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A HYBRID FLAT PANEL BETECTOR FOR CONE BEAM CT SYSTEMS

CROSS-REFERENCE TO RELATED APPLICATIONS
The present application claims the benefit of U.S. Provisional Patent Application Nos.
62/486,113 filed April 17, 2017; 62/573,021 filed October 16, 2017; and 62/576,265 filed

October 24, 2017, Year, which are incorporated herein by reference.

STATEMENT OF GOVERNMENTAL SUPPORT
This invention was made with government support under grant number R21CA 198462
awarded by the National Cancer Institute of the National Institutes of Health. The government

has certain rights in the tnvention.

FIELD OF THE INVENTION

The present invention relates generally to X-ray detectors and more particularly to a system
and a method for integrating an anti-scattering grid with scintillators to significantly enhance the
performance of flat panel X-ray detector. In particular, the performance of a flat panel X-ray
detector may be enhanced by photon counting detector pixels contigured underneath the septa of a

2D antiscatter grid.

BACKGROUND OF THE INVENTION

The purpose of a 2D antiscatter grid is to stop scattered x-rays reaching a flat panel
detector, and improve the image quality. However, the design of the 2D antiscatter grid and the
method to combine it with the subcomponents of the x-ray detector 1S important to maximize the

image quality.
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Moreover, a fraction of scattered x-rays can still pass through a 2D grid, and reach the
detector. As a result, the image guality can be detertorated. Although, 2D grid’s height {or gnd
ratio) can be increased to reduce the transmission of scatter, such a grid design will lead to other
technical and practical challenges, which deteriorates 1mage quality. Therefore, a correction
algorithm is required to correct the residual scatter intensity transmitied through the 2D grid. What
is needed 1s a 2D grid and methods that improve image quality and performance of flat panel X-ray
detector systems.

Additionally, a new function for the 2D} grid is disclosed in this invention; a 2D grid
generates high and low fluence regions in the x-ray detector due to the footprint of the 2D grid on
the x-ray detector. This modulated fluence pattern can be used to solve the “pulse pile-up” problem

in photon counting x-ray detectors.

SUMMARY OF THE INVENTION

The present invention relates generally to X-ray detectors and more particularly to a system
and methods for using an anti-scatter grid to significantly enhance the performance of flat panel
X-ray detector. In one embodiment, the invention comprises two major components: 1) an
antiscatter grid design, which aims to reduce scatter intensity reaching the flat panel detector
{Schemes for integration of the antiscatter grid with the flat panel detector are described.
Additionally, a method to correct residual scatter intensity transmitted through the antiscatter grid
are described). 2) a new antiscatter grid design and method were described to solve the pulse
pile-up problem in photon counting x-ray detectors.

This invention 1s described in preferred embodiments in the following description with
reference to the Figures, in which hike numbers represent the same or similar elements. Reference

72wl

throughout this specification to “one embodiment,” “an embodiment,” or similar language means
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that a particular feature, structure, or characteristic described in connection with the embodiment is
included in at least one embodiment of the present invention. Thus, appearances of the phrases “in
one embodiment,” “in an embodiment,” and similar language throughout this spectfication may,
but do not necessarily, all refer to the same embodiment.

The described features, structures, or characteristics of the invention may be combined in
any suitable manner in one or more embodiments. In the following description, numerous
specific details are recited to provide a thorough understanding of embodiments of the invention.
One skilled 1n the relevant art will recognize, however, that the invention may be practiced
without one or more of the specific details, or with other methods, components, materials, and so
forth. In other i1nstances, well-known structures, materials, or operations are not shown or
described in detatl to avoid obscuring aspects of the invention.

The present invention relates generally to X-ray detectors and more particularly to a
systern and a method for using anti-scattering grids to significantly enhance the performance of
flat panel X-ray detector. In one embodiment, the invention relates to a novel flat panel detector,
which integrates a two dimensional (2D) antiscatter grid and a phosphor layer with the detector’s
pixel array. In one embodiment, said two dimensional anti scatter grid of apertures separated by
radio-opaque septa, placed in contact with the flat panel detector (FPD). In one embodiment,
Direct Metal Laser Sintering {(DMILS) is used construct a 2D aperture array, such that each
aperture may be precisely aligned towards the x-ray focal spot. In one embodiment, satd aperture
array has septal thickness down to 100 microns. In one embodiment, lithographic techniques are
used construct a 2D aperture array, such that each aperture may be precisely aligned towards the
x-ray focal spot. In one embodiment, said 2D aperture array has a septal thickness down to 100
microns. In one embodiment, the presence of thin septa combined with the absence of

inter-septal spacers improves primary transmission, while the two dimensional aperture array
3
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provides efficient scatter rejection capability at levels not achievable with current scatter
rejection devices.

in one embodiment, the invention relates to a signal adiustment mechanism to counteract
the shadow effect that the antiscatter grid may have on the detector. In one ernbodiment, the flat
panel detector 1s be redesigned such that the 2D grid is directly placed on the phosphor layer. In
one embodiment, the normal flat panel detector continuous phosphor layer is replaced with a
pixelated phosphor layer. In one embodiment, said pixels in the phosphor are separated with
reflective septa, preventing diffusion of visible light photons neighboring detector pixels. In one
embodiment, said 2D grid comprises at least one wall which is aligned with the septa in the
phosphor layer, minimizing the “inactive” area of the flat panel detector. It is believed that
benefit cannot be achieved with the conventional approach where the grid is mounted on the top
of the protective detector cover because the walls cannot be perfectly aligned with the septa of
phosphor layer. It 1s believed that advantages of this hybrid design over existing flat panel
detectors include: Pixelated phosphor structure reduces cross-talk between detector pixels,
improves spatial resolution; 2D grid provides better scatter absorption and improved primary
x-ray transmission with respect to conventional antiscatter grids. In return, it reduces noise in
x-ray images. Integration of pixelated phosphor with the 2D antiscatter grid reduces the
percentage of “inactive” detector area, thus more primary x-rays will be detected by the detector.

in one embodiment the present tnvention contemplates an x-ray imaging device,
comprising: a) an x-ray source; by a two dimensional selective electromaguetic radiation
transmission grid comprising: 1) a plurality of vertical walls, wherein said walls are connected to
gach other in a geometric pattern and pointed towards said x-ray source; 1) a plurality of open
ended channels, wherein said open ended channels are defined by said plurality of vertical walls;

and ¢} a flat panel detector comprising a phosphor layer and a detector pixel array, wherein said
4
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grid is in contact with said flat panel detector. In one embodiment, said two dimensional grid
further comprises at least one structural element comprising a sintered element. In one
embodiment, said vertical walls comprise an essentially radiation-opaque material. In one
embodiment, said phosphor layer 1s composed of pixels, and pixels are separated with reflective
walls. Tn one embodiment, said vertical walls of the gnid are aligned with the reflective walls of
the said phosphor layer. In one embodiment, said phosphor layer is continuous, and said grid is
placed directly on the said phosphor layer. It 1s believed that the reduced gap between the said
grid and phosphor layer can increase the primary x-ray intensity reaching the phosphor layer. In
one embodiment, the separation (pitch) between said grid’s vertical walls is larger than the pitch
of the said detector’s pixel array, and vertical walls are not aligned with detector’s pixel array. In

one embodiment, said grid’s pitch and height may vary spatially across the flat panel detector. In

approach makes integration of large area grids with large area tlat panel detectors feasible. In one
embodiment, said flat panel detector comprises amorphous silicon pixel array. In one
embodiment, said flat panel detector further comprises a complementary metal oxide
semiconductor {CMOS) pixel array. In one embodiment, said geometric pattern is rectangular. In
one embodiment, geometric pattern is hexagonal. In one embodiment, said at least one structural
element comprises a plurality of radic-opaque sheets, such as metal sheets. In one embodiment,
said sintered element extends at least between two of said plurality of radio-opaque sheets and on
both sides of at least one of the radio-opague sheets. In one embodiment, said grid 1s a scatter
measurement and correction grid, such as described in Example 7. In one embodiment, said
device further comprises a correction algorithm. In one embodiment, said correction algorithm
corrects a transmitted residual scatter intensity.

In one embodiment, the present invention contemplates an x-ray imaging device,

g
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comprising: a) an x-ray source; b) a two dimensional selective electromagnetic radiation
transmission grid comprising: i} a plurality of septa, wherein said septa are connected to each
other in a geometric patiern and pointed towards said x-ray source; i1} a plurality of open ended
channels, wherein said open ended channels are defined by said plurality of septa; and ¢} a flat
panel detector configured underneath said plurality of septa and corprising a plurality of photon
counting pixels, wherein said grid is in contact with said flat panel detector. In one embodiment,
said septa comprise an essentially radiation-opaque material. In one embodiment, said flat panel
detector comprises a Cadmium Telluride x-ray sensor. In one embodiment, said flat panel
detector comprises Cadmium Zinc Telluride x-ray sensor. In one embodiment, said flat panel
detector comprises a Silicon x-ray sensor. In one embodiment, said flat panel detector comprises
a Gallium Arsenide x-ray sensor.  In one embodiment, said flat panel detector further comprises
a complementary metal oade semiconductor (CMOS) pixel array.  In one embodiment, said
geometric pattern 1s rectangular.  In one embodiment, said geometric pattern is hexagonal. In
one embodiment, said at least one structural element comprises a plurality of radio-opaque sheets.
In one embodiment, said sintered element extends at least between two of said plurality of sheets
and on both sides of at least one of the sheets. In one embodiment, said grid is a scatter
measurement and correction grid.  In one embodiment, said device further comprises a
cotrection algorithm. In one embodiment, said correction algorithm corrects a transmitted
residual scatter intensity. In one embodiment, each radic-opague sheet in the said grnid is
composed of sections with different height and thicknesses. In one embodiment, said grid’s
shadow generates high and low x-ray tluence regions, or fluence modulation, incident on the flat
panel detector. It is believed that the fluence modulation pattern is controllied by changing the
physical properties of the said grid. In one embodiment, said modulation pattern is used to

correct pulse pile up in said photon counting pixels.
6
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In one embodiment, the present invention contemplates an x-ray imaging device,
comprising: a) an x-ray source; b) a two dimensional selective electromagnetic radiation
transmission grid comprising: 1) a plurality of vertical walls, wherein said walls are connected to
each other in a geometric pattern and pointed towards said x-ray source; 1) a plurality of open
ended channels, wherein said open ended channels are defined by said plurality of vertical walls;
and ¢) a flat panel detector comprising a phosphor layer and a detector pixel array, wherein said
grid 18 in contact with said flat panel detector. In one embodiment, said vertical walls comprise
an essentially radiation-opaque material. In one embodiment, said phosphor laver is divided into
pixels with reflective walls. In one embodiment, said vertical walls of the grid are aligned with
the reflective walls of the said phosphor layer In one embodiment, said phosphor layer is
continuous, and said grid is placed directly on the said phosphor layer. In one embodiment, said
the separation (pitch) between said grid’s vertical walls is larger than the pitch of the said
detector’s pixel array, and vertical walls are not aligned with detector pixel array. Tn one
embodiment, said grid’s pitch and height may vary spatially across the flat panel detector. In one
embodiment, said there is a gap between the said grid and phosphor layer In one embodiment,
said flat panel detector comprises amorphous silicon pixel array. In one embodiment, said flat
panel detector further comprises a complementary metal oxide semiconductor {CMOS) pixel
array. In one embodiment, said flat panel detector further comprises a solid-state x-ray sensor. In
one embodiment, said solid-state x-ray sensor comprises Cadmium Telluride (CdTe), Cadmium
Zinc Telluride, or Silicon. In one embodiment, said geometric pattern is rectangular. In one
embodiment, said geometric pattern is hexagonal. In one embodiment, at least one structural
element comprises a plurality of radio-opaque sheets. In one embodiment, said structural element
extends at least between two of said plurality of radic-opaque sheets and on both sides of at least

one of the radic-opaque sheets. In one embodiment, said grid is a scatter measurement and
7
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correction grid. In one embodiment, said device further comprises a correction algorithm. In one
embodiment, said correction algorithm corrects a transmitted residual scatter intensity.

in one embodiment, the present invention contemplates an x-ray imaging device,
comprising. a) an x-ray source; b) a two dimensional selective electromagnetic radiation
transmssion grid comprising: 1) a plurality of septa, wherein said septa are connected to each
other in a geometric pattern and pointed towards said x-ray source; 1) a plurality of open ended
channels, wherein said open ended channels are defined by said plurality of septa; and ¢} a flat
panel detector configured underneath said plurality of septa and comprising a plurality of photon
counting pixels, wherein said grid is in contact with the flat panel detector. In one embodiment,
said two dimensional grid further comprises at least one structural element. In one embodiment,
said septa comprises an essentially radiation-opaque material. In one embodiment, said flat panel
detector comprises silicon x-ray sensor. In one embodiment, said flat panel detector comprises a
cadmium telluride x-ray sensor. In one embodiment, said flat panel detector comprises a
cadmium zinc telluride x-ray semsor. In one embodiment, said flat panel detector further
comprises a complementary metal oxide semiconductor (CMOS) pixel array. In one embodiment,
said geometric pattern is rectangular. In one embodiment, said geometric pattern is hexagonal. In
one embodiment, at least one structural element comprises a plurality of radio-opaque sheets. In
one embodiment, said radio-opaque sheet in the said grid is composed of sections with different
height and thicknesses. In one embodiment, said grid’s shadow generates high and low x-ray
fluence regions, or fluence modulation, incident on the flat panel detector. In one embodiment,
said modulation pattern is used to correct pulse pile up in said photon counting pixels. In one
embodiment, said structural element extends at least between two of said plurality of
radic-opaque sheets and on both sides of at least one of the radic-opaque sheets. In one

embodiment, said grid is a scatter measurement and correction grid. In one embodiment, said
8
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device further comprises a correction algorithm. In one embodiment, said correction algorithm
corrects a transmitted residual scatter intensity. In one embodiment, said grid provides a fluence
modulation on the said flat panel detector. In one embodiment, said grid has septa with uniform
thickness. In one embodiment, said grid comprises ditferent thicknesses and heights in septa to
control x~-ray fluence modulation pattern. In one embodiment, said grid’s septal shadows provide
fower tluence.

In one embodiment, the present invention contemplates an x-ray imaging device,
comprising: a} an x-ray source; b) a two dimensional selective electromagnetic radiation
transmission grid comprising: 1} a plurality of vertical walls, wherein said walls are connected to
each other in a geometric pattern and pointed towards said x-ray source; 11) a plurality of open
ended channels, wherein said open ended channels are defined by said plurality of vertical walls;
and ¢} a flat panel detector coraprising a phosphor layer, wherein said grid 15 in contact with said
flat panel detector.

Other objects, advantages, and novel features, and further scope of applicability of the
present invention will be set forth in part in the detailed description to follow, taken in
conjunction with the accompanying drawings, and in part will become apparent to those skilled
in the art upon examination of the following, or may be learned by practice of the invention. The
objects and advantages of the invention may be realized and attained by means of the

instrumentalities and combinations particularly pointed out in the appended claums.

DEFINITIONS
To facilitate the understanding of this mvention, a number of terms are defined below.
Terms defined herein have meanings as commonly understood by a person of ordinary skill in

the areas relevant to the present invention. Terms such as “a”, “an” and “the” are not intended to
9
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refer to only a singular entity, but include the general class of which a specific example may be
used for tlustration. The terminology herein is used to describe specific embodiments of the
invention, but thetr usage does not delimit the invention, except as outlined in the claims.

As used herein, the term “sintered element” is used herein to describe a material which
may be used as a source material in a 3D printing process, such as direct metal laser sintering.
Selective laser sintering allows for a large design freedom. Having a structural element that is
built by selective laser sintering, the grid may be a highly complex three-dimensional structure
that is not easily achievable by conventional moulding or milling techniques. Therein, the
technology of selective laser sintering, sometimes also known as direct metal laser sintering, is
not any longer a prototype technology but becomes a production technology for the
manufacturing of three-dimensional devices with demanding geometries.

As used herein, the term “essentially radiation-opaque material” is used herein to
describe a material, which does not allow for the transmission of x-ray radiation. Examples of
such materials are tungsten, tantalum, and lead.

As used herein, the term “metal oxide semiconductor ({CMOS)” is used herein to describe
a technology for constructing integrated circuits. CMOS is also sometimes referred to as
complementary-symmetry  metal-oxide-semiconductor  (or  COS-MOS).  The words
"complementary-symmetry" refer to the fact that the typical design style with CMOS uses
complementary and symmetrical pairs of p-type and n-type metal oxide semiconductor field
etfect transistors (MOSFETs) for logic functions. Two important characteristics of CMOS
devices are high noise immunity and low static power consumption.

As used herein, the term “amorphous silicon (aSt) pixel array” is used herein to describe
a technology for constructing flat panel x-ray detectors. aSi is often used in construction of

photodiodes and thin film transistor (TFT) arrays employed in flat panel x-ray detectors.
10
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As used herein, the term “energy integrating” is used herein to describe a type of x-ray
detector, where only the accumulated x-ray energy in the x-ray detector is used to form the image.
The number and energy of individual x-rays absorbed by the detector are not registered. An aSi
pixel array integrated with a phosphor layer ts an example for an energy integrating detector.

As used herein, the term “photon counting” 15 used herein to describe a type of x-ray
detector, where energy of individual x-rayvs and the number of x-rays interacting with the
detector are recorded. Cadmium Zine Telluride (CZT) or Cadmium Telluride (CdTe) x-ray
sensors integrated with energy resolving readout electronics are examples for photon counting
x-ray detectors.

As used herein, the term “flat panel x-ray detector (FPD}Y is used herein to describe an
“area” x-ray detector that can generate a two dimensional x-ray image. FPD can be an energy

integrating or a photon counting x-ray detector.

ABBREVIATIONS

ASG = antiscatter grid

2D ASG = two-dimensional antiscatter grid

FPD = flat panel detector

FDK = filtered backprojection

ART = adaptive radiation therapy

CT = computed tomography

CBCT = Cone beam computed tomography {(also referred to as C-arm CT, cone beam
volume CT, or flat panel CT)

MBCT = multi-detector CT

CTBi =T dose index
il
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CAX = projected location of the beam’s central axis
SPR = Scatter-to-Primary ratio

SNR = signal-to-noise ratio

Kgur = SNR improvement factor

T = scatter transmission fraction

Tp = primary transmission fraction

I5 = average scatter intensity

ROI = region of interest

BT = bow tie

DMLS = direct metal laser sintering

RT = radiation therapy

MTF = modulation transfer function
CT-to-ED = CT number to electron density
DVH = dose volume histograms

PTH = primary transmission histograms

MLEM = maximum likelihood expectation maximization

DESCRIPTION OF THE FIGURES

The accompanying figures, which are incorporated into and form a part of the
specification, illustrate several embodiments of the present invention and, together with the
description, serve to explain the principles of the invention. The figures are only for the purpose
of illustrating a preferred embodiment of the invention and are not to be construed as limiting the
invention.

Figure 1 shows an illustration of one embodiment of the two-dimensional focused

i2
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antiscatter grid (2D ASG). Note the focusing property of the 2D array: each grid element (ie.
through-hole) is aligned, or pointed, towards the x-ray source (located 150 em above the FPD) to
account for the divergence of the x-ray beam.

Figure 2 shows two pictures of a 2x20 cm?2 2D antiscatter grid (ASG) module. Each grid
hole has a umique slant, or angle, such that they are aligned towards the focal spot in half-fan
CBCT geometry.

Figure 3 shows (Top) Side view of the experimental setup. Red circles correspond to
measurement points, and they are located at CAX, 10 cm, and 20 cm off-axis from CAX at
detector plane. (Bottom) Beam eye view of the FPD. 2x40 cm2 wide “measurement area” of the
FPI» is shown in gray. Rest of the FPD was covered with Pb sheet.

Figure 4A shows SPR values for 20 and 40 cm thick phantoms were plotted as a function
of beam stop diameter. Linear fits were used to extrapolate SPR and Tg values to “0” beam stop
diarneter. Measurernents were performed at 10 o from CAX) and using Experiment Setup 2 in
Table 1.

Figure 4B shows Ty values for 20 and 40 cm thick phantoms were plotted as a function of
beam stop diameter. Linear fits were used to extrapolate SPR and Ty values to “0” beam stop
diameter. Measurements were performed at 10 cm from CAX, and using Experiment Setup 2 in
Table 1.

Figure 5A shows a section of the primary transmission map of 213 ASG, where bright and
dark regions indicate higher and lower primary transmission values, respectively. The orange
colored square indicates a 1.6 x 1.6 cm’ ROI used for average primary transmission, T,
calculation.

Figure 5B shows Tp as a function of ROI location along the long edge of the primary

transmission map.
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Figure 5C shows cumulative primary transmission histograms of 1D and 2D ASGs.
Figure 6 shows SPR variation as a function of phantom thickness at 3 measurement
points (CAX, 10 co from CAX, and 20 em from CAX).
Figure 7A shows the effect of air gap on SPR as a function of measurement locations.
5 Figure 7B shows the effect of BT filter on SPR as a function of measurement locations.
Figure 8 shows Tg as a function of phantom thickness at 3 measurement points.
Figure 9A shows Tg as different air gaps were plotted at all 3 measurement points.
Figure 9B shows Tg measured with and without BT filter.
Figure 10 shows SNR improvement factors, Kgug, were plotied as a function of SPR

10 without ASG. Kgur values were calculated for all measurement points and experiment setups
{See Table 1) Cubic polynomials (red and blue lines) were fitted to better visualize trends in
Kz

Figure 11 shows measured SPR with and without 2D ASG prototype versus thickness of
slab phantom. At 20 cm phantorn thickness, the 2D ASG suppressed SPR from 3 to 0.1 at both

1S 80and 120kVp 1}

Figure 12 shows SNR improvement factor of one embodiment of the 2D ASG (solid line,
circles) and a radiographic ASG with 1D lead septa (dotted line, triangles) [1-3]. Both ASGs
have the same grid ratios (1.e. 12). SNR improvement factor below 1 at a given scatter to primary
ratio indicates that AS(G degrades the SNR.

20 Figure 13 shows the average primary transmission fraction through one embodiment of
the 2D ASG as a function of ASG’s gnd pitch and septal thickness. The average primary
transmission fraction of radiographic ASGs is 60-70%, indicated by red rectangle.

Figure 14A shows one embodiment of the 2D ASG built for FPD and CBCT applications.

Figure 14B shows the shadow, or footprint, of the 2D ASG appears as a darker grid
14
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pattern in the FPD image. X-ray intensity reaching the FPD is lower in the shadow, since 2D
ASG's septa partially block primary x-rays. If this intensity variation s not corrected, it will lead
to image artifacts, and makes the use of 2D ASG unfeasible.

Figure 15 shows an example of the configuration of a current x-ray flat panel detector
and 1D anti-scatter grid.

Figure 16 shows one embodiment of the current invention 2D gnd placed on the
phosphor layer.

Figure 17 shows the percent primary x-ray transmission fraction was calculated as a
function of grid’s septal thickness {(i.e. wall thickness) and grid pitch (i.e. grid’s channel width) in
the 2D ASG model. For a 100 micron thick wall and 3 mm wide channels, 85% of the primary
x-ray 1s transmitted through the grid.

Figure 18 shows the percentage of detector pixels that receive at least 50% of the nominal
signal (PVHS50) with the 2D grid. Without the 2D grid, all pixels will receive 100% of the
nominal signal. When the 2D gnid is in place, detector pixels in the shadow of the 2D grid will
receive reduced signal. For example, for a grid channel width (pitch) of 3 mm and wall thickness
of 100 microns (red curve), 95% of the pixels will still receive at 50% of the nominal signal.
Only 5% of the pixels will receive less than 50% of the nominal signal. This 5% of the pixels are
considered “dead” pixels. As the signal they receive is significantly reduced due to the 2D grid’s
shadow. Markers indicate the calculated values by the model, and lines are polynomial fits.

Figure 19 shows an X-ray image with a 2D grid in place. Box 1 shows a region
underneath the 2D grid’s footprint, and Box 2 indicates a region at the center of a grid hole. The
ratio of image intensity in Box 1 and Box 2 is a unique value. This intensity ratio changes as a
function of scatter content in the image. This ratio 1s measured without scatter present in the

image (calibration data). Calibration data can later be used to estimate the scatter intensity in
15



W

10

15

20

WO 2018/194937 PCT/US2018/027660

patient images. Such “box pairs” can be created for other points underneath the grid’s footprint
and grid hole centers. As a result, scatter intensity can estimated for any point in the image.

Figure 20 shows the diffusion of x-rays with a focused 2D antiscatier grid with a
continuous scintillator and pixel array. This shows that there can be a dip in signal due to shadow
of the grid, depending on pixel location.

Figure 21 shows the diffusion of x-rays with a focused 2D antiscatter grid with a
continuous scintillator and pixel array. This shows that there can be signal interference due to
fong-distance cross-talk.

Figure 22 shows the diffusion of x-rays with a focused 2D antiscatter grid with a
pixelated phosphor layer and pixel array. This shows that signal cross-talk may be eliminated
with this design.

Figure 23 presents a representative x~-ray fluence chart demonstrating the “pulse pile-up”
problem.

Y axis: Counts recorded by the “photon counting” detector

X axis: True number of counts incident on the detector

{deal detector response is the dashed black line

Colored lines are the actual detector responses for 3 different detectors.

In the region indicated by the red transparent rectangle, detectors can significantly
“underestimate” the true x-ray counts.

Figures 24A and 24B presents the generation of an x-ray image by a 2-D hexagonal grid.
Figure 24A: A 2D antiscatter grid comprised of a series of parallel hexagonal
holes (red center line).

Figure 24B. An image intensity profile generated by x-ray intensity through the

hexagonal grid of Figure 24 A is shown as an orange line.
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Figure 25 illustrates one embodiment of aft fluence modulation regions (yellow arrows)
resulting from pixels within the septal shadow of a 2D ASG grid.

Figure 26 presents one embodiment of a photon counting detector.

Figure 27 presents exemplary data of the range of maximum incident count rates in
MDCT and CBCT and the corresponding output count rates.  Incident count rates in MDCT
(red region) is in the range of 10°-10" per sec/mm’, whereas count rates in CBCT (green region)
is 107 per sec/mm” or less (each pixel is assumed be 1 mm” in the graph).  [6]

Figures 28A and 28B present one embodiment of a 2D ASG. Figure 28B shows a
magnification of the red inset box in Figure 28A, with a US quarter coin shown for dimensional
purposes.

Figure 29 presents exemplary data of a scattered radiation to primary radiation ratio
{SPR) as a function of slab phantom thickness. Note: Radiographic 1D ASG and 2D ASG have
SPR ratios of 10 and §, respectively. {17].

Figures 30A-C present representative images showing improved CBCT image quality
with 2D ASG. Images were acquired using a linac mounted CBCT systerm, and hence, the
effect of gantry sag were included. Elliptical phantom mimics human torse dimensions (30 cm x
38 cm).

Figure 30A: Without an antiscatter grid.
Figure 30B: With conventional 1D ASG.
Figure 30C: With a 2D ASG prototype, presented in this invention.

Figures 314, 318 and 31C present two septa embodiments configured to perform an aft
fluence modulation method.

Figure 31A: Standard constant septal thickness (e.g., without a footing). X-ray

counts in pixel underneath the septal footprint is lower due to partial obstruction of
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fluence by septa. To reduce x-ray counts further, septal thickness should be
increased.

Figure 31B:  An alternative solution s to use septa with a footing. Since the height
of footing 1s 0-3 mum, it partially transmits x~rays.

Figure 31C: Representative X-ray count profiles for septa configurations shown

in Figure 31A and Figure 31B.

DETAILED DESCRIPTION OF THE INVENTION

The present invention relates generally to X-ray detectors and more particularly to a system
and a method for integrating an anti-scattering grid with flat panel X-ray detectors to significantly
enhance the performance of flat panel X-ray detector. In addition, the count rate and energy
resolution performance of a photon counting flat panel X-ray detector may be enhanced by using
the disclosed antiscatter gnd.

For a specific example, in recent years, the utility of in-room CBCT imaging has been
extensively investigated in the context of novel treatment strategies in radiation oncology. In the
framework of adaptive radiation therapy (ART), patient treatments can be monitored for tumor and
normal tissue anatomic changes by utilizing CBCT images acquired during the course of
treatment. The role of CBCT imaging can be further expanded to modify treatment plans to
account for anatomic changes, and hence, improve tumor control and reduce toxicity. Although
much research has been done on evaluating the potential benefits of patient-specific treatment
monitoring and ART in general, the utilization of CBCT images in the context of ART did not
translate into chinical practice due to poor quality of CBCT images. Currently, the utility of CBCT
imaging is limited to in-room patient setup corrections only.

Scattered radiation is widely acknowledged to be a major cause of image guality
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degradation in CBCT [4, 5], Scatter leads to poor soft tissue visualization, reduces CT number
accuracy, and generates image artifacts in CBUT images. To mitigate the scatier problem, last
decade has seen wide spread tnvestigation of scatter suppression methods and devices. However,
the desired improvement 1n CT number (Hounsfield Unit) accuracy and low contrast sensitivity
has not been achieved.

To overcome the shortcomings of current scatter suppression methods, the present
invention relates to a scatter rejection device: a two-dimensional focused antiscatter grid (2D
ASG), for FPDs and CBCT systems. With respect to existing antiscatter grids (ASG), one
embodiment the present invention design has fundamentally different properties: it consists of a
20 array of apertures separated by radio-opaque septa, placed in contact with the flat panel
detector (FPD}). In one embodiment, each aperture may be 2-5 mm in width, and 20-50 mm in
height, and its central axis oriented toward the x-ray focal spot to match the divergence of the
imaging beam. Furthermore, aluminum or fiber inter-septal spacers (used in radiographic ASGs)
will be eliminated due to the mechanical strength of the tungsten 2D array.

The fabrication of a 2D ASG with favorable x-ray transmission properties 1s not
achievable using standard manufacturing and machining processes. To address this challenge,
one approach of the current invention employs 3D printing technology, Direct Metal Laser
Sintering {BMLS}. In one embodiment, DMLS enables construction of a 2D aperture array with
septal thicknesses down to 100 microns, and each aperture will be precisely aligned towards the
x-ray focal spot. The presence of thin septa combined with the absence of inter-septal spacers
may improve primary transmission, while the 2D aperture array will provide efficient scatter
rejection capability at levels not achievable with current scatter rejection devices. Based on
preliminary investigations, one embodiment of the current invention 2D ASG reduces

scatter-to-primary ratio (SPR)} by a factor of 30, whereas SPR reduction factor with radiographic
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ASGs is limited to 5 to 10, Additionally, 2D ASG may transmit 85% to 90% of the primary
x-rays to the FPD in contrast to 60-70% primary transmission through radiographic ASGs.

Given the high level of primary transmission and efficient scatter suppression capability
of the 2D ASG, it was determined that one embodiment of the current design enables significant
enhancement in soft tissue visualization, and permit high level CT number accuracy. To assess
this, several steps were taken:

Step 1 A range of 20 ASG prototypes with varying grid size and grid ratios were
designed and constructed. Scatter rejection and primary transmission properties of the prototypes
were characterized to determine the optimal 2D ASG geometry.

Step 2. Evaluate the impact of 22 ASG on CBCT image quality. In a comprehensive set
of experiments, the improvement in CBCT image guality metrics were evaluated with respect to
the gold standard, multi-detector CT (MBDCT) images.

It is important to note that CBCT is utilized in other applications such as vascular
imaging {6], maxillofacial surgery [7], and spinal procedures [8]. The results of this investigation

will therefore apply to other CBCT systems that use fixed source-detector geometry.

SIGNIFICANCE

While CBCT is the most frequently used in-room 3D imaging modality for patient setup
corrections in radiation therapy (RT) [9], it additionally provides unique clinical information,
thus far not exploited in the clinical practice of radiation therapy; CBCT i1mages are acquired
pertodically during patient setups, often on a daily basis, capturing 3D anatomy of both normal
tissue and tumors throughout treatment. It has been widely suggested that CBCT images can be
utilized in treatment monitoring and plan modifications to enhance therapeutic ratio, key

concepts in the adaptive radiation therapy paradigm (ART) {10]. Briefly, ART aims to improve
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tumor control and reduce toxicity by monitoring changes in normal tissues and tumors, and
adapting treatment plans to such changes during the course of treatment.

The benefits of various ART approaches have been tnvestigated for numerous disease
sites; for example, Yang et al. showed that adaptive treatment replanning significantly improved
guality of life in patients with vasopharyngeal carcinoma [ 11]. Several studies indicated that ART
approach can significantly reduce parotid dose and improve dose coverage of targets in Head and
Neck cancer {12-16]. In Bladder cancer, Foroud: et al. concluded that ART can provide better
normal tissue sparing ratio than conventional approaches [17]. In cervix cancer, Tyagi et al.
stated that ART approach is needed to prevent suboptimal treatment coverage and excessive
toxicity {181

The utility of CBCT in ART has been severely limited due to poor image guality. In
treatment response monitoring, assessment of changes in anatomy 1s challenging due to poor soft
tissue visualization [18-20]. At both the treatment replanving and adaptation phases, accuracy of
structure delineation and deformable image registration deteriorate [21-24], and CBCT-based
dose calculations are not clinically acceptable due to lack of CT number accuracy [24] Due to
poor image quality, clinical scope of CBCT has been himited to patient setup corrections since iis
introduction to clinical practice.

Pue to the UBCT umage quality tssues described above, the vast majority of ART
research is performed in academic centers using repeat higher-quality helical CT scans (rather
than readily available in-room CBCT images). This approach is not feasible for most RT clinics
due to personnel and resources needed to handle the increased workload. Moreover, some of the
ART methods, such as online treatment adaptations before treatment delivery [17], cannot be
deploved without an in-room imaging system such as CBCT. Thus if the image quality of CBCT

were to be improved sufficiently, this would represent a breakthrough in enabling wide-spread
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implementation of ART strategies in clinical practice. Although not all RT patients may benefit
from the ART approach, high quality CBCT images are still essential for identifving potential
patients for treatment adaptations {19, 20, 25, 26].

Scattered radiation s one of the leading causes of poor image quality in CBCT [4, 5] As
each CBCT projection has a large field of view, significant amounts of scattered radiation
originating from the patient reach the flat-panel detector (FPD), contaminating the image signal.
Depending on the imaged anatomy and imaging geometry, the magnitude of scatter may exceed
primary x-ray intensity by a factor of 3 to 5 in CBCT projections [4, 27-29]. Scattered radiation
impacts 3 important aspects of image quality: 1) Scatter deteriorates the contrast between soft
tissue structures. 2} Scatter greatly reduces accuracy of CT numbers, which is critical to accurate
dose calculations in CBCT images. 3} Scatter induces image artifacts that impact both tissue
visualization and quantitative accuracy.

To improve CT number accuracy in CBCT, a wide range of scatter correction methods
have been investigated in the past decade, and such methods have been shown to improve CBCT
image quality [29, 35-38]. However, the improvements have been insufficient due to two
fundamental problems: 1} All scatter correction methods use a model to estimate the scatter
signal as a function of multiple model parameters. Assumptions made in the model lead to
discrepancies between the estimated scatter and true scatter under real imaging conditions. 2} In
scatter correction methods, “scatter-free” image signal is restored after detection of scatter by the
FPD. Thus, even an ideal correction method can only account for the bias 1o image signal
amplitude due to scatter, and stochastic noise due to scatter canvot be removed from the image
signal. Thus, soft tissue visualization cannot be improved due to stochastic noise of scatter [5, 28,
29]. To physically suppress scatter, conventional radiographic ASGs (constructed from

alternating layers of lead septa and spacer strips) were extensively investigated for CBCT
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[39-41]. While reduction in image artifacts and improvement in accuracy of CT numbers were
demonstrated, these fell short of desired image quality levels in CBCT [27, 421 Due to relatively
poor primary transmission through the radiographic ASGs, only modest improvements in low
contrast resolution was achieved, and only under high scatter conditions [39, 43, 44}

An ideal solution would be to remove scatter before it 18 detected by the FPD, using an
etficient scatter suppression device, which also maintains high primary transmission efficiency.
Thus, the present invention a two dimensional focused antiscatter grid (2D ASG) dedicated for
CBCT systems was investigated and developed. The preliminary assessment of the present
invention indicates that the performance of the design may significantly close the gap in
quantitative accuracy between CBCT and MDCT, and improve low contrast resolution to levels
not achieved by existing scatter suppression devices and correction methods. Fabrication of the
advanced design is not feasible using standard manufacturing techniques, and therefore new 3D

printing technology may be used to construct the current invention 2D ASG.

INNOVATION

The present invention antiscatter grid design has the promise to significantly improve CT
number accuracy and low contrast resclution for CBCT systems.

The present invention grid architecture represents a fundamental departure from existing
antiscatter grid designs for FPDs. All current antiscatter grids for FPDs are based on the 1D
Potter-Bucky grid architecture [2, 45] (1.e. a 1D grid is formed by stacking alternating strips of
fcad and spacers made from aluminum or fiber). The Potter-Bucky grid’s inherent physical
characteristics make 1t unsuitable for construction of 2D anti-scatter grids.

Thus, 1n the present invention, a novel grid architecture is utilized (Figure 1) The present

invention device consists of 2D array of square cross-sectioned grid elements separated by
23



W

10

15

20

WO 2018/194937 PCT/US2018/027660

tungsten septa. The grid can be attached to the protective cover of the FPD, or it can be directly
integrated with the x-ray absorbing sensor layer. To account for x-ray divergence in cone beam
geometry, each grid element is aligned, or focused, towards the point x-ray source 10 maximize
transmission of primary x-rays across the FPD. With respect to 1D Potter-Bucky gnd, we
reduced the gnd piich by more than an order of magnitude, and increased the septal thickness by
a factor of 3 to 5 in the 2D grid (details described in Step 1). A radio-opague material, such as
tungsten, was utilized to provide mechanical strength and higher radio-opacity, and eliminated
inter-septal spacers. These design choices in the 2D ASG design were made to achieve both
favorable imaging performance and ease of fabrication.

In the present invention, 2D ASG’s septa do not have to be aligned with the pixel array in
the flat panel detector. This is due to the pixel architecture tn flat panel detectors and unique
design of the 23 ASG: 2D ASG’s septal pitch is in the order of several mms, which is a factor of
10 or more than the pitch of photodiode pixel array in the detector. As alignment of the 2D
ASG’s septa and detector’s pixel array alignment is not needed, it is feasible to combine a 2D
ASG with a flat panel detector. In contrast to the present invention, 2D antiscatter collimators

In preliminary experiments with lead based ZD grids that mimicked scatter suppression
properties of the proposed design, scatter-to-primary ratio (SPR) was suppressed from 3 to about
0.1 (Figure 11). Also it was predicted that signal-to-noise ratio (SNR) improvement provided by
the 2> ASG will be higher than a radiographic ASG with comparable grid ratio (Figure 12).

Fabrication of a 21 grid from thin enough radio-opaque septa is a challenging problem
due to linutations in conventional fabrication and machining methods. However, rapid progress
in additive manufacturing methods for metals made in recent years now makes manufacturing of
2D ASGs viable [46]. In the current invention, advances in additive manufacturing technologies

were exploited {(also known as 3D printing} to build one embodiment of the 2D ASG
24



W

10

15

20

WO 2018/194937 PCT/US2018/027660

Specifically, Direct Metal Laser Sintering (DMLS) methods were utilized, which uses a focused,
computer guided laser beam to sinter powdered tungsten to generate the ASG from a 3D
computer model. DMLS processing of tungsten is a new, but commerctally available technology,
suitable for both rapid prototyping and serial production of 2D ASGs.

DMLS should enable the ability to reduce the septal thickness of the 2D ASG. This will
significantly reduce the tungsten footprint of the 2D ASG, and will improve primary
transmission. Furthermore, the high mechanical strength of the 2D tungsten grid obviates the
need for inter-septal spacers. Commonly used in radiographic ASGs to provide mechanical
support for 1D array of lead septa, inter-septal spacers contribute significantly to attenuation of
the primary x-rays. They also impose a limit on the grid ratio, or grid height, as the thickness of
spacers also increases with grid height, further reducing prumary transmission. Due to absence of
inter-septal spacers in the current tovention 2D ASG, increasing grid height to improve scatter
suppression 18 not penalized by reduced pnimary transmission. Another unique aspect of the
current invention design is its focused grid geometry; each grid element will be aligned towards
a true point x-ray source in the 3D computer model of the proposed design. Alignment of
individual grid elements will be precisely replicated during manufacturing, since the DMLS
process is directly driven by the 3D model of the current invention 2D ASG. Hence, high
primary transmission property of the current invention design will be maintained across the
active area of the FPD.

As a cumulative effect of the design properties described above, the primary transmission
through the current invention design is predicted to be 20%-50% higher than current
radiographic ASGs (Figure 13). Due to the 2D grid structure, the current invention design with a
grid ratio of 12 is expected to suppress the scattered radiation intensity by more than a factor of 2

when compared to a radiographic ASG with the same grid ratio [1, 2]. Given the high primary
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transmission and scatter suppression efficiency of the proposed 2D ASG, a robust improvement
in low contrast resolution and CT number accuracy will be achieved in CBCT images. It is
believed that the level of quantitative accuracy provided by the 21D ASG will enable accurate
CBCT-based dose calculations in RT.

Based on an extensive literature in the field, a 2D ASG design for CBCT does not exist.
While two other 2D ASGs have been investigated for mammography, and MDCT systers in
recent years, their applicability to FPD-based CBCT systems is not feasible. The 2D ASG for
mammography systems is fabricated from copper [47], which is not radio-opaque encugh in the
energy range of 60 to 125 keV used in CBCT systems for RT. Moreover, the x-ray lithographic
process used in fabrication of the mammographic grid is not suitable for fabrication at the
physical dimensions of the current invention, for processing of tungsten. The 2 ASG for the
third generation MDCT i3 built from a tungsten polymer blend using a micromoulding
techuology [48] While the ASG for MDCT systerns may appear similar to the current invention
design, parallel (i.e. not focused) grid elements make it unsuitable for use with a flat detector

CBCT system.

RESEARCH APPROACH

STEP 1. SIMULATE AND BUILD 2D ASG PROUOTOTYPES USING DBMLS
TECHNOLOGY, AND CHARACTERIZE THEIR SIGNAL TRANSMISSION
PROPERTIES.,

The goal of Step 1 1s to determine the optimal physical properties, or geometry
parameters, of the 23 ASG that would provide the desired timprovement in CT number accuracy
and low contrast resolution within the constraints of the CBCT system and of DMLS technology.
Scatter and primary transmission properties are primarily determined by four parameters: grid
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ratio {i.e. height-to-width ratio of the grid element), septal thickness, grid pitch (i.e. sum of gnd
element width and septal thickness), and grid height. The impact of these geometry parameters
on the CBCT image quality metrics will be investigated, and optimal values for each geometry
parameter will be determined as outlined below.

Simulation of 2D ASG by Monte Carle calculations: Optinuzation of ASG’s geometry
covers a large parameter space that might be expensive to explore by brute-force experimental
approach. As outlined in the next paragraphs, preliminary experiments were performed and a
computational ASG model developed to better understand the signal transmission characteristics
of 23 ASG. While these studies will be useful to guide the development of prototypes, a Monte
Caslo based ASG model was also developed to better understand the physics behind 2D ASG’s
x~-ray transmission properties. This way, a better prediction the transmission properties of the
subsequent prototypes can be made. The EGSnrc package [49] was employed for simulations,
which was validated for CBCT [50] Herein, the simulated 2D ASG was validated against the
measurements performed with the first 2D ASG prototype.

Optimizatieon of grid ratio for desired accuracy in CT pumbers: The scatter
component in image signal, commonly quantified by SPR metric, dominates the degradation in
CT mumber accuracy. Siewerdsen and Jaffray's work [4] showed that suppressing the SPR down
to 0.1 in CBCT projections kept the overall CT number accuracy within 2-4% of true CT
numbers. An atm was to suppress SPR level to 0.1 with the 2D FASG. This level of accuracy
would be sufficient for CBCT based RT dose calculations (this was evaluated in Step 3).

The level of SPR suppression is directly correlated with the gnid ratio of the ASG. In
preliminary experiments with a 2D ASG prototype casted from lead [1], it was observed that
SPR was suppressed from 3 to 0.1 with a grid ratio of 12 (see Figure 11). It was predicted that

the 2D ASG with a grid ratio of 12 can suppress SPR even below 0.1 for the same imaging
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conditions in {1}, due to its higher primary transmission fraction than the lead based 2D ASG
prototype. Thus, the grid ratio of 12 was used in the first prototype. Based on the measured SPR
suppression levels and SPR levels predicted by Monte Carlo simulations, a grid ratio range of 8
to 16 will be investigated in the subsequent ASG prototyping cycles to suppress the SPR to 0.1,

Optimization of grid pitch and septal thickness for improved visualization of low
contrast objects: Percentage of primary x-rays transmitted through the grid plays a key role in
the improvement in CNR and SNR metrics {(i.e. metrics to quantify the improvement in low
contrast visualization). Based on the computational 2D ASG model [1], septal thickness and the
erid pitch of the first 2D ASG prototype will be 100 microns and 3 mm, respectively. With this
grid geometry, primary transmission fraction can be improved to 285 % (Figure 13), which is
expected to provide significant SNR tmprovement over radiographic ASG.

Depending on the primary transmission measurements, grid pitches will be explored
down to 5 mm to achieve primary transmission fraction of 85 to 90%. Tungsten thickness of 100
microns 18 more than sufficient to absorb scattered radiation in the diagnostic x-ray energy range.
Radiographic ASGs typically consist of 25 to 35 microns thick lead septa.

The limit on grid height for physical clearance between the patient and the CBCT
gantry: Given the geometry of linac mounted CBCT systems, the maximum grid height may be
limited to 5 cm to maintain sufficient physical clearance between the patient and the FPD/ASG
assembly. The first 2D ASG prototype will have a grid ratio of 12, grid pitch of 3 mm, and gnd
height of 36 mm. Although the grid height lirnt also implies limits on the gnd pitch and ratio, it
is expected that the optimum grid pitch and ratio will be achieved without increasing the grid
height beyond the 5 cm himit.

Does the ASG’s tungsten footprint introduce dead pixel zones in the FPD? The signal

will be reduced in detector pixels underneath the footprint of tungsten septa. If the signal
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reduction is severe enough, pixels underneath the footprint of 2D ASG would appear as dead
zones, which may negatively impact both spatial and low contrast resolution in CBCT images.
Based on computer stmulations [1], it ts not anticipated that this problem will occur due 1o the
relatively thin septa with respect to detector pixel size; less than 5% of all detector pixels are
expected to have signal reduction by more than 50% due to proposed FASG’s footprint. Even if
these pixels are treated as “dead” pixels, the signal at dead pixel locations can be easily
recovered by the remaining 95% of pixels using interpolation methods.

Construction of 2D ASG prototypes using DMLS technology: The ASG prototypes
used in Step 1 were initially 10X10 em” in size to minimize production costs. This size will be
more than sufficient to measure the primary and scatter transmission characteristics of the
design.

Experiment setup: Throughout this invention, ASGs were evaluated in a clinical, linac
mounted CBCT system (TrueBeam, Varian Medical Systerns, Palo Alto, CA). This approach
enabled evaluation of the 2D ASG using clinical imaging geometry, system components, and
protocols [51]. Two utilized TrueBeams have “research mode” capability, which allowed full
control the CBCT system parameters, and image processing outside the clinical CBCT system. In
all experiments through Step 1 to 3, directly mounted the prototype ZFASGs on the FPD, and
was employed with the “offset detector” CBCT geometry (also known as half-scan geometry) in
TrueBeam linacs. It 1s envisioned that half-scan geometry is the optimal chotce for the 2D ASG
as it provides the largest field of view. While Varian’s CBCT platform was selected for this
project, the current invention design can be adapted to other CBCT systems, such as XVI (Elekta
Oncology Systems, Norcross, GA).

Experimental details: With each ASG prototype, the scatter transmission fraction,

average primary transmission fraction, and SPR suppression levels were characterized.
29



W

10

15

20

WO 2018/194937 PCT/US2018/027660

Measurement of primary and scatter transmission will be performed in CBCT projections using
established techniques, such as the beam-stop method [52]. The full detector area (30 X 40 cm?)
will be exposed to simulate imaging conditions in clinical sysiems, and SPR suppression
characteristics of each prototype will be investigated tor patient thicknesses up to 50 cm, where
the goal is to limit SPR to 0.1 even in high SPR environments. The signal reduction due to
ASG’s tootprint will also be evaluated and results will be compared to the Monte Carlo model.
Based on the scatter suppression and primary transmission properties of the first prototype, the
geometry of the subsequent prototype will be generated to minimize the discrepancy between the
desired and measured ASG performance metrics. It is estimated that 4 to 6 cycles of ASG
prototype construction and characterization will be performed to determine the optimal ASG
geometry parameters.

STEP 2. EVALUATE THE IMPACT OF 2D ASG ON CBCT IMAGE QUALITY.

In Step 2, improvements in CBCT image quality provided by the 2D ASG were
characterized. The prototype to be used in Step 2 will be based on the optimal ASG geometry
parameters determined in Step 1, and it will cover the entire active area of the FPD to reflect the
image quality improvements in clinical CBCT systems.

Experiment setup: As in Step 1, experiments will be performed in “offset detector”
CBCT geometry using the CBCT system in TrueBeam linac. To emulate clinical CBCT imaging
protocols, the bowtie filter was employed to demonstrate the combined effects of bowtie filter
and 2D ASG on scatter suppression and CBCT image quality. CBCT images will be
reconstructed using the FDK filtered back-projection algorithm [53]. Beam hardening [54],
image lag [55], and rning artifact correction [56] algorithms will be implemented in the
post-processing stage of CBCT projections to further improve CT number accuracy.

Is 2D ASG’s weight an issue for the CBCT gantry? For the geometry parameter ranges
30



W

10

15

20

WO 2018/194937 PCT/US2018/027660

outlined in Step 1, the maximum weight of detector and grid assembly will be 18.1 kg, which is
below the CBCT detector arm’s payload himit of 20 kg in the TrueBeam linac {S1]

Correction of 2D ASG’s fooiprint in CBCT projections in the presence of gantry
flex: Linac gantry and the CBCT imaging arms flex (or sag) slightly due to gravity as they rotate
around the patient. Projected location of x-ray source on the FPD will vary due to flex, and
footprint (x-ray shadow) of the ASG’s septa projects to slightly ditferent locations on the FPD as
a function of gantry angle.

The characteristics of linac-CBCT gantry flex are reproducible, or “systematic”, as a
function of gantry angle, which makes the correction of 2D ASG’s footprint feasible [57-61]. A
ganiry angle-specific flat field correction method was first implemented, which has been shown
to successfully correct the footprint of radicgraphic ASGs in the presence of gantry flex [40, 62].
This process correction can easily be automated and needed calibration images can be acquired
during routine monthly linac-CBCT QA sessions. Although gantry flex is quite reproducible over
extended periods of time, small “random” variations in gantry flex exist {S7], which may lead to
ring artifacts in CBCT images. To account for this, a post-reconstruction ring artifact suppression
algorithm, [63] Such algorithms have already been successfully implemented in clinical CBCT
systems will be implemented [51, 64] I is worth mentioning that gantry flex will be
insignificant in a ring based linac gantry (rather than c-arm like gantry), which may negate the
need for the ASG footprint correction methods described above. Ring based linacs bave been
readily offered by a linac Vendor (Vero, BrainLab, Munich, Germany).

Studies to be performed: The studies in Step 2 will be an extensive set of CBCT image
quality characterization experiments. The magnitude and effects of scattered radiation on image
quality strongly depend on the size, shape, and composition of the imaged anatomy. Thus, we

will employ a comprehensive set of anatomy and patient size specific phantoms to evaluate the
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imaging performance. To assess the effect of anatomy, head, thorax, and pelvis anthropomorphic
phantoms will be utilized. To assess the effect of phantom size and measure various image
quality metrics, the Catphan phantoms will be utilized {The Phantom Laboratory, Salem, NY}.
Catphan can be fitted into vanous size “body” phantoms mimicking pelvis/abdoren anatomy.
With body phantorns, we will simulate patient sizes up to 535 cm lateral and 45 cm
anteroposterior separation. Catphan phantoms were evaluated at 3 different body sizes. Imaging
technique (tube kVp, mAs) will be determined based on the clinical protocols in TrueBeam.

For each phantom, the following 3 sets of images: 1} CBCT with radiographic ASG, 2)
CBCT with the proposed 2D ASG, 3) MDCT using the CT simulator was acquired. MDCT
image represents the gold standard in image quality, thus, image quality of CBCT images will be
benchmarked against the MDCT images in each imaging experiment. The CT dose index (CTDI)
was sirnilar for both CBCT and MDCT to suppress the impact of imaging dose on image quality.

Established methods and metrics were employed for image quality evaluations [4, 28];
contrast to noise ratio (CNR) was measured, a surrogate for improvement in soft tissue
visualization, using contrast objects embedded in phantoms. Statistics of CT numbers {(mean and
standard deviation) were measured in 10-15 different regions of interest to assess the accuracy of
CT numbers. In experiments with Catphan phantoms, modulation transfer function (MTF), were
also measured in addition to the metrics meuntioned above.

Measurements in UBCT and MDCT images will enable us to precisely characterize the
difference in image quality metrics across 3 different systems (i.e. radiographic ASG, proposed
2D ASG, and MDCT) for different anatomies and patient sizes. To 1dentify the similarities {and
differences) among different systems (2D ASG vs. MDCT and 2D ASG vs. radiographic ASG),

the differences in image quality metrics will tested for statistical significance.

)
|3



W

10

15

20

WO 2018/194937 PCT/US2018/027660

STEP 3. VALIDATE IMPROVEMENTS IN THE ACCURACY OF RADIATION
THERAPY DOSE CALCULATIONS.
Achieving clintcally acceptable dosimetric accuracy in CBCT-based treatment plans ts an

~

important milestone for the invention. In Step 3, whether improved CBCT image quality is
sufficient for treatment dose calculations in megavoliage external beam RT will be tested.

Experiment setup: Step 3 will employ the image sets acquired in Step 2 for treatment
plan dose calculations. The only new imaging experiments in Step 3 will be with CT number to
electron density (CT-to-ED} phantoms; to be able to calculate dose in CBCT or CT image, CT
numbers are converted to either electron or mass density values in the treatment planning system.
To achieve this, CBCT and MDCT images of CT-to-ED phantoms will be acquired, and
CT-t0-ED tables will be established [65].

Evaluation of dosimetric accuracy in CBCT: In the Radiation Oncology Clinic,
dosimetric accuracy analysis has been routinely performed for both clinical cases and research
projects [66-68]. The same tools and methodology will be utilized, such as point-by-point
dosimetric comparisons and analysis of dose volume histograms (DVH) {69, 70], to quantity the
dosimetric accuracy provided by 2D ASG. As in Step 2, MDCT-based treatment plans and dose
distributions are considered the gold standard. For a given phantom, CBCT-based dose
distributions will be directly compared to the MDCT-based dose in each treatment plan. Below,
the general method for dose accuracy evaluations for each anatomical site or phantom is
provided.

1) For each phantom, all 3 sets of images acquired were utilized in Step 2 (i.e. CBCT
with radiographic ASG, CBCT with 2D ASG, MDCT). To generate radiation treatment plans,
images will be imported into a clinical treatment planning system (Eclipse, Varian Medical

Systems, Palo Alto, CA). 2} Depending on the anatomy depicted in the phantom, relevant targets
33



W

10

15

20

WO 2018/194937 PCT/US2018/027660

and organs at risk structures were generated. 3} In each CBCT image, treatment plans wiil be
generated using both 3D conformal and intensity modulated radiation therapy techniques.
Attention will be paid to emulate realistic treatment plan scenarios. A clinically employed list of
organs at risk and target dose constraints was used to optimize the plans. Once the plan was
optimized, final treatment plan and dose calculation parameters were copied to the corresponding
MDCT image set, and the dose will be recalculated to obtain the “ground truth” dose
distributions. This way, the dose difference between CBCT and MDCT-based plans will only be
due to differences in CT numbers of image sets. 4) As in clinical plans, DVHs will be calculated
for organs at risk and targets in both CBCT and MDCT based plans. A set of site-specific DVH
metrics were selected to assess the dose distributions as in clinical cases {such as dose covering
95% of the target volume, mean lung dose etc.). Also, point-by-point dose comparisons will be
performed between the CBCT and MDCT dose distributions. The statistical sigruficance of
differences in point-by-point dose distributions of CBCT and MDCT-based plans was tested.
Statistical analysis will allow us to identify anatomies and imaging conditions that lead to
dosimetric differences between CBCT and MDCT 5) From a clinical perspective, evaluation of
“clinical” significance of dose differences by expert clinicians is a more relevant approach (e.g.
Statistically significant differences at very low doses that occur close to skin may not be
considered clinically significant). The differences in DVH metrics and dose distributions of
CBCT and MDCT-based plans were evaluated from a clinical stand point. With this approach,
we Step to map out the anatomical sites, patient sizes, and treatment techniques that provide
clinically acceptable treatment plans with the use of the proposed 2D ASG.

The trmpact of improved CBCT image quality may be moderate in the context of current
clinical use of CBCT, which has been limited to in-room patient setup corrections. However, it is

believed that the impact of improved CBCT image quality is best viewed in the context of
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enabling new paradigms in clinical practice, such as adaptive radiation therapy (ART). In-room
CBCT umaging plays a key role in various components of ART framework, such as monitoring of
normal tissue and tumor changes, and assessing dosimetric conseguences during the course of
treatment. Although much work has been done on the key tools for ART {(e.g. deformable image
registration, dose accumulation, and tissue segmentation tools), such tools don’t work reliably
with today’s CBCT images due to lack of soft tissue visualization and inaccuracy of CT numbers.
Furthermore, assessment of tumor response by a physician, and decision for treatment
modification are also challenged by poor CBCT quality.

The lack of CBCT utilization in ART is a major roadblock to wider clinical
implementation of ART, and poor CBCT image quality due to scatter ts a major contributor to the
problem. When successfully implemented, the current invention 213 ASG design represents a
breakthrough v CBCT image quality improvement, in turn enabling treatrent response
monitoring and adaptation methods by using increasingly common hnac-mounted CBCT
systems. Also, CBCT is utilized in clinical applications outside radiation oncology, such as
transarterial chemoembolization and maxillofacial surgery, where poor image quality due to
scatter is considered a major drawback. Successful completion of this project will impact such
applications of CBCT outside radiation therapy.

The current invention proposes both a novel architecture and use of a novel 3D printing
technique, known as Direct Metal Laser Sintering (DMLS), for tungsten. The current invention
grid architecture represents a fundamental departure from existing 1D antiscatter grid designs.
All current antiscatier grids in CBCT are based on the 1D Potter-Bucky grid design, which is
unsuitable for design of 2D antiscatter grids. The current invention architecture reduces the grid
pitch by more than an order of magnitude, and increases the septal thickness by a factor of 310 S.

Importantly, tungsten has been chosen to provide mechanical strength, higher radic-opacity, and
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eliminate inter-septal spacers. It is the use of DMLS which permits realization of a 2D grid and
allows fabrication with tungsten. These deliberate design choices have been made to achieve

both favorable imaging performance and fabrication feasibility.

SEPTAL SHADOW AFT FLUENCE MODULATION

While Cone Beam Computed Tomography (CBCT) is routinely used as a 3D in-room
imaging modality in radiation therapy, its poor soft tissue visualization and lack of material
composition information is believed to prevent implementation of improvements in radiation
therapy, such as CBCT-based treatment monitoring and treatment plan adaptations.

Currently used x-ray imagers utilize energy integrating detectors that create a 2D map of
total energy deposited within an x-ray sensor.  Consequently, information about the number of
x-rays and the energy of each x-ray absorbed in the sensor 15 lost.  This shortcoming of energy
integrating detectors deteriorate image quality, prevent implementation of new technology for
x-ray imaging, and increase radiation doses to patients during imaging procedures.

To address these shortcomings of energy integrating detectors, photon counting detectors
were developed. For example, photon counting detectors can quantitate the energy of
individual x-rays and count each x-ray that interacts with a detector. Although it is not
necessary to understand the mechanism of an invention, it is believed that photon counting
detectors will be integrated into future computed tomography and radiography systems,
especially those contemplated herein.

However, currently available photon counting detectors have several technical challenges
that interfere with their utilization in clinical imaging systems. For example, in clinical imaging
scenarios, x-ray incident flux on a detector can be quite high (e.g., up to 10° — 10° x-rays per

mm” per second). At this high x-ray flux photon counting detectors are unable to accurately
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count the individual x-rays {e.g., commonly referred to as a “pulse pile-up”) and, in addition, the
detected number of x-rays can be significantly different than the actual number of x-rays {eg., a
significant error rate). Figure 23, Although it is not necessary to understand the mechanism of an
invention, it is believed that this problem prevents the reconstruction of high quality x-ray
1Mages.

In one embodiment, a 2D anti-scatter grid comprises series of holes separated by a
radioopaque septa (dashed red line). Figure 24A.  In one embodiment, the holes comprise any
shape, but are preferably either square or hexagonal. See, Figure 1.  An image profile of one
of these hexagonal hole series demonstrates the variations in x-ray flux depending on the pixel
position within the hexagonal hole. Figure 24B (crange ling). It can be seen that a darker
region of the hexagonal hole sertes in Figure 24 A corresponds to a 213 grid footprint (e.g., septal
shadow) indicating a lower x-ray flux or intensity. Consequently, the pixels within the septal
shadow encounter a significantly reduced x-ray flux as compared to pixels located within the 2D
grid’s radio-opaque walls. (e.g., lighter regions of Figure 24A) In one embodiment, the
radio-opaque walls include a meterial including, but is not imited to, tantalum, tungsten or lead.
In other words, a 2D grid acts as spatial modulator of x-ray flux, having specific regions of high
or low intensity.

Dual energy CT techniques, such as material decomposttion and virtual monoenergetic
imaging, can play a role in mitigating such shortcomings of CBCT imaging. However, dual
energy imaging in flat panel detector (FPD) based CBCT systems faces major challenges: since
image acquisition rates of FPDs is a factor of 30-60 slower than conventional CT detectors,
consistency of CT numbers needed for dual energy processing cannot be achieved in the
presence of organ motion. One current dual energy method, projection domain, has proved

challenging to implement with FPDs.  This is because high and low energy projections cannot
3
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be acquired at similar source-detector positions. Additionally, a sufficient number of dual energy
projections may not be acquired due to slow image acquisition, which may lead to
under-sampling problems. To address these problems, one embodiment of the present invention
contemplates a photon counting and energy resolving detector that 13 needed in CBCT imaging.
In contrast to FPDs, photon counting detectors acquire high/low energy projections
simultaneously and thereby eliminates organ motion in such projection pairs. Hence, dual
energy CBCT can be enabled via implementation of projection domain dual energy processing
methods.

In one embodiment, the present invention contemplates a photon counting detector that
improves low contrast resolution.  Although it is not necessary to understand the mechanism of
an invention, it s believed that low contrast resolution improvement is due to an tmmunity to
electronic noise and/or higher x-ray detection efficiency than FPDs. A further advantage is that
photon counting detectors negate a need for rapid x-ray tube voltage-switching, where adequate
dose allocation and spectral separation between in high/low energy images can be challenging to
achieve.

The data presented herein demonstrate that the contemplated 2D antiscatter grid and aft
fluence modulation method have overcome two major roadblocks known in the art.  First, a
“scattered radiation” intensity can exceed a primary intensity by a factor of 5 to 8, which
severely biases the counts in high/low energy bins and makes dual energy umaging unfeasible.
Second, a “limited count rate” (e.g., a “pulse pile-up” effect) 1s a major limitation of photon
counting detectors, where the quantity and energy of x-rays cannot be accurately resolved at high
x-ray tluence imaging conditions.

In one embodiment, the present invention contemplates devices and methods that

overcome the above discussed problem of “scattered radiation” when using photon counting
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detectors. As detailed above, the present invention contemplates a two-dimensional antiscatter
grid comprising a grid architecture that fundamentally differs with respect to radiographic 1D
antiscatter grids.  Although it 1s not necessary to understand the mechanism of an invention, it is
believed that a 2D ASG as contemplated herein provides superior scatier suppression
charactenistics when compared to conventional radiographic grids and conventional scatter
correction methods.

In one embodiment, the present invention contemplates devices and methods that
overcome the above discussed problem of “limited count rate” when using photon counting
detections. In one embodiment, the present invention contemplates a method comprising an aft
fluence modulation.  Although it is not necessary to understand the mechanism of an invention,
it s believed that an aft fluence modulation utilizes a septal shadow of the 2Id ASG where
detector pixels underneath a grid’s septa are exposed to significantly lower x-ray fluence than
adjacent pixels in the center of 2D gnd’s cells.

Although it is not necessary to understand the mechanism of an invention, it is believed
that in one embodiment, a 2D ASG grid is configured as an x-ray flux modulator. In one
embodiment, a plurality of detector pixels are configured underneath a septal shadow such that
the incident flux is reduced and x-rays can be accurately counted at each specific pixel. See,
Figure 25 (vellow arrows). Furthermore, X-ray counts in other pixels (i.e. pixels in the center
of the holes) can be corrected by using the accurate count information in pixels underneath the
grid’s footprint or septal shadow.

Hence, an improved count accuracy and energy information may be extracted from pixels
within the septal shadow. In one embodiment, the improved count accuracy and energy
information 18 processed to correct high fluence region pixels that are biased by the “pulse

pile-up” effect. Besides improving count rate capability, it is believed that septal shadows of a
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2D ASG as contemplated herein can also reduce charge sharing among neighboring pixels, a
known source of energy resolution degradation in photon counting detectors.

While various fluence modulation methods were previously proposed, all were based on
pre-patient attenuators, such as dynamic bow tie filters. However, dynamic filters require a
predictive algorithrm and prior patient information to determuine a patient specific modulation
pattern, and can be electromechanically complex to achieve the desired fluence modulation
The presently disclosed configuration of pixels within the septal shadow of a 2D ASG as
contemplated herein support an aft fluence modulation method that is not predictable from
known dynamic pre-patient attenuators as a stationary 21 ASG is mechanically simple and prior
patient knowledge is not required.

In one embodiment, the present invention contemplates a 2D ASG comprising a
photou-counting detector wherein a plurality of pixels are within a septal shadow of the 2D ASG.
In one embodiment, the septal shadow reduces x-ray scatter intensity.  In one embodiment, the
septal shadow reduces spatial variation in x-ray fluence. In one embodiment, the pixels within
the septal shadow improve energy resolution performance.  The data provided herein
experimentally validated aft fluence modulation and characterized an improvement in count rate
and energy resolution performance.  Also evaluated are fluence conditions observed in clinical
CBCT umaging.

The data provided herein will experimentally evaluate scatter reduction effects provided
by 2D ASG. These data will be fabricated on 2D ASG prototypes and integrated with a photon

counting detector.

PHOTON COUNTING DETECTORS

In one embodiment, the present invention contemplates an x-ray device comprising a 2D
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antiscatter grid and a hybrid flat panel detector, wherein said detector comprises a plurality of
photon counting detectors. In one embodiment, the photon counting detector comprises a
substrate (e.g., a cadmium telluride substrate} positioned between a cathode plate and an anode
plate.  In one embodiment, the anode plate comprises a plurality of pixels.  Although it is not
necessary to understand the mechanism of an invention a photon (e.g., an x-ray photon)
impinging upon the substrate is detected by a pixel, such that it emits signal proportional to the
energy of each photon (blue arrow). See, Figure 26. In one embodiment, the photon counting
detectors are positioned below a radio-opaque area of the 2D ASG.

Current CBCT systems based on flat panel detectors (FPD) exhibit a poor low contrast
visualization and lack CT number accuracy, which constitutes a barrier to implementation of
treatment strategies in radiation therapy. When compared to MDCT detectors, amorphous
stlicon FPDs have significantly higher electronic noise, lower quanturm efficiency, and lower
digitization range [1]. These problems cumulatively contribute to degradation of low contrast
object visualization in CBCT images [2].  One drawback of FPD is a relatively low projection
acquisition rate (15-40 projections/sec) as compared to MDCT (2000-3000 projections per sec)
[31. Lower frame rates, combined with the safety-mandated slow gantry rotation speeds of
linac gantries (60 secs per rotation} result in the presence of organ motion in CBCT images,
which in turn prevents implementation of dual-energy CT (DECT) techniques. Among
clinically available DECT acquisition techniques, only rapid kVp switching would be potentially
applicable to FPD based CBCT [4, 5. In this method, the tube voltage 1s switched between
high and low kVp values (e.g. 80 and 140 kVp) to acquire high and low energy projections at a
periodicity corresponding to the frame rate of the detector. However, due to the limitations of
FPDs described above, low/high energy projections cannot be acquired fast enough, or at

sufficiently similar gantry angles. As a result, dual energy processing may not be directly
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performed on low/high energy projections pairs, which has been reported to require pairs to be
acquired at the same gantry, or source/detector position [4].

A potential alternative to DECT acquisition techniques is dual energy processing in the
image domain (i.e. after the reconstruction of high and low energy CBCT 1mages). However, in
the clinical context of CBCT, this is complicated by organ motion. In addition to severely
reducing CT number accuracy, organ motion may introduce pronounced motion artifacts in high
and low energy reconstructions, which prevents accurate estimates of monoenergetic or
material-specific CBCT images.

In one embodiment, the present invention contemplates a hybrid flat panel detector
comprising a plurality of photon counting detectors.  Although it is not necessary to understand
the mechanism of an invention, it is believed that photon counting detectors de-couple
dual-energy processing from organ rotion artifact. For example, it is believed that each photon
counting detector projection contains both high and low energy images acquired at the same time
[6]. Hence, each projection is free of organ motion, and dual energy processing can be
performed directly on each projection individually.  Subsequently, material specific or
monoenergetic CBCT images can be reconstructed.  While effects of organ motion is present in
a material-specific CBCT image {(due to the slow rotation of CBCT gantry} it will not interfere
with projection domain dual energy processing.

Photon counting detector based CBCT systems face two major barriers:

a) High scattered radiation intensity is an inherent problem of CBCT {2, 9], Scatter
contaminates the energy spectrum such that dual energy processing may not be
performed accurately.  As such, it is currently beleved that DE CBCT research is
limited to imaging of small objects, such as extremities or small animals, where

scatter intensity is relatively lower {5, 10, 11]; and
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b} CBCT count rate limitation due to pulse pile-up.  Pulse pile-up occurs when two
or more x-ray events are absorbed in the x-ray sensor with a very small temporal
separation, and hence register as a single x-ray event leading to x-ray counts being
underestimated [6, 12]. The incident x-ray fluence in CBCT can be as high as 107-
10 x-rays per second/mm’. Such incident count rates are still high enough to

cause considerable pile-up and count rate losses.

In photon counting MDCT, pulse pile up is particularly a big problem as maximum
fluence incident on the detector can be in the order of 108-109 counts per second/ mmZ and, as a
result, x-ray counts are under-measured due to pulse pile-up. See, Figure 27. In CBCT, the
incident x-ray fluence is much lower than MDCT, about 107 counts per second/mm2. It is
believed that this low fluence may be due to a factor of 30 to 100 lower tube currents and a
consequent a slower gantry rotation time {(e.g., 60 seconds in CBCT vs 0.5 seconds in MDCT).
However, such incident count rates are still high enough to cause considerable pile-up and count
rate losses.

In one embodiment, the present invention contemplates both devices and methods to
solve the CBCT problems regarding both the scattered radiation and limited count rate problems
for photon counting detectors.  In one embodiment, these devices and methods comprise photon
counting detectors. In one embodiment, these devices and method comprise dual energy
techniques.  In recent years, many clinical studies have been published on improving soft tissue
visualization by synthesizing low keV monoenergetic images, and the benefits of material
decomposition, all enabled by DECT [13-16]. It is currently believed that translation of DECT
techniques to a CBCT domain requires overcoming the above defined CBCT i1mage quality

barriers. In one embodiment, the present invention contemplates a photon counting method
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based upon dual energy processing.

ln some embodiments, a CBCT photon counting approach has advantages over energy
integrating CBCT, 1) as x-rays are counted, photon counting eliminates a readout noise problem
associated with FPDs; 1) an X-ray counting approach provides much higher dynamic range thao
energy integrating FPDs; 1) X-rays are directly converted to electrical charge, 1 e. scintillators
are eliminated, and thus, sensor thickness can be increased to 2 mm or more to improve guantum
etficiency above 90%, without sacrificing spatial resolution [6].

In one embodiment, the present invention contemplates a 21 ASG as a two-dimensional
array of through-holes separated by radio-opaque septa. See, Figure 1. In one embodiment, each
through-hole is aligned, or focused, towards an x-ray source. Moreover, the 2D ASG
contemplated herein lacks an interseptal spacer as an optumized grid design that provides a high
primary transpussion.  In one embodiment, the present invention contemplates a 2D ASG
comprising a CBCT flat panel detector. Figure 28A and Figure 28B.  Although it 1s not
necessary to understand the mechanism of an invention, it is believed that a 2D ASG reduces
scatter contamination to levels that has not been achievable with any existing CBCT scatter
mitigation approaches. It is futher believed that a two-dimensional array of septa as presented
herein is a more efficient configureation to stop radiation scatter than any one-dimensional septa
artay currently used in CBCT radiographic imaging ASGs.

it has been reported that a 2D ASG with a grid ratio of & provided a factor of 3 to 6 lower
SPR than a radiographic 11 ASG with a grid ratio of 10.  Figure 29, and [17]. This is further
evidenced by an improved quality of CBCT images when using a 2D ASG with a hybnid flat
panel photon counting detector versus a 1D ASG with radiation gathering detectors and a
radiation gathering detector without an ASG.  Figures 30A, 30B and 30C.

A reduced scatter fluence by a 2D ASG is also expected to reduce the photon “pulse
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pile-up” problem. A scattered radiation to primary radiation ratic measured using a 30 cm
phantom thickness exceeds four (4), which indicates that scattered radiation increases x-ray
intensity incident on the detector by a factor of 4. Since scattered x-rays increase the x-ray
fluence 1ncident on a detector, this phenomenon contributes to a pulse-pile up problem. Figure 29
However, with a 2D ASG as contemplated herein, a scattered radition-to-primary radiation ratio
is reduced to 031, Consequently a 2D ASG configuration leads to an almost factor of four
reduction in scattered radiation intensity incident on a detector, and hence, reduces photon pulse
pile-up.  With radiographic 1D ASGs, this effect will be less pronounced as they transmit high
fraction of scattered x-rays. Software based scatter correction strategies cannot reduce the scatter
induced pulse pile-up, as scatter correction is performed after the detection of scattered x-rays by
the x-ray sensor

With respect to a 1D ASG, scatter suppression efficiency of 2D ASG was particularly
better at higher scatter intensity environments; as the angular distribution of radiation scatter 1s
larger for thicker objects, septa configured in two dimensions is more efficient in stopping
scattered x-rays than one-dimensional a septa configuration.

As mentioned above, a ZD ASG provides a higher primary radiation transmission than 1D
ASGs. It is believed that the higher primary radiation transmission is due to: 1} an absence of
interseptal spacers; and 1) a larger grid pitch (2.9 mm).  In one embodiment, a 2D ASG as
contemplated herein comprises an 85% primary transmission (averaged over the entire area of
2D ASG), whereas a conventional 1D ASG with fiber spacers has a 71% primary transmission.

The implementation of 2D ASGs in the context of photon counting detectors and dual
energy imaging 1s believed to have advantages over 1D ASGs and 2D ASGs configures with
energy gathering detectors.  These advantages include, but are not limited to: a} a reduction of

energy spectrum contamination; b} a reduction in scattered radiation fluence contamination that
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o



W

10

15

20

WO 2018/194937 PCT/US2018/027660

is characteristic of x-rays emitted from tungsten grid septa; ¢) a reduction in radiation backscatter
from photon-counting detector on an incident x-ray energy spectrum; and d) preferred grid septa
positioning with respect to photon counting detector pixel positions to optimally process x-ray
fluence and energy spectrurn.

In one embodiment, the present invention contemplates an aft fluence modulation method
comprising a 2D ASG and a photon counting detector for improving radiation count rate and
energy resolution. In one embodiment, a 2D ASG footprint creates a plurality of septal
shadows. In one embodiment, a ZD ASG comprises a plurality of photon counting detectors
comprising pixels are located underneath 2D ASG vertical septa.  As such, these photon
counting detector pixels are exposed to a significantly lower fluence than pixels in the center of
the 2D ASG through-holes. See, Figure 24 and Figure 25, Thus, pixels in septal shadows are
less likely to be affected by the pulse-pile up problem.  In high fluence regions of a projection,
such as skin-air boundaries, pixels in the center of through-holes exhibit photon pulse pile-up,
and they will be excluded from the projection image. Image signal in these locations may be
estimated by image signals from septal shadows surrounding that location.  As the grid pitch
will be in the order of 1-3 mm, we believe that interpolation may be a feasible approach to
estimate image signal in the center of the through-holes by using image signal in surrounding
septal shadows.

As the above-described method will be used only in high fluence regions that exhibit
photon pulse pile-up. However, to solve this problem also involves locating high fluence
regions within a projection.  In one embodiment, an aft fluence method comrpises detecting
regions exhibiting photon pulse-pile up.  Figures 31A, 31B, and 31C. For example, SPR ratio of
counts in pixel S (high fluence region) as compared to to pixel 3 (low tluence region}) is not

constant, i.e. will change as a function of incident fluence. The count ratio of pixel 5 to pixel 3
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at low incident fluences is expected to be higher than the ratio at high fluences. This is due to the
fact that pixel 5 will exhibit more count loss, or have a relatively lower counts, due to pulse
pile-up. The count ratio between pixels 5 and 3 can be established for varying fluence levels, and
this calibration data can be utilized as a “pulse pile-up detector” during CBCT scans.

In one embodiment, the present invention contermplates an att fluence gnd configuration.
For example, as both grid geometry and pixel dimensions play a role in fluence modulation in
septal shadows, various grnid septa configurations are contemplated.  Figures 31A and 31B.
In one embodiment, septal thickness is increased to further reduce fluence within septal shadows.
This way, a larger portion of each pixel is shadowed by thicker septa, where a small portion pixel
surface 1s exposed to incident x-rays. However, unobstructed areas of pixels are located on or
near the edges of pixels, and a charge cloud created by x-ray absorption in this region is more
jikely to spread onto neighboring pixels, which may lead to speciral degradation due to charge
sharing. A more optimal solution to reduce fluence n septal shadows 13 to employ grid septa
with a footing. Figure 31B. In one embodiment a footing has a height of approximately
between 0.3 to 2 mm. Although it is not necessary to understand the mechanism of an
invention and it is believed that the footer attenuates the radiation beam, rather than fully
obstructing x-rays. By using a septal footing, fluence reduction can be better controlied, and a
large portion of the pixel surface may be exposed to incident x-rays, potentially reducing the
charge sharing problem. With this approach, fluence within septal shadows can be reduced by an
order of magnitude lower when compared to fluence at the center of septal through-holes.

Additive manufacturing methods are used to create grid geometries and septa
configurations. Powder bed laser melting (PBLM) method is used to fabricate our 2D ASG
prototypes. PBLM for tungsten i1s compatible with an additive manufacturing process, as

challenges due to the high melting point of tungsten have been addressed in recent years. In
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PBIM, tungsten powder is spread over a built platform, and a high power laser beam traces and
melts the tungsten powder based on the CAD design. The grid is built layer by layer, by
lowering the built platform, adding a new laver of tungsten powder, and repeating the laser
tracing process. Fimshed products are accurate in dimensions within 20 microns, and minimum
septal thickness of 100 microns has been achieved. PBLM provides large design freedom, which
enables fabrication of complex grid geometries, such as focusing of individual through-holes,
spatially varying grid pitch and height. PBLM may also enable fabrication of our proposed septa
with footing for Aft Fluence Modulation. PBLM is a scalable manufacturing process, which is
suitable for both rapid prototyping and serial production of 2D ASGs.

To reduce high x-ray fluence, dynamic beam atienuators were proposed and 1nvestigated
by various research groups in the context of MBCT [18, 19]. 8§ uch attenuators are placed
between the x-ray tube and the patient, where fluence 13 modulated spatially and temporally, to
reduce fluence in less attenuating regions of the patient. Some examples of this approach are
dynamic bow tie tilters and beam-attenuating rods that move in and out of x-ray heam.

Implementation of such techniques may have major limitations, particularly in the
context of CBCT. First, dynamic beam filters are aimed for fan beam CT geometry, where
fluence modulation is needed in one dimension. In contrast to MDCT, fluence modulation in
CBCT s needed in two dimensions, and the desired fluence pattern may not be achieved by a
linear array of beam attenuators. For example, in thorax, high fluence regions due to lungs are
surrounded by low fluence regions due to mediastinum and chest wall. Such high fluence
“islands” are challenging to compensate using a linear array of dynamic beam attenuators.
Second, deternunation of modulation pattern requires prior knowledge about the patient
attenuation characteristics. If a patient’s prior CT scan is employed for this purpose, differences

in patient position and geometry can lead to regions with under-, over-modulation. Third, since
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dynamic beam filters are placed close to the x-ray tube, any filter positioning errors will be
magnified in the detector plane. The effects of gantry sag and associated effects on positicning
errors are magnified as well. The mismatch between the expected and actual position of
attenuators will lead to high gradient spikes and dips in fluence, which may cause severe artifacts
in images. Lastly, proposed dynamic attenuators are electromechanically complex. Fabrication of
such devices remains to be an area to be investigated.

In the presently contemplated Aft Fluence Modulation method, the electromechanical
complexity of dynamic atienuators is not present, as fluence is always modulated, in two
dimensions, by the 2D grid pattern attached to the detector.  The methods deseribed herein do
not require prior information about patient attenuation characteristics either.  Since the 2D ASG
is placed close the detector plane, any adverse effects of gantry sag or flex are much less

pronounced with respect to pre-patient beam attenuators.

EXAMPLES
The following examples are provided in order to demonstrate and further illustrate certain
preferred embodiments and aspects of the present invention and are not to be construed as

limiting the scope thereof.

EXAMPLE 1
In one embodiment, the invention relates to a two-dimensional antiscatter grid, wherein
said two-dimensional antiscatter grid is installed on top of a flat panel detector protective cover.
In one embodiment, said two-dimensional antiscatter grid is described in Figure 20, Figure 21,
and Figure 22. In one embodiment, some basic x-ray transmission characteristics of the

two-dimensional antiscatter grid are described in Example 2. In one embodiment, said hybrid flat
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Y

panel detector is described in Example 3 & Example 4. In one embodiment said
two-dimensional antiscatter grid unique qualities and grid parameters are described in Example 5
& Example 6. In one embodiment, a method to correct scatter using a 2D antiscatter grid is
described in Example 7. Tn one embodiment, an tllustration of a pixelated scintillator is found
Figure 20, Figure 21, and Figure 22. A more expansive description of one embodiment of the
current invention is described in Example 2. Previous explorations of antiscatter grid prototypes
are described by Altunbas {1, 71}
A. A flat panel detector that is “directly” integrated with 2D ASG, referred as “Hybrid”
¥PD

While 2D AS(’s purpose 1s to block scattered {(or contaminant) x-rays, it also partially
blocks primary x-rays (i.e. desired x-rays that form the x-ray image). 2D ASG’s septa create a
shadow that appears as a grid pattern in FPD images. This shadow 1s due to the lower x-ray
intensity reaching the FPD, as the 2D ASG’s septa partially blocks the primary x-rays. 2D
ASG’s shadow, 1.e. variation in primary X-ray intensity, creates two major problems from image
quality point of view: 1) The 2D ASG’s shadow will cause severe artifacts in images, which
makes the use of 2D ASG unfeasible. Therefore, the shadow of the 2D ASG must be corrected
by means of software or hardware methods. 2} Even if the 2DASG’s shadow is corrected, 2D
ASG continue fo block primary x-rays, and reduced intensity of primary x-rays will reduce
image quality: Lower the intensity of primary x-rays reaching the FPD, the noisier the image
gets. This problem can be compensated by increasing the x-ray dose to the patient; however this
1s not a preferred solution. 3) When 2D ASG/FPD combo is employed in a CBCT system, the
position of 2D ASG’s shadow will shift slightly in relation to the pixels in the FPD, as the CBCT
gantry rotates around the patient during image acquisition. As a result, grid shadow correction

methods may not work at all, or may correct grid shadows sub optimally.
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The shitt in grid shadow position is due to the CBCT gantry tlex, which 1s caused by
forces exerted by gravity on the gantry during gantry rotation. As a result, the x-ray source will
change position with respect to 2DASG/FPD combo, and, the 2D ASG s shadow will project to a
slightly different location. i the 2D ASG’s shadow shifts during image acquisition, correction of
the shadow may become quite challenging.

POSSIBLE SOLUTIONS:

A. 2D ASG’s shadow should be minimized as much as possible. To achieve this it 1s
possible to directly place the 2D ASG on the scintillator/pixel array in the FPD.

The shadow size is a function of the “distance” between the top surface of the 2D ASG
and the FPD pixel array. Smaller this distance, smaller the shadow gets. Currently, standard
one-~-dimensional ASGs and FPDs are manufactured independently, and the 1D ASG is integrated
on the protective cover of the FPD. Someone experienced in this Art is likely to follow the same
approach to integrate a 2D ASG with a FPD. As described in Example 4, such an approach
increases the distance between the top surface of the 2D ASG and the pixel array due to the air
gap and protective cover of the FPD. As a result, 2D ASG’s septa appear thicker in images than
its physical thickness. For example, 0.1 mm thick septa can appear as thick as 0.24 mm in FPD
images based on experiments.

If the 2D ASG 15 placed on the scintillator/pixel array, the distance between the top of the
ASG and pixel array can be reduced by about 40% (the actual reduction depends on the
properties of the FPD and 2d ASG).

One approach of the current invention also helps to reduce the change in 2D ASG’s
shadow position due to gantry flex. Smaller the distance between top of the 2D ASG and pixel

array, smaller the shift in shadow gets. As a result, grid shadow correction may be more robust.
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B. The 2D ASGs septa not be aligned with detector pixel array and the grid channel
size is much larger than the detector pixel size. This way, 2D ASG blocks less primary x-rays,
and hence, improve tmage quality (See Example 5 and Example 6 for more details). One of the
current nvention prototype 2D ASG demonstrates the benefits of this approach. Tn Example 5
and Example 6, it 13 shown that the presently disclosed 2D ASG provides 19% more primary
x-ray intensity than a conventional 1D ASG.

This approach also brings a large flexibility to grid/detector design. Grid channel shapes
do not need to be square, they can be hexagonal etc. {(for example, hexagon shaped grid channels
can produce smaller footprint than square shaped grid channels). Also channel width {or grid
pitch} can be varied across the detector (for example, grid height can be kept the same channel
width can be made smaller towards the central section of the detector where the scatter is
highest. Channel widths can be made larger at the periphery of the detector, where the scatter 13
lower. Variable grid channel width can reduce the cost of the 2D ASG).

C. To help to correct the 2D ASG’s shadow, the current invention utilizes pixelated
scintillators rather than continuous scintillaters in energy integrating FPDs. Pixel walls are
aligned with the septa of the 2D ASG. As described in Example § and Example 6 and Figure
22, this approach reduces the long-range cross talk within the scintillator, and thus, reduces the
intensity variations in 2D ASG’s shadow.

Reduced cross talk also improves the spatial resolution fo some extent.

A method to estimate and correct scatter infensity transmitted through 2D ASG.
Briefly, this method corrects the residual scatter intensity that was transmitted through
the 2D ASG. The method exploits the properties of 2D ASG’s shadow i FPD images, to

estimate the residual scatter intensity. The details of the method are described in Example 7.
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Besides correcting the residual scatter in images and improve image quality, this method
relaxes the technical requirements on 2D ASG fabrication and its potential implications on image
quality.

For example, a 2D ASG with a given channel width, can be fabricated with significantly
fess height; aspect ratio of grid channels, known as grid ratio, will be reduced which makes it
technically less challenging and cheaper to fabricate. Moreover, lower grid ratio makes it easier
to correct the grid shadows (i.e. the distance between the top of the ASG and pixel array
reduced). While more residual scatter will reach the FPD due to lower grid ratio, it can be

“corrected” using the proposed method in Example 7.

EXAMPLE 2
TRANSMISSION CHARACTERISTICS OF A TWO DIMENSIONAL ANTISCATTER
GRID PROTOTYPE FOR CBCT {102}

Aim: High fraction of scattered radiation in CBCT imaging degrades CT number
accuracy and visualization of low contrast objects. To suppress scatter in CBCT projections, a
focused, two-dimensional antiscatter grid (2D ASG) prototype was developed. In this Example,
the primary and scatter transmission characteristics of the 2D ASG prototype aimed for linac
mounted, offset detector geometry CBCT systems in radiation therapy, are described and
compared its performance to a conventional one-dimensional ASG (1D ASG).

Methods: The 2D ASG is an array through-holes separated by 0.1 mm septa that was
fabricated from tungsten using additive manufacturing techniques. Through-holes” focusing
geometry was designed for offset detector CBCT in Varian TrueBeam system. Two types of

ASGs were evaluated: a) a conventional 1D ASG with a grid ratio of 10, b} the 2D ASG
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prototype with a grid ratio of 8.2, To assess the scaiter suppression performance of both ASGs,
Scatter-to-primary ratio (SPR) and scatter transmission fraction {Ts) were measured using the
beam stop method. Scatter and primary intensities were modulated by varving the phantom
thickness between 10 and 40 cm. Additionally, the effect of air gap and bow tie (BT) filter on
SPR and Ty were evaluated. Average primary transmission fraction {(Tp) and pixel specific
primary transmission were also measured for both ASGs. To assess the effect of transmission
characteristics on projection image signal-to-noise ratio (SNR), SNR improvement factor was
calculated.

Results: In comparison to 13 ASG, 2D ASG reduced SPRs by a factor of 3 to 6 across
the range of phantom setups investigated. Ts values for 113 and 21 ASGs were in the range of 21
t0 29%, and S to 14%, respectively. 2D ASG continued to provide lower SPR and Ts at increased
air gap and with BT filter. Tp of 1D and 2D ASGs were 70.6% and 84.7%, respectively. Due to
the septal shadow of the 2D ASG, its pixel specific primary transmission values varied between
32.5% and 99.1%. With respect to 1D ASG, 2D ASG provided up to factor of 1.7 more
improvement in SNR across the SPR range investigated.

Conclusions: When compared to a conventional 1D ASG, 2D ASG prototype provided
noticeably lower SPR and Tg values, indicating its superior scatter suppression performance. 2D
ASG also provided 19% higher average primary transmission that was attributed to the absence
of interseptal spacers and optimized grid geometry. The results indicate that the combined effect
of lower scatter and higher primary transmission provided by 2D ASG may potentially translate

into more accurate CT numbers and irmproved contrast resolution in CBCT images.

I, Introduciion

High scattered radiation intensity is one of the major causes of image quality degradation
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in FPD based CBCT, which leads to loss of contrast resolution, reduced €T number accuracy,
and scatter induced image artifacts {4]. Two major approaches, knows as scatter rejection and
scatter correction methods, have been heavily investigated in the last decade to address this
problem [5, 29, 36]. For scatter rgjection purposes, ASGs developed for radiography and
fluoroscopy have been employed in CBCT [27, 28, 39, 41, 42]. These ASGs consists of a
one-dimensional array of radiopaque septa separated by aluminum or fiber spacers that support
septa (such ASGs are referred as 1D ASG in the rest of the text). 1D ASGs typically provide a
factor of 2 to 5 reduction in SPR values, and subsequently improve CT number accuracy and
reduce image artifacts. Moreover, bow tie filters were also employed in CBCT, and they were
shown to reduce scatter fraction in sections of the object close to the CBCT isocenter {28, 72-75].
While such scatter suppression devices help to reduce relative scatter intensity, residual scatter
reaching the FPD is still high enough to deteriorate CBCT image quality. Scatter correction
methods, which refers to correcting the effects scatter after its detection by the image receptor,
are often emploved to correct the residual scatter {37, 38, 76-84] Generally, both of these
approaches have been used together in CBCT systems for radiation therapy. However, the
improvement in image quality is not at the desired level to achieve highly accurate CT numbers
or improved visualization of low contrast objects [21, 23, 65, 851

To improve scatter suppression in CBCT, 213 ASGs may be viable alternative to 1D ASGs,
since two-dimensional septa can potentially provide better scatter rejection performance than
one- dimensional septa employed in 1D ASGs. With recent advances in advanced
manufacturing  methods, 2D ASGs were introduced for mammography [86], breast
tomosynthesis [87], and MDCT [88]. These 2D ASGs were fabricated using lithographic
techniques, and composed of copper (for mammography) or tungsten infused polymer (for

tomosynthesis and MDCT) to achieve low septal thickness, high radio-opacity and geometric
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accuracy of the 2D grid. Moreover, due to the self- supporting structure of a 2D grid, interseptal
spacers were eliminated in 2Id ASGs, which may help to improve 2D ASGs’ primary
transmission properties.

To assess the feasibility of 2D ASGs in the context of CBCT imaging, a 2D ASG
prototype was designed and fabricated to be employed in a linac mounted CBCT system. In
contrast to 2D ASGs cited above, one embodiment of the current invention may be fabricated
from pure tungsten using laser sintering based additive manufacturing methods. In this work,
its scatter and primary transmission characteristics under various imaging conditions were
evaluated, and compared it with a standard 1D ASG employed in the clinical CBCT systenm.
Additionally, the impact of transmission characteristics on the SNR improvement in projection
images was assessed.

2. Materinis and Methods
2.1. 2D ASG prototype

The 2D ASG prototype was composed of a rectangular array of square, through-holes,
separated by tungsten septa (Figure 2. To minmimize the shadow of septa in projection images,
through-holes were aligned, or focused, in two dimensions towards the x-ray source, and focusing
geometry was matched to TrueBeam’s “half-fan” CBCT geometry (Varian Medical Systems, Palo
Alto, CA). It was composed of two, 2 cm wide by 20 cm long modules, and they were glued

together to achieve 2x40 cm?

coverage on the FPD plane. 2D ASG has a grid pitch of 2.91 mm,
grid height of 23 mum, and a septal thickness of 0.1 mm, resulting in a grid ratio of 8.2 (i.¢. the ratio
of grid height to through-hole width). 2D ASG was fabricated using the Powder Bed Laser
Melting (PBLM) process, and it was manufactured by Smit Rontgen (Best, Netherlands). PBLM

process is similar to direct metal laser sintering, where a computer guided laser beam driven by

the CAD model of the ASG traces and melts the tungsten powder that is placed on a built
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platform. The grid structure is built on a layer-by-layer basis by lowering the platform, adding

a new layer of tungsten powder, and repeating the laser melting process.

2.2 Experimental setup and data acquisition

Experiments were performed using the CBCT system in a Varan TrueBeam STx linac,
The CBCT system utilizes a PaxScan 4030CB FPD (Varian Medical Systems, Palo Alto, CA)
with an imaging area of 40x30 cmz, and a G5-1542 x-ray tube (Varian Medical Systems, Palo
Alto, CA). In all experiments, half-fan CBCT geometry (also known as offset detector geometry)
was utilized (Figure 3), where the center of FPD was shifted by 16 cm in the transverse direction
with respect to imaging isocenter. Thus, the projected iocation of the beam’s central axis (CAX)
was 4 cm from the short edge of the FPD as indicated in Figure 3. Projected location of CAX
was simply referred as “CAX” in the rest of the text. In all experiments, central 2x40 em?
section of the FPD was exposed to x-rays, and this section was referred as “measurement area”
in the rest of text. The remainder of the FPD was covered with 3.2 mm thick lead sheet that
blocked 99.7% of the primary beam. TrueBeam CBCT system comes with a focused,
radiographic ASG (1D ASG), that was composed of a 1D array of fiber interspaced lead septa. It
has a grid ratic of 10, line rate of 60 l/em, and septal thickness of 0.0306 nun. In experiments with
the 2D ASG, 1D ASG was removed, and the 2D ASG was directly mounted on the protective
cover of the FPD. Three different ASG configurations were evaluated: 1) Without ASG (NG

ASG) 2) With 1D ASG, (i.e. the standard ASG in TrueBeam CBCT) 3) With 2D ASG.
To modulate primary and scatter intensity, 30x30 cm? acrylic slab phantoms were employed,
and they placed on the carbon-fiber treatment couch. The x-ray source was positioned at “0”
degree gantry angle, such that the central axis of the x-ray beam was orthogonal to the couch

surface. As described further in Section 2.4, scatter intensity was measured using lead beam
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stops, and they were placed between the phantom and the x-ray tube. To better visualize the
spatial variations in scatter intensity, beam stop measurements were performed at 3 different
tocations (at CAX, 10 and 20 cm lateral to CAX) as indicated by red circles in the detector plane.

All imaging experiments were performed at 125 kVp beam energy and with 0.9 rum
thick butli-in titamum beam filter. The x-ray tube was operated in pulsed mode, and tube current
and pulse duration were adjusted to achieve sufficient signal intensity in images without saturating
the FPD. The CBCT system comes with a built-in ion chamber placed on the x-ray tube exit
window, the output of the ionization chamber was used to normalize the projections due to
changes in mAs settings and temporal variations in tube output. The FPD was operated at 2x2
pixel binning mode (i.e. pixel size: 0.388 mm). For each measurement, 50 frames were acquired,
offset and tlat field corrected, corrected for tube output variations, and averaged to reduce image
noise. Corrected and averaged tmages were used 1n extraction of primvary and scatter intensities
as described in Sections 2.3 and 2.4. In Figure 3, the top side view of the experimental setup.
Red circles correspond to measurement points, and they are located at CAX, 10 cm, and 20 cm
off-axis from CAX at detector plane. In Figure 3, the bottom side beam eve view of the FPD. 2x
40 cm? wide “measurement area” of the FPD is shown in gray. Rest of the FPD was covered with
Pb sheet.

2.3 Measurement of Primary Transmission

For primary transmission measurements, phantoms and the couch between the x-ray
source and FPD/ASG assembly were removed (Experiment setup 1 in Table 1}, and two image
sets were acquired: one with and one without an ASG. The ratio of images acquired with and
without ASG yielded the primary transmission map. Average primary transmission fraction,
(Tp), was obtained by averaging the values withina 1.6 X 1.6 em? region of interest (RO} in the

primary transmission map,
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Tp = (1 (with ASG)) / (1 (without ASGY) x 100 Equation 1
where [ is the average of pixel values within the predefined ROIL The center of the RO
was centered across the short edge (2 cm} of the measurement area, and shifted along the long

edge (40 cm) to calculate Tp as a function of ROI location along the measurement area.

Since FPD pixels underneath the 2D ASG’s septa receive lower intensity of primary x-rays,
primary fransmission varies spatially on a pixel-by-pixel basis, which was not reflected in Tp
values. To evaluate this variation, primary transmission values extracted from the primary
transmission map were presented in cumulative histograms, referred as primary transmission

histograms (PTH}.

2.4 Measurement of Scatter Transmission fraction and Scatter-to-Primary ratio (SPR)

For scatter intensity measurements, 3.2 mm thick, disc shaped Pb beam stops were
mounted on a thin acrylic plate, between the phantom and the x-ray focal spot (Figure 4A&B).
Beam stops attenuated 99.7% of the primary beam, and the signal intensity in the beam stop
shadow yielded the scatter intensity. In each beam stop shadow, a circular region of interest
(ROT) was selected with a radius half of beam-stop shadow’s radius, and average scatter intensity,
I, was calculated by averaging the pixel values within ROL To keep the radii of beam stop
shadows consistent across all scatter intensity measurements, the beam stop tray was placed at
85 cm from the x- ray focal spot. This way, magnification of beam stop shadows was kept
constant at the detector plane.

For Scatter-to-Primary ratio (SPR) measurements, two sets of images were acquired at
each experiment setup {(Setups 2-4 in Table 1), one with and one without beam stops. SPR was

calculated using following,
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SPR = (s} / (Ip+s -~ Is} Equation 2

IS was obtained from images with beam stops as described above, whereas scatter plus
primary intensity, IP+S, was obtained by averaging the image signal at the same ROI location in
images acquired without beam stops. To quantify the scatter suppression difference between the
1D and 2D ASGs, SPR reduction factor was calculated, which was the ratio of SPRs measured
with 1D A and 2D ASGs.

Scatter Transmission fraction, Ty, is the fraction of scatter intensity transmitted through an
ASG, and it is a key metric in quantifying the scatter suppression performance of ASGs. Ts was
calculated using following,

T = {Is (with ASGY) / (Is (without ASG)) X 100 Eqguation 3

Where IS was obtained from tmages acquired with and without ASG in place.

As the beam stop size affects scatter infensity, SPR and Tg measurements were
performed using 4 different diameter beam stops (their diameters were 35, 7.2, 10.5, and 13.6
mm at the detector plane), and they were linearly extrapolated to “0” beam stop diameter by using
least squares polynomial fitting {2, 89, 901 In the Results section, SPR and Tg values at “0”
beam stop diameter, and their standard errors were presented. An example of measured SPR and
Tsvalues versus beam stop diameter was shown in Figure 4A&B. The data was measured using
20 and 40 cm thick phantoms. Y-axis intercepts of hnear fits yielded “07 beam stop diameter SPR
and Tg values.

The effect of air gap on SPR and Ts was evaluated using 20 and 35 cm air gaps, and 20
cm thick phantom (Experiment setup 3 in Table 1). Air gap was the distance between the bottom

surface of the treatment couch and the FPD plane. The effect of half-fan BT filter was evaluated
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using 20 cm thick phantom and 20 cm air gap (Experiment setup 4 in Table 1).

Table 1. Experiment setups used during primary and scatter transmission measurements

Setups Phantom thickness (om} Air gap {cm} BT filter
Setup 1 Neo object N/A No
Setup 2 0~40 20 No
Setup 3 20 20 and 35 No
Setup 4 20 20 Yes

In Figure 4A SPR values for 20 and 40 cm thick phantors were plotted as a function of
beam stop diameter. Figure 4B Tg values for 20 and 40 cm thick phantoms were plotted as a
function of beam stop diameter Linear fits were used to extrapolate SPR and Ts values to “07
beam stop diameter. Measurements were performed at 10 om from CAX| and using Experiment
Setup 2 in Table 1.
2.5 Improvement in signal to noise rotio
Improvement of low contrast object visualization in CBCT images is an important
subject as high scatter fraction degrades signal to noise ratio (SNR) in CBCT projections, and
subsequently affects tissue visualization tn CBCT images [4]. The methodology to evaluate the
effect of ASGs on SNR has been developed by several authors in the past [2, 44, 91, 921, and it
has been utilized in the context of CBCT {27, 42, 721 SNR for a contrast object 1s defined as
SNR = (¢P) / (P+8)*° Equation 4
where P is primary intensity, S 1S scatter intensity, and ¢ is a multiphicative factor that
defines the primary intensity difference, ¢P, between the contrast object and the uniform

background [2]. In evaluation of ASG’s impact on SNR, SNR improvement rather than the SNR
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value by itself, has been assessed [44, 72]. Thus, SNR improvement factor, Kgug. was employed
in this evaluation, which is the ratio of SNR with ASG to SNR without ASG. Koy was
calculated as [2],
Kswe = {Tp {1+ SPRY) / (Tp+ ToSPRY” Equation §
where SPR. was measured without ASG. Kgyr more than 1 indicates that the use of ASG
increases SNR with respect to SNR without an ASG at a given SPR value, whereas Kgug less
than 1 indicates that the ASG reduces the SNR. Ko for both ASGs were calculated from

measured SPR, TS, and Tp values described in Sections 2.3 and 2.4,

3. Results

3.1 Primary Transmission
Figure 5A shows a section of the primary transmission map of the 2D ASG, where
brighter and darker regions correspond to through-holes and septa of the 2D ASG, indicating
higher and lower primary transmission values, respectively. The orange square shows an ROI
that was used for calculation of Tp. Tp as a function of ROI location along the measurement area
is shown in Figure 5B. The mean (and standard deviation) of Tp across all ROI locations were
70.6£0.2% and 84.7+0.4% for 1D and 2D ASG, respectively. A slight reduction in 2D ASG's T,
is visible at 20 cm. This location corresponds to the abutment surface of the two 2D ASG
modules, where the septal thickness was doubled (i.e. 0.2 mm). Thus, ROIs that included the

location of the abutment surface had relatively lower T, values.
To better quantify the wvariation in primary transnussion, cumulative primary
transmission histograms (PTH) were calculated Figure 5C) For 1D and 2D ASGs,
minimum-maximum  pixel specific primary transmission values were 68.3%-72% and

32.5%-99.1%, respectively. Although, FPD pixels underneath the 2D ASG’s septa recetved low
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primary transmission, the percentage of such pixels was relatively small; 97.2% of the pixels
received 50% or higher primary transmission {Arrow 1), and 75 % of pixels received 72 % or
higher primary transmission, which was maximum pixel specific primary transmission value
measured with 1D ASG. Finally, 57% of the pixels received 90% or more primary transmission
with 23 ASG (red arrow 3). Figure 5A shows a section of the primary transmission map of 2D
ASG, where bright and dark regions indicate higher and lower primary transmission values,
respectively. The orange colored square indicates a 1.6 x 1.6 em? RO used for average primary
transmission, Ty, calculation. Figure 5B shows Tp a5 a2 function of ROI location along the long

edge of the primary transmission map. Figure 5C shows a cumulative priroary transmission

histograros of 1D and 2D ASGs.

3.2 Scatter to Primary Ratio (SPR)

SPR values as a function of phantom thickness and ASG configuration were measured
using Experiment Setup 2 {(Table 1), and results are shown in Figure 6. As 8PR values did not
vary considerably across measurement potints, only the results at 10 cm from CAX were
summarized below, and in Table 2. SPR without ASG increased from 1.11 to 8.44 as a function
of increasing phantom thickness, and 1D ASG reduced the SPR range to 045 — 2.71. 2D ASG
further reduced SPR range to 0.16 — 0.46. When compared to 1D ASG, 2D ASG provided a factor
of 2.81 to 5.89 reduction in SPR, and SPR reduction by 2D ASG was more pronounced at
larger phantom thicknesses.

The effect of air gap on SPR was evaluated using Experiment Setup 3 {(Table 1). SPR
was reduced for all ASG configurations when the air gap was increased from 20 cm to 35 cm

(Figure 7A). At 10 em from CAX, SPRs with 1D and 21 ASG were reduced from 0.96 to 0.67,
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and from
0.27 t0 0.21, respectively (Table 3). At 35 cm air gap, 2D ASG provided a factor of 3.19
fower SPR than 1D ASG.

The effect of BT filier on SPR varied spatially 1o all ASG configurations (Figure 7B):

5 While BT filter reduced SPR within 10 cm of CAX| SPR increased at 20 cm away from CAX for
all ASG configurations. 2D ASG continued to provide lower SPR values with respect to 1D
ASG with BT filter in place (Table 4). For example, at 10 cm from CAX, SPRs with 1D and 2D
ASGs were 0.08 and 0.18, respectively. SPR reduction factors provided by 2D ASG were 3.78
and 6.24 at 10 and 20 cm from CAX, respectively.
10
Table 2. SPR values as a function of phantom thickness at 10 cm from CAX point,
Phantom SPR
thickness SPR reduction
NOASG ID ASG 2D ASG
10 1.11+0.04 0.45+0.01  0.16+0.01 2.81
20 2.64+0.09 0.96+0.02 0.27+0.02 3.56
30 4.80+0.20 1.54+001 0344003 4.53
40 8.44+0.18 271003 0463006 5.89
15

Table 3. SPR values as a function of air gap at 10 cm from CAX

SPR
Air gap {(cm) SPR reduction
{actor
NOASG 1D ASG 2D ASG
20 2.64+0.09 0.96+0.02 0.27+0.02 3.56
35 1.53£0.02 0.67+0.01 0.21+0.01 319
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Table 4. SPR values as a function of BT filter status at 10 and 20 cm from CAX.

. e SPR
Measur?mem BT filter SPR Reduction
location status
factor
NOASG 1D ARG 2D ASG

10 em from CAX No 2.64+0.09 096£002 0.27+0.02 3.56
10 cm from CAX Yes 1.82+002 068002 0.18+0.01 3.78
20 ¢m from CAX No 262+007 1.04+£0.02 023+0.01 452
20 cm from CAX Yes 53012 181015 029001 6.24

3.3 Scatter Transmission fraction (TS}

Ts as a function of phantom thickness was measured using Experiment Setup 2, and
results are shown in Figure 8. At any given phantom thickness and ASG configuration, Tg values
varied less than 2% across all measurement points. Ty for both ASGs were reduced as phantom
thickness increased, that indicated betier scatter suppression performance at large phantom
thicknesses. At 10 cm from CAX, Ts of 1D and 2D ASGs were in the range of 21.3-29.1% and
4.6-14%, respectively (Table 5). When compared to 1D ASG, reduction in Tg with 2D ASG was
more pronounced at larger phantom thicknesses; when the phantom thickness increased from 10
to 40 cm.

As shown in Figure 9A, Ty increased as air gap increased from 20 to 35 cm for both
ASGs, indicating that scatter suppression efficiency was reduced at larger air gaps. At 10 c¢m
from CAX, relative increase in Ts was 18% and 25% for 1D and 2D ASGs, respectively. 2D
ASG still provided lower Tg with respect to 13 ASG (Table 6).

In contrast to SPR, Ts measured with BT filter did not exhibit large variations across the
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three measurement points (Figure 9B), and BT filter did not make a large impact on Tg;, Ts
increased slightly at CAX, and reduced monotonically further away from CAX with BT filter in
place. Ts values measured with BT filter were within 1-3% of the values measured without BT

filter. 2D ASG continued to provide lower Tg values with respect to 1D ASG (Table 7).

Table 8, Tg as a function of phantom thickness at 10
em from CAX,

Phantom thickness (cm} Ts

1D ASG 2D ARG

10 29.1£0.1%  14.0+£0.7%
20 25.6+0.1% 8.8+£0.7%
30 22.2+02% 5.7+0.3%
40 21.3+02% 4.6+£0.3%

Table 6. T as a function of air gap at 10 cm from

CAX.
Air gap {(cm) Ts
1D ARG 2D ASG
20 25.6+0.1% 8.8+0.7%
35 302+03%  11.1+02%

Fable 7. Ts as a function of BT filter status at 10 and 20 cm from CAX.

Measurement . -
) BT filter status 1y
iscation

i ARG 2D ASG

10 em from CAX No 25.6+0.1% 8.8+0.7%
10 cm from CAX Yes 26.2+0.3% 8.9+0.6%
20 em from CAX No 27.4+0.1% 9.1+0.1%
20 ¢m from CAX Yes 25.1+0.5% 5.940.5%
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3.4 SNR improvement factor

Kgur was calculated for all measurement points, and all experiment setups {See Table 1),
and it was plotted as a function of SPR without ASG (Figure 10). Figure 10 shows SNR
improvement factors, Kgnr, were plotted as a function of SPR without ASG. Kqw values were
calculated for all measurement points and experiment setups {(See Table 1) Cubic polynomials
{red and blue lines) were fitted to better visualize trends in Kgne. Cubic polynomials were fitted
to data points to visualize the trends (blue and red lines). When compared to 1D ASG, 2D ASG
provided higher Kgw values across the range of SPRs investigated in this study, and SNR
improvement provided by 2D ASG was more emphasized particularly at high SPR conditions.
For example, at SPR of 8.7, Kqui achieved by 1D ASG was 1.38, whereas 2D ASG provided
Kgnn of 2.34, indicating a Kgyy increase by a factor of 1.7 with respect to 1D ASG. Change in
air gap and presence of BT filter did not make any large difference in Kqp trends. When SPR
was 1.1 or below, Kqp of 1D ASG was less than 1, indicating that SNR was degraded with
respect t0 SNR withouwt ASG. For 2D ASG, transition from SNR improvement to SNR
degradation occurred (i.e. Kgg below 1) at SPR of 0.27. At SPR of 0, Kg of 1D and 2D
ASGs were 0.84 and 0.92, respectively, which implies that degradation of SNR was less with

2D ASG in the absence of scatter

4. Sunvnury and Discussions
A 2D ASG prototype aimed for CBCT systems in radiation therapy was developed and
evaluated its x-ray transmission characteristics. As shown in Section 3.1, 2D ASG prototype

provided about 20% higher primary transmission on the average than the 1D ASG instalied in the
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clinical CBCT system. There are multiple factors that explain the higher average primary
transmission provided by the 2D ASG. First, due to the self-supporting structure of the 2D grid,
interseptal spacers are not needed, whereas fiber spacers used between septa of 113 ASG that
attenuate the primary beam. The second factor is the effect of grid geometry on primary
transmission. The 2D ASG has a large grid pitch (2.91 mm) with respect to its septal thickness
(0.1 mm) that leads to a relatively small footprint on the FPD38; the area covered by the 2D
ASG’s tungsten septa constitutes less than 7% of the FPD’s imaging area. On the other hand, 1D
ASG has a relatively small pitch (0.167mm) with respect to its septal thickness (0.036 mm), and
hence, its footprint covers about 21% of the FPI¥s imaging area. Another factor that affects
primary transmission is the suboptimal geometry and focusing of ASG’s septa. Nonuniformities
in septal thickness and deviations of septa from ideal focusing geometry would increase the
shadow of septa in projections, and subsequently, would reduce primary transmission. Geometric
accuracy of 1D and 2D ASGs’ septa cannot be measured directly in projection images (due to the
small septal thickness with respect to FPD pixel size), and therefore, its impact on primary
transmission was not assessed in this study. However, spatial variations in ASG’s geometric
accuracy can be evaluated via observing spatial variations in TP. Standard deviation of TP was
0.2% and 0.4% for 1D and 2D ASGs, respectively, while their mean TP values were 70.6% (1D
ASG) and 84.7% (2D ASG). Such a small variation in TP indicates that the geometric accuracy
of both ASGs was uniform across the measurement area. While 2P ASG provided higher
“average” primary transmission, pixel specific primary transmission varied between 32.5% and
99.1% due to the 2D ASG's shadow in projections; FPD pixels that were underneath the 2D
ASG’s septa received less primary beam with respect to pixels at the center of grid holes, as
visualized in Figure 5A. With 1D ASG, variation of pixel specific primary transmission was less

than 4%, mainly due to its smaller septal pitch with respect to the FPD’s pixel pitch. Although,
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2D ASG provided lower primary transmission to a fraction of pixels, the percentage of such
pixels was relatively small, and 75% of pixels still received more primary transmission than the
maximum pixel specific primary transmission provided by 1D ASG.

From scatter suppression point of view, 2D ASG provided significantly better
performance 1o all imaging conditions that have been evaluated. When compared to the 1D ASG,
SPRs measured were lower by a factor of 3 — 6 with 2D ASG. Both ASGs provided better scatter
suppression for larger object thicknesses, as indicated by their lower T values at larger phantom
thicknesses. When the air gap was increased from 20 to 35 em, SPR was reduced in all ASG
configurations. However, reduction in SPR was due to the relative reduction in scatter intensity at
larger air gaps [27, 44, 931 On the other hand, scatter rejection performance of both ASGs
deteriorated at increased air gap, which was indicated by the increase in Ty values at 35 cm air
gap. This- observation was in agreement with other reports in the literature [41, 42]; as the air
gap increases, the angular distribution of scatier 1s less broad, and scatiered radiation is less
likely to be stopped by ASG’s septa.

BT filter spatially modulates both primary and scatter beam intensity, and caused
spatially nonuniform SPR distribution {28, 74, 94]. When compared to measurements without BT
filter, SPR was lower in regions close to CAX where primary intensity was higher due to the
thinner BT filter section, and SPR increased further away from CAX, where primary intensity
was lower due to increased BT filter thickness. These observations apply to both ASGs and NO
ASG configuration, which are qualitatively in agreement with the literature {28, 75]. While BT
filter caused larger variations in SPR, its trapact on the scatier suppression performance of 1D
in Tg values measured with and without BT filter

Numerous studies have established that reduced scatter fraction in CBCT projections
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translates into improved CT number accuracy and reduced image artifacts [4, 27, 28, 41, 72, 951,
Thus, ttis expected that improved scatter suppression performance of 2D ASG may be likely to
increase the CT number accuracy and reduce scatter-induced artifacts with respect to CBCT
images acquired with 1D ASG. Besides improvement of CT mumber accuracy, another area of
interest is the improvement of low contrast resolution. While ASGs reduce scatter intensity, and
have a positive effect on improving SNR, they also reduce primary intensity, that deteriorates
SNR and contrast resolution. In addition to the transmission characteristics of the ASG, relative
intensity of scatter, or SPR, incident on the FPD determines the level of SNR improvement or
degradation with the use of ASG. Several studies have reported that conventional 1D ASGs
reduced SNR and contrast resolution in low to medium scatter intensity environments, where
SPR was below 1-2. In this evaluation, SNR degradation with 1D ASG (1.e. Ky <1) occurred
at SPR values below 1.1, and this result was in agreement with the literature [27, 28, 42]. Since
SPR for various anatomical sites is generally less than two, the role of 1D ASGs in SNR
improvement 1s typically limited to high SPR imaging conditions, such as CBCT imaging of
Pelvis or abdomen [27, 28, 41, 42].

Across the SPR range investigated in this study, SNR improvement with 2D ASG was up
to a factor of 1.7 higher than 1D ASG. At higher SPR values, lower scatter transmission by 2D
ASG plays an important role in SNR improvement. At lower SPR values (e.g SPR<1)}, higher
primary transmission by 2D ASG becomes a more dominant factor in SNR improvement, as the
scatter intensity constitutes a smaller faction of the total x~ray 1otensity incident on the FPD. The
role of higher primary transnussion is particularly evident at “0” SPR condition, where SNR
improvement 1s solely determined by the primary transmission characteristics of an ASG. At 0”7
SPR (Figure 10), Kgyr of 1D and 2D ASGs were 0.84 and 0.92, respectively. As a combined

effect of both lower scatter and higher primary transmission, 2D ASG provided SNR
70



W

10

20

WO 2018/194937 PCT/US2018/027660

improvement at SPR values down to 0.27. Therefore, the 2D ASG may potentially improve
contrast resclution in a larger range of SPR conditions with respect to conventional 1D ASGs

One evaluation employed a 1D ASG with a grid ratio of 10, as it was the ASG installed in
the clinical TrueBeam CBCT system. While this 1s a typical grid ratio for commonly utilized 1D
ASGs, 1D ASGs with grid ratios above 1S5 have been developed in recent years. Such ASGs may
provide improved scatter suppression and SNR performance in CBCT imaging. For example,
Wiegert et al. [42] investigated a 1D ASG with a grid ratio of 27, and showed that T was a factor
2-3 lower with respect to a 1D ASG with a grid ratio of 10. However, SNR improvement with
high grid ratio was worse, except in high scatter imaging conditions {e.g. SPR>5), which was
attributed to poor primary transmission characteristics of the ASG. Stankovice et al. {62}
employed a 1D ASG with grid ratio of 21 in a linac mounted CBCT system. They have shown
that both CT number accuracy and contrast to noise ratio ({CNR) was troproved in a wide range of
scatter conditions with respect to CBCT images acquired without ASG. Fetterly and Schueler
investigated a similar 1D ASG for digital radiography [3]. They reported a factor 2-3 lower Tg
and comparable Tp with respect to 1D ASGs with moderate grid ratios, and better SNR
improvement in a wide range of scatter conditions. Comparison of 2D ASGs with such high
grid ratio 112 ASGs is an area remains to be investigated.

One of the challenges in implementation of 2B ASGs in CBCT is the correction of its
septal shadow, or footprint, in projections. If not addressed properly, spatial variations in image
intensity may likely to lead to ring artifacts in reconstructed images. Moreover, variations in image
intensity may also lead to spatially nonuniform image noise in reconstructions. Similar
challenges have been faced in utilization of 2D ASGs in breast tomosynthesis [87], and nonlinear
grid reciprocation schemes have been implemented to blur the ASG s footprint by moving the ASG

at high frequency during x-ray exposure [96]. A similar approach was also wutilized for
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crosshatched ASGs in mammography [47] Moreover, image post processing based correction
algorithms were developed for 1D ASGs that exploit the periodicity of septa footprint to suppress
ASG’s footprint in projections [97-99] Such post processing approaches may as well be

implemented in the context of 2D ASGs.

1. Conclusions

A prototype 2D ASG was developed and its x-ray transmission properties were evaluated
in haif-fan geometry of a linac mounted CBCT system. When compared to a conventional 1D
ASG, 2D ASG reduced SPRs by a factor of 3-6, while providing 19% higher primary
transmission on the average. It was observed that scatter suppression advantage of 2D ASG was
maintained at increased air gap and with bow tie filter in place. It is expected that lower SPR
values achieved with 2D ASG may potentially translate into reduced image artifacts and improved
CT number accuracy in CBCT. In addition, when compared to 1D ASG, 2D ASG improved SNR
in projections in a wide range of SPRs due to its ligher primary transmission and scatter
suppression capability. It 1s believed that improved SNR in projections may lead to improved
contrast resolution in CBCT images. While 2D ASG exhibited better scatter and primary
transmission characteristics, its septal footprint leads to spatially varying primary transmission in
projections that may cause artifacts in reconstructed images. If the correction of its septal
footprint is addressed, 2D ASG can be a promising scatter suppression device in improvement

of CBCT image quality in the future.

EXAMPLE 3
CONFIGURATION OF CURRENT X-RAY FLAT PANEL DETECTORS AND 1D ASGS

Conventienal, Potter-Bucky antiscatter grid: An array of 1D lead strips and
72



W

10

15

20

WO 2018/194937 PCT/US2018/027660

inter-spacers (so called Potter-Bucky grids). Such Potter-Bucky grids absorb scattered x-rays
while transmitting primary x-rays. Such grids are an “add-on” component to the flat panel
detector assembly.

Phosphor {(scintillator layer): Phosphor layer absorbs incident x-rays and converts them
to visible light photons. It is a continuous laver placed {or directly deposited) on the detector’s
pixel array. Since phosphor is a continuous layer, visible light photons from an x-ray interaction,
diffuse within the phosphor, and spread over to multiple pixels. Thus it reduces the spatial
resolution of the detector.

Betector pixel array: It converts the visible light photons to electrical charge, which is
converted to digitized signal.

One of the disadvantages of this approach the increased distance between the pixel array

and the ASG, see Figure 15.

EXAMPLE 4

HYBRID FLAT PANEL DETECTOR OF THE CURRENT INVENTION

The 1D Potter-Bucky grid described in Example 3 is replaced with one embodiment of
the current invention, a 2D antiscatter grid, and the 2D grid is directly placed on the phosphor
faver such as in Figure 16. A continuous phosphor layer is replaced with a pixelated phosphor
fayer. Pixels in the phosphor are separated with reflective septa, preventing diffusion of visible
light photons neighboring detector pixels. The 2D grid’s walls are aligned with the septa in the
phosphor layer, mimimizing the “inactive” area of the flat panel detector. This benefit cannot be
achieved with the conventional approach previously described (i.e. the grid is mounted on the top
of the protective detector cover, walls cannot be perfectly aligned with the septa of phosphor

fayer}.
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Some advantages of this hybrid design over existing flat panel detectors include the
following:
e Air gap and detector cover between the 2D ASG and pixel array 1s elinunated. As

a result, the shadow of 2D ASG 1s minimized in FPD images.

(A
[

Pixelated phosphor structure reduces cross-talk between detector pixels, improves
spatial and contrast resolution (see Figure 22).

e 2D grid provides better scatter absorption and improved primary X-ray
transmission with respect to conventional antiscatter grids. In return, it reduces
noise in CBCT images and improves the accuracy of CT numbers (reduced noise

10 leads to better soft tissue visualization, improved CT number accuracy leads to
improved tissue density estimation in CBCT images).

» Integration of pixelated phosphor with the 2D antiscatter grid reduces the
percentage of “inactive” detector area, thus more primary x-rays will be detected
by the detector. This approach will reduce noise in CBCT images.

15 Although this approach may appear similar to the conventional CT scanner detectors, it
uses a flat detector and a different pixel array technology. Flat detector employs either
amorphous silicon or CMOS pixel arrays to reduce the pixel size and the footprint of the flat

detector.

20 EXAMPLE 3
INNOVATIONS IN THE CURRENT INVENTION
Using a 2D grid and a pixelated scintillator in a flat panel detector for CBCT has not been
previously described. The differences in grid and scintillator designs are important to achieve

high image quality/cost effectiveness/ fabrication feasibility. A viable design is both feasible to
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fabricate and feasible to mtegrate with a flat dejector. More nnportantly, the design of the camvent
wvention should provide belter image quality than competing grids and oiher technologies. As
ontlined below, there are wmigue properties of the disclosed design that makes the gnid

fabrication feasible and provide better iimage quality than existing technologies:

Adjustment of focusing geometry and fabrication method:

¢ CFocusing geomety should be adjusted such that grid’s channels are directed to
the focal powd of the x-ray sowrce.

¢ T The method of gnd fabrication can be critical to the adjustability of the current
mvention to various system configurations and geometries. I one embodiment, a
laser sinfering pwovess may be used for fabrication of the gids. In one
embodiment, the laser sintermg process enables fhe fabrieation of the 213 grd

with the desived physical characteristies,

Using a pixelated scintillator in a flat panel detfector:

OPixelated scintillators are typically used te reduce the spread of optical phetons within
the semtillator, and to improve spatial resolution. Currently, pixelated scintillators are not used in
flat detectors, and there are good reasons for it To improve the spatial resolution with a
pivelated scintillator, the pixel size of the seintillator should maich pixel size of the Hat detector
array. Flat detecior pixel size is about 200 nucvons {varies befween 100 and 400 nucrouns,
depending on the make and model}. Thus, the pixel size of the senutillator should be i the order
of 200 microns, which is challenging and expeusive fabnicate.

The pixelated scintillators of the cwrrent wnvention are primarily used fo mywove the
perfornmnee of 213 srids with a flat panel detector, The pixel size of the scintillator is matched to

the size of the 2D gnd’s channels rather than the detector array pixels. As a result. the pixel size
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of the scintillator will be 2-3 mm (feasible to fabricate}. In the next section, it is examined why
this 1s a preferved approach. In a CT detector, the detector pixel size is ~ Imm (factor of 25 larger

than flat detector’s pixel), and scintillators with 1 mum wide pixels can be fabricated.

Selection of the optimal size of 2D grid’s channels

In CT detectors, 2D grid’s channels have the same size as the detector array pixels
{channel size and the detector’s pixel size are both ~1mm). However, this approach is very
challenging to implement in flat panel detectors (~200 micron detector pixel size): To match the
flat detector’s pixel size, a 2D grid should have a 200 microns channel width. If the grid channel
is 200 microns wide and channel walls are 50-100 microns thick, a large percentage of the grid
will be made of channel walls. Hence, most of the detector will be obstructed by the grid’s
footprint, which would lead to very poor transparency tor primary x-rays. Since primary x-rays
generate the useful signal 0 the detector, lower signal levels would lead to lower signal to noise
ratio in images.

In the current invention, the approach is different than previous approaches. The grid
channel size is much larger than the detector pixel size: the channel widths {or pitch) are in the
order of 2-5 mms. The selection of channel width depends on the channel wall thickness to
achieve the desired primary x-ray transmission characteristics. The grid channel width does not
depend on the detector pixel size. For example, for a grid channel width of 3 mm, and a channel
wall thickness of 100 microns, the footprint of the grid shadow will be much less, and the
primary x-ray transparency will be higher. About 85% of the primary x-rays will be transmitted

through the grid, see Figure 17.

The 2D grid’s channels does not need to be aligned with the detector pixel array.
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In a CT detector, 2D grid’s channel walls are aligned with the dead space between the CT
detector’s pixels. In fact, this proposed approach in flat detectors is described in US Patent
application publication 2004-0251420 A1 [100], herein incorporated by reference. However, a
typical large area flat detector has up to 43 cm width. Alignment of 200 micron wide grid
channels with 200 micron wide detector pixels 1s quite challenging over such a large length/area.
This s a lesser issue in CT systems as CT detectors are modular and smaller {each detector tile is
less than 10 x10 cm?).

In contrast to CT detectors and the patent application cited above, channel walls are not
aligned with the detector pixels in the current invention. With this approach, the integration of
the detector with the 2D grid is more practical. Since the proposed 2D grid is not aligned with
detector pixels, any grid channel shape can be used in the 2D gnd (rectangular, hexagonal etc.).
As a consequence of my approach, pixels in the shadow of the channel walls will have reduced
signal. But, based on my selection of the channel size (2-4 mum) and channel wall thickness
(~100 microns), such a signal reduction will not have a major impact in image quality. {See
Figure 18 below). Only a small percentage of pixels will be impacted by the shadow of the
channel walls.

Selection of optimal wall thickness is important to minimize the effect of channel wall
shadows on the image, and it is also crucial for fabrication feasibility.

To minimize the channel wall shadows in the image, the channel wall thickness should be
as thin as possible. However, fabrication process becomes more challenging tor thinner wall
thicknesses. One embodiment of the present invention, the laser sintering process 15 utilized, as
wall thickness of 100 microns can be achieved and 2D grids up to 20X20 em” can be fabricated.
Thus, a 2D grid for a large area flat detector (e.g. 40 x40 cm?) can be built only from four 2D

erid tiles. For wall thicknesses less than 100 microns, only two technologies exist (Vogtmeter gt
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al. [88] and Tang et al. [101]. In one embodiment, the current invention contemplates increasing
the wall thickness to, say 200-250 microns. Then other technologies can be used fabricate the
proposed grid. However, if the wall thickness is increased to 200 microns, the shadow of the
channel walls may be too large, and detector pixels in the wall shadows will receive little or no
signal. These pixels will essentially be dead pixels, as shown in Figure 18 In summary, in the
current invention design {(with 100 micron channel wall thickness and ~ 3 mm wide channels),
the signal reduction in the channel wall shadows will be at acceptable levels, and the fabrication
feasibility is preserved.

The 2D grid’s shadow in the image must be corrected for high image quality. This is a
very important subject for the integration of 21 grids with flat detectors. If the shadow of the 2D
grid is not fully corrected, it will lead to image artifacts. If not addressed correctly, correction of
grid shadows will be a major roadblock in implementation of 2D grids in flat panel detector
systerns.

Correction option |: The magnitude of signal reduction due to grid’s shadow can be
measured on a pixel by pixel basis under reference conditions. This “calibration data” can be
later used to process images and correct the reduction in signal due to grid. Such calibration data
based correction methods are already known.

Correction option 2: The option 1 above may not be a robust correction method due to
long distance cross-talk in non-pixelated scintillators {see Figure 21} Due to continuous
{non-pixelated) scintillator layer in the flat detectors, some of the light photons travel large
distances laterally, and get detected by detector pixels far from the original location of x-ray
absorption. This long distance cross-talk is also known as glare. The magnitude of glare depends
on the properties of the imaged object, therefore “the calibration data” based approach in Option

1 cannot correctly handle the excess signal The magnitude of veiling glare compromise the
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robustness of the correction option 1 above.

That’s where the pixelated scintillators come into play (see the pixelated scintillator in
Figure 22). If the scintillator is pixelated, this long-distance cross talk will be prevented, and the
reduced signal in the 2D grid’s shadow can be better predicted. The prevention of long distance
cross-talk will also provide some improverent 1o spatial resolution.

To reduce long distance cross talk, scintillator’s pixel size does not need to be as small as
detector’s pixels (as in CT detectors). Thus, in the disclosure, the pixel size of the scintillator will
be matched to the width of the grid’s channels, and pixels of the scintillator will be aligned with
channel walls of the 2D grid. With the alignment of scintiliator pixels and the grid’s channels

There are significant advantages to placing the 2D grid directly on the top of the
scintillator (rather than on the top of the protective cover of the flat detector). The first advantage
is the ability to align 2D gnid’s channels with the pixelated scintillator, as described in previously.
The other advantage is the reduced effective height of the 2D grid (Jf the grd is instalied on the
protective cover, there will be about a | em gap between the grid and the scintillator layer).
Reduced grid height becomes important, when flat detector/grid assembly is used in a CBCT
gantry {Please see the “gantry flex and grid shadow” illustration in Figure 20). A CBCT gantry
typically “wobbles or flexes” slightly when it rotates around the patient due to flexing of the
gantry arms under gravity. As a result, the position of the x-ray source changes tn relation to the
grid/detector assembly, and the shadow of the grid on the detector shifts. This “wobble or gantry
flex” problem makes the correction of the grid shadow challenging. Higher the gnid the worse the
problem gets. Thus, by ditectly mounting the grd on the scintillator, the effective height of the
grid can be reduced from ~ 3cm to ~2 c¢m (physical height of the grid is assumed to be 2 cm).

Is the “gantry flex and grid height” an issue in CT systems? CT gantries are built using a

completely different architecture. They have minimal gantry flex/or wobble. Thus, the grid
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height is much less of an issue.

EXAMPLE 6

CALCULATIONS OF THE 2D GRID’S PHYSICAL CHARACTERISTICS

1) The slant or angle of the 2D grid’s channels: Angle of the grid’s channels follow the
divergence of the x-ray beam, thus the calculation of channel angles is not unique to the
disclosed 2D grid design. In other words, any grid design should incorporate similar channel
angles such that channels are pointing towards the x-ray source.

2) Primary x-ray transmission characteristics: Primary transmission is primarily a
function of grid channel width and chaonnel wall thickness. This 13 one of the fundamental
propertties of the 2D grid. Example 2 describes the calculation of the primary transmission.
Figure 17 and Figure 18 are from Example 2. Essentially, the proposed grid provides
significantly better primary transmission that conventional antiscatter grids used with flat
detectors (Figure 17). Conventional grids transmit only 60-70% of primary x-rays, whereas the
2D grid with 3 mm channel width and 100 micron wall thickness transmits 85% of primary
x-rays (higher the primary transmission the better).

3) Scattered x-ray transmission characteristics: Grid chaonel’s height to width ratio
(also known as grid ratio) is the primary factor that determines the scatter transmission
characteristics. Based on prelimunary experiments, a 2D grid with a grid ratio of 12 transmits
approxirately 6% of the scattered x-rays, whereas conventional grid with a similar grid ratio
transmits 10-15% the scatter (lower the scatter transmission the better). Although theoretically
2D grid’s grid ratio {(and height) can be increased to provide even lower scatter transmission, it is

not practically possible due multiple reasons (manufacturing challenges, thicker grid will be
80



(¥,

10

15

20

WO 2018/194937 PCT/US2018/027660

closer to the patient (patient hazard), makes it harder to correct grid’s shadow due to gantry tlex
(as explained in item 5 above). In one embodiment, the grid ratic of a 2D grid will be around
6-15, and the height of the grid will be a maximum of 5 cm or so. ). In one embodiment, a 2D
grid with a grid ratio of 10, and a grid channel width of 3 mm, the grid height will be 3 cm.

4) Benefits of integrating pixelated scintillator and 2D grid with a fiat panel detector
array. Numerical calculations to predict its benefits are not straightforward, but can be done in
the longer term (1.¢. reduced long-range cross talk, improved corrections of 2D grid’s shadows).
The integration of the 2D grid with the pixelated scintillator provides more benefits than the
benefits of the individual components as 1t is a synergistic combination. A pixelated scintillator
with 3mm pixels can be incorporated into a flat detector without the 213 grid, and long distance
crosstalk can be reduced. However, the pixelated scintillator and the reduced cross-taik also

improves the correction of 2D grid’s shadow in the image.

EXAMPLE 7

A METHOD 70 CORRECT SCATTER INTENSITY USING A 2D ANTISCATTER
GRID

Backeground: The purpose of the 2D antiscatter grid is to stop scattered x-rays reaching
the flat panel detector, and improve the image quality. However, a fraction of scattered x-rays
can still pass through the 2D grid, and reach the detector. As a result, the image quality would be
deteriorated.

Although, 2D grid’s height (or grid ratio) can be increased to reduce the transmission of
scatter, such a grid design will lead to other technical and practical challenges. For example,
increased grid height is more difficult to fabricate, and it can also absorb more primary x-rays

{i.e. usetul x-rays that form the image}, which deteriorates image quality.
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Purpose of the innovation: The disclosed method utilizes the 2D grid itself as a device
to estimate the residual scatter transmitted through the 2D grid to the flat panel detector. Once
the restdual scafter intensity reaching the detector is estimated, the scatter intensity can be
“corrected “to improve image quality. This invention expands the utility of the 2D gnd. Tn
addition to being a scatter rejection device (as explained in my previous disclosure), the 2D gnid
15 utilized as a device to estimate and correct residual scatter reaching the detector.

How it works: The 2D ¢rid’s footprint introduces a unique pattern of image intensity
variations as shown in Figure 19. In the absence of scattered-rays (i.e. without any imaged object
in the field), the ratio of image intensity underneath the grid’s footprint (red box 1) and at the
center of a grid hole (red box 2) has a unique value. While imaging an object, majority of the
scatter will be stopped by the 2D grid, and a small fraction of scatter will reach detector. As a
result, this unique ratio of sigoal intensities in Boxes 1 and 2 will change.

If the ratio of signal intensities in Box 1 and 2 are measured without scattered x-rays, a
calibration data can be generated. This calibration data can be used to estimate the scatter

intensity when an object is imaged using the following equation.
§= B((h/D) - (P/P)) | (1(PyPy))) Equation 6

S=Scatter intensity in Box 2, when an object is imaged

1= Image intensity in Box 1 when an object is imaged

I,=Image intensity in Box 2 when an object is imaged

P= Image intensity in Box | under calibration conditions (no scatter is present in the
image)

Py= Image intensity in Box 2 under calibration conditions (no scatter is present in the
image)

The calculation described above can be repeated for any arbitrary “box pairs” in the
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image shown in Figure 19. Thus, scatter intensity can be calculated for any point in the image to
get a 2D scatter intensity map. Subsequently, scatter correction is achieved by subtracting this
scatter intensity map from the tmage. The equation described above shows one way of
calculating the scatter intensity using the 2D grid’s footprint in images. Fourter domain methods
may also be used to calculate the scatter intensity.

Thus, specitic compositions and methods of a hybrid flat panel detector for cone beam
CT systems have been disclosed. It should be apparent, however, to those skilled in the art that
many more modifications besides those already described are possible without departing from
the inventive concepts herein. Moreover, in interpreting the disclosure, all terms should be
interpreted in the broadest possible manner conststent with the context. In particular, the terms
"comprises” and "comprising” should be interpreted as referring to elements, components, or
steps in a non-exclusive manner, indicating that the referenced elements, components, or steps
may be present, or utilized, or combined with other elements, components, or steps that are not
expressly referenced.

Although the invention has been described with reference to these preferred embodiments,
other embodiments can achieve the same results. Variations and modifications of the present
invention will be obvicus to those skilled in the art and 1t is intended to cover in the appended
claims all such modifications and equivalents. The entire disclosures of all applications, patents,
and publications cited above, and of the corresponding application are hereby incorporated by

reference.

EXAMPLE 8
ACOMPUTATIONAL MODEL OF A 2D ASG PHOTON-COUNTING DETECTOR

This example is directed to understand the physics of x-ray transmission and detection in
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2D ASG/photon counting detector assembly, and investigate the effect of various 2D ASG and
detector configurations on CBCT image quality. The second goal of this example is to investigate
aft fluence modulation approach, and identify optimal 2D ASG grid geometries,

To study the x-ray transroission, we will employ an x-ray spectrumy model {28}, and
GEANT4 for Tomographic Emission {(GATE) Mounte Carlo package to simulate x-ray
transmission through the phantom and 2D ASG [29] The imaging system geometry will mimic
the imaging conditions of a linac mounted CBCT system, and we will employ various phantom
setups depicting various anatomical sites.  We will also simulate the CdTe detector to study the
effects detector backscatter. GATE simulations will provide the incident x-ray spectrum on the
detector, and we will investigate how 2D ASG geometry {(such as gnid height, pitch, septal
thickness, and septa footing) affects the transmitted spectrum of primary and scattered x-rays.
We will also study the characteristic x-rays emitted from tungsten septa. While, the overall
contribution of tungsten characteristic x-rays to spectrum contamination is expected to be small,
it may have a larger contribution in pixels located in septal shadows. As, our proposed Aft
Fluence Method employs pixel counts in septal shadows, we will evaluate whether spectral
contamination in septal shadows affect the efficacy of our fluence modulation approach.

To investigate the detected energy spectrum in the CdTe detector, we will model the
detector response, or signal formation, by adopting the methodology used by Schmidt {307 .
Modeling the detector’s energy response with GATE simulated incident x-ray spectrum will
enable us to study the effects of charge shanng and the “detected” energy spectrum for a variety

2D ASG geometries and pixel sizes.

EXAMPLE 9

EXPERIMENTAL EVALUATION OF 2D ASG SCATTERED RADIATION REDUCTION
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We will measure scatter and primary transmission characteristics of the 2D ASG, using
achieved by performing dual energy CBUT imaging experiments; we will assess the notse
charactenistics of CBCT images, contrast-io-noise ratio (CNR) improvement, and accuracy of
iodinated contrast quantification in a variety of phantoms mimicking clinically relevant
anatomical shapes. We will also be able to quantify the spatial variations in spectral
contamination (i.e. spectral contamination in septal shadows versus center of grid holes}). These
studies will be performed at low x-ray fluences to minimize the effect of pulse-pile up on our
evaluations.

We will setup a benchtop CBCT system using a fixed anode x-ray tube, a linear photon
counting detector, and a rotation stage for the phantom. As such linear detectors are about
40-50 mms in length, we will perform multiple acquisitions for each projection by translating the
detector in the transverse plane.

While a linear detector will aliow us to reconstruct only the central CBCT slice, we will
emulate the scatter conditions of full CBCT exposure geometry (the size of the exposed area will
be about 30x40 cm?2 at detector plane}. To suppress potential grid artifacts caused by septal
shadows, we will explore various detector calibration approaches, and implement a total

vartation minimization (TVM) based grid artifact suppression algorithm,

EXAMPLE 10
AFT FLUENCE MODULATION VALIDATION
This example characterizes improvement in count rate and energy resolution performance

under clinically relevant fluence environments.
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We will test two 2D ASG septal configurations one with standard {constant thickness)
septa and the other one with septal footing.  First, we will characterize the pixel response as a
function of incident fluence, and assess the effects of pulse pile-up both in septal shadows and in
the center of the through-holes; we will observe the differential changes in count rate changes in
these two regions and determine the conditions that will employ the Aft Fluence Method.  As
the detector can be translated with respect to a fixed 2D ASG in our benchtop system, we will be
able to change the grid position with respect to detector pixels in a precise manner, and
investigate the effects of grid/pixel alignment on Fluence modulation patterns and pixel-specific
energy resolution.

Specifically, we will evaluate the energy response of pixels neighboring the septal
shadows; as we hypothesize that energy resolution in such pixels can be improved due to reduced
charge sharing (described in Section 2.2). We will ssess the magnitude of improvement in energy
resolution in such pixels.  If we can successtully demonstrate that energy resolution is improved
in such pixels, novel photon counting detectors can be developed in the feature, where grid septal
pitch 1s matched to detector pixel pitch, reducing charge sharing among all neighboring pixels,
and hence, improving energy resolution of photon counting detectors.

We will also perform an image quality comparison of photon-counting CBCT to single
engrgy FPD based CBCT. This step 1s aimed to demonstrate the utility of proposed solutions as

well as the benefits of photon counting approach in CBCT under realistic imaging conditions.
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CLAIMS:

We claim:

I. An x-ray irmaging device, comprising:
5 a) an X-ray Source;
b) atwo dimensional selective electromagnetic radiation transmission grid comprising:
i} a plurality of vertical walls, wherein said walls are connected to each other in
a geometric pattern and pointed towards said x-ray source;
i1) a plurality of open ended channels, wherein said open ended channels are
10 defined by said plurality of vertical walls; and
¢} a flat panel detector comprising a phosphor layer and a detector pixel array, wherein

said grid is in contact with said flat panel detector.

3

The device of claim 1, wherein said vertical walls comprise an essentially radiation-opague

o
W

material

3. The device of claim 1, wherein said phosphor layer is divided into pixels with reflective

walls.

20 4. The device of claim 3, wherein said vertical walls of the grid are aligned with the reflective

walls of the said phosphor laver.

L

The device of claim 1, wherein said phosphor layer 13 continuous, and said grid is placed
directly on the said phosphor layer.
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The device of claum 1, wherein said the separation {pitch) between satd grid’s vertical walls
is larger than the pitch of the said detector’s pixel array, and vertical walls are not aligned

with detector pixel array.

The device of claim 6, wherein said grid’s pitch and height may vary spatially across the flat

panel detector.

The device of claim 1, wherein said there 1s a gap between the said grid and phosphor layer.

The device of claim 1, wherein said tlat panel detector comprises amorphous silicon pixel

array.

The device of claim 1, wherein said flat panel detector further comprises a complementary

metal oxide semiconductor (CMOS) pixel array.

The device of claim 1, wherein said flat panel detector further comprises a solid-state x-ray

SENsOf.

. The device of claim 11, wherein said solid-state x-ray sensor comprises Cadmium Telluride

(CdTe), Cadmium Zinc Telluride, or Silicon.

The device of claim 1, wherein said geometric pattern is rectangular,
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The device of claim 1, wherein said geometric pattern is hexagonal.

The device of claim 1, wherein said at least one structural element comprises a plurality of

radio~-opaque sheets.

The device of claim 15, wherein said sintered element extends at least between two of said

plurality of radio-opaque sheets and on both sides of at least one of the radio-opaque sheets.

7. The device of claim 1, wherein said grid is a scatter measurement and correction grid.

The device of claim 1, wherein said device further comprises a correction algorithm.

The device of claim 18, wherein said correction algorithm corrects a transmitted residual

scatter intensity.

. An x-ray imaging device, comprising:

a) an X-ray Source;
b) atwo dimensional selective electromagnetic radiation transmission grid comprising:
i} a plurality of septa, wherein said septa are connected to each other in a
geometric pattern and pointed towards said x-ray source;
i) a plurality of open ended channels, wherein said open ended channels are
defined by said plurality of septa; and
¢} a flat panel detector configured underneath said plurality of septa and comprising a
plurality of photon counting pixels, wherein said grid is in contact with the flat panel

100
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detector.

The device of claim 20, wherein said two dimensional grid further comprises at least one

structural element,

. The device of claim 20, wherein said septa comprises an essentially radiation-opaque

material.

The device of claim 20, wherein said flat panel detector comprises silicon x-ray sensor.

. The device of claim 20, wherein said flat panel detector comprises a cadmium telluride x-ray

5€NS0oT.

. The device of claim 20, wherein said flat panel detector comprises a cadmium zine telluride

X-1ay SEnsor.

The device of claim 20, wherein said flat panel detector further comprises a2 complementary

metal oxide semiconductor (CMORS) pixel array.

. The device of claim 20, wherein said geometric pattern is rectangular.

. The device of claim 20, wherein said geometric pattern is hexagonal.

The device of claim 21, wherein said at least one structural element comprises a plurality of
101
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radio-opaque sheets.

. The device of claim 29, wherein satd radio-opaque sheet in the said grid is composed of

sections with different height and thicknesses.

The device of claim 21 or claim 30, wherein said grid’s shadow generates high and low x-ray

fluence regions, or fluence modulation, incident on the tlat panel detector.

. The device of claim 31, wherein said modulation pattern is used to correct pulse pile up in

said photon counting pixels.

. The device of claim 29, wherein said structural element extends at least between two of said

plurality of radio-opaque sheets and on both sides of at least one of the radio-opaque sheets.

4. The device of claim 20, wherein said gnid is a scatter measurement and correction grid.

. The device of claim 20, wherein said device further comprises a correction algorithm.

. The device of claim 35, wherein said correction algorithm corrects a transmitted residual

2

scatter intensity.

The device of claim 20, wherein said grid provides a fluence modulation on the said flat

panel detector.

102
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38. The device of claim 20, wherein said grid has septa with uniform thickness.

39. The device of claim 20, wherein said grid comprises different thicknesses and heights in

septa to control x~ray fluence rnodulation pattern.

5
40. The device of claim 20, wherein said grid’s septal shadows provide lower fluence.
41. An x-ray imaging device, comprising:
a} an xX-ray source;
10 b) atwo dimensional selective eleciromagnetic radiation transmission grid comprising:
i) a plurality of vertical walls, wherein said walls are connected to each other in
a geometric pattern and pointed towards said x-ray source;
i1} a plurality of open ended channels, wherein said open ended chaonnels are
defined by said plurality of vertical walls; and
15 ¢} atlat panel detector comprising a phosphor layer, wherein said grid is in contact with

said flat panel detector.
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