged with a fluorescent dissection microscope.
Significant optical-ECT attenuation artifacts were observed in the uncorrected
phantom images and appeared up to 80% less intense than the verification image in the
central region. The corrected phantom images showed excellent agreement with the
verification image with only slight variations. The corrected tissue sample
reconstructions showed general agreement between the verification images.
Comprehensive modeling in optical-ECT imaging was successfully implemented,
creating quantitatively accurate 3D fluorophore distributions. This work represents the
1st successful attempt encompassing such a complete set of corrections. This method
provides a means to accurately obtain 3D fluorophore distributions with the potential to
better understand tumor biology and treatment responses.
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Introduction
Optical-CT has been a developing imaging modality for the past 15 years
and has proven useful in fields from embryology to oncology. Dosimetry has
benefited from the high resolution 3D data in treatment verification plans,
although this 3D dose has been limited to 15cm diameter, 10cm height cylinders
with a slow readout – not clinically relevant diameters in terms of patient sizes in
terms of verification of low dose regions in the periphery of the body in torso
irradiations, and not clinically practical in terms of speed and efficiency.
Presumably the larger dosimeters would be better able to aid in the detection of
both common and uncommon treatment mistakes before the patient comes into
contact with the radiation beam. Fluorescence imaging has also been extended to
3D with optical-CT/ECT. Obtaining 3D structures and functions is now possible,
however not quantitatively accurate as there has been no way to address the
obvious attenuation artifacts commonly seen in fluorescent images. If these
images were more quantitative, they could be a powerful tool in understanding
the mechanisms of cancer biology as well as aid in determining the efficacy of
new therapies. The research presented within suggests ways to directly address
both of these issues – extend the physical and time imaging limits of dosimetry
thereby making it possible to verify clinically relevant patient sizes, and create
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quantitatively accurate fluorescent maps providing a tool to aid in
understanding the biology of cancers and the effectiveness of treatment.
Part 1 of the document details the process for fast, quantitatively accurate
imaging of physical properties in optical-CT in relation to 3D dosimetry. Part 2 outlines
the work to obtain quantitatively accurate imaging of biological properties represented
by fluorescent markers.
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Part 1: Quantitative 3D Imaging in Dosimetry
1 Introduction to 3D dosimetry systems
1.1 The importance of 3D dosimetry
Advanced photon arc therapies such as intensity modulated radiation
therapy (IMRT), TomoTherapy’s HighArt®, Varian’s Rapid Arc® and Elekta’s
VMAT® represent the state of the art in modern radiation therapy techniques.
These technologies have the ability to greatly increase dose to the target volume
while sparing the normal tissue and more importantly, the organs at risk over
tradiational conformal 3D therapies [1-4]. The potential benefits include dose
elevation to the tumor with an associated higher probability of cure and a
reduction in side effects seen in the normal tissues. A major challenge has arisen,
however, in which the accurate implementation of these techniques in clinical
practice is proving to be non-trivial. In essence, the tremendous advances in
radiation therapy technology to deliver radiation treatments has outpaced the
verification systems which monitor the accuracy of delivery, leaving quality
assurance, a critical link in the radiation treatment chain, in a less than ideal state
and un-optimized.
The need for accurate 3D dosimetry can best be summed by the findings
from a 2006 report from the Radiological Physics Center (RPC). The report
3

found that > 30% of 104 institutions failed their head and neck IMRT and >
37% of 16 institutions failed their prostate IMRT credentialing tests despite
generous margins for error (7% dose difference (ΔD) and 4mm distance to
agreement (Δd))[5, 6]. This alarmingly high initial failure rate is evidence that
IMRT is complex and prone to errors which may result in compromised patient
treatments. It also indicates perhaps better verification technology is needed to
ensure accurate delivery for these complicated treatments in the average clinic.
The advent of photon arc therapies such as Rapid Arc adds two additional
degrees of complexity. The parameters contributing to increasing complexity are
gantry motion and machine output. During Rapid Arc treatments the gantry is
continuously rotating and its output, or dose rate, varies with gantry position so
these parameters must be accounted for. Several commonly used conventional
2D verification tools such as diode arrays become ineffective due to directional
dependence[7].
The issue at hand is these complex radiation delivery systems are
commissioned and verified with conventional dosimetry systems that are
incapable of providing a comprehensive, quantitative measure of the delivered
dose in all 3 dimensions. The main contributing factor: while there are several
gel dosimeters on the market today, none of them are very practical in terms of
4

cost, time and/or dependability, so 2D verifications are heavily relied upon. The
lack of a fast and practical, truly 3D dosimeter makes for a situation where
advanced photon arc therapy implementation and its delivery errors are subject
to QA procedures that may be less than ideal.
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1.2 3D dosimetry systems
There has been rich interest and development of several dosimeters and scanners
since the 1st chemical dosimeters became known. This chapter aims to familiarize the
reader with current dosimetry systems, noting that a dosimetry system consists of a 3D
scanner and a 3D dosimeter. Mixing and matching of a scanner with a dosimeter would
constitute different systems in this text. Each system has advantages and disadvantages
in relation to the other systems.

1.2.1 3D dosimeters
3D dosimeters can be grouped into one of two categories – MR or optical
contrast. The MR contrast dosimeters can be read out on an MRI machine while the
optical contrast dosimeters can be digitized on an optical-CT scanner. The majority of
3D dosimeters available are in the form of a polymer gel. This is true of both categories
of dosimeters.
1.2.1.1 MR contrast
There are several MR contrast dosimeters, but many are a slight variation based
on the Fricke chemical dosimetry principle from his work in 1927[8]. When a solution
containing ferrous ions (Fe2+) in a sulphate is exposed to ionizing irradiation, an
irreversible oxidation of the ferrous ion to ferric iron (Fe3+) takes place. The amount of
Fe3+ generated is directly proportional to the absorbed dose (within dose limitations).
MR scanners can be calibrated to the presence of Fe3+ rather than H+ as in typical
6

diagnostic imaging. Other MR dosimeters are based on similar concepts. MR contrast
dosimeters have shown to yield impressive results when appropriate care is devoted to
proper calibration and characterization of the MR scanner[9-12]. Unfortunately,
widespread use of these systems remains unlikely due to the prohibitive cost and
availability of MRI machines.
1.2.1.2 Optical contrast
Two main types of optical contrast dosimeters are present, scatter based and
absorption based. The following two sections describe each.
1.2.1.2.1 Scatter
Scatter contrast dosimeters are present in the form of a polymer gel. These
dosimeters are based on the polymerization of acrylic monomers that cause optical
contrast to light scattering in proportion to the dose delivered[13]. These dosimeters
pose an imaging challenge to optical-CT scanners given the mechanism of contrast.
Scatter artifacts in X-ray CT are well characterized and pose the same problems,
however, in dosimetry the artifacts are magnified due to the higher scatter fraction.
Compounding the difficulty of using scatter contrast dosimeters are their extreme dose
sensitivity to the presence of oxygen, making a uniform response difficult to achieve and
requiring them to be placed within an oxygen impermeable container; making the
optical imaging more challenging due to edge artifacts (to be discussed in more detail in
section 2.2). Figure 1 shows a commercial scatter contrast dosimeter.
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Figure 1: Bang gel dosimeter. A scatter contrast dosimeter: note the inability to
see directly through the dosimeter and increased scatter in the white irradiated area.
1.2.1.2.2 Absorption
The alternative to a scatter contrast optical dosimeter is the absorption contrast
dosimeter, or radiochromic dosimeter. Free of scatter artifacts, radiochromic dosimeters
are quite manageable as compared to the scatter contrast dosimeters. The principles of
the radiochromic dosimeter are similar to those of the Fricke dosimeter mentioned
above. Through the oxidation of the ferrous ion to ferric iron, the absorption spectrum
of light changes proportionally to the absorbed dose such that photospectroscopy
measurements can be made. The Fricke dosimeter needs to be placed within a rigid,
transparent container, similar to those for polymer gels, and are thus not the preferred
dosimeter for optical-CT scanning due to edge artifacts. The specific dosimeter used for
the research within is known as PRESAGE®, a polyurethane plastic and can be seen in
Figure 2. Since the foundation of the material is a plastic, the need for an external
container is eliminated, making it more pragmatic and reducing the edge artifacts.
Similar to the Fricke gel, the mechanism for dose response is through oxidation upon
8

ionizing radiation. This is performed through a leuco dye (Leuco Malachite

Green) and free radical initiator being added to a polyurethane matrix. Upon
irradiation the free radical initiator allows for the polymerization of the
polyurethane monomers while the leuco dye undergoes oxidation making the
leuco dye more optically dense to 633 nm photons in proportion to the dose
delivered. It should be noted that other dyes exist with different absorption
spectrums for use, but the mechanisms for the radiation induced change in
optical density (ΔOD).

Figure 2: PRESAGE® dosimeter. Ideal dose response properties and physical
properties similar to tissue.
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1.2.2 Optical-CT scanners
Computed Tomography (CT) allows for the 3D positioning of objects within a
body by acquiring several transmission projections at several angles around the body.
The conception and implementation of CT are separated by several decades. The
mathematics for Computed Tomography were developed in 1917 by Radon who
deemed line integrals summing the attenuation through a body were required for the
desired result[14]. This mathematical breakthrough went underutilized until
Hounsfield developed the 1st medical diagnostic X-ray CT scanner in 1971 when the
technology was finally able to meet the requirements and need[15]. The X-ray systems
have been continuously advancing ever since. The development of Optical-CT didn’t
occur for an additional 25 years when the 1st images of a 3D radiation dosimeter were
introduced in 1996, but seem to have developed independently and simultaneously in 3
separate fields[13, 16-19]. The data acquisition and image reconstruction are borrowed
from the work done in X-ray CT but simply applied to visible – infrared photons. Data
acquisition can be done in same fashion in terms of a parallel beam, fan beam, cone
beam. Commercial products are available from MGS Research, Inc. and Modus Medical
Devices, Inc. for dosimetry utilizing the 3 previously mentioned approaches.
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1.2.2.1 Raster scanners

Figure 3: Commercial raster scanner. Laser beam is raster scanned across the
dosimeter to acquire the data. Isotropic resolution of 2mm voxel sizes takes several
hours to acquire.
The 1st 3D dosimetry images produced in 1996 were acquired by raster scanning
a laser transversely across the sample at several different projection angles around the
sample, moving the dosimeter to a different height and repeating. This process can take
several hours to acquire a complete 3D data set.
The two types of scanners mentioned above, raster scanners and area scanners
each have advantages and disadvantages. The laser-based raster scanners have the
ability to most accurately collect the line integral required by the CT algorithms to
reconstruct true data, and are generally considered the gold standard for optical-CT
scanners and can be seen in Figure 3. These systems also have the most efficiency
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eliminating any scattered signal originating from the dosimeter in the measurement
since the data is collected one point at a time and a small aperture is used reject the
scatter not in line with the original laser beam. They are still subject to scatter artifacts,
however. The major drawback of the raster scan systems is time. They are generally
viewed as impractical when compared to typical clinically used 2D and point
measurement dosimetry systems.
1.2.2.2 Area scanners
Faster systems have since been developed based on area scan arrays eliminating
the need to raster scan or adjust the height as all the projection data for each angle is
acquired simultaneously[17, 20]. The most common approaches are cone beam
geometry and parallel beam geometry. Cone beam geometries are achieved by placing a
large LED array between the dosimeter and an aperture and imaging array to acquire
the appropriate line integrals in the shape of a cone[20]. Parallel geometries are acquired
by use of a telecentric lens which has the capability to reject any light that is more than
0.1° off the optical axis. The simplest way to achieve this is to place an aperture at

the focal length on the image side of the lens (Figure 4). This proves ideal for a
parallel beam acquisition and reconstruction because unlike ordinary optics there
is no magnification of the object as it moves from the focal plane, meaning the
light collected by the lens is a true representation of a parallel beam line integral.
An added benefit to the telecentric imaging approach is the narrow acceptance
12

angle provides an inherent scatter rejection mechanism similar to the aperture in
raster scan systems or the anti-scatter grid of modern CT systems.

Figure 4: Schematic of a telecentric system showing the basic light rays and
scatter rejection through use of an aperture at the focal length.
Area scan systems can acquire a complete 3D data set 10 – 100 times faster than
the raster scan systems. This advantage gives appeal to researchers wanting to bring the
technology to the clinic. The line integrals acquired are a very close approximation to
those required, and can be fine-tuned by the size of the aperture in the telecentric or
cone beam optics. The disadvantages to the area scanners are the spectrum of the light
source and the inefficiency of eliminating scattered light originating within the
dosimeter[21].
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2 Design & operation of a novel telecentric scanner
The need for a fast, accurate and practical 3D dosimetry system has become acute
as radiation delivery and treatment systems become ever more sophisticated and
complex. Prior work has shown the radiochromic 3D dosimetry material PRESAGE®, in
combination with an optical-CT scanning system, has promise to address this need[18,
22-30]. These publications typically reported on prototype scanners and dosimeter
formulations at varying stages of development and capability. The present work
differentiates, in that a mature and optimized optical-CT scanning system is presented.
The system is commissioned and benchmarked for clinical use in combination with a
standard PRESAGE® formulation.
The introduction of radiochromic dosimeters like PRESAGE®, which exhibit light
absorbing optical contrast (with very little scatter) created an opportunity for faster,
broadbeam scanner designs that acquire all line integrals for a projection angle
simultaneously[20]. This work introduces such a scanner, referred to as DLOS (Duke
Large field of view Optical-CT Scanner), shown in figure 1. The DLOS can produce
2mm3 isotropic 3D data over a 20cm diameter dosimeter in about 15 minutes using the
Standard Operating Procedures (SOPs) outlined in Appendix A, in contrast to the many
hours that would be required with a raster scanning system.
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2.1 Design challenges
The main challenge in designing an optical-CT system for potential clinically
relevant use is combining the size and speed requirements. The telecentric approach
was chosen for its ability for inherently fast scan times and scatter rejection originating
within the dosimeter. The main design challenge was thus allowing for larger
dosimeters.
The biggest theoretical problem to larger dosimeters is the dynamic range of

the system. Typical detectors, CCD & CMOS cameras or photodiodes, have a
dynamic range limited to less than 60dB for the cameras and about 75dB for the
photodiodes. Smaller dosimeters were designed to utilize the full dynamic range
of these detectors when irradiated to clinically relevant doses. In other words,
the detectors are capable of measuring line integrals with both no attenuation
and significant attenuation. Thus to image larger dosimeters one of two things
seemingly needed to be done: (1) the dose needs to be reduced (potentially
below typical verification doses) or (2) the dosimeter needs to respond less for
the same dose. Either option will lead to smaller ΔOD’s per voxel. The resultant
changes have a direct impact on image quality. The noise values in each image
will remain unchanged as they are dependent upon the signal to noise ratio
(SNR) of the detector and the sampling frequency; however, the contrast will be
15

reduced, thus reducing the contrast to noise ratio (CNR) in the reconstructed
images.
Given the desire not to change doses from the clinically relevant realm or
alter the sensitivity of the dosimeter formulation, the design of the telecentric
optical-CT system concentrated on two areas to make imaging larger dosimeters
feasible: amplification of dynamic range and noise reduction.
Besides investigations in dynamic range and noise reduction, two other
imaging corrections were also implemented for accurate optical-CT imaging.
First, a stray light correction based on point spread function was found to be
critical for measuring accurate OD’s (and doubled to extend the dynamic range).
Second, the LED spectrum is much wider than the dosimeter’s absorption peak
causing imaging artifacts similar to beam hardening in X-ray CT caused by the
preferential extinction of photons at the dosimeter’s peak absorption wavelength.
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2.2 Design

Figure 5: DLOS Scanner. Matched telecentric lens and light source capable of
imaging a 24cm diameter dosimeter with 175µ
µm pixels. Light is collimated and sent
through the aquarium filled with fluid of the same refractive index of the dosimeter
such that a parallel beam geometry CT acquisition is achieved.
The DLOS scanner (Figure 5) consists of a matched telecentric source and imaging
lens (30cm diameter - both from Opto-Engineering, Italy), which provide a 24cm field of
view with a 2/3” CCD array. The light source is a 3W red LED behind a weak optical
diffuser and a narrow band pass filter (632nm ± 5nm). The former helps improve the
uniformity of flood field, and de-sensitize the system to Schlieren bands in the
dosimeter, while the latter eliminates any spectral artifacts[31]. Nominally parallel light
projects through an aquarium containing a radiochromic dosimeter and index matching
fluid to minimize bending and reflections at the dosimeter-fluid interfaces. The light is
imaged through a telecentric imaging lens with a manufacturer specified magnification
of .037X and an acceptance angle of 0.1°. The collimation lens is designed to project a
17

parallel beam through the dosimeter to the imaging lens creating an ideal design for
parallel beam CT geometry. Images are captured with a 12-bit monochromatic 1040 x
1392 CCD-based Basler camera. Each pixel in the CCD array is 6.45µm square in image
space; representing ~175m square in object space. This represents the size of the
smallest possible voxel edges in a reconstruction giving the scanner ample spatial
resolution for 3D dosimetric verifications. Since most applications do not require such
stringent spatial resolution criteria, generally the images are downsized to give 2mm
pixel edges to save disk space and reduce image noise. After each projection is acquired
the dosimeter rotates via a rotation stage, such that a set of projections from many views
is acquired to enable tomographic reconstruction.
The DLOS was designed for use with PRESAGE® (Heuris Pharma), a radiochromic
polyurethane based material. PRESAGE® exhibits a linear change in optical density
(ΔOD) when incident upon ionizing radiation, which is light absorbing in nature, not
light scattering [32, 33]. A consistent < 2% inter-dosimeter and < 2% intra-dosimeter
response has been observed [28]. Its characteristics are near ideal for the telecentric
scanner, which has problems imaging dosimeters within an external container due to the
difficulties in refractive index matching of 3 materials (dosimeter, container & fluid)
with the stringent 0.1° acceptance angle[34].
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2.2.1 Diffuser
To reduce the imaging artifacts present in the dosimeter due to Schlieren bands,
minor refractive index changes within the dosimeters which upon reconstruction show
as predominantly as the radiation induced signal, a diffuser was added to the optical
chain immediately following the light source. Its contributions are immediately noticed
when looking at the differences in flood field uniformity as seen in Figure 6. Here a
series of different diffusers were tested to create the most uniform flood. Its impact goes
much further, however, as seen by a reconstructed volumes with a PDD plotted in
Figure 7 where the data was acquired both with and without the diffuser present.
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Figure 6: Flood fields. (A) A Newport diffuser was settled on for establishing
the most uniform flood field as compared to other commercial optical diffusers (B-D).
(E) A line profile taken through the center of the usable area expanding the entire
horizontal field of view.
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Figure 7: Curves of a reconstruction from a simple PDD irradiation through a
dosimeter with data acquired with (red) and without (green) an optical diffuser. The
treatment planning calculation is shown (blue) for reference.

2.2.2 Registration mount
High quality images are dependent upon registering the pre- and post-scans to
obtain ΔOD. Proper registration also helps to reduce the Schlieren bands inherent to the
dosimeter. To accomplish this, a registration mount was designed to ensure the
dosimeter was placed in the same position on the rotation stage. With this mechanism
21

in place, the pre- & post-scan images could simply be divided to obtain the desired
measurement. Figure 8 shows how properly aligned post/pre scans reduce the artifacts
created by dosimeter inhomogeneity.

Figure 8: Importance of image registration - (A) A post scan reconstruction of a
4 field box irradiation and (B) the same post scan reconstruction with the registered
pre scan in place to minimize the Schlieren bands.

2.2.3 Fluid filtration system with image averaging
The diffuser and the registration mount were aimed at reducing artifacts
inherent to the dosimeter, but the filtration system was implemented with the intent of
minimizing general noise and ring artifacts within the reconstructed images by (1)
removing fluid particulates that would normally be present in any given projection
image and by (2) having the fluid in constant motion during the image acquisitions
minimizing the effects of any remaining particulates. Since the projections are averaged
several times and the fluid is in constant motion, if any one particulate occupies a pixel
during one exposure, the particulate will have moved on to another pixel the next
several exposures thus mitigating its existence.

22

The noise and artifact reduction techniques proved valuable in reducing the noise to
get adequate CNR even as the dosimeters increased in diameter. Figure 9 shows a series
of flood images taken with filtered and unfiltered fluid (clean and dirty) and with (200
images) and without (1 image) image averaging. The noise as defined by the standard
deviation seen in the entire FOV and a small region of interest as represented by the
yellow and blue squares from the filtered (clean) fluid with image averaging to the
unfiltered (dirty) fluid without image averaging is significantly higher with the dirty
fluid.
Extending this acquisition to a reconstruction of an unirradiated dosimeter similar
results are seen. Figure 10 shows approximately a factor of 2 more noise in the image
where data was acquired with dirty fluid and only 1 image taken per projection versus
that where the data was collected with filtered fluid and 20 images taken per projection.
For each case the data was acquired over a 360° scan with 360 projection angles and
reconstructed to a voxel size of 1mm.
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Figure 9: Noise due to particulates and mitigation through fluid motion and averaging
in the flood field. The left column represents relatively clean fluid and the right
dirty. The top row was acquired from 20 averages with constant fluid motion and the
bottom row is a single snap shot. Two noise measurements are indicated with the
corresponding color of box and numerical value.
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Figure 10: Reconstruction of an unirradiated dosimeter. Red and blue boxes indicate
the region of interest the standard deviation was taken on corresponding to the red
25

and blue noise values. (A) Obtained with clean fluid and no image averaging. (B)
Obtained with dirty fluid and no image averaging. (C) Obtained with clean fluid and
20 images averaged at each angle. (D) Obtained with dirty fluid and 20 images
averaged at each angle. The dashed green line in (A) is the position of the line profile
shown in (E) of each acquisition.

2.3 Operation

Figure 11: DLOS reconstruction graphical user interface. Upper left quadrant
displays projection images associated with the pre-irradiation scan and the lower left
displays projection images of the post-irradiation scan. The stray light correction is
applied to each pre & post scan projection prior to reconstruction. The right column
displays the ratio sinogram and reconstructed slice associated with the row indicated
by the green dashed line on the projection images.
All scans in the present work were acquired according to SOPs to ensure
consistency. SOPs specify the number of projection angles based on dosimeter size,
desired voxel size and a 360° scan. They also ensure minimal noise through fluid
cleaning, accurate registration of pre- and post-irradiation scans, and stray-light through
the use of light blocks. Figure 11 illustrates general concepts and steps in the data
26

acquisition process. A pre- and post-irradiation scan is required to obtain the ΔOD,
which is proportional to the absorbed dose in the dosimeter[32, 33]. The dosimeter is
orientated with a docking mechanism on the rotation stage to ensure consistent
registration between pre and post irradiation scans. 3D data are acquired through the
accumulation of projection images at several angles according to Nyquist sampling
criteria. Each projection image is captured 20 times and averaged to increase SNR for
each projection image. The projection images are dark noise and flood field corrected to
reduce the effects of particulates on glass surfaces, non-uniformity of CCD pixel
response, dark current and readout noise. Each pre- and post-projection image is
deconvolved with a measured point spread function for a 1st order stray light correction
before sinogram placement[35]. A 5 x 5 kernel median filter is then applied to each
projection image before it is downsized to the desired pixel/voxel size. A final fully
corrected reconstruction map of radiation induced ΔOD is obtained in the following
way. The stray-light corrected median filtered post-irradiation projection images are
divided by the corresponding pre-irradiation projections, to create a division-sinogram
shown in the upper right panel of Figure 11. Accurate placement of the dosimeter
during pre and post scan through the docking mechanism ensures co-registered data
such that this division removes any common imperfections in the dosimeter. This works
well, and even the edge artifacts are greatly reduced. The division-sinogram is then fed
to the Matlab iradon function with a Ram-Lak filter which reconstructs axial slices of the
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radiation induced ΔOD through the dosimeter (shown in lower right panel of Figure 11).
Deconvolution can take up to 2 hours; creation the sinogram and reconstruction
typically take less than a minute.

2.4 Stray light corrections
The effects of stray light are well characterized in 3D dosimetry and in summary
reduce the scanners ability to accurately measure the dose distribution. Stray and
scattered light is easily removed in the 1st generation configuration by means of an
aperture, but it cannot be easily removed in broad beam configurations, leading to the
potential of significant scatter artifacts[36, 37]. It was not until the introduction of
radiochromic dosimeters[8, 32, 38], which exhibit optical contrast by light absorption
(not scatter), that the potential for fast and accurate broad beam optical-CT systems
became a realistic goal. The small amount of stray light that originates in the dosimeter
(or other components upstream of the lens) is nearly all removed by the telecentric
imaging lens which has a 0.1° acceptance angle. The predominant source of stray
photons is therefore within the imaging lens itself (reflections off lenses, CCD surface,
etc) as suggested by measurements in the following sections. This stray light, while very
small compared to the scatter encountered in polymer gels, must still be corrected for in
order to achieve accurate dosimetry within ~3% for dosimeters exhibiting a final OD
relative to the fluid greater than 1.5. In this work we demonstrate the feasibility of a
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stray-light correction utilizing the deconvolution of a spatially invariant point spread
function (PSF) determined from measurements in the DLOS/ PRESAGE® system.

2.4.1 Stray light artifacts in the DLOS system
Figure 12 illustrates a stray light artifact arising when an opaque light-block is
placed in the beam path prior to the aquarium. The signal behind the light-block should
approach the dark field values, but is significantly higher. Moving the light-block to
different positions in the imaging chain (e.g. after the aquarium) but in the same position
relative to the optical axis had no effect on the elevated signal behind the block, which
suggests that the stray light is originating within the imaging lens since this ruled out
anything from the fluid. Further tests to characterize stray light are discussed in detail
in section 3.4.2, and include origin, magnitude, reach, and positional dependence under
realistic dosimetry imaging scenarios.
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Figure 12: (A) DLOS projection image of an opaque light block placed in the
center of the field of view. (B) Dark field image associated with the image seen in (A).
(C) Line profile of the green line shown in (A) of the opaque block and the dark field
demonstrating the stray light contamination to the raw signal acquired by the camera.
Note log scale.

2.4.2 Correction method
The proposed correction method involves deconvolving the stray light
contribution at all points in each projection image, prior to reconstruction, using a
measured point-spread-function (PSF). The PSF is a well characterized, widely accepted
model to correct for blur and aberrations in optical imaging and has the potential to be
easily implemented in optical-CT provided the stray light generated is spatially
invariant[39]. The key to accurate stray-light correction with this approach is in making
an accurate determination of the PSF.
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2.4.2.1 PSF measurement along the central field of view
The PSF was constructed from a set of DLOS projection images of apertures of
varying sizes. The smallest aperture most closely represents a true impulse to the
system, but since the stray light intensity drops off dramatically with distance (~-60 dB
in the 1st mm), stray light can only be detected to 3 pixels out before the noise floor is
reached. Figure 12 clearly shows stray light has effects greater than 3 pixel lengths, so it
was important to make measurements with much more dynamic range. To accomplish
this, each aperture image was acquired using a high dynamic range imaging sequence.
Several images were acquired with the same aperture with increasing exposure times of
10ms, 20ms, 40ms, 80ms, 160ms & 320ms. All images were converted to irradiance (by
dividing by the exposure time), and then a high-dynamic range image was formed by
combining the images acquired with different exposure times so that saturated regions
were overwritten by those images with successively shorter exposure times[40]. This
process resulted in aperture images with more dynamic range than the 12-bit
monochromatic camera that acquired it. The PSF was then generated from a set of high
dynamic range aperture images of varying diameter.

Larger apertures illuminate

regions of pixels that from greater distances act as though they originate from a single
point. Thus, smaller apertures were used to examine the PSF behavior at close range
and larger apertures to approximate the PSF effects at longer ranges. The apertures
were placed between the aquarium and the light source. All other parameters and
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aspects of the scanner were kept identical to those used during a dosimetry scan (e.g. the
matching fluid was present in the aquarium). Aperture images were collected with
diameters of 200µm, 1,000µm, 5,000µm & 11,000µm. A representative PSF was then
constructed, using the 200µm and 1,000µm holes for close range behavior and the
5,000µm & 11,000µm for longer range effects. Given the general radial symmetry
observed in each measurement, several lines were averaged moving from the center of
each aperture image outward at different angles. The resulting line was then revolved
about 2 to create a smoothed, symmetric individual aperture image for each aperture
and was normalized such that the area under the curve was normalized to the
accumulated intensity. The representative PSF was found by then merging all
individual aperture images using a Savitzky-Golayto filter, a least squares polynomial
fit. This approach represents a 1st order approximation of the true PSF, obtained with
much greater sensitivity than the imaging system used to acquire it.
2.4.2.2 Spatial Invariance and robustness
Spatial invariance is critical to simple implementation of an impulse response
correction method. Measurements of the PSF (acquired using the procedure outlined in
2.3.1) were taken and compared at several locations in object space to verify invariance.
The PSF was acquired and compared in 3 different scenarios. In the 1st, PSF’s were
measured in different regions of the image with the aquarium filled with index
matching fluid but no dosimeter. This test investigated the spatial independence within
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the DLOS system. In the 2nd scenario PSFs were measured on the central field of view
for both unirradiated and irradiated dosimeters within the aquarium. This test
investigated the robustness of the PSF in the presence of a dosimeter, and the magnitude
of any scatter originating within the dosimeter. Finally, in the 3rd scenario, PSFs were
determined at off axis positions through the dosimeter, including near the edge where
maximum perturbation is expected due to refraction. These tests were a comprehensive
set to ensure a consistent, spatially invariant PSF will be realized in all imaging
scenarios.
2.4.2.3 Implementation of the PSF
Once the PSF was obtained, a deconvolution algorithm based on the RichardsonLucy method, an iterative-based deconvolution, was implemented for stray light
removal[41-43]. The deconvolution was applied to all raw projection images, in order to
remove stray light prior to reconstruction. The deconvolution algorithm maximizes the
likelihood of pixel values being true detection values from the original image given
Poisson statistics. 10 iterations were used in all deconvolution corrections. The
additional reconstruction time is significant. Each projection image takes a computer
equipped with a 2.5GHz processor ~10s; for a typical scan with 360 projections an
additional hour is added to the processing time.
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2.4.2.4 Evaluation tests
Two phases of testing were performed on the correction method. In the 1st
phase, the correction was applied to individual 2D projection images as described in
2.4.1. In the 2nd phase, the correction was applied to a full set of projections and the
corresponding corrected 3D dose distributions were reconstructed. A multiple small
field data set was chosen because stray light effects will be most prominent, and
accurate pre-existing baseline data was available.
2.4.2.4.1 Projection images
Three test images were devised to evaluate the effectiveness of the stray light
correction in projection images. The first is the light-block shown in Figure 12. This test
is demanding because of the extreme nature of the light block (compared to a dosimeter
which is never opaque) and because it evaluates stray light effects over fairly large
regions. In the absence of stray light, the signal behind the block in Figure 12 would be
the dark current of the detector alone, and thus, ideally the deconvolution should
remove the stray light contaminating the signal. It was expected that values near zero
on raw images could be acquired where the opaque block stood. In the second test, a set
of known neutral density filters (OD values of 0.2, 0.3, 0.5, 0.6, 2.0, & 3.0) mounted in an
opaque filter wheel were imaged. The filter wheel test was designed to investigate
quantitative accuracy when applying the deconvolution over the normal OD ranges of
dosimeters. In the 3rd test, the opaque filter wheel mount was replaced with a
transparent mount to investigate any effect on quantitative accuracy of enhanced
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surrounding light. The filter wheel with transparent mount provided a good test for
simulating an actual dosimeter projection image with known ODs. For both the
corrected and uncorrected images, regions of interest at the center of the ND filters were
averaged and the values compared with the known values.
2.4.2.4.2 Small field irradiations
An ideal and useful application of 3D dosimetry is the measurement of small
field output factors, because setup errors are negligible. This has been demonstrated by
Clift et al[44] and Babic et al[45]. Clift et al measured small field output factors using
PRESAGE® dosimeters which had been imaged by the commercial scanning laser
OCTOPUS optical-CT scanner, which is known to be insensitive to scattered light. In the
present work we acquired the same small field output factors as reported in Clift et al,
but this time using the DLOS scanner. This enabled a direct comparison of the DLOS
against the OCTOPUS and the independent EBT and commissioning data reported in
Clift et al. The small field scenario presents a strong test for the stray light correction
because small optically dense regions within the dosimeter are surrounded by large
amounts of optically transparent regions making stray light a potential cause for concern
in obtaining accurate measurements.
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Figure 13: Top view of the small square fields beam arrangement used to
measure output factors. The fields are all normally incident on the top surface of a
cylindrical dosimeter of diameter 16cm, height 10cm. Each field was delivered with
845MU. The arrangement is identical to that of Clift et al[44].
A 15cm diameter, 10cm tall, PRESAGE® dosimeter was irradiated with the same
Novalis Tx unit (equipped with an HD-MLC120) and small field pattern as used in Clift
et al. 6 square field beams were delivered in a circular pattern around the periphery of
the dosimeter with nominal side lengths of 40, 30, 20, 10, 5 & 5mm as seen in Figure 13.
Each field was delivered 845MU at a rate of 1000MU/minute with a 100cm SSD setup.
The irradiation geometry was the same as that in Clift et al. Circular regions of interest
in each field were taken to obtain the output factor. Pre- and post-irradiation scans were
acquired with the same acquisition parameters enabling determination of the radiation
induced change in OD (ΔOD). The scans were acquired over 360 degrees with 600
projections, 25 images per projection, and reconstructed to 1mm voxel lengths to meet
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Nyquist sampling out to the edge of the dosimeter. After the dosimeter was irradiated it
was placed in the scanner in the same orientation as the pre-scan by use of a registration
mounting system. Pre- and post- irradiation projection images were then deconvolved,
divided and placed into sinograms for reconstruction with the iradon transform using a
Ram-Lak filter to obtain the ∆µ (proportional to ΔOD and dose delivered). Small field
output factors were determined by normalizing all measurements to a 10 x 10cm2 field
through the 4 x 4cm2 field. All values were corrected for cross contamination as detailed
in Clift et al.
In order to investigate when the stray light correction becomes significant
relative to the radiation induced ΔOD, a 2nd dosimeter was irradiated with 4 - 10 x
10mm2 beams in a radial pattern having a 6cm radius and 90 degree spacing. The fields
received 1600, 3200, 6400, 12,800 MU at a 1000MU/minute. After the data had been
reconstructed a comparison was performed to determine the correlation of the
magnitude of the stray-light correction and the magnitude of the radiation induced
ΔOD’s. The corrected and uncorrected ΔOD values versus the number of MU’s
delivered were plotted with the expectation of linearity upon stray light correction. This
test will allow for an approximation to determine when the correction is significant.
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2.4.3 Stray light correction results
2.4.3.1 PSF Measurements
2.4.3.1.1 PSF measurements along the central field of view
A high dynamic range image of the 5000µm aperture with no dosimeter present
in the aquarium is shown in Figure 14. The plot shows a circularly symmetric stray light
tail extending out several cm from the center of the aperture. Over 5 decades of data are
realized indicating the advantage of the high-dynamic-range imaging technique. It is
clear that the tail falls off steeply with increasing radius from the center of the aperture,
but there is still a small contaminant stray light signal greater than 2cm distances
corrupting measurements of neighboring pixels in the image. The addition of a signal
on the order of 10-5 may seem negligible at first glance but when considering the number
of pixels within range (~ a 100 x 100 area) to contribute to the contamination of a single
pixel the result can be quite substantial to an OD measurement.

Figure 14: Image of the 5,000µm aperture acquired with increasing exposure
time fused together to give a higher dynamic range image than that of the camera
(~60dB or 3 decades).
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Figure 15 illustrates how individual aperture images were ‘stitched’ together to
create a representative PSF. The figure shows the averaged profile through each
individual aperture image after normalization. The representative PSF was constructed
from taking the 1st 8 pixel values of the 200µm aperture, the next 20 pixels of the 1000µm
aperture, the following 50 pixels the 5000µm aperture and the remainder of the curve
comprised values from the largest aperture. It is seen that the tails overlap with
excellent consistency at radial distance of ~10-12mm. At longer distances, there is no
data from the small apertures because the noise floor is reached. The tail can easily be
extended however using the curves for the larger apertures. Constructing the extended
tail in this way enables the measured PSF to extend out to much greater distances (~5cm)
than could be achieved with the small apertures alone with the dynamic range of the
system. Although the tail region now reflects averaged stray light data from a nonnegligible aperture size, this approach represents an effective first order approximation.
It should be noted, however, the PSF measurement could be improved by making a
more accurate measurement of the PSF tail by deconvolving the larger aperture image
out of the measurement. At present the PSF should slightly overcorrect because of this.
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Figure 15: Series aperture measurements acquired with increasing diameter
stitched together to create a radially symmetric PSF for use in a deconvolution
algorithm.
2.4.3.1.2 Verification of PSF Spatial Invariance and robustness
Stray light correction using PSF deconvolution is much simpler to implement if
the PSF is spatially invariant. Spatial invariance was investigated by measuring the PSF
at four positions starting from the bottom right corner of the field-of-view of the scanner
and moving radially towards the center. Figure 16a shows a series of line profiles of the
PSF obtained at the locations tested. The plot is graphed on a logarithmic scale in order
to see the slight variation from location to location. The percentage difference is plotted
in Figure 16b and has a mean of 6.7%. The biggest differences occur within the first 5
pixels which could be expected with the inherent difficulty in setting up the 200µm
aperture to cover a single pixel to prevent signal averaging over 2-4 pixels. The
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significance of a 6.7% difference on a correction that is of order 3% is negligible, as is
demonstrated in section 3.2 and Figure 19.

Figure 16: (A) Line profiles of PSFs acquired at different locations of the field
of view starting near the right edge moving radially toward the center. (B) The percent
difference between the values obtained in the PSFs with respect to the green plot in
(A) showing a 6.7% mean difference in the measurements over all locations. The
significance of variation is small as seen in Figure 19.
To investigate whether the PSF was altered when a dosimeter was placed in the
aquarium, the PSF was re-measured at various locations with an unirradiated dosimeter
present. Figure 17 shows the PSF acquired significantly off-axis, close to the edge of the
dosimeter where refraction has the greatest impact. Very little change is observed in the
off-axis PSF through the unirradiated dosimeter.
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Figure 17: (A) PSF line profiles obtained at the same location through index
matching fluid and an off center unirradiated dosimeter where extreme angles are
present to maximize refraction at the fluid dosimeter interfaces. (B) Percent
differences of the two plots in (A) at each pixel location.
Figure 18 compares PSFs acquired through the center of an unirradiated
dosimeter, an irradiated dosimeter, and the fluid alone (no dosimeter present). The
biggest differences again occur in the 1st five pixels of the measurement and are caused
by set up and registration imperfections. The mean percent difference of the PSFs
referenced to the fluid alone was calculated at 9.1%. The PSF through the irradiated
dosimeter is significantly shorter than that through the unirradiated dosimeter because
with the increased attenuation present the maximum exposure time of the camera was
reached sooner bringing the noise floor up after the normalization process. The
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irradiated state of the dosimeter had significantly more attenuation than the
unirradiated dosimeter limiting the usable dynamic range of the measurement. The
good agreement between all measured PSFs regardless of position and presence of
irradiated or unirradiated dosimeter, presents a strong case for the viability of stray light
correction employing the deconvolution of a measured PSF. A recent report suggested a
small increase in the component of stray light as the absorbed dose rises in
PRESAGE®[46]. The present results do not support or contradict this finding, because
any such increase in scatter would be removed by the telecentric lens and is therefore
undetectable with the DLOS. This represents a distinct advantage of the telecentric
approach. An additional, and potentially more significant advantage, is that it is likely
that the radial symmetry and strong robustness of the PSF under all conditions (e.g.
spatial invariance) also arises from the nature of telecentric imaging. We speculate that
the narrow aperture stop in the imaging lens, which defines the 0.1 degree acceptance,
also facilitates this radial symmetry and spatial invariance.
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Figure 18: (A) Line profiles of the PSF when acquired under varying
conditions: through the refractive index matching fluid alone, fluid plus an
unirradiated dosimeter, and fluid plus an irradiated dosimeter with (B) the
corresponding percent differences in the curves with respect to the fluid
measurement. (C) Location of PSF taken through the irradiated dosimeter. (D)
Location of PSF taken through the unirradiated dosimeter. (E) Location of PSF taken
through the refractive index matching fluid where the schematic represents the entire
field of view.
2.4.3.2 Evaluation tests
2.4.3.2.1 Projection images
The correction method was first applied to the stray light artifact shown in
Figure 12 featuring a 1 inch wide light-block. The uncorrected image is compared to the
corrected image in Figure 19, where the line profiles run across the middle of the lightblock. The figure shows that the deconvolution correction removed the vast majority of
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the stray light corrupting the initial reading. Ideally the signal would have gone to zero
everywhere behind the block. However, considering the inherent noise in the image
and uncertainties in the measured PSF (intended to be a 1st order correction), the
removal of the majority of stray light is considered a significant success. Figure 19 also
shows that the variability in the measured PSF has only a very small effect on the
correction. The green line labeled Corrected 1 and the blue line labeled Corrected 2 are
from different deconvolutions representing two extremes of the measured PSF. The
green line is highest PSF measurement taken (see figure 16 labeled “near center”) while
the blue curve is the averaged PSF taken from all the locations in the same figure. This
indicates the differences in the measured PSF curves are essentially negligible in regards
to the performance of the correction. The effect of the stray light correction on noise was
not negligible however. The noise in the flood regions of the uncorrected and corrected
images are at 0.09% and 0.20% respectively. The cost of the correction is essentially a
doubling of the noise. This penalty can be mitigated by post processing and
reconstruction. All projection images are downsized from a pixel length of ~175µm to
1mm or 2mm diminishing a large fraction of the high frequency noise added by the
deconvolution. Additionally, the filtered back projection process has a tendency to limit
high frequency noise through the use of the Ram-Lak filter.
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Figure 19: (A) Image of a light block with stray light present. (B)
Corresponding stray light corrected image of the light block. (C) Comparison of line
profiles taken along the green line in (A) and the same line in the corrected image (B).
Two corrected profiles are shown: “Corrected 1” is the best estimate of the measured
PSF, and “Corrected 2” is a worst case estimate of the measured PSF, reflecting
maximum difference due to the measurement uncertainties observed in Figure 16.
Tests for quantitative accuracy pertaining to the stray light corrections were
conducted with neutral density filters. The filters were imaged simultaneously, and
both in and out of an opaque filter wheel, in order to compare the measured OD with
the nominal OD value of each filter. The image without the wheel are representative of
a higher stray fraction and similar to dosimetry projections while the image with the
filter wheel in place tests an extreme where much less stray light is to be expected.
Figure 20 displays both scenarios with images of uncorrected and corrected images and
plots the measured OD versus the reported OD value. For these examples stray light
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becomes a significant problem after an OD of 2 (transmission of .01 or less). Since
optical-CT reconstructs attenuation coefficients, a comparison to OD is appropriate as
the sinogram requires the data to be in logarithmic form. Differences in OD will lead to
inaccuracies in the sinogram and reconstruction. These differences can create situations
where varying dose levels will not normalize appropriately at all dose levels.

Figure 20: (A) and (B) are the stray light corrected and uncorrected images of
the ND filters in the filter wheel. (C) and (D) are the corrected and uncorrected images
of the ND filters alone. (E) A plot of the measured and corrected ND filter values
versus the manufacturer reported ND values. Discrepancies begin to arise at an OD
of 2, with the correction absolutely needed beyond an OD of 2.
47

2.4.3.3 Small field irradiations
2.4.3.3.1 Output factors
The measured small field output factors, both uncorrected and corrected, are
given in Table 1. The elegant feature of this experiment is that the correction affected
each beam in different proportion depending on beam size. The larger beams are seen
to have smaller corrections, which were expected given that the measurements are taken
in the center of each field. On any given projection angle during the scan, the center of a
small field (e.g. 5mm) was in closer proximity to the unirradiated portions of the
dosimeter allowing for larger contamination with stray light. The small field irradiation
gave a maximum OD over all pixels and projection angles of 1.58 (.026 transmission).
However, even at this relatively high transmission, corrections of >3% were calculated,
indicating the correction is required when dosimetric accuracy of better than 3% is
required. This shows the correction is still significant at higher transmissions than
suggested in the ND filter test (figure 20E)
Table 1: Total scatter factors measured by the PRESAGE® dosimetry system.
The impact of the stray light correction on each field shows the most significant
affects for the smaller fields. One small field had a larger correction than the other
mainly due to the geometry of the irradiation with smaller fields directly across from
it in the projections leaving a larger fraction of projections with a smaller correction
required. The final column represents the percent change due to the stray light
correction.

Field Size (mm)

PRESAGE® (without
stray light
correction)

PRESAGE® (with
stray light
correction)
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Percent change

30 x 30
20 x20
10 x 10
5x5
5x5

.897
.886
.797
.595
.588

.898
.890
.802
.616
.606

0.13%
0.44%
0.63%
3.45%
3.11%

Figure 21 compares the DLOS measured output factors with those reported by
Clift el al. The latter includes the outputs determined during commissioning with
micro-ion chamber, and independently with EBT film, and a prior PRESAGE®
experiment where the data was acquired on a raster scanning laser system with
negligible stray light. The accuracy of a measurement on a PRESAGE® dosimetry
system has been shown to be < 3% due to intra-dosimeter non-uniformity, interdosimeter differences and aging characteristics[28]. This value of 3% has been adopted
even though the statistical uncertainty in the ROIs suggests the error may be on the
order of 1% or less.
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Figure 21: Total scatter factors as shown in Table 1 with the addition of the
total scatter factors reported in Clift et al.
2.4.3.3.2 Stray light significance based on OD
The 2nd small field dosimeter was irradiated four times with the same field size,
but dramatically different doses, in order to investigate when the stray light correction
becomes significant relative to the magnitude of radiation induced ΔOD. Figure 22
shows a reconstructed slice of the irradiation. As the beam intensity increased the stray
light correction was expected to increase, and this was observed as shown in Figure 22b.
Figure 22a indicates typical image quality that we achieve with the DLOS scanner.
Excellent reduction of ring artifacts and low noise is achieved through a fluid filtration
system and projection image averaging. The fluid is in perpetual motion during the
acquisition of the flood and projections reducing the impact of any remaining
particulates. The noise observed is on the order of 15cGy for an 80Gy delivery. A
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registration mount allows for the accurate registration and division of the pre- and postirradiation scans. The registration enables an excellent reduction of the edge artifact
associated with the sides of the dosimeter. The well known linearity of PRESAGE® dose
response is also confirmed out to 80Gy, indicating wide application to treatments of
varying dose levels.

Figure 22: (A) Optical-CT reconstruction of an irradiation with 4 – 10x10mm2
beams with increasing MUs delivered. Starting at the top and going clockwise there
were 12,800, 3,200, 1,600 & 6,400 MUs delivered. (B) Line profile of the reconstruction
in (A) passing through the 12,800 & 1,600 MU fields showing extremely low noise
relative to the contrast. (C) The measured and corrected ∆µ’s
∆µ for each beam respective
to the number of MUs delivered. The correction plays a bigger role for optically
denser fields. The corrections for each beam going from low to high doses are 1.3%,
1.5%, 1.8% & 2.4%. The blue fit line was created by placing a line through the means
of the two lower dose fields.
The post scan OD values in the projections ranged from 0.4 to 1.8 depending on
the position and arrangement of the beams relative to the lenses. The noise level seen in
the scans are 0.4% of the maximum intensity reconstructed value. Plotted in blue is a fit
line created by the mean values for the two low OD irradiations for corrected and
uncorrected as there was very little change in the correction (< 1.5%) relative to the two
more intense fields. Reconstruction values were increased by 1.3%, 1.5%, 1.8% & 2.4% as
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the beam intensity increased. Although the OD values in the scan were always less than
2 (commonly only 1.2 for the highest intensity field), the correction still shows a non
negligible change in the reconstruction value as compared to the noise level for the
highest intensity field and should not be ignored.

2.4.4 Stray light lessons
The key advantage of broad beam optical-CT systems is the dramatic increase in
speed. Scan times with the DLOS for large dosimeters (16cm diameter, with an isotropic
resolution of 1mm) are within 15 minutes, as opposed to many hours with the 1st
generation system[13, 16]. The cost to this speed increase is a greater sensitivity to stray
light, and this fact has limited the use of broad beam configurations. This work
demonstrates that when using a telecentric configuration in combination with a lowscattering radiochromic dosimeter, a 1st order stray light correction is effective at
correcting for residual stray light. In the DLOS system almost all this stray light
originates in the lenses and components of the optical chain, and not in the dosimeter or
filtered fluid. The correction works by deconvolving a spatially invariant PSF for each
projection image. Tests with known OD’s were used to validate the PSF and
deconvolution method out to an OD of 3, corresponding to 60dB. This corresponds
approximately to the dynamic range of the camera, and now the system as a whole,
which is a substantial improvement over the prior limit of ~30dB. The data presented
here suggests that the correction is small (~3-4%) for lightly dosed dosimeters where the
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maximum OD is <1.5. The correction should be considered however, for any dosimeter
where very accurate dosimetry is required. The stray light correction will have the
largest impact on irradiations with heavily irradiated (large ODs) coupled with high
gradient regions. The correction method presented here has the ability to reduce stray
light artifacts and make more accurate dosimetric measurements and may be extended
to other broad beam systems provided the PSF is spatially invariant.

2.5 Spectral artifacts
In contrast to the laser systems, the DLOS source is distinctly polychromatic, which
can introduce new artifacts arising from non-uniform spectral absorption as a function
of wavelength. The absorption spectrum of the dosimeter (PRESAGE®[28, 29, 32] in this
work), can vary significantly over the spectrum of an LED light source. Preferential
absorption of photons will occur at the dosimeters peak absorption wavelength leaving
a higher ratio of photons at both longer and shorter wavelengths as light is transmitted
through the dosimeter. This phenomenon is similar to that of ‘beam hardening’
encountered in X-ray CT, except that in the latter preferential absorption occurs on only
one side of the spectrum - for the lower energy photons. It should be noted that these
artifacts present similarly to stray light or scatter artifacts[47], so in order to minimize
stray light thereby isolating spectral effects all measurements were acquired with a 5mm
high planar slit arrangement.
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In the optical case considered here, the spectrum of the beam does not become
‘harder,’ but instead it becomes depressed corresponding to the shape of the absorption
peak of the dosimetry material the beam passes through. The main consequence in
optical-CT dosimetry is that an artificially high number of photons may be detected
when compared to a monochromatic source of the same intensity. This in turn may give
rise to artificially lower attenuation coefficients, and inconsistencies between different
projections, which experience different path-lengths through the dosimeter. Spectral
changes are a source of error in the sinogram that are carried through to the
reconstruction, and can create artifacts. An obvious solution to spectral changes is to
introduce a band pass filter (1 – 10 nm FWHM) to the optical chain immediately
following the light source to prevent the introduction of already documented
artifacts[48]. In practice however, this can produce a high sensitivity to Schlieren bands
within the dosimeter, which can lead to high noise. The presence and challenges
associated with these bands in PRESAGE® have been reported by another group[49-51],
and can lead to non-negligible dosimetry artifacts.
In this work we present a novel alternative method to overcoming spectral
induced artifacts, which do not use band pass filters, and therefore reduce any artifacts
associated with Schlieren bands. This method is distinctly different from algorithms
developed to reduce beam hardening in X-ray CT. In the latter case, methods typically
fall into 2 categories, pre-corrections and iterative segmentation algorithms [52-56].
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Beam hardening filters are also in place on kV imaging CT machines to reduce errors.
Errors both in magnitude of the reconstruction x-ray attenuation coefficients and
suppression or ‘cupping’ artifacts of highly attenuated regions have been well
characterized [57, 58]. The methods developed for x-ray-CT could potentially be used
to correct for spectral artifacts, but do not readily adapt to the unique requirement of
optical-CT dosimetry which requires both a pre-irradiation and post-irradiation scan in
order to determine the radiation induced change in optical-density ( ∆OD ). The essence
of the proposed method is to use known spectral responses of the light source, detector,
and dosimetry material, to remove spectral artifacts on a pixel-by-pixel basis in each
acquired projection image. The corrected projections then correspond to what would
have been acquired with a monochromatic light source at the peak wavelength of
PRESAGE® absorption (633nm). The correction methods presented here are applicable
to any combination of light source and radiochromic dosimeter, and are particularly
useful for scanner geometries that would require large, expensive band pass filters.

2.5.1 Spectral correction methods
2.5.1.1 Schlieren band enhancement
Schlieren bands are visible streaks resulting from small variations in density
presumably caused by a non-ideal mixing of the dosimeter creating slight differences in
refractive index. This research group has used PRESAGE® for a number of years and
has seen Schlieren bands in great enough frequency to warrant the solution described
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within. As the manufacturing and quality control of PRESAGE® improves this will
become less of an issue, but the occurrence of Schlieren bands still persists at this time.
Ideally the spectral problem would be solved using a band pass filter centered about the
dosimeters peak response wavelength. Often this approach works well. However, as
shown in Figure 23 below, placing a band pass filter in the optical chain can result in
making Schlieren bands more enhanced since fewer wavelengths are present. Fewer
wavelengths increase the chance that when small refractive index in-homogeneities are
present that light will be refracted more than the narrow 0.1° acceptance angle of the
imaging lens making their existence more pronounced. Prominently displayed
Schlieren bands result in reconstructions with Schlieren artifacts reconstructed to levels
equal to the radiation induced ΔOD, a large and unacceptable source of noise to an
image and gave reason for a correction to be introduced and applied to the data where
the Schlieren bands are better masked, those without a chromatic filter. Additionally,
narrow bandwidth sources can lead to greater amplitude in interference patterns that
are generated from the non-uniform refractive indices and enhanced edge artifacts.
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Figure 23: (A) An OD projection image of an unirradiated dosimeter with a
3nm chromatic filter centered about 633nm. (B) An OD projection image of an
unirradiated dosimeter without a chromatic filter masking the Schlieren structures
present from the manufacturing of the dosimeter.
2.5.1.2 Spectral Information
The method relies on accurate data regarding the spectral characteristics of the light
source, the detector response, the absorption of the fluid and the absorption of the
dosimeter (PRESAGE®). The LED spectrum was measured with a Thorlabs compact
CCD spectrometer (CS100) and is shown in Figure 24. The absorption characteristics of
PRESAGE® responses to deposited dose were determined with a spectrophotometer
from optical cuvettes or PRESAGE® irradiated to different doses[33, 59]. Three 1 cm
pathlength cuvettes were irradiated to .5, 2 and 4 Gy over the LED spectrum (610 – 655
nm) in 1 nm increments were measured with a Genesys 20 spectrophotometer from
Thermo Scientific. The ∆OD was calculated by subtracting the unirradiated spectrum
from the irradiated spectrum and dividing by the dose delivered. The absorption
characteristics of the matching fluid and unirradiated PRESAGE® were also measured.
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Finally, the spectral response of the camera was obtained from the manufacturer’s
reported quantum efficiency. Figure 24 overlays the spectral information for these 5
spectrums. It is clear from the figure, that as light moves through irradiated PRESAGE®,
the LED spectrum will be preferentially absorbed at 633nm, depressing the central peak.
It should be noted the response curve of PRESAGE® (green) is a ΔODcm-1Gy-1, while the
unirradiated PRESAGE® curve (black) is simply ODcm-1, so the OD upon irradiation is
the addition of the absorbed dose times the PRESAGETM response curve and the
unirradiated PRESAGE® curve.

Figure 24: Spectral characteristics for the five key components affecting
spectral artifacts. Preferential absorption of photons occurs at 633 nm with less
radiation induced attenuation at longer shorter wavelengths. This leads to an
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artificially high number of photons collected as compared to a monochromatic laser
light source at 633 nm. CCD efficiency from manufacturer’s guide: all other spectra
are measurements from commercial spectrometers or spectrophotometers.
2.5.1.3 Formalism of the warping correction
Figure 25 illustrates the principle measurement comprising optical-CT with the DLOS
system. Projection images are acquired where each pixel in the image corresponds to a
line integral of attenuation through the dosimeter. Each pixel’s response to irradiance at
each wavelength can be determined by multiplying the LED power spectrum, the
wavelength specific quantum efficiency of the detector, and a Beer’s law factor that
incorporates the amount of attenuation over any given line integral. Summing over all
the wavelengths and normalizing gives an equation for normalized transmission:
λ = 655 nm

S=

∑I

λ
λ =610 nm

⋅η λ ⋅ e

− µ fλ ⋅ x f − µ dλ ⋅ xd − µ ∆dλ ⋅ x∆d ⋅ D

λ = 655 nm

∑ I λ ⋅η λ
λ
= 610 nm

 λ =655nm
−µ ⋅x
 ∑ I λ ⋅ η λ ⋅ e fλ f
⋅  λ =610λnm=655 nm


∑ I λ ⋅η λ
λ = 610 nm









−1

[1]

where S is the normalized transmission through the dosimeter at the detector along a
pathlength, x. Iλ is the irradiance of the light source for wavelength λ. ηλ is the quantum
efficiency of the detector for λ. µλ is the wavelength specific attenuation coefficient
along the pathlength, x. Subscripts, f, d, and Δd are for fluid, dosimeter, and irradiated
dosimeter, respectively. D is the dose delivered. The factor in the parenthesis is
commonly referred to as a flood correction, but is present to give the transmission.
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Figure 25: Simplified schematic of a line integral for a projection image
without the optics.
The quantity of interest in dosimetry is the radiation induced ∆OD , which is
known to be directly proportional to dose for PRESAGE® [32, 33]. A map of ∆OD for
each slice (corresponding to CCD pixel rows) of the dosimeter can be reconstructed by
dividing the sinogram of the pre-irradiation scan by that of the post-irradiation scan,
taking the logarithm, and feeding into a filtered back projection algorithm. Here we

(

)

refer to a sinogram as the log Sino pre Sino post thus representing a change in attenuation
and not strictly attenuation.
For a monochromatic light source, the signal from each pixel on the detector
(sinogram) is modeled as follows:

S pre = I 0 e

− µ f x f − µ d xd

& S post = I 0 e

− µ f x f − µ d xd −

[2 & 3]
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where S pre & S post are the signals collected from the pre-irradiation and postirradiation scans respectively. I 0 is the initial beam irradiance µ f , x f , µ d , x d are the
attenuation coefficients and pathlengths of the fluid and unirradiated dosimeter, and

∆µ ∆d & x∆d are the change in attenuation coefficient and pathlength for the irradiated
portion of the dosimeter. Using the previously mentioned definition of a sinogram
leaves:

 S pre
Sino = log
S
 post

− µ f x f − µ d xd


 = log I 0 e
 I e − µ f x f −µ d xd −∆µ ∆d x∆d

 0



 = log e ∆µ ∆d x∆d = ∆µ ∆d x ∆d



(

)

[4]

In equation 4 the sinogram is independent of the fluid and initial dosimeter conditions.
Conversely, for a polychromatic light source:
λ = 655 nm

S pre =

∑
λ

I λ ⋅η λ ⋅ e

= 610 nm

λ = 655 nm

∑I

λ
λ = 610 nm

λ = 655 nm

− µ f λ x f − µ d λ xd

⋅η λ

& S post =

∑
λ

I λ ⋅η λ ⋅ e

− µ f λ x f − µ d λ xd − ∆µ ∆d λ x∆d

[5] & [6]

= 610 nm

λ = 655 nm

∑I

λ
λ = 610 nm

⋅η λ

where η is the quantum efficiency of the camera. Inserting the values into the sinogram
leaves:
λ = 655 nm

−µ x −µ x
I λ ⋅η λ ⋅ e f λ f d λ d

∑
 S pre 
= 610 nm
 = log λ = 655λnm
Sino = log
S 

− µ f λ x f − µ d λ x d − ∆µ ∆d λ x ∆d
 post 
 ∑ I λ ⋅η λ ⋅ e
 λ = 610 nm








[7]

Equation 7 does not simplify to an expression independent of the fluid or the initial
dosimeter conditions. These extra terms will lead to inaccuracies of reconstruction
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values making absolute dosimetry unfeasible and may lead to reconstruction artifacts if
unaccounted for.
2.5.1.4 Correction for spectral warping
A look up table was created to convert a measured polychromatic reading to an ideal
monochromatic reading based on equation 1 and the spectral characteristics presented in
Figure 24. The lookup table required 2 inputs; the dosimeter pathlength and overall
attenuation. The table was formed by taking the ratio of predicted SLED and S633 for
varying amounts of attenuation and dosimeter/fluid pathlengths. The ratio of these
predicted values was used to represent a correction factor applied to the polychromatic
measurements for each pixel on each projection image using the following equation(s):

S cor = S

meas
LED

xd , x f
attn

⋅ CF

xd , x f
attn

, CF

S
=  633
 S LED

xd , x f



 attn

[8 & 9]

meas

where Scor is the corrected signal, S LED is the measured LED signal
corresponding to the SLED value in the table for appropriate fluid, xf, and dosimeter, xd,
pathlengths. Since the summation of fluid and dosimeter length will always equal the
length of the aquarium only one parameter was required to be used as an index. CFattn is
the attenuation specific correction factor for a pathlength with an average dose, D, and a
pathlength, d.
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2.5.1.5 Simulation of spectral warping
To investigate and illustrate the effect of spectral artifacts, Matlab software was
written to simulate optical-CT imaging with the DLOS telecentric system. The main
variables of the simulation were the spectral characteristics of the light source.
Simulations with a monochromatic beam (e.g. 633nm HeNe laser) represent the gold
standard data, free of spectral warping artifacts. Simulations with the measured
polychromatic spectrum from the DLOS scanner enabled investigation of the magnitude
of spectral warping for this system. All simulations used the measured spectral
absorption profile of PRESAGE® (Figure 24) and the camera response from the
manufacturer. The simulation presented here represents a simple single beam
irradiation (6 x 6cm2 field) irradiated centrally along the axis of a 15cm diameter
dosimeter to a uniform dose of 10Gy. A dose of 10Gy typically gives an attenuation
value in PRESAGE® of .2cm-1. Thus the signal variation with a monochromatic light
source would range from -0dB in the matching fluid to -50dB through the center of the
dosimeter. A model of the attenuation was created using a square grid with 1mm pixel
sizes. To create sinograms for reconstruction, transmission values for each light source
were calculated along a projection angle, the model was rotated and the process
repeated until there were sinogram data sets consisting of 360 projections over 360° with
1 mm pixel sizes along each projection. The sinograms were then reconstructed using a
parallel beam iradon transform with a Ram-Lak filter. The reconstructions were then
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compared for differences. The images generated from the sinograms represented
change in attenuation coefficients per pixel for the specific wavelengths in the simulated
LED and laser scans.
2.5.1.6 Test the spectral warping correction
A rigorous test of the spectral-warping correction was performed by application
to a real PRESAGE® cylindrical dosimeter without the presence of Schlieren bands. The
dosimeter was scanned in the DLOS scanner 3 times: first without any filter (full
polychromatic light source, and maximum spectral warping artifact), second with a
10nm FWHM filter (moderate spectral warping), and third with a 3nm filter (minimal
spectral warping). Corresponding pre-irradiation scans with the same filter settings
were acquired. The filters were centered on the maximum absorption wavelength of
PRESAGE® at 633nm. Each optical-CT scan consisted of 360 projections taken 1° apart
with 20 images taken at each projection angle (for averaging). The cylindrical dosimeter
was 16cm in diameter, and was irradiated with 2 partially overlapping 6x6cm2 square
fields. These fields were of different strength, 400 and 800 MU respectively, creating 3
distinct dose levels in the dosimeter of ~ 4Gy, 8Gy and 12Gy covering a 6x9cm2 region.
Stray light and spectral warping present artifacts in the same fashion; both show a
depression of overall reconstruction values and dipping artifacts in homogonous
regions. To avoid any confusion of the two effects, stray light was eliminated by a slit
collimator of width 5mm. The pre- and post-projection data were processed and placed
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into respective sinograms. A correction factor was applied to each pixel on the
unfiltered, 10nm and 3nm sinograms and each was reconstructed using an iradon
transform with a Ram-Lak filter. The resulting reconstructions were compared to
determine the relative magnitude of spectral warping artifacts in the 3 scenarios.

2.5.2 Spectral artifact correction results
2.5.2.1 Magnitude and effects of spectral warping as determined through simulation
The consequence of spectral artifacts in the simplest of simulated dose distributions can
be seen in Figure 26. The figure shows optical-CT reconstructions of a single axial slice
through a simulated cylindrical PRESAGE® dosimeter of diameter 15cm irradiated with a
single square beam (6x6cm2) incident along the central axis to a dose of 10Gy. Figure
26A shows the reconstruction obtained from a simulated optical-CT scan using
monochromatic light representing a laser scanner. Figure 26B shows the corresponding
reconstruction for a polychromatic DLOS light source. Figure 26C compares line
profiles through the two reconstructions along the dashed line as indicated in 26A.

65

Figure 26: Simulated optical-CT reconstructions of a 10Gy, 6 x 6cm2 field
irradiation delivered to a 15cm diameter dosimeter in a 20cm aquarium scanned with
(A) a monochromatic (633nm) light source and (B) the measured polychromatic LED
light source and other spectral characteristics from the DLOS scanner (figure 24). (C)
A line profile through the middle row of the reconstructions show an approximate 7%
dipping spectral artifact in the uniform dose region & a 25% depression is observed in
the overall reconstructed attenuation values. The dashed line in (A) represents the
line profile in (C).
As one may have speculated from inspection of Figure 24, spectral artifacts depress
the reconstruction signal, or cause the dosimeter to appear more transparent, but more
dramatically along the heaviest attenuating line integrals; in this example, along the
diagonals of the square field. The effect, 7% in magnitude shown here (3% - 14% for
typical irradiations), could potentially play a large role in typical dosimetry analysis
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techniques such as dose difference or gamma criteria, with common thresholds at 3%.
The magnitude of any depressions in the reconstruction values should be limited to this
25% assuming the dynamic range of the system is on the order of ~60dB.
2.5.2.2 Spectral warping correction applied to actual data
Figure 27 shows axial slices reconstructions through the Schlieren free PRESAGE®
dosimeter irradiated with two overlapping fields. The top row (Figure 27ABC)
corresponds to uncorrected optical-CT scans of the three scanning scenarios: no-filter
(maximum spectral effects), 10nm filter, and a 3nm filter (minimal spectral effects). The
middle row (Figure 27DEF) shows the corresponding corrected images. Profiles along
the indicated dashed line show all curves in good agreement except for the unfiltered
uncorrected profile, which exhibits a marked reduction of ~20% in reconstructed
attenuation values. This 20% is entirely attributed to spectral artifacts. It is apparent
that the application of either the 10nm or 3nm filter dramatically removes this artifact
without the need for a correction. The dipping artifact observed in the simulation, was
not noticeable here because the irradiation only deposited a dose of ~ 12Gy to a smaller
region which didn’t provide enough attenuation through the projections to have a
significant dip relative to the noise.
It is clear from Figure 27, that applying a calibration curve (attenuation-coefficient to
dose) on the uncorrected attenuation values for the no-filter scenario, would cause
substantial error in the reported dose estimate. In this case, a linear calibration curve
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was obtained though cuvettes measurements, and yielded a response of .0203ΔODcm1

Gy-1. Using this result, the measured dose estimate in the central region of the high

dose plateau was 7.8Gy and 10.0Gy for the uncorrected and corrected unfiltered
reconstruction values respectively. The calculated dose from the Eclipse’s AAA
algorithm gave 10.4Gy indicating good agreement with the corrected data, but a
difference of 26% the uncorrected data. This demonstrates the importance of accounting
for spectral warping when calibrating to absolute dose in this way.
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Figure 27: Top row: Uncorrected optical-CT reconstructions using the
projection data acquired with (A) no chromatic filter, (B) a 10nm chromatic filter and
(C) a 3nm chromatic filter. 2nd row: Corrected optical-CT reconstructions using the
projection data acquired with (D) no chromatic filter, (E) a 10nm chromatic filter and
(F) a 3nm chromatic filter. Bottom row: Line profiles taken of reconstruction values
representing the calculated attenuation coefficient for each data set. The data set
affected most dramatically by the spectral correction is that without a chromatic filter.
If there is no desire to calibrate the data and it is to be used as a relative
dosimeter another problem is presented. A simple normalization of the uncorrected
data will not be sufficient since each point of the sinogram has a different correction
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factor, i.e. the correction factor is larger for stronger attenuating line integrals. Figure 28
shows the same line profiles as figure 27G, but normalized to a value of 1. The figure
also includes a calculation from the treatment planning system (Eclipse) as an
independent verification the actual dose profile. This indicates that even if absolute
dosimetry is not the goal, spectral artifacts may still be present and in this case up to 8%
in the mid to low dose regions. This suggests that when using a polychromatic light
source, even a simple normalization may yield undesirable results with non-obvious
spectral artifacts.
Even if no calibration is applied, and the dosimeter is used in relative mode,
problems still present. A simple normalization of all the profiles in Figure 27 is
presented in Figure 28. The figure illustrates that relative dosimetry of uncorrected data
also shows spectral warping artifacts arising from the fact that the correction factor is
larger for stronger attenuating line integrals. In this case the relative errors were ~8% in
the low dose region. This shows that when using a polychromatic light source even a
simple normalization may yield inaccurate results due to spectral artifacts.
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Figure 28: (A) The same line profiles as presented in Figure 27G with the
maximum value normalized to 1 and the addition of a normalized treatment planning
system (Eclipse) calculation. The high dose region looks fairly consistent for all data
sets although significant discrepancies are present in the lower dose regions when the
correction is not applied. (B) A magnified view of the 4Gy region in (A) showing an
8% difference in the spectrally accounted and calculated values versus the
uncorrected data set acquired with no band pass filter.

2.5.3 Spectral correction lessons
This set of experiments demonstrates that it is possible to achieve quantitatively
accurate dosimetry images utilizing radiochromic dosimeters and a polychromatic light
source without resorting to physical filters. The introduction of narrow band-pass
physical filters can introduce undesirable noise arising from Schlieren bands in
PRESAGE® dosimeters. In this situation, the correction method presented here is a
viable and preferable solution. The magnitudes of spectral artifacts are significant (up to
25% in the example shown here) and must be accounted for either by use of filters or by
analytic correction. The correction is easy to implement and just requires spectral
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characteristics of the source, dosimeter, and camera. We note that recent improvements
in the manufacturing processes of PRESAGE® have led to reduced Schlieren bands. This
may enable spectral artifacts to be accounted for more routinely with band-pass filters.
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3 Commissioning and benchmarking the DLOS
The DLOS system arose out of experience gained from earlier prototypes[30, 60],
but includes several novel hardware and software modifications. As previously
described, these include increased intensity and uniformity of flood field, methods to
reduce spectral artifacts, an algorithm to remove residual stray light artifacts, and
reduced noise due to improved registration and fluid filtration[31, 61]. Several of these
developments were not available in the earlier prototypes. Together, these
modifications combine to create a system with substantially improved performance.
Tests indicated the system was fully optimized and performing well, so studies were
initiated to commission the DLOS system for clinical dosimetry and to benchmark its
performance in combination with PRESAGE® dosimeters.

3.1 Commissioning methods
Commissioning of the DLOS system consisted of characterizing the dynamic
range, spatial resolution, noise, temporal variations in the light source, and the
uniformity of the flood field. Tests were performed independently of the dosimeter in
order to isolate the performance of the scanner. Basic tests of mechanical accuracy of
rotation and geometrical distortion showed errors to be negligible.

The dynamic range

was determined by placing varying combinations of neutral density absorption filters of
known OD in the beam. Projection images were acquired, and comparison of measured
and known OD performed. The smallest theoretical spatial resolution is 350µm (~175µm
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voxel size), but the actual resolution may be less due to system imperfections. This was
investigated by measuring a modulation transfer function (MTF) by two independent
methods. First, a series of 100µm wires placed in different spatial frequency groupings
was imaged tomographically to determine the line-pair-per-mm resolving power. The
second involved imaging one of the wires tomographically, measuring the
corresponding impulse response, and converting to an MTF by applying a Fourier
transform.
Contrast in the reconstructed image is primarily limited by the dynamic range of
the scanner and the size of the dosimeter. When a larger dosimeter is irradiated, the
ΔOD per voxel must be reduced as not to exceed the dynamic range of the DLOS. In
order to predict the contrast to noise ratio for any given irradiation, the noise of the
scanner must be well understood and characterized. Noise was measured in two
scenarios – with and without a dosimeter present in the aquarium. Noise measurements
were made on individual projection images and reconstructed images with varying
voxel sizes. Instability of the light source could cause inconsistent OD measurements in
different projections. Light source temporal variations were studied by obtaining a
flood image from the moment the LED was powered on in 1 minute intervals for a one
hour period. These images also enabled investigation of flood field uniformity.
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3.2 Benchmarking methods
3.2.1 Irradiations
A series of simple irradiations were performed to investigate performance of the
DLOS/ PRESAGE® system. Six cylindrical dosimeters were irradiated, three 16cm
diameter and three 10cm diameter. Irradiations were designed to test the accuracy of the
system in a variety of different scenarios and regions in the dosimeter (Figure 29). These
included a single open beam irradiation (6MV, 6x6cm2) incident from the side (Figure
29A) which tested accuracy close to the edges of the dosimeter, and accuracy when very
long path-lengths of the dosimeter (in the axial tomographic plane) have been
irradiated. Another single open beam irradiation this time incident on the top surface
(6MV, 4x4cm2 - Figure 29B) tested accuracy near the top and bottom flat surfaces of the
dosimeter, and when shorter path-lengths are irradiated to high dose. In the third
irradiation (Figure 29C), two square beams (6MV, 6x6cm2) were incident on the top
surface but spatially separated by 3cm. The two beams were given different doses, 4
and 8Gy respectively at dmax, such that 3 dose-plateau regions were created in the axial
plane. This pattern enabled investigation of accuracy in regions of steep gradients
interspersed with flat plateau regions. The fourth irradiation consisted of a simple fourfield-box delivery (Figure 29D), without any modulation or wedges, which enabled
testing of a more clinically relevant geometry. The first four benchmark irradiations
represent the simplest of deliveries, such that a commissioned treatment planning
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system (Eclipse v 8.6 Anisotropic Analytic Algorithm ) could be used to 3D dose
distribution for comparison. The TPS is used as the gold standard for this comparison.
Its accuracy has been thoroughly established for such simple treatment geometries by
the institutions clinical physics team. It is critical that 3D dosimetry can accurately
reproduce such simple deliveries.
The two remaining benchmark irradiations involved delivering various small
radiosurgery fields with a Varian Novalis Tx linear accelerator machine. In Figure 29E,
a range of small fields were delivered in exactly the same pattern as that studied
extensively by Clift et al[44]. Clift et al. determined output factors in a PRESAGE®
dosimeter of the same size, but imaged with the OCTOPUS optical-CT scanner from
MGS Research. Excellent agreement in small-field output factor determination was
obtained between OCTOPUS/ PRESAGE® and independent EBT film and the initial
commissioning measurements (radiosurgery ion-chamber and diodes). The OCTOPUS
is a single scanning laser system, as described in the introduction, and is known to be
accurate, but also very slow. By repeating this experiment imaging with DLOS instead
of OCTOPUS, a rigorous test and comparison is conducted on the accuracy and
consistency of the two scanners, and also against the independent EBT and chamber
measurements. The key difference between DLOS and OCTOPUS is that the former is
potentially more susceptible to stray-light artifacts. An attractive feature of this
experiment is thus that stray-light contamination would be more pronounced in the
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smaller fields, enabling visualization of any such effect. Small field output factor and
PDD measurements are challenging with conventional dosimeters, but should be well
suited for 3D dosimetry techniques which lack directional and volume averaging effects,
and which is less susceptible to positioning errors. In the final benchmark irradiation
(Figure 29F) the same small field (6MV, 1cm square) was delivered at 4 equi-spaced
locations incident on the top surface, but given widely varying doses, 10, 20, 40 & 80Gy.
This test enabled study of the accuracy and linearity over a wide range of doses, and
also would reveal any stray-light or spectral artifacts which would be much more
pronounced in the higher dosed fields.
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Figure 29: Benchmarking irradiation tests. A series of six irradiations were
performed on two different sized dosimeters to characterize the expected agreement
between measured and calculated dose distributions.

3.2.2 Verification plan
A treatment plan corresponding to each irradiation (Figure 29A-D) was created
in a Eclipse v 8.6 TPS for independent verification. A CT scan of each dosimeter was
imported into Eclipse for the purpose of dose calculation. The fields were set up
according to the respective delivery and the AAA algorithm calculated the dose onto a
grid comprised of 2.5mm voxels edges. The treatment plan was then exported from
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Eclipse and imported to CERR[62] for registration with the measured dose distribution
and analysis.

3.2.3 Analysis
The first four benchmark irradiations were compared to the commissioned
Eclipse TPS calculation. Reconstructed 3D maps of the radiation induced ΔOD were
imported into CERR for registration. The measured data were manually registered and
normalized to the calculated plans. The normalization was done by taking the median
value of a region of interest in the measured distribution and normalizing it to a
corresponding median value of the same region of interest in the calculated distribution.
This reduced the negative effects noise and dose gradients could have on the
normalization process. Then the doses were exported from CERR and a series of
normalized dose disributions (NDD)[63] analyses were run with different dose
difference (ΔD) and distance to agreement (Δd) criteria for determination of an
appropriate general case use for clinical verification. To this end the data within 7mm of
the edges were ignored for analysis. This analysis looked to offer insight in determining
the appropriate gamma or modified NDD analysis (ΔD & Δd), and what percentage of
passing voxels should be expected if these techniques were instituted for clinical
verification of delivery.
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For the last two benchmark cases (Figure 29 E-F) gold-standard values of the
output factors were taken from Clift et al. These included the original commissioned
output-factors determined by a radiosurgery ion-chamber and diode measurements.

3.3 Commissioning results
3.3.1 Light source
Figure 30 shows the raw LED spectrum (red-line) exiting the collimation lens as
determined by spectrometer. When a narrow band filter (632±5nm) is placed in-front of
the LED, the filtered spectrum is obtained (blue-line). The green-line in Figure 30 is the
absorbance profile of irradiated PRESAGE®. Although the band pass filter does not
make the spectrum monochromatic, it does make the spectrum narrow relative to the
dosimeter response profile, making it an effective solution for spectral artifacts.
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Figure 30: Spectral characteristics of LED. The red curve is the raw LED
spectrum exiting the collimation lens and can lead to inaccuracies in reconstruction
values when used with a PRESAGE® dosimeter that has a large change in behavior
(green) over the LED spectrum as opposed to the band pass filtered LED spectrum
(blue) over which wavelengths the PRESAGE® behavior is relatively stable.
Figure 31B shows the flood field obtained by the DLOS system. Values seen in
the figure have a mean and standard deviation of 29.95 ± 2.02, so are typically within a
14% window. It is important that the flood field be as uniform as possible, in order to
make maximum use of the dynamic range of the CCD. Benchmarking the spatial
variation of the flood field was important for two reasons. First, any future misalignment between the source and imaging lenses would be easily detectable through
comparing the flood field with the original. Second, more informed decisions in regards
to fluid tinting can be made from the flood field. When the bright spot is more central to
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the field of view (FOV), tinting the fluid to a similar level to edges of the dosimeter may
allow the user to maximize the usable dynamic range of the system. If however the
flood field indicates a dull region in the center of the FOV then it may be better to make
the fluid darker than the edges of the dosimeter.
The DLOS system data collection generally occurs over a 5 – 15 minute period
depending on the number of projections collected. Figure 31C indicates that the light
source needs about 45 minutes to stabilize its output. Without this stabilization period
the scan will be subject to errors and artifacts caused by the light source. Attenuation
values could be falsely high or low depending on when the flood field is taken (before or
after the scan) since the reconstruction values give attenuation relative to the
surrounding medium, which could be higher or lower than the values in the acquisition.

Figure 31: Light source characteristics. (A) Temporal variation in the light
source indicating the light source needs ~45 minutes from powering on to stabilize.
(B) Flood field image of the scanner imaging the refractive index fluid with (C) a line
profile from the green dashed line in (B) showing the uniformity from one side of the
scanner to the other.
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3.3.2 Spatial resolution, dynamic range and noise
An important question to answer in determining the limitations of the system is
the spatial resolution of reconstructed images. The MTF was measured with two
different methods to ensure its accuracy. Figure 32A shows the results obtained from
both the line pair grouping and the transform of the PSF. The system is capable of
excellent contrast up to a frequency of 1 lp/mm indicating it has potential for small field
dosimetry as well as the typically larger fields in clinical dosimetry. The highest spatial
resolution is estimated to be ~0.5mm isotropic where the MTF is ~15%.
Image noise is another important metric to understand for an optical-CT scanner.
Image noise gives an important indication of the minimum detectable dose and aids in
determining real features from noise discrepancies. The noise present in flood and dark
corrected projection images is 0.36% of the pixel value when acquired with 20 averages
without the normal practice of applying a 5x5 median filter. Noise was determined by
sampling regions of interest in the dose-plateau benchmark irradiation (Figure 29). The
data set was reconstructed several times with different voxel sizes. Resultant noise in
reconstructed images is dependent upon the reconstructed voxel size, and a trend can be
seen in Figure 32B. The noise falls off rapidly initially as the voxel size increases but
looks to approach an asymptote as the voxel size continues to increase. A noise power
spectrum would be appropriate to determine as well. Such information would be
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valuable in determining the appropriate filter to use in the filtered back projection
reconstruction algorithm as they weigh some spatial frequencies higher than others.
Knowing the system’s dynamic range guides several decisions in 3D dosimetry.
The total dose delivered to the dosimeter can be set (e.g. by delivering multiple
fractions) such that the expected maximum line-integral of attenuation matches the
dynamic range of the system. The dynamic range of the DLOS system can be taken from
Figure 32C. The plot shows Measured OD values versus nominal ND filter values as
obtained by scatter corrected projection images. The system accurately plots the OD up
to 3, indicating a dynamic range of at least 60dB. Without the scatter correction the
accuracy of the OD measurements fall off at ~2 (40dB).

Figure 32: Scanner imaging characteristics. (A) MTF of reconstructed images
as measured by line pair groupings of thin wires (blue) and the Fourier transform of
the PSF of one thin wire. (B) Measured reconstructed noise versus voxel size with
only fluid in the aquarium and with fluid and a dosimeter. (C) Scanner accuracy
determined by measuring known neutral density filters with 2D projection images.
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3.4 Benchmarking results
The agreement between the Eclipse and DLOS/ PRESAGE® 3D dose
distributions were excellent as shown in Table 2. The table includes passing NDD rates
for several different criteria for ΔD and Δd, all evaluated for any point that received >5%
of the maximum dose (i.e. 5% dose threshold). Recent reports conclude that the 3%,
3mm criteria is most commonly encountered in clinical QA[64], and this row is
highlighted in red. For 3%, 3mm, the average passing 3D NDD rate was 97.35% ± 0.62%
for the 5% threshold. In general the failing regions were located near the edges of the
dosimeters. Typical noise values are given, and indicate very low system noise for both
dosimeter sizes. A more detailed presentation of the comparison of measured and
calculated 3D dose distributions, for each benchmark data-set, is given below in the
corresponding sub-section. In each case, two orthogonal planes through the calculated
and measured dose-distributions are shown side-by-side to facilitate comparison.
Overlay isodose plots (30, 50, 70, 90 & 95%) of each plane are also included, enabling
direct comparison of measured (solid line) and calculated (dashed line) isodoses. The
3D passing NDD rate for 3%, 3mm criteria 5% dose threshold, is included on the plot for
convenience and context. In the available space, this combination of images and plots
was felt to best convey the quality of the DLOS/ PRESAGE® data, and the quality of the
agreement with Eclipse.
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Table 2: 3D NDD pass rates for 4 simple benchmark irradiations where the
TPS distribution is considered the gold standard. Highlighted in red are the most
commonly used accepted standards in radiation therapy clinics[64].

NDD Pass Rate

PDD Top PDD Side

Dose
Plateaus

4-Field
Box

Diameter (cm)

10

16

16

10

Noise (cGy/%)

9.8/0.98

10.2/1.70

5.2/0.43

7.0/1.750

5%, 3mm

99.5%

99.1%

98.9%

99.9%

5%, 2mm

99.3%

97.3%

97.1%

99.5%

3%, 3mm

97.3%

96.5%

97.7%

97.9%

3%, 2mm

96.3%

93.6%

95.3%

96.2%

2%, 2mm

94.0%

84.5%

90.9%

86.0%

3.4.1 Benchmark data set 1 – PDD from the side
The 1st irradiation tested the system’s ability to measure dose from edge to edge.
Additionally it tested the DLOS/ PRESAGE® system’s ability to measure high gradient
areas and a mix of long and short irradiated pathlengths. Figure 33a shows a coronal
slice through the center of the dosimeter with the green dashed line indicating the
transverse view below it in Figure 33c. Figures 33b&d show the respective isodose lines
at 30, 50, 70, 90 & 95% displayed both from the TPS and the measurement with excellent
agreement as one may have expected given the high NDD pass rates. This data set
showed agreement up to within ~7mm of the dosimeter edges and will be a
consideration when analyzing future dose profiles near the dosimeter’s edge.
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Figure 33: PDD from the side. (A) & (C) Coronal and Transverse views of
measured dosimeter distributions with normalized dose colormap in % maximum
dose. (B) & (D) Corresponding isodose maps are plotted to show the general
agreement with the TPS.

3.4.2 Benchmark data set 2 - PDD from the top
To ensure consistent measurement and response from the top to the bottom of
the dosimeter and scanner a 4x4cm2 PDD from the top was measured. Similar to the
previous irradiation this also tested high gradient regions. Figure 34a shows a
transverse slice through the center of the dosimeter with the green dashed line
indicating the coronal view below it in Figure 34c. Figures 34b&d show the respective
isodose lines at 30, 50, 70, 90 & 95% displayed both from the TPS and the PRESAGE®
measurement again with excellent agreement with the largest discrepancies in the
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region of dmax as shown in figure 34d where the 9Gy isodose lines are off. The system
read an over response in and around the buildup region.

Figure 34: PDD from the top. (A) & (C) Transverse and Coronal views of
measured dosimeter distributions with normalized dose colormap in % maximum
dose. (B) & (D) Corresponding isodose maps are plotted to show the general
agreement with the TPS.
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3.4.3 Benchmark data set 3 – dose plateaus
Spectral artifacts can be a subtle yet detrimental imaging artifact. As they have a
greater effect on high dose regions than low dose regions a plateau of doses can be used
to ensure the problem is minimal with appropriate hardware or software. This plan also
tested the ability to measure accurate readings from superior to inferior and high dose
gradients. Two partially overlapping 6x6cm2 beams irradiated from the top of the
dosimeter with 400 and 800 MUs were used to create dose plateaus of ~4, 8 & 12Gy.
Figure 35a shows a coronal slice through the center of the dosimeter with the green
dashed line indicating the transverse view below it in Figure 35c. Figures 35b&d show
the respective isodose lines at 30, 50, 70, 90 & 95% displayed both from the TPS and the
PRESAGE® measurement again with general agreement with the exception of the dmax
region where again the dosimetry measured response indicates a broader peak around
dmax.
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Figure 35: PDD from the side. (A) & (C) Coronal and Transverse views of
measured dosimeter distributions with normalized dose colormap in % maximum
dose. (B) & (D) Corresponding isodose maps are plotted to show the general
agreement with the TPS.
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3.4.4 Benchmark data set 4 - 4 field box
The 4 field box plan was the most complex of the 1st four experiments, but
represented the most clinically oriented plan. The plan contains large high dose
gradients and dose from edge to edge in the dosimeter. The layout of Figure 36 is
identical to that of Figures 33-35 and again indicates agreement among the TPS and the
measurement and gives a high confidence in the DLOS/ PRESAGE® 3D dosimetry
system for verification of dose delivery.

Figure 36: PDD from the side. (A) & (C) Coronal and Transverse views of
measured dosimeter distributions with normalized dose colormap in % maximum
dose. (B) & (D) Corresponding isodose maps are plotted to show the general
agreement with the TPS.
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3.4.5 Benchmark data set 5 – small field output factors
3D dosimetry has already proven useful in small fields with several publications
pointing to the ease of setup with a wealth of data in just a few irradiations while
maintaining accurate readings for specific CT scanners[44, 45]. This purpose of this test
was to ensure the stray light correction algorithm’s ability remove stray light originating
within the imaging lens. The data extracted from the output factor dosimeter was
compared to that of the commissioning data for DUMC’s SRS treatment machine as well
as Clift et al’s measurements on small field commissioning with 3D dosimetry with
measurements made on the same machine. Results can be seen in Table 3 with the
percent differences with respect to the commissioning data in the far right column. The
results are a strong indication the stray light correction is adequately removing stray
signal even under the extreme situations of small field dosimetry where stray light has
the largest impact.
Table 3: Small field output factors measured and scatter corrected for
PRESAGE® with comparison to the data acquired on the same treatment machine as
reported in Clift et al. Following each datum is the uncertainty of each measurement.
The final column is a list of the percent difference of each technique with respect to
the commissioning data.
Field Size
(mm)
30 x 30
20 x 20
10 x 10
5x5

Commissioning
data
–
0.858
0.767
0.626

EBT
Clift et al
0.892 ± 0.076
0.886 ± 0.075
0.795 ± 0.066
0.636 ± 0.054
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PRESAGE®
Clift et al
0.901 ± 0.027
0.856 ± 0.026
0.789 ± 0.024
0.649 ± 0.019

PRESAGE®
(this work)
0.898 ± 0.027
0.890 ± 0.027
0.802 ± 0.024
0.611 ± 0.018

3.4.6 Benchmark data set 6 – linear measurement
The final benchmark data tests the DLOS/ PRESAGE® dosimetry system’s ability
to measure dose linearly up to extremely high doses and also served as another test to
the stray light correction. In this case, the irradiation varied the delivered dose from 10
to 80Gy in 1cm2 fields which are exactly the types of doses required to verify a plan such
as a trigeminal neuralgia. The linear nature of the curve in figure 37 indicates the
dosimetry system will be an extremely versatile tool for 3D clinical verifications.

Figure 37: (A) Small field linearity reconstruction with attenuation coefficient
per pixel shown in the colorbar. (B) Four pixel region of interest values plotted versus
the delivered monitor units indicating reconstruction linearity over a large range of
doses up to 80Gy.
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3.4.7 Application of 3D clinical data
One of the major goals was to determine appropriate modified NDD/gamma
analysis criteria for use in dosimetric verifications. A variety of analysis criteria were
run, all with a 5% dose threshold, to make this decision. Table 4 displays the results of
the analysis. A recent survey found general practice in radiation oncology external
beam QA for planar devices to use a 3% dd, 3mm dta, minimum 90% agreement with a
5% dose threshold to qualify as passing the QA test. Based on the pass rates seen for the
wide variety of plans tested for use in the telecentric optical-CT/ PRESAGE® dosimetry
system a 3%, 2mm analysis will meet the 90% pass rate threshold as the 2%, 2mm
threshold is too stringent for the dosimetry system under investigation, but if the typical
3%, 3mm analysis was used it may be better suited for a 95% threshold. More
investigation needs to be done, however, to correlate pass rates for the typical planar QA
devices and 3D dosimetry to satisfactorily answer this question.

3.5 Commissioning and benchmarking conclusions
This work represents key milestone for the DLOS/ PRESAGE® dosimetry. A
comprehensive set of benchmarking data was acquired to ensure adequate system
performance over time and give insight into the types of clinical cases the system can be
expected to accurately verify. Noise was found to be on the order of 10’s of cGy as
compared to the typical dose of 5 – 10 Gy giving contrast to noise ratios comparable or
better than other optical-CT scanners. Scan times with the DLOS for large dosimeters
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(16cm diameter) are within 15 minutes, as opposed to many hours with the 1st
generation systems, thus making the system much more practical in a clinical
environment. Image quality metrics were obtained for voxel sizes that meet and exceed
the TPS calculation grid allowing for a direct comparison with a 3D analysis technique.
This work featured benchmarking data acquired with the DLOS system to be accurate
for NDD analysis criteria 3%, 2mm (> 90% pass) as compared to a commissioned TPS.
These tests signify the DLOS verification system is ready for more complex clinically
relevant dose distributions and could play unique roles in the verification process for
commissioning of new equipment or complex plans when traditional methods may be
too cumbersome or complicated to acquire a nearly equivalent set of data.
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4 Clinical Application
The completion of the commissioning and benchmarking of the DLOS/
PRESAGE® system gave a high degree of confidence in the scanner’s ability to measure
dose distributions. The dosimetry system may have real potential to fill the growing
need for a comprehensive QA tool to be used in the clinic. This following work
addresses the feasibility of 3D dosimetry applied to actual patient plans. A set of 8 non
coplanar base of skull IMRT verifications were performed in the DLOS/ PRESAGE®
dosimetry system with the aid of a modified RPC Head & Neck Phantom obtained
through a dosimetry collaboration with the RPC.

4.1 Methods
4.1.1 Clinical Verifications
Eight clinical base of skull plans were selected for 3D verification dosimetric
verification. These plans were chosen for the H&N phantom because they are a natural
fit for recording dose in the center of the dosimeter when placed into the phantom
relative to the geometry of the patient. The dosimeter was set up and irradiated as
though it were receiving a treatment. Verification plans were created with the intent of
comparing the measured dose to the calculated dose.

4.1.2 CT Simulation
Before verification plans could be created a CT data set needed to be created to
calculate the dose each voxel would receive. The phantom was filled with water and the
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dosimeter inserted. With the phantom laying flat on the couch in supine orientation,
three CT marker beads were placed on the phantom; one on each ear making the
superior-inferior positions as well as the anterior posterior position and one on the nose
marking the proximal-distal and repeating the superior-inferior position. A complete
scan of the phantom with 140kV X-ray CT was performed with 1.25mm slice thickness.

Figure 38: RPC PRESAGE® phantom used for clinical base of skull cases. The
dosimeter sits inside the phantom in a cylindrical sleeve.

4.1.3 Verification Plan
The CT scan of the RPC Phantom was imported into Eclipse for the purpose of
dose calculation within the phantom. The fields were set up according to the CT
isocenter and the AAA algorithm calculated the dose onto a grid comprised of 2.5mm
voxels edges. The treatment plan was then exported from Eclipse and imported to
CERR for an eventual comparative analysis of the planned versus measured deliveries,
testing the quality of the TPS input data, the machine’s ability to deliver the intended
beams, and setup accuracy.
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4.1.4 Irradiation
Efforts were made to treat the phantom with the same care in setup as would be
made for a patient minus a clinical mask. The phantom was set up in the treatment
room overhanging the couch on a Styrofoam block. This was done to allow for the
calculated delivery to closely match the actual delivery since the couch was not present
in the dose calculation. The phantom CT beads were aligned to the room lasers. Once
the phantom was properly positioned the patient plan was delivered to the phantom 5
times consecutively to give the desired accumulated dose optimized to the DLOS
scanners dynamic range (~8Gy). Prior to the dosimeter being placed in the phantom,
two black marks (which are distinguishable on optical-CT reconstructions) were placed
on the dosimeter 90° apart for manual image registration in the analysis stage. When the
dosimeter was inserted, it was rotated such that the two black marks corresponded to
the seam on the posterior portion of the phantom and the left side of the phantom
making manual registration with the CT data set possible.

4.1.5 Analysis
To determine the accuracy of delivery, the relative measured dose distributions
were compared to the TPS calculation. After prescan, irradiation, postscan, and
reconstruction the data was imported into the same CERR plan as the verification plan
for analysis. The measured data were manually registered to the CT data and
normalized to the calculated dose distribution plans. The normalization was
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accomplished by taking the median value of a region of interest in the measured
distribution and normalizing it to a corresponding median value of the same region of
interest in the calculated distribution. This reduced the negative consequences noise
and dose gradients could play in the normalization process. Upon normalization an
NDD analysis was run with 3% ΔD and 3mm Δd with a 5% dose threshold for
determination of the accuracy of calculation and delivery with the outer 5mm of the
dosimeter ignored in all directions.

4.2 Clinical application results and discussion
The results indicate when using a carefully commissioned treatment planning
system in combination with a treatment machine where TG-142 recommended QA
checks are done at the appropriate intervals the calculated dose distribution matches the
delivered normalized dose distribution. All the plans had pass rates above 90% for 3%,
3mm, 5% threshold as shown in table 4. The final column in the table shows the QA
results as measured by the clinical physics team at DUMC obtained from planar QA
devices used to verify each plan. The reported value is an average pass rate of each
beam as they are verified individually and not in total. The number of beams for the
plans varied from 4 – 7.

99

Table 4: 3D NDD pass rates for the 8 base of skull where the TPS distribution is

considered the gold standard for 3%, 3mm and 5%, 3mm.

Dosimeter
HN1
HN2
HN3
HN4
HN5
HN6

Noise (cGy)
3.2
5.8
2.7
2.9
5.2
5.1

NDD Pass Rate
(3D)
3%, 3mm
5%, 3mm
97.6%
99.1%
98.0%
99.6%
93.7%
99.4%
98.5%
95.2%

Gamma Pass
Rate (2D)
3%, 3mm
99.7%
99.5%
98.9%

4.2.1 Measured and planned agreement
Two base of skull plans delivered to the RPC H&N phantom will be reported on
individually in the following section, HN1 & HN3. These two data sets represent typical
agreement between the TPS and measurements. For both cases a figure showing the
agreement with the TPS and measurements with midplane views of the measured dose
distribution, NDD map, and overlaid isodose lines are displayed.
4.2.1.1 HN1
Close agreement can be seen in the case of HN1 as displayed in figure 39 which
had a pass rate of 97.6%. The delivery consisted of 9 fields and 3 couch angles with a
2Gy delivery to the isocenter. In the 3 midplane views shown, there are no failing hot
spots relative to the TPS calculated dose distribution, but there are cold spots in the low
dose regions (< 25%) of the dosimeter. It appears there is a slight error in setup as the
coronal and saggittal views isodose profiles show the measured distribution slightly
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below the calculated distribution. This is also consistent when examining the NDD
maps as there is a clear trend from negative to positive values from superior to inferior
regions. The low noise in the data can be seen qualitatively from the reconstructions
and isodose lines.

Figure 39: Representative data set HN1. Top row - Transverse, Saggittal and
Coronal views of the measured data set. Middle row - Transverse, Saggittal and
Coronal isodose lines of the measured and calculated data sets. Colored lines
correspond to the colorbar in the top tow and indicate 95, 90, 75, 50 & 25% isodose
lines. Calculated distributions are represented by dashed lines and measured
distributions by solid lines. Bottom row - Transverse, Saggittal and Coronal 3%, 3mm
NDD maps. Overall pass rate was 97.6%.
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4.2.1.2 HN3
Similar to HN1, HN3 also exhibits close agreement as shown in figure 40 which
had a pass rate of 93.7%. The delivery consisted of 5 fields and 4 couch angles with 2Gy
delivered to the isocenter. In the 3 midplane views shown, again there are no failing hot
spots relative to the TPS calculated dose distribution, but there are cold regions in the
low dose regions (< 25%) of the dosimeter. No setup error is evident from the data
displayed in the figure. The data collected and shown in this work gives confidence the
DLOS/ PRESAGE® dosimetry system is capable of not only simple plans but highly
modulated deliveries with several gantry angles and couch kicks.
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Figure 40: Representative data set HN3. Top row - Transverse, Saggittal and
Coronal views of the measured data set. Middle row - Transverse, Saggittal and
Coronal isodose lines of the measured and calculated data sets. Colored lines
correspond to the colorbar in the top tow and indicate 95, 90, 75, 50 & 25% isodose
lines. Calculated distributions are represented by dashed lines and measured
distributions by solid lines. Bottom row - Transverse, Saggittal and Coronal 3%, 3mm
NDD maps. Overall pass rate was 93.7%.

4.3 Clinical application conclusions
Comprehensive 3D dose distribution measurements are quite possible to
accurately verify provided they are calculated on a well commissioned TPS and the
delivery is on well a maintained, regularly QA scheduled machine. The high NDD pass
rates comparing the planned and measured distributions in the phantom leaves little
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doubt to the DLOS/ PRESAGE®’s ability to measure and verify deliveries in 3
dimensions.
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5 Towards clinically intuitive 3D QA
The data generated from the 3D comprehensive verification in phantoms can be
overwhelming and intimidating. Obvious questions come about such as the most
effective ways to view and assimilate the data to the clinic. To this point, the data has
been verified by recomputing the dose on the phantom and making a comparative
analysis of the measured versus recomputed dose distributions. Evaluations of patient
plans for treatment approval by the physicians are typically performed with the aid of a
dose volume histogram (DVH). One obvious way to analyze the data is through a
comparative analysis of DVH’s. Obtaining the actual delivered dose to the patient is not
possible with this technology, however, enough data is present to transform the
measured phantom dose distribution to obtain a 1st order approximation of the dose that
would be delivered to a patient, assuming perfect setup and no inter/intra-fractional
anatomical variations, allowing for the direct comparison of planned and measured
DVH’s.

5.1 Transformation of measured distribution to patient
geometry
The results from a measured 3D dose distribution can be exciting; however, it
only tells what took place within the dosimeter. In an attempt to estimate the dose to
patient structures the measured dose went through a dose transformation process. To
transform the dose from the phantom to the patient, the planned dose to the patient was
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divided by the planned dose to the phantom on a voxel by voxel basis to create a
transformation matrix as shown in Figure 38.

Figure 41: Transformation matrix. The transformation matrix is acquired by
dividing the dose in the patient as calculated by the TPS on a voxel by voxel basis by
the dose in the phantom as calculated by the TPS.
The transformation matrix is then multiplied by the measured dose in the
phantom to obtain the dose that would have been delivered to the patient. Thus for any
given voxel the dose to the patient should be:
patient
Dmeas
≈

patient
Dcalc
phantom
⋅ Dmeas
phantom
Dcalc

[10]

This is a linear approximation of a dose that is delivered with exponential
attenuation. To minimize the approximation the effective pathlengths in the dosimeter
and patient should be identical.
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This transformed dose is then overlayed onto the contoured structures in the
patient plan to get the DVH. This allows for the comparison of a planned and measured
DVH’s.
This method differs from commercial packages that are able to make similar
predictions of the dose received by the patient. Sun Nuclear, starts with planar fluence
maps and calculates the patient dose based on those measurements. The method
presented here starts with a 3D measured dose and transforms the distribution back to
the patient. The implications of either approach are yet to be fully understood.

5.2 Transformation results & discussion
5.2.1 HN1
Figure 41 shows the transverse and coronal views of the TPS calculated dose (left
column) and the transformed measured dose (right column). In addition to the dose
distribution are the structures of interest showing the PTV and organs at risk.
Qualitatively the agreement looks quite good, but this still does not take full advantage
of the 3D nature of the data acquired.
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Figure 42: Transformed dose comparison. The left column shows the
transverse and coronal views of the TPS calculated dose in the patient. The Right
column is the transformed dose from the phantom measurement.
Figure 42 takes the transformed dose and structures and creates a DVH to
compare the calculated and measured DVHs. Inspection of the plot indicates, like the
above figure would leave one to believe, that the general agreement is good, but gives a
simpler way to interpret the entire 3D measurement in a simple plot. Both OARs and
the PTV seem to show reduced coverage with the measured distribution.
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Figure 43: Measured and planned DVH curves in the patient. Solid lines are
measured with PRESAGE®, dashed lines are predicted from the planning system.
Slight differences are observed between measured and planned PTV and OAR doses,
but general agreement is good. Visualizing the delivered dose in this way, provides
much more intuitive understanding of any uncertainty or error in delivery.

5.2.2 HN3
Figure 43 shows the transverse and coronal views of the TPS calculated dose (left
column) and the transformed measured dose (right column). Like the previous plan
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outlined, the structures of interest showing the PTV and organs at risk. The outline of
the dosimeter can be seen in the right hand column and limits the areas where the dose
can be estimated. These dose estimates are artifacts that could corrupt the DVH if they
overlap with the structures being calculated. Also care must be taken not to calculate
structures such as the left and right eye where the dose transformation does not extend
to and would not report a reliable dose.
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Figure 44: Transformed dose comparison. The left column shows the
transverse and coronal views of the TPS calculated dose in the patient. The Right
column is the transformed dose from the phantom measurement.
Figure 44 shows the DVH of just two of the structures from HN3 as they are the
only ones fully contained within the transformed dose. The two structures are similarly
placed within the patient with the main difference being the size of the structure. The
shapes of them are thus very similar. From the DVH curves it can be seen that the dose
falloff is much more rapid for both the tumor and the chiasm in this case and if accurate
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could be concern for an under-dosing of the tumor, but given that this method is just an
estimate and the distribution is normalized there is not sufficient evidence to make a
definitive conclusion.

Figure 45: Measured and planned DVH curves in the patient. Dashed lines are
measured with PRESAGE®, solid lines are predicted from the planning system. Slight
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differences are observed between measured and planned PTV and OAR doses, but
general agreement is good.

5.2.3 Accuracy
The method of transforming the phantom dose to a patient dose seems quite
good given the previous examples, but remains an approximation. The transformation
will limited by several factors:, the accuracy of the dose calculation, setup error and
where or what type of delivery error occurs. The well commissioned TPS will have little
difficulty calculating the dose on the phantom as it is largely homogenous and has very
little air cavities. The patient, however, has a very different makeup complete with large
density variations from bone to air reducing the likelihood of an accurate calculation.
Since the TPS is dictating how the measured dose will be transformed, any errors in that
calculation will be carried over to the transformed dose. This may not be ideal, but it
means a DVH comparison could still be warranted. Assuming the TPS is perfect then
the dose transformation will be quite reasonable as the following exercise will
demonstrate.
Figure 45 shows the general process of obtaining a single voxels estimated dose
through dose transformation, and gives an order of magnitude of the expected
differences in actual dose delivered to the patient versus the estimated delivery dose as
predicted by the dose transformation. The figure depicts a 4 field box treatment of
100MU per beam. Top row (Ideal delivery and calculation): The phantom is perfectly
cylindrical so each beam will deliver 75cGy to the center for a total dose of 300cGy. The
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patient, however, is not cylindrical, so the AP/PA beams will each deliver 75cGy but the
two lateral beams will only deliver 50cGy for a total of 250cGy. Assuming the TPS can
predict these deliveries accurately and there is no delivery error, the transformation
matrix value (250/300) for this voxel applied to the measured value will be a perfect
representation of the patient delivery. Bottom row (10% delivery error): The left lateral
beam has a 10% delivery error which leads to 307.5cGy in the center for the phantom
and 255cGy in the patient. The transformation matrix predicts a value in the patient of
256.25cGy, a difference of 0.5%. Even though the error is large, 10%, the prediction of
the actual dose delivered is quite good.

Figure 46: Dose transformation process. For a 10% error in delivery of one of
the beams in a 4 field box irradiation the dose transformation leads to a 0.5% error in
the transformed dose to the actual dose delivered.
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5.3 Transformation conclusions
Transforming the measured dose from the phantom to the patient is heavily
reliant on the TPS to model the attenuation and in-homogeneities that exist in the patient
as this is the basis of the transformation matrix. The TPS is not part of the verification
when moving to the transformed dose and could lead to errors and uncertainties not
easily dealt with. The DVH data is interesting but is currently lacking a figure of merit
to determine what would constitute an acceptable delivery to the patient and what
would constitute an unacceptable delivery. Ideally, better coverage of the PTVs and
more sparing of the OARs would be seen, but that is not always the case.
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6 Future Work
The work presented here is just a start for 3D dosimetry to have real and
meaningful impact in radiation therapy. Three distinct topics could be further
researched giving guidelines for implementation and better outlining the added value
and limitations of 3D dosimetry. First, a comprehensive and direct comparative
investigation of 2D and 3D techniques would help define the guidelines for use. For
example, perhaps 90% pass rates in 2D correspond to 97% in 3D. This is largely
unknown. Second, 3D dosimeters, PRESAGE® in particular, have the ability to change
the Zeff and shape, thus making dosimeters that are inhomogenous and more lifelike. A
quick study into the feasibility of the creation and readout of inhomogenous
anthropomorphic dosimeters could create valuable verifications in 3D dosimetry. Third,
for 3D dosimetry to be used regularly in a clinical setting the analysis may need to give
more patient relevant information than current metrics. Expanding on the start shown
here in transforming the measured dose in the phantom to what the patient would have
received may be worth more rigorous investigation to better determine its non-obvious
flaws and limitations.
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Part 2: Quantitative 3D Imaging in Biophysics
1 Introduction to optical-CT/ECT
1.1 A useful tool to oncology researchers
As optical-CT is to X-ray CT, optical-Emission Computed Tomography (opticalECT) is to Single Photon Emission Computed Tomography (SPECT). X-ray and opticalCT are acquired through transmission measurements while SPECT and optical-ECT are
emission measurements. In combination with new techniques for rendering bulk tissue
samples transparent to visible light[65, 66], optical-CT/ECT can yield unique data
unattainable by other modalities. Principally: high-spatial resolution (potentially 1020µm), high contrast, precisely co-registered, three-dimensional (3D) images of
fluorescent reporter proteins and absorbing/fluorescent contrast agents in large unsectioned tissue samples (1-4cm3).
Optical-ECT has the potential for several applications in cancer research. Our
work to date has focused on two collaborations with Mark Dewhirst, DVM PhD[65-69].
The first overcomes a limitation of the influential window-chamber tumor model, which
is in extensive use in many labs to investigate key mechanisms of cancer. The aim is to
understand mechanisms and therapeutics for hypoxic-tumor-resistance: a major
complication in oncology treatments. Optical-ECT overcomes the current window
chamber tumor size limit of ~ 3mm x 200µm, enabling novel studies in more clinically
relevant sized tumors exhibiting mature vasculature and transport properties. Little is
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known about how the biology scales in larger tumors, and the therapeutic implications.
Data thus far include 3D images of the expression of various fluorescent reporters
labeling viable tumor, hypoxia-inducible-transcription factor (HIF-1, a key factor
influencing hypoxic resistance), and the vasculature network. The second application
under investigation is examining optical-ECT as a new technique for detecting the
presence of metastatic tumors (number, size and location) in whole animal organs. This
task is a critical step in determining the effectiveness of anti-metastatic therapies, and
better understanding of metastatic spread.
Previous studies[65-69] demonstrate optical-ECT has potential to provide the
multifaceted data described above. This data cannot be attained with existing
modalities including x-ray-CT, MRI, PET and SPECT because of a lack of effective
contrast-agent for HIF-1, and challenges in achieving sufficient spatial resolution.
Fluorescent and luminescent reporter-proteins are the only agents that enable HIF-1
imaging (and other factors of alternate applications), by mechanisms of HIF
promoters[70] or protein degradation by HIF equivalent mechanisms[68]. The work
presented within will only focus on the 1st application.

1.2 Optical-ECT limitations
Optical - Emission Computed Tomography (Optical-ECT) was proposed by
Sharpe et al 2001 [19] as a tool for imaging gene expression in small (1-3mm) mouse
embryos by means of fluorescently labeled proteins and antibodies. This imaging
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modality allowed for a high resolution 3D image of an optically cleared embryo or other
biological tissue. One limit to the imaging technique was a lack of quantitative accuracy
of the fluorophore concentration being imaged due to remaining absorbers and
scatterers attenuating the signal post clearing [66]. This problem has been addressed by
several authors [71-74], but a complete correction has remained elusive. Initial work
accounted for the attenuation of the emitted photons upon excitation as they traverse the
tissue to be recorded by the optical-ECT imaging system [71]. This correction was
incomplete as it did not account for the attenuation of the excitation photons as they
traversed the tissue in order to excite the fluorophore or the non-uniformities of the
excitation light source. Reconstructed images using only the emission correction still
resulted in what appeared to be attenuation artifacts typically seen in PET or SPECT
imaging even though the emission correction had been modeled in the reconstruction
algorithm. In order for optical-ECT images to be an accurate representation of the
physical situation, an excitation correction algorithm needed to be applied. The
following pages present the first complete attenuation correction algorithm with nonuniformities in the excitation source within an iterative reconstruction framework for
parallel beam optical-ECT to obtain quantitatively accurate 3D images of a desired
fluorophore concentration.
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2 Attenuation correction
2.1 Methods
The optical-ECT imaging system is described in section 3.1.1. This system is an
improved version of a prior system described in [68]. There are three major
improvements; two in relation to the light source and the last deals with the mounting of
the sample. First, there now are two opposing excitation sources giving more uniform
coverage, and second, the light sources are now collimated making more efficient use of
the light. Lastly, the sample is no longer placed within agarose gel or a glass vial. The
sample is now glued to the stage for imaging. Modeling the physical characteristics of
the imaging system to the parameters of the reconstruction algorithm is described in
section 2.1.2. Section 2.1.3 details a phantom study designed to validate and verify the
performance of the attenuation correction algorithm and 2.1.4 introduces an application
to tissue measuring the constitutive RFP distribution in a 4T1 xenograft breast tumor.

2.1.1 Optical CT/ECT imaging system
A schematic of the optical-CT/ECT imaging system is shown in figure 46. An optically
cleared tissue sample is placed on a rotating stage within an anti-reflection coated glass
aquarium. The optical clearing process consists of fixing a tissue sample in increasing
concentrations of ethanol/water solutions over a one week period until pure ethanol is
reached. After fixing the sample in ethanol it is transferred to methyl salicylate for 48
hrs. This process replaces the low refractive index of ethanol with a higher refractive
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index of methyl salicylate which closely matches the refractive index of the remaining
cellular tissue. The aquarium is filled with methyl salicylate such that the indices of
refraction of the fluid and the tissue sample are matched to minimize reflection and
refraction distortions of incident light. As the sample rotates, projection images are
mapped to a CCD array via a telecentric lens, which only utilizes light rays that are near
parallel (variable from ~0.1o to ~10o) to the optic axis, set at ~2o [75]. The spatial
resolution of the system is limited by the depth of field (DOF) of the imaging lens to
approximately 1.4 times the resolution of each projection image. DOF is a function of,
among other attributes, the acceptance angle of the lens set by adjusting the aperture
size. The projection images represent transmitted light in optical-CT and emitted light
in optical-ECT after the appropriate filters are applied to the lens and light source.
Generally, 360 projection images with 3 averages each are acquired in 1o increments.
Each projection is then flood field and dark image corrected.
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Figure 47: Schematic of optical-CT/ECT systems for imaging cleared tissue
samples. Both systems make use of a telecentric lens to reduce the number of
scattered photons and to acquire accurate line integrals. Dashed lines represent
possible light rays not travelling parallel to the optical axis and therefore are
rejected by the lens. (A) Optical-CT mode. A collimated light source is used to
transmit a parallel beam through the sample and filter to acquire reconstructions
at the desired wavelength. (B) Optical-ECT mode. Two excitation sources enter
the tissue anti-parallel to each other and perpendicular to image axis of the
telecentric lens.
2.1.1.1 Optical-CT
Optical-CT images are acquired by placing a telecentric light source in line with a
telecentric imaging lens. Light rays pass from the source and through the sample where
they are differentially attenuated and continue through to the telecentric lens where they
are imaged onto the 12 bit monochrome CCD array. The stage is then rotated 1o and the
process repeated 360 times. The projection images are then processed through a filtered
back projection algorithm.
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2.1.1.2 Optical-ECT
To acquire optical-ECT data sets, two matching illuminators are coupled to liquid
optical fibers and then collimated to excite the sample on each side orthogonal to the
optic axis. Excitation and emission filters are placed on the light source and telecentric
lens to enable the imaging of the desired fluorophore. Like optical-ECT the stage is
rotated in 1° increments and repeated until a 360° rotation is completed. Shutters are
used to block the excitation light and prevent photo-bleaching in-between imaging
frames. An iterative reconstruction technique that corrects for the light source strengths,
excitation attenuation, and emission attenuation is then applied.

2.1.2 Optical-ECT corrections
The correction is performed by modeling photon excitation source strength,
excitation attenuation, and emission attenuation to account for the spatial differences
within the sample and imaging equipment. This work follows earlier work (Kim et al.,
2008) in which emission attenuation was modeled within a similar iterative framework
with the better physical modeling of the system. The above optical emission imaging
system can be described as follows:
nvox

Mi = Bi + ∑S j λ j Pij

[11]

j =1

where M i is the expected number of photons detected CCD pixel i , Bi is the
background number of photons detected at CCD pixel i , nvox is the number of image
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voxels, S j is the expected number of excitation photons to reach voxel j ,

λ j is the

expected number of emission photons emitted from voxel j per excitation photon
reaching voxel j , and Pij is the probability that a photon emitted from voxel j is
detected at pixel i . Signal output from the CCD is treated as a value proportional to the
number of photons detected since the CCD chip collects electric charge as electrons
generated from the photoelectric effect are collected within a capacitor making no
distinction between high and low energy photons. This statement disregards the
quantum efficiency at each wavelength; however, filters between the imaging sample
and detector result in an approximately monoenergetic spectrum at the detector. The
aim is to obtain a map of

λ j as it is proportional to the concentration of the desired

fluorophore in voxel j .
Image reconstruction is based on a log likelihood function l that measures the
agreement between measured and expected values in the projections. Because the
detected photons are essentially mono-energetic, noise in the measured projection data
can be described via a simple-Poisson model. The log likelihood is defined as:
npix

l = ∑(Yi ln Mi − Mi )

[12]

i =1

where npix is the number of projection pixels, and M i and Yi are respectively the
expected and measured number of photons at CCD detector pixel i . The measured
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number of photons Yi is obtained from the detector signal Di at pixel i as Yi = Di / α ,
where α is the detector signal per photon.
Equation (1) has the same formal structure as system models for SPECT, with Sjλj
in Equation (11) corresponding to λj in SPECT. Consequently, an optical-emission EM
algorithm for increasing the log likelihood given by Equations (11) and (12) can be
obtained by replacing λj in the SPECT EM algorithm of [76] [77] with Sjλj. Setting that
optical-emission EM algorithm into ordered subsets form then gives an optical-emission
analog to the SPECT OSEM algorithm of [78]. An optical-emission OSEM algorithm for
increasing the log likelihood given by (1) and (2) is thus:
( n ,h )+

λj

=

1
S j ∑ Pij
i∈h

∑
i∈h

S j λ(jn ,h ) PijYi
[13]

nvox

Bi + ∑ S k λ(kn,h ) Pik
k =1

where n is the iteration number, h specifies a subset of the projection data,

(n,h )+ is the iteration and subset following (n,h ) .
Herein the above model is implemented with a rotating projector. The model

{

}

ex
ex
incorporates measured values M = µ j : j = 1, nvox for excitation attenuation,

{

}

M em = µ em
j : j = 1, nvox for emission attenuation, and, for unattenuated excitation-light

{

}

{

}

intensity, S f → = sκf → : κ = 1, nfixed and S f ← = sκf ← : κ = 1, nfixed , where nfixed is the
number of voxels on the fixed grid and the superscript f referring to the fixed grid. Here

µ exj and µ em
j are the linear attenuation coefficients per voxel length for voxel j at the
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excitation and emission wavelengths. The attenuation maps M ex and M em –
respectively for excitation and emission wavelengths – are obtained by optical-CT. For
each rotation angle of the sample, M ex , M em , and currently-estimated

Λ = {λk : k = 1, nvox} are interpolated onto a fixed grid, as illustrated in figure 47. The
quantity S j is then computed:

S =s
f
j

−
f
j 0→

e

∑ µ xex→
x→

+s

−
f
j 0←

e

∑ µ xex←
x←

[14])

and the attenuation of emission photons into Pij by

Pij = ηe

−

∑ µ emy↓
y↓

[15]

where s j 0 is unattenuated number of excitation photons from each respective source. x
is the column number and y is the row number. In both equations (14) and (15) the
arrows indicate the voxel path direction of summation for each variable and illustrated
in Figure 47. η is the quantum efficiency of the CCD for the detection wavelength.
Given the physical relationship between the detector and the source it can be seen that
the expected signal from any given voxel should be:
− ∑ µ y↓
−∑ µ x →
−∑ µ x ← 

M ij = λ j  s jf0→ e x→ + s jf0← e x← ηe y ↓


ex

ex

em

[16]

The non-uniformity of the excitation source can also be modeled through S j .
Since Pij is only modeling the emission attenuation, it is now possible to input the beam
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intensity in different regions of space by imaging the un-attenuated excitation source
f
with the telecentric lens and CCD array and placing those values directly into the s j 0

terms. Emission images λ = {λ j : j = 1, nvox} can be reconstructed more accurately with
f

measurements of the s j 0 terms for the unattenuated flux of excitation photons into all
voxels j . Attenuation maps of µ ex and µ em are obtained through optical-CT imaging at
the respective wavelengths for attenuation modeling. Incorporating these
measurements into the system model make excitation attenuation, emission attenuation,
and excitation intensity corrections based on directly measured data for the specimen
and imaging system.

Figure 48: Illustration showing the use of a rotating projector placed on a fixed
image reconstruction grid denoting the orientation of the indices in equations 4-6.

2.1.3 Validation of attenuation correction
The attenuation correction model was tested using a phantom of known attenuation and
fluorescence characteristics. The phantom was designed to undergo optical-ECT
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imaging followed by an independent measurement for comparison and verification of
the fluorophore distribution. The phantom consisted of an optically transparent
cylindrical 9% gelatin mass 1 cm high and 3.1 cm in diameter (Figure 48). The center of
the phantom was approximately cuboidal (12 x 12 mm2 cross section) in shape doped
with India ink, Texas Red, and gelatin, such that there was uniform attenuation (µ ~ 2cm1

) and fluorescence. The phantom’s doped ink center attenuated both the incoming

excitation photons as well as the exiting emission photons creating a situation where
severe attenuation artifacts would be expected in traditional filtered back projection
reconstructions.

Figure 49: Photograph of the gelatin phantom with an ink and Texas Red
doped cuboidal core.
The phantom was fabricated by pouring a 65° C mixture of 7 g of gelatin and 75
mL of water in a cylindrical vial 3.1 cm inner diameter with an optical cuvette placed in
the center displacing where the ink doped center would eventually be located. During
the solidification, ink was added to a 10 mL solution of the same gelatin/water
concentration to give an attenuation coefficient of 2 cm-1 which was verified with a
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spectrophotometer. The optical cuvette was then removed by pouring hot water in it,
thus melting the edges of the gelatin allowing for the cuvette to slide out. A mixture of
gelatin/ink/fluorescent dye was then added to the center cuboidal region where the
cuvette previously occupied and was allowed to solidify. Finally, the glass vial
containing the phantom was placed in warm water to melt the edges of the phantom
allowing it to slide out of the glass container.
The phantom was placed on the imaging system’s rotation stage in an index
matching fluid consisting of a 50% glycerol-water mixture. The excitation filters were
matched 545nm +/- 10nm bandwidths and the emission filter had a 630nm +/- 30nm
acceptance window. 360 optical-ECT projections were acquired at 1° increments with 4
snapshots per projection averaged together to increase the SNR in each projection.
Successive 180 projection, 180 degree optical-CT scans were acquired at the emission
and excitation wavelengths to produce the attenuation maps required for attenuation
correction. Camera integration times were .125s, .005s, and .004s for the red emission,
red attenuation and green attenuation scans. 50 flood and dark images were taken and
averaged for each data set to correct each projection to correct for detector variability
and offset.
The projection images were acquired with a .25x lens and downsized by a factor
of 4 for reduced computation time. These factors bring the spatial resolution to 300 µm
for the reconstructed data set. The attenuation maps were formed using Matlab’s iradon
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transformation and the optical-ECT image was reconstructed using a Matlab based
OSEM function with the modeled parameters and physical characteristics discussed in
section 3.1.2. The reconstruction consisted of 3 iterations and 36 subsets.
Due to the uncertainty in homogeneity of the fluorescent dye, the phantom was
sliced to create a transverse plane and imaged for fluorescent dye distribution
verification using a Zeiss fluorescent microscope with a DSRed filter set using an
axioCam camera. This image represented a measurement of the actual fluorescent
distribution and was used to compare with the corresponding reconstructed image slice.

2.1.4 Tissue Imaging Applications
The complete correction method was illustrated by application to a mouse brain
in which the vasculature expresses GFP and a 4T1 breast tumor with constitutive RFP
with independent imaging comparisons.
2.1.4.1 Tissue Preparation
The 4T1 breast tumor cells were transfected with reporter genes for constitutive
RFP expression. The tumor was grown in the hind leg of a nude mouse. Before the
tumor could be imaged optical clearing was necessary. The tissue was fixed in
increasing ethanol/water solutions for 7 days followed immediately by placement into a
100% solution of methyl salicylate for completion of the clearing process while
preserving the fluorescence signal. Optical-ECT images of the tumor would yield
regions of viable tumor cells as the necrotic tissue would not express RFP.
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2.1.4.2 Tissue Optical-ECT Imaging
The sample was fixed to the rotation stage with glue, and the aquarium was
filled with methyl salicylate for refractive index matching. The sample was imaged 3
times; once for emission and twice for transmission (once each at both the excitation and
emission wavelengths). 360 projections were acquired over 360 degrees of rotation for
the emission and both attenuation image sets. Each projection was acquired 3 times and
average together for SNR improvement in the projections. The filter set used consisted
of two matching 540+/-20nm excitation filters and one 600+/-25nm emission filter for RFP
imaging. Camera integration times were .211s, .011s, and .014s for the red emission, red
attenuation, and green attenuation scans. The data were acquired using a 1x lens and
downsized by a factor of 4 for an imaging resolution of 80µm. The iterative
reconstruction consisted of 5 iterations with 36 subsets. Uncorrected and fully corrected
images were reconstructed for comparison.
2.1.4.3 Tissue Fluorescent Microscopy Imaging
Upon completion of optical-ECT imaging, the tumor was rehydrated in sucrose +
PBS. The tumor was sliced into 30µm slices and the central slice was used for validation.
The sample was then imaged under a fluorescent dissection scope for validation.
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2.2 Attenuation correction results & discussion
2.2.1 Phantom Study
Representative projections of the phantom utilizing both optical-CT and optical-ECT are
shown in Figure 49. In the optical-CT projection, the ink doped core is attenuating a
significant portion of photons as they traverse through it creating the dark center while
the outer regions have little to no attenuation present. This is in contrast to the opticalECT projection where the ink doped core is bright indicating the presence of the
fluorescent dye. The remainder of the projection is very dark as no fluorescence was
placed in the clear portion of the phantom.

Figure 50: Representative (A) attenuation and (B) emission projections of
the gelatin phantom taken during the data acquisition process with a DS Red
filter set. The ink doped center of the phantom is dark in (A) with noticeable
edge artifacts present. Only the ink doped core is visible in the emission
projection. The edges of the core appear more intense due to the attenuation of
the excitation light as it travels from the edges to the center. The majority of the
fluorophores present appear towards the top of the phantom due to imperfect
mixing.
The emission and excitation attenuation maps that are used directly in the calculation of
the probability matrix are shown in Figure 50. The optical-CT reconstructed pixel values
represent the linear attenuation coefficient per pixel length for the respective
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emission/excitation wavelength. As expected, the excitation attenuation map has
slightly higher values than the emission map. Also shown in Figure 50 is the measured
source strengths for each slice and line profiles for the source strengths used in the
reconstructed slice also shown in figure 50.

Figure 51: (A) & (B) The excitation and emission attenuation maps. The
rings surrounding the inked core are edge artifacts common to optical-CT images.
(C) The line profile accompanying the red dashed line on the attenuation maps
showing a higher attenuation coefficient for the lower wavelength photons with
noticeable edge artifacts (eg rings surrounding the inked core). (D) & (E) The
source strength maps acquired to model the variation in source strength over the
emission projections. (F) The corresponding line profiles in (D) & (E). The data
from (A), (B), (D) & (E) represent the input data at which the reconstructed slice
shown in figure 51 was utilized for reconstruction.

Figure 51 shows a representative reconstructed slice from the phantom in an
uncorrected state using filtered back projection, an emission corrected state using OSEM
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with 3 iterations and 36 subsets, a uniform source assumption excitation/emission
corrected state, a non-uniform source excitation/emission corrected state, and a
fluorescent snapshot showing the measured distribution acquired using a Leica MZFlIII
with a DS Red filter set illuminated by an Exfo Excite PC120 and captured with an
Axiocam mrm. A line profile was taken to show the reconstructed versus measured
values.

Depressions in the central regions of the reconstructions without full correction

range from 50% to 80% deviation from the actual distribution relative to the edges. The
fully corrected results are consistent to the expected and measured values and
emphasize the importance of complete attenuation correction and accounting for nonuniformities in source strength.
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Figure 52: (A) is an uncorrected image reconstructed using filtered back
projection. (B) is an emission attenuation corrected image. (C) is an excitation &
emission corrected image assuming uniform source strength. (D) is an excitation
and emission corrected image with a measured source strength also modeled. (E)
is a verification image of a sectioned slice taken with a fluorescent dissection
microscope showing the actual fluorophore distribution within the sample. (E) is
a plot of the line profiles through the lines on the images (A) - (E). Notice the
significant depressions that result from an incomplete modeling of the imaging
system.

2.2.2 Tissue Imaging
An optical-ECT image was obtained to verify the algorithm works as expected in
tissue as well as engineered phantoms. Figure 52 shows projections of the same angle of
both optical-ECT & optical-CT for the tumor. Bright spots in the optical-ECT images
represent the fluorophores being excited and imaged by the detector. Bright spots in
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optical-CT represent line integrals of least attenuation and the dark spots indicate
regions of intense attenuation; most likely due to any remaining blood within the
sample at the time of death as the clearing process does not clear pigments within the
tissues. The dashed red line in Figure 52 represents the central slice used for validation.
Figure 53 shows the comparison of fluorescent microscopy with an optical-ECT
corrected image and an optical-ECT uncorrected image. The sliced image has some
disfiguration although still shows a general correlation with the corrected image while
the uncorrected image is clearly an inadequate representation of the physical situation.
The corrected image is not perfect, however, as evidenced by the hot spots that are
absent in the validation image.

Figure 53: (A) A transmission projection of the 4T1 tumor. Dark areas
represent highly attenuating line integrals. (B) An emission projection of the 4T1
tumor where bright areas represent measured fluorescence along the path
perpendicular to the detector.
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Figure 54: Verification tumor image set. (A) A Corrected emission image. (B)
A verification image windowed to show the outline of the tumor with the bright
central region of the tumor representing the RFP signal. (C) A false color corrected
tumor image overlaid onto the verification image showing agreement in the elevated
core of the tumor.

2.3 Attenuation correction conclusions
Comprehensive modeling of the physical processes in optical-ECT, including the
attenuation of both emission and excitation photons as well as non-uniformities in
source strength, was successfully implemented allowing for quantitatively accurate
emission image reconstructions. We have shown the importance of modeling these
significant aspects of the imaging process to reconstructing accurate fluorescent images.
The performance of the method was verified by a phantom study to predict how the
technique would extend to extract quantitatively meaningful images from tissue
samples. This work represents the first successful attempt that we are aware of to
include such a complete set of corrections to optical-ECT imaging. This method lays the
groundwork for more widespread applications of the imaging technique and provides a
compelling reason to use optical-ECT for use in obtaining a combination of
quantitatively accurate functional and structural images in 3D.
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3 Imaging application in tumor
Major focuses of modern cancer biology efforts use reporter proteins to
investigate the role of various genes and transcription factors in the initiation and
progression of cancer. These techniques have already led to advances in the
understanding of cancer biology and toward the development of anti-cancer
therapeutics [70, 79-87]. Present understanding of oxygen transport in tumors has come
largely from imaging small tumors grown in the window chambers model[70, 88-92]. In
this model, a tumor is transplanted behind a small glass window which is surgically
inserted into the dorsal skin fold of a mouse[70, 79, 82, 91-93]. The window-chamber
enables access for in-vivo optical imaging techniques including fluorescent reporter
microscopy. However, in-vivo window chamber studies are fundamentally limited to
small tumors (approx 2-3mm height-width, and a depth of 100-200µm) because in larger
tumors image quality is greatly reduced and sometimes obscured by poor light
transport. The unique ability of optical-CT/ECT to provide multifaceted (functional and
structural) high-resolution data in larger tumors must be examined. There is an urgent
need to image these larger tumors because mature vasculature is expected to exert
profound differences in the spatial and temporal transport of nutrients and oxygen. The
therapeutic implications of this for novel therapeutics remain unknown. OpticalCT/ECT imaging can accommodate much larger masses, and provides a uniquely
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valuable new tool that enables the study of gene and transcription factor expression,
vascular geometry, and viable tumor fraction, in a more clinically sized-relevant model.
This application represents a new extension to an existing platform of work in Dr
Dewhirst’s lab, investigating the role of the HIF-1 in hypoxic-tumor resistance. Solid
tumors notoriously exhibit hypoxia, defined when partial oxygen pressure dips below
10 mmHg. Hypoxia is known to be one mechanism largely responsible for the failure of
radiation and chemotherapy[87, 94]. The targeting of HIF-1 in cancer, has, in
combination with radiotherapy, shown great efficacy[95, 96], as it appears to largely
strip cancer cells of their ability to adapt to the post-treatment micromilieu.

3.1 Methods
For the experiments that follow, a single 4T1 tumor extracted from a window
chamber will be followed allowing the direct comparison of the tradiational 2D in-vivo
microscopy techniques and optical-ECT. This tumor expressed constitutive RFP in
viable tumor cells, and GFP in cells with HIF-1 transcription. The microvasculature
network was imaged at 633nm. Before the tumor was extracted a transmission (633nm)
and two emission (RFP & GFP) images were acquired through the use of microscopy in
Dr. Dewhirst’s lab.

3.1.1 Clearing and signal retention
Upon extraction of the tumor and surrounding tissue the sample was cleared
using the identical process previously described in 2.1. After clearing, the sample was
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placed in the scanner with the placement of the excitation altered such that a verification
of the microscopy images could be conducted. Again, transmission (633nm), and RFP &
GFP emission images were acquired. This gave two sets of such microscopy images; one
of uncleared tissue and one of cleared tissue. This set of images would give credibility
to the RFP & GFP signal retention and verify no major distortions or deformations took
place during the tissue clearing process.

3.1.2 3D volumes and metrics
To investigate the differences of 3D and 2D techniques the sample was imaged in
the optical-CT/ECT scanner using the methods and techniques described above to a
voxel size of 12µm to acquire 3 cubes of 3D data, RFP, GFP and transmission. The RFP
and GFP data was fully attenuation and source strength corrected. All three data sets
were acquired sequentially, maintaining accurate tumor positioning between scans,
enabling precise registration between the three sets of data. The data cubes for
transmission, RFP, and GFP were then placed into Amira (Visage Imaging) to overlay
them for visualization and segmentation. RFP and GFP set were auto-segmented based
on intensity values from 2D microscopy that were deemed to represent higher levels of
signal and eliminate background. The vasculature network of the surrounding tissue
and within the tumor was manually segmented on a slice by slice basis. The
segmentation process resulted in a fully visible 3D vasculature tree, RFP map and GFP
map of which volume metrics could be extracted.
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3.2 Results
3.2.1 Clearing and signal retention
Figure 54 shows the results obtained from imaging the 4T1 sample with
surrounding tissue with the optical-CT/ECT scanner configured in a microscopy mode.
It is evident from visual inspection that the general shape and structures present in all
images indicates negligible distortion took place during the clearing process. It should
also be noted that the cleared images show more signal in general underscoring the
inherent problem with the in-vivo microscopy technique; signal at deeper depths has the
potential to be diminished or completely undetected due to the highly scattering
attenuation media of uncleared tissue. This is highlighted by the red arrows in the last
two columns of the figure.

Figure 55: Demonstration of the significance and feasibility of optical-clearing
by direct comparison of in-vivo microscopy, with optical-CT/ECT projection images,
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on the same window chamber tumor, before and after clearing. Top-row: in-vivo
microscopy, Lower row:optial-CT/ECT projections. Consistent features are indicated
by yellow arrows demonstrating preservation of signal after clearing. Red arrows
indicate regions of signal that were obscured in the un-cleared tissue (due to in-vivo
light scattering and absorbtion) which become visible in the cleared tumors.

3.2.2 3D volumes and metrics
Figure 55 shows the same data as Figure 54 but with the addition of a
reconstructed slice of the transmission and RFP data cubes. Inspection of the two
additional slices shows interesting results. In the vasculature image, much few vessels
are visible due to the selection of a single slice. The major vessels present in more than 1
slice and remain visible, however. The RFP image unveils the apparent attenuation of
some of the signal present in the cleared microscopy image showing a glimpse of the
potential of 3D imaging.

Figure 56: Demonstration of the rationale and utility of optical-CT/ECT
(middle and right columns) by comparison with in-vivo microscopy (left column) on
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the same tumor, before and after optical-clearing. Top row: transmission images at
633nm, Lower row: RFP emission images. This tumor constitutively expressed RFP,
and was allowed to grow substantially larger than a typical window chamber tumor.
Consequently, the in-vivo images are sub-optimal, due to poor light transport (upper
left) and attenuation of emitted light in thicker tissue (lower left). When the tumor is
cleared (middle column) substantially more detail is observed. Yellow arrows
indicate consistent features. Most importantly, signal is observed in the cleared
tumors (red arrows), that had been largely obscured in the in-vivo images. A single
slice through 3D reconstructions is shown in rightmost columns, indicating excellent
visibility of regions of elevated RFP expression, and vessel trees down to ~25µm
(green arrow).
Figure 56 gives an impression of the segmentation process performed in Amira
and highlights the capability of optical-CT/ECT to image multi-faceted data and to
preserve spatial relationships in 3D. This figure presents a superposition of 3 precisely
co-registered data sets of the same tumor as shown in Figures 54 & 55. Volumes and the
hypoxic ratio and be determined from such data set and could prove vital to accurate
calculations.
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Figure 57: 3D optical-CT/ECT data of a 4T1 tumor. The tumor was triply
labeled: (1) constitutively expressed RFP labeling viable tumor, (2) endogenous GFP
expression labeling HIF-1 transcription, (3) light absorbing colloidal carbon (ink) in
the vasculature. (c, e, g) single slices through 3D reconstructions at 12µm isotropic
resolution. Small vessels trees in this plane ~20µm are visible in (g), (b, d, f)
corresponding features and volumes extracted from the 3D data. (b & d) are
determined from 3D threshold auto-segmentation. 3D micro-vasculature in (f) was
determined by manual segmentation. An overlay of all features is shown in (a). Color
legend for (g) is in the lower right with a table showing the extracted 3D metrics in
the lower left.
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3.3 Conclusions
The data presented here represents pioneering firsts for optical-CT/ECT. These
include the first 3D optical-CT/ECT attenuation correction images of whole xenograft
tumors, viable cell distribution, tumor vasculature and endogenous HIF-1 distribution.
Cancer biology efforts to use reporter proteins in an investigative role of HIF-1 genes in
the therapies of cancer are now able to get more comprehensive data to draw from. This
technology gives the ability to extract data from larger tumors which is in need as
mature vasculature is expected to exhibit differences in the spatial and temporal
transport of nutrients and oxygen.
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4 Future Work
Optical-ECT with attenuation correction is a potential huge step taken in aiding
oncology researchers with another tool in better understanding the biological
mechanism associated with tumors, but the technology would still benefit from reduced
computational time and more automated procedures. Currently it can take several days
to process a high resolution 3D data set. It is quite possible that this could be reduced by
an order of magnitude through parallel computing in combination with moving GPU
processing.
Acquiring the 3 data sets (2-transmission and 1-emission measurement) to
process one completely corrected optical-ECT requires attention to detail and is prone to
operator error. Simple engineering and design concepts could make this process much
more automated and less prone to error. With appropriate time and interest in opticalECT, these upgrades to the system will undoubtedly be made.
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Appendix A
Optical-CT Scanning Standard Operating Procedures
Things that should not change in normal scanning (before scanning, check with
others in lab to make sure they have not adjusted anything)
-Light source, focusing lens aligned and locked down
-Diffuser and filter inserted and light source mount secured with tape
-Fluid level sufficient for flood and dosimeter scans
-Stage set screws are locked down
Before scanning a new dosimeter
-Check matching fluid for particles and filter if necessary
-Glue locking mechanism mount on bottom of dosimeter
-Place dosimeter in fluid and ensure a good fluid refractive index match
-Place a weight on the dosimeter to keep it stable
-Check to make sure that light blocks are sufficient for size of dosimeter and well
secured
-Run a 360 test to make sure the dosimeter is properly centered
-Adjust the integration value in Max to ensure sufficient intensity through for Flood
field
-Calculate number of projections necessary for desired voxel size
For 180 degree scan: vox size = r/Nproj For 360 degree scan: vox size = 2r/Nproj : r is
radius of cylinder in mm
Number of Projections Needed to meet Nyquist Sampling for the given voxel sizes with a full 360 degree scan
Dosimeter Diameter (cm)

Voxel = 0.5 mm

Voxel = 1 mm

Voxel = 2 mm

4

252

126

63

6

628

189

93

10

756

315

157

12

943

377

236

15

1006

503
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Scanning Parameter
-Match the Integration time parameter to that of MAX
-Input the desired number of projections, angular incremental shift, and images to
average
(Typical values are 720 projections, 0.5 degree shifts, 25 images averaged)
-Choose acquire data from drop down menu
-After complete scan remove dosimeter and collect a flood and a dark field
(Typical values are 1 projection, 0.5 degree shift, 400 images averaged)
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