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ABSTRACT

Background: Idiopathic pulmonary fibrosis (IPF) is a chronic interstitial lung disease

characterized by a progressive deposition of scar tissue in the lung interstitium and a poor
prognosis. It is primarily diagnosed using high resolution computed tomography (HRCT)
to identify specific disease patterns and to measure the extent of fibrosis burden. Mouse
models of pulmonary fibrosis are used to investigate mechanisms and interventions of IPF,
and micro-CT is common tool used to noninvasively assess fibrosis burden in these models.
The sensitivity of both clinical CT and micro-CT in the detection and quantitative
assessment of fibrosis is limited by partial volume effects. Here, the signal from the small
tissue structures of the lung become averaged out with the surrounding air signal. X-ray
dark-field is a phase-derived property that derives signal from unresolved structures and
thus has been the focus of many studies supporting its use for detecting lung diseases. The
translation of dark-field to more animal studies and human-scale trials has been accelerated
by Talbot-Lau grating interferometry which enables dark-field measurements with
standard large focal spot x-ray sources and large detector pixels. However, when measured
with these systems dark-field signal magnitude has been shown to depend upon the system
spatial resolution relative to the size of structures in the imaged sample. This limits the
quantitative value of dark-field as any changes to an imaging system’s spatial resolution
could also affect the dark-field signal level. Additionally, the grating structures used to
measure dark-field signal can contaminate the image with beam hardening artifacts

negatively affecting image quality.

Purpose: The goal of this thesis is to develop strategies to address these challenges as they
impact the visualization and quantitative assessment of fibrosis in the lungs. This work
hypothesizes that x-ray dark-field and attenuation, which can be measured simultaneously
with grating interferometry, can be used in a complementary fashion to address these
quantitative issues with dark-field. To this end, this thesis was organized into three aims.
Aim 1 was to design, build, and evaluate a grating interferometer micro-CT system for ex
vivo small animal lung imaging. Aim 2 was to develop, implement, and evaluate correction

strategies to address grating-derived beam hardening artifacts. Finally, Aim 3 was to



develop methods to leverage complementary attenuation and dark-field image information

and evaluate their impact on visualizing and quantifying pulmonary fibrosis.

Methods: For Aim 1 a Talbot-Lau grating interferometer micro-CT imaging system was
built along with the necessary preprocessing steps for small animal ex vivo lung imaging.
For Aim 2 an algorithm correction strategy that accounts for the spatial heterogenous beam
hardening in the interferometer gratings was developed. The method uses signals from the
interferometer to encode the spatial heterogeneity of beam hardening in a polynomial
correction. The grating-based beam hardening correction was validated using phantom
studies in different materials to quantify the reduction in ring and cupping artifacts
associated with the beam hardening. The applicability of the approach to lung imaging was
then demonstrated with an ex vivo lung sample. For Aim 3 a technigque to combine dark-
field and attenuation images is introduced. The task-independent image quality of the
proposed method, dark-field enhanced attenuation (DFEA), was evaluated with phantom
experiments to assess the impact on spatial resolution and contrast enhancement in
different materials. Seven ex vivo lung models of pulmonary fibrosis were then imaged
with the grating interferometer micro-CT to qualitatively and quantitatively assess the
impacts of DFEA on characterizing lung structure and pathology. Pulmonary fibrosis
extent was defined as tissue area fraction measured via an automatic histogram-based
segmentation technique that finds a threshold to separate tissue pixels from air pixels. The
performance of DFEA at the task was evaluated relative to a high-spatial resolution
dedicated micro-CT system which was assumed to provide a ground-truth measure of

tissue fraction.

Results: After developing the grating interferometer micro-CT imaging chain the beam
hardening correction scheme for grating interferometry was evaluated. In a water phantom,
the correction reduced standard deviation from ring artifacts in attenuation CT images by
57% and in dark-field images by 66%. When applied to images of the lungs ring artifacts
were substantially removed. Phantom evaluations of the technique to combine dark-field
and attenuation information revealed that DFEA improved spatial resolution in terms of
better approximating the modulation transfer function (MTF) response for an ideal edge at

all spatial frequencies measured. ROl measurements in a phantom of different attenuation



inserts and non-attenuating inserts with different porosity showed that DFEA maintains
quantitative accuracy of attenuation coefficients in large attenuating materials while
improving contrast with unresolvable structures. Imaging experiments on the ex vivo lung
samples revealed that DFEA revealed improved definition of small airways and micro-
honeycombing in fibrotic loci compared to when viewed with attenuation or dark-field
alone. Compared to the attenuation series, DFEA yielded improved estimates of tissue area

fractions relative to the dedicated high-resolution micro-CT used as a reference standard.

Conclusions: The results presented in this thesis support the hypothesis that x-ray dark-
field and attenuation can be used together to improve spatial resolution while maintaining
the quantitative value of attenuation coefficients. Techniques to combine these contrasts

were presented along with correction strategies to reduce artifacts from the gratings.
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FIGURES

Figure 1.1 An overview of the characteristic features of idiopathic pulmonary fibrosis
(IPF). The disease is characterized by a buildup of scarring fibrosis increasing the thickness
of the interstitium, the structure supporting the network of alveoli and blood vessels,
resulting in less efficient gas exchange. Top center: lung diagram featuring a healthy right
lung and diseased left lung with idiopathic pulmonary fibrosis. Dashed-line regions of
interest focus on a healthy and diseased terminal bronchiole. Compared to the healthy
terminal bronchiole, the interstitium surrounding the diseased bronchiole is innervated with
fibrocyte cells depositing extracellular matrix stiffening and eventually restructuring the
interstitium. This fibrosis stretches open bronchi, leaving them dilated and affecting
airflow. The functional impact on gas exchange is demonstrated in a region of interest now
from within the terminal bronchiole, focusing on a single alveolar wall where air and blood
interface at a thin wall of interstitium. In the diseased bronchiole the scarring increases the
thickness of this wall, increasing diffusion distance and reducing the gas exchange rate.
Figure adapted from Martinez et al.%. ...........cooiiiiiieee e 2

Figure 1.2 High resolution CT images from two patients with IPF symptoms. While
images from the upper lung zones in the first patient are free of disease patterns (a), the
lower zones show peripheral honeycombing (b, c) confirming the UIP pattern and IPF
diagnosis. For the second patient, images of the upper lung zone (d) and lower zone (e, f)
reveal dense reticulation in the lower zone, but not clear honeycombing which is necessary
to confirm a diagnosis. A biopsy from the lower zone revealed that the dense reticulation
was micro-honeycombing, resulting in an IPF diagnosis. Confirming the presence of
honeycombing is important as it is a key indicator of irreversible architectural remodeling
of the lung. On the contrary, reticulation could be the result of reversible processes such as
inflammation or fluid retention in the interstitium and thus has different prognoses and
treatment plans. Adapted from Martinez et al.®..............cccoov i 3

Figure 1.3 Example of honeycomb disease pattern revealed in pathology of a lung biopsy.
(a) Normal lung anatomy at 10x magnification on pathology microscope shows small
airways, alveolar duct, and alveoli. (b) Pathology slide used to confirm IPF diagnoses,
acquired at the same magnification, reveals micro-honeycombing, an irreversible
remodeling of the lung architecture following advanced fibrosis. Arrow points to an air
containing cyst surrounded by remodeled interstitial walls. Adapted from Martinez et al.*

Figure 1.4 Images from a prototype human scale dark-field chest radiograph system,
adapted from Willer et al.3* Conventional x-ray attenuation measurements derive signal
from material composition, primarily density and atomic number. Thus, the lungs are
largely dark outside of the heart, vessels, and airway walls. In contrast, dark-field is
sensitive to small structures and the many repeating microscopic alveoli and airway
structures generate bright signal, whereas the larger heart, and blood vessels yield less
] [0 1= RSSO 7

Figure 2.1 Medical x-rays have a broad spectrum of energies. The smooth portion of the
spectrum is generated via Bremsstrahlung, while peaks in the spectrum at higher energies
are from characteristic emission. The maximum energy of the spectrum is determined by



the electric potential field, in kV, applied to the x-ray source. Spectrum simulated with
SPEKIE 3049 et re b re et nee e 13

Figure 2.2 Diagram of x-ray plane waves propagating in the positive y spatial direction
through materials with different complex indices of refraction n=1—-6 +if. The
topmost waveform propagates through free space (8 = § = 0), the uppermost object is
made of material with only absorption properties (8 > 0, § = 0). The middle object has
only phase shifting properties (8 = 0, § > 0). Finally, the bottom material contains both
properties (f > 0, § > 0). The dotted line before the objects signifies constant phase
across the plane wave before interacting with the objects. Wave fronts passing through
phase objects travel with a different phase velocity and accrue a phase difference Ad, while
wavefronts passing through absorbing materials lose amplitude. The refracted angle a
between the original wavefront and the phase shifted wavefront is illustrated as the angle
between their Phase frONTS. ..o e 15

Figure 2.3 Top-down view diagram of a Talbot-Lau grating interferometer. X-rays are
represented by arrows pointing normal to their wave front. Following the x-ray path from
the source, GO spatially filters the incoherent x-rays yielding a coherent plane wave. From
this plane wave G1 produces a downstream interference pattern. While passing through a
pure phase wedge, the wavefront travels at a different phase velocity. In the slanting region
of the wedge (d®/dx > 0) refraction changes the propagating direction of the wavefront
by angle a, which then laterally shifts the interference pattern introducing a phase shift ¢
in the measured phase stepping curve (shown as red sinusoid curve). Following phase
retrieval, the differential phase in the pixel behind the wedge slant (pixel B) is recovered,
while adjacent pixels (A and C) report no differential phase shift. .............cccccocniiinnnn. 21

Figure 2.4 Phase stepping diagram showing the measured x-ray intensity at a single pixel
as a function of the lateral translation of G2 in the x direction. Depending on the size of the
detector pixel the above curves could be the averaged signal of a few or many adjacent
periods (fringes) of the interference pattern measured ideally at the same phase with each
acquisition. The solid gray phase step curve (PSC) shows the reference interference pattern
with no object in the beam line. By adding an object to the beam line this PSC can undergo
a change in offset of Aa0 = a0,r — a0, s, a phase shift of A¢ = ¢r — ¢s, or a change in
amplitude 0f AGL = A1, 5/A1, T oo 23

Figure 2.5 Phase step diagram demonstrating x-ray dark-field resulting from small-angle
X-ray scattering where scatter in an equiangular cone yields equal and opposite phase shifts
(demonstrated as blue and red constituent curves A® = +m/5) which interfere reducing
the amplitude of the interference pattern before the analyzer grating G2......................... 25

Figure 2.6 X-ray dark-field from intra-pixel phase gradients. (a) grating interferometer
with a uniform phase object @ with two gradient edges generating a positive phase shift in
the interference pattern (blue) and negative phase shift (red). At right of the analyzer
grating G2 are the retrieved differential phase and dark-field signals following phase
stepping (curves shown in panel (b)) using two different detector configurations, Det. 1
and 2. The first detector features small pixels A, B, and C able to resolve the two gradient
edges as positive and negative differential phase impulses +A¢ and zero dark-field
(visibility = 1) behind measured behind the gradient edges. The second detector
configuration features large pixels D, larger than A, B, and C combined. The larger pixel
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D averages the local shifts in the interference pattern caused by the two gradients yielding
no measure phase shift but a positive dark-field signal due to a loss in visibility (Eg. 2.15).
(b) These retrieved differential phase and dark-field signals can be understood by their
measured phase step curves as measured by small pixels A, B, and C from Det. 1 and the
large pixel D from Det. 2. Small pixels A and C from Det. 1 located directly behind the
gradients in (a) can resolve the positive and negative phase shifts (+A¢p, —A¢). However,
the large pixel D from Det. 2 in (a) covers both gradients, averaging the gradients and
yielding a reduced visibility and thus positive dark-field signal. .............ccccocoiiniinnns 30

Figure 3.1 Schematic overview of the Talbot-Lau grating interferometer micro-CT system.
The source grating G0 spatially modulates x rays from a source with a large focal spot. G1
produces a downstream Talbot carpet sensitive to phase shifts induced by an object in the
beam path. G2 matches the period of the Talbot interference pattern at the detector plane,
enabling sampling of the high frequency interference pattern with large detector apertures
that can cover several periods of G2. A rotating object stage enables tomographic
acquisitions by acquiring multi-contrast data at multiple view angles. ...........ccccccevvenene. 33

Figure 3.2 Talbot-Lau grating interferometer micro-CT system photograph with labelled
1] 10 LA 0] TSP 34

Figure 3.3 Radiographic geometry of Talbot-Lau grating interferometer system drawn to
0% | PSSR PRPSN 35

Figure 3.4 Interferometer gratings. GO and G1 are shown in grayscale scanning electron
micrograph images. G2 is displayed in color as visible-light microscope image.............. 37

Figure 3.5 Experimental phase stepping curve images of an acrylic cylinder with a wooden
dowel insert and air-filled inserts. Left: Even numbered reference and object phase stepping
acquisition images. Three ROIs A-C cover different regions with different x-ray interaction
properties with their measured intensities plotted as a function of G2 translation distance
at right. The ROI frame color matches the respective measurement on the plotted PSC. 39

Figure 3.6 Retrieved contrasts from an x-ray grating interferometer of a cylindrical acrylic
phantom with hollow inserts. Left: Attenuation projection. Arrows indicate a wooden insert
and air in the empty phantom chambers. Center: differential phase projection. Right: dark-
FIEIA PrOJECLION. ..ot ste e e sre e e 41

Figure 3.7 Example visibility map acquired from the experimental Talbot-lau grating
interferometer. Grating quality, grating alignment, and acquisition parameters all influence
the VISTDITITY MAP......oiiiii bbb 42

Figure 3.8 Measured detector decay recorded immediately after turning off the x-ray
source. The decay is modeled as two-part exponential with the line best fit plotted. ...... 44

Figure 3.9 Effect of scintillator decay on CT Noise texture. ........ccccocvevvvevieiieevie s, 44
Figure 3.10 Sinogram acquisition of three contrasts over & radian rotation................... 45

Figure 3.11 Three contrast reconstructions from grating interferometer micro-CT of a
cylindrical acrylic phantom with hollow inserts. Left: attenuation contrast image. Arrows
indicate wooden insert (top row) and air contained in hollow portions of the phantom.
Center: phase contrast image. Right: dark-field images. ........c.cccccvvviveeiii i, 46
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Figure 3.12 Line profiles from three x-ray contrast reconstructions covering a wood insert
and hollow inserts in an acrylic phantom. Top: attenuation profile. Middle: phase profile.
Bottom: dark-field profile. Arrows indicate signal response from different materials in the
PRANTOML ...ttt bbb 48

Figure 4.1 (a) Projections of attenuation signal through a water-filled tube in the
highlighted region of interest, acquired both without and with gratings. (b) Line profiles
through DOth IMAQES. ....c..eceeceee e 51

Figure 4.2 Reference Fourier coefficient images serve as grating images to show
underlying grating structure viewed in all three coOntrasts. ...........ccccevvevveieiiece e 55

Figure 4.3 Overview of processing steps involved in EBHC-GI. Three contrast calibration
projections gk retrieved from phase stepping curves acquired of a calibration object with
a known homogenous region are used to fit correction coefficients for each contrast ck that
are used to correct future projections of similar materials. ............c.cccooevieii i, 57

Figure 4.4 Imaged samples shown to scale include (a) 1.5 mL snap tube filled with water,
(b) QRM micro-CT bar pattern phantom schematic®’. The inset shows an enlarged view of
the chip and the edge-on orientation used to acquire images. The lower 400 um silicon
region was used exclusively in this study. (c) Posterior view of excised mouse lung with
heart following fixation and air drying at end-exhalation inflated volume. ..................... 58

Figure 4.5 Pearson correlation coefficient magnitudes |r| between sample and air grating
projections for both the water and silicon samples. *indicates P < 0.05. ...........ccccvvvennee. 60

Figure 4.6 Uncorrected reconstructions and artifact-free templates of the water sample for
attenuation A, phase ¢, and dark-field D CONrasts. ........ccocovervririeereniesieene e 62

Figure 4.7 Water sample reconstructions for each contrast with the original uncorrected
axial image (a) shown left of the EBHC-GI corrected slice (b). The image display settings
for each contrast are determined from the uncorrected image with a level equal to the image
mean and window width of four standard deviations. (c) Line profiles that correspond to
the columns of pixels marked in red in (a) and (b) compare original (dashed gray),
corrected (solid black), and template (dotted red) line profiles. .........ccccooeviiiieiieinennnnn. 63

Figure 4.8 Silicon tile reconstructions of attenuation, phase, and dark-field contrasts.
Uncorrected images (a) are shown to the left of EBHC-GI corrected slices (b). The image
display settings for each contrast are determined from the uncorrected image with a level
equal to the image mean and window width of four standard deviations. (c) Line profiles
that correspond to the columns of pixels marked in red in (a) and (b) compare original
(dashed gray), corrected (solid black), and template (dotted red) line profiles. ............... 66

Figure 4.9 Axial mouse lung reconstructions in prone position show the heart, large
airways, and lung parenchyma. Attenuation, phase, and dark-field contrast images are
shown both before and after corrections along with a difference image. The display settings
are set equal for both corrected and uncorrected Sets. ........cevveverieerecie e 68

Figure 5.1 Synergistic use of dark-field with attenuation and phase contrast images of a
cylindrical solid water phantom. From left to right, dark-field, phase, dark-field enhanced
phase (DFEP), attenuation, dark-field enhanced attenuation (DFEA). ........cccccevevviveenen. 77
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Figure 5.2 Dark-field recovers high spatial frequencies. Left: radially averaged edge spread
function profiles from attenuation images of the water cylinder. Right: profiles from the
phase images of the water cylinder. Arrows indicate restoration of edge relative to the true
PIOTIIE. bbb 77

Figure 5.3 Modulation transfer function comparisons between attenuation, phase, and dark-
field enhanced phase and attenuation profiles. ... 78

Figure 5.4 Using enhancement factor « for variable edge enhancement. Left: Measured
MTF curves from attenuation (a = 0), and DFEA with increasing enhancement factor a.
Right: Bar chart plotting spatial frequencies, reported as line pairs per mm (Ip/mm) at
which different contrast levels are maintained, corresponding to 50%, 30%, and 10% MTF
for attenuation and DFEA « for different values of a..........ccocovviiiniiiin i, 79

Figure 5.5 Four distinct regions sampled by a CT system with PSF approximated by its
pixel size yield a uniform attenuation measurement but can be distinguished by dark-field
due to the difference in number of unresolved gradients. In the ground truth row white
represents tissue and blacks represents air space in this contrived model of lung. In the
attenuation and dark-field rows greater signal is represented in white and null signal by
black according to the color bar at Ieft.............cooiiiiiiii 81

Figure 5.6 Influence of dark-field contribution (a) in materials of different x-ray
attenuation and porosity. (a) Phantom with six inserts. Top row shows different attenuating
materials while the bottom row shows non-attenuating materials with different porosity. At
left is the attenuation image with the dark-field image at right. The middle columns show
DFEA images for different values of a. (b) Signal and noise measured in circular regions
of interest covering each of the inserts for all six materials for increasing values of « in
DFE A et R ettt ettt n ettt neare e 83

Figure 5.7 Bleomycin mouse model of idiopathic pulmonary fibrosis. (a) Summary of the
bleomycin mouse model of pulmonary fibrosis where bleomycin is administered via the
trachea and incubated for 21 days before lung extraction and fixation. (b) Comparison of
different routes of fixative administration lung structures shown in ex-vivo micro-CT
compared to in-vivo micro-CT. (c) External view of fixed inflated lungs using the
INSEHALION MELNOG. ..o e 85

Figure 5.8 Comparison of attenuation, dark-field, and dark-field enhanced attenuation
(DFEA) projections. Large attenuating structures like the heart (*), esophagus (#), large
blood vessels, and fibrosis accumulations around the radiolucent bronchi (arrows) appear
bright in the attenuation image and null in the dark-field image. ........c.cccccocevveviiieinenne. 86
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CHAPTER 1
Thesis Introduction

1.1 Motivation

Idiopathic pulmonary fibrosis (IPF) is a chronic interstitial lung disease characterized by a
progressive deposition of scar tissue in the lung interstitium, the support structure of the
alveoli and blood vessels, which when thickened reduces gas exchange and breathing
function (Figure 1.1).1 IPF presents in patients as cough and breathlessness and a dramatic
reduction in quality of life. Prognosis is highly variable with survival time ranging from
months to decades and a median survival of 2-3 years2. Prevalence increases with age and
is more common in males. Current estimates suggest 3 million people are affected
worldwide though this number is likely an underestimate as many instances are

undercounted due to strict diagnostic requirements3.

Diagnosis of IPF is done with high-resolution computed tomography (HRCT) to identify
the characteristic usual interstitial pneumonia (UIP) pattern and exclude other potential
sources of disease. However, inconclusive imaging findings can delay or miss a diagnosis.
As a result there is a median delay of 2.2 years from symptom onset to confirmed IPF
diagnosis2. There is a critical need, therefore, to develop imaging technologies to identify
IPF early and definitively to facilitate earlier and more effective treatment, slowing

progression and better preserving lung function.
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Figure 1.1 An overview of the characteristic features of idiopathic pulmonary fibrosis (IPF). The
disease is characterized by a buildup of scarring fibrosis increasing the thickness of the interstitium,
the structure supporting the network of alveoli and blood vessels, resulting in less efficient gas
exchange. Top center: lung diagram featuring a healthy right lung and diseased left lung with
idiopathic pulmonary fibrosis. Dashed-line regions of interest focus on a healthy and diseased
terminal bronchiole. Compared to the healthy terminal bronchiole, the interstitium surrounding the
diseased bronchiole is innervated with fibrocyte cells depositing extracellular matrix stiffening and
eventually restructuring the interstitium. This fibrosis stretches open bronchi, leaving them dilated
and affecting airflow. The functional impact on gas exchange is demonstrated in a region of interest
now from within the terminal bronchiole, focusing on a single alveolar wall where air and blood
interface at a thin wall of interstitium. In the diseased bronchiole the scarring increases the thickness
of this wall, increasing diffusion distance and reducing the gas exchange rate. Figure adapted from
Martinez et al.4.

Confident identification of the UIP pattern presents a major challenge in early IPF
diagnosis. UIP is a structural disease pattern consisting of a predominantly bilateral,
peripheral, and basal distribution of reticular fibrosis resulting in traction bronchiectasis
and honeycombing in more advanced stages (Figure 1.2)5. If not fully developed, the UIP
disease pattern is indistinguishable in CT from other patterns, such as nonspecific
interstitial pneumonia which has a different treatment plan and much improved prognosis.
Specifically, if there is no clear sign of honeycombing, diagnostic accuracy drops
substantially?, as does inter- and intra- observer agreement®?. This is exemplified by the
two patients in Figure 1.2, both presenting with breathlessness and other symptoms of IPF.
In the top row, views of the base of the lung reveal characteristic honeycombing confirming

UIP and the IPF diagnosis. However, for the patient shown in the bottom row, the pattern



could not be clearly identified as dense reticulation or honeycombing and a surgical biopsy
of the region was required to confirm IPF4. Despite the reduced use of lung biopsies since
the introduction of HRCT, they continue to be used when HRCT findings are equivocal,
even though they come with substantial risk of complications and a wide range of in-
hospital mortality of 1.2 - 16%8. As the desired outcome of lung biopsy is to confirm the
presence of honeycombing structures not resolvable in HRCT (Figure 1.3), the ability to
detect these small structures in a noninvasive way would benefit IPF patients both with

earlier diagnoses and less reliance on biopsy.

Figure 1.2 High resolution CT images from two patients with IPF symptoms. While images from
the upper lung zones in the first patient are free of disease patterns (a), the lower zones show
peripheral honeycombing (b, ¢) confirming the UIP pattern and IPF diagnosis. For the second
patient, images of the upper lung zone (d) and lower zone (e, ) reveal dense reticulation in the
lower zone, but not clear honeycombing which is necessary to confirm a diagnosis. A biopsy from
the lower zone revealed that the dense reticulation was micro-honeycombing, resulting in an IPF
diagnosis. Confirming the presence of honeycombing is important as it is a key indicator of
irreversible architectural remodeling of the lung. On the contrary, reticulation could be the result
of reversible processes such as inflammation or fluid retention in the interstitium and thus has
different prognoses and treatment plans. Adapted from Martinez et al.4



Figure 1.3 Example of honeycomb disease pattern revealed in pathology of a lung biopsy. (a)
Normal lung anatomy at 10x magnification on pathology microscope shows small airways, alveolar
duct, and alveoli. (b) Pathology slide used to confirm IPF diagnoses, acquired at the same
magnification, reveals micro-honeycombing, an irreversible remodeling of the lung architecture
following advanced fibrosis. Arrow points to an air containing cyst surrounded by remodeled
interstitial walls. Adapted from Martinez et al.+

Current approaches to earlier and more confident diagnoses of IPF focus on trying to
enhance the current “gold standard” of HRCT pattern recognition with more information
related to the underlying morphology and function. One solution is the multidisciplinary
clinical team approach, where radiologists, pulmonologists, geneticists, and other
clinicians work together to augment equivocal HRCT findings with pulmonary function
tests and other patient history indicative of IPF, such as age, gender, and genetic
background. When integrated in a collaborative effort, this approach has been shown to
improve the accuracy and confidence of IPF diagnoses®. Weaknesses of this approach
include a lack of standardization of diagnostic criteria and lack of availability of such teams
at select institutions. Even if more widely adopted, such team-based approaches would all

benefit from imaging improvements.

Computer-aided detection algorithms are another approach still that aims to improve
existing HRCT diagnostic accuracy and timeliness with automated quantitative
measurements of current disease patterns to address issues of reader variability7.10.11, Other
efforts include identifying new disease patterns and imaging biomarkers based on HRCT
data rather than relying on classical patterns derived from histology®12. However, like the

clinical team-based approach, these developments in disease pattern identification would



also benefit from more informative image inputs. Photon counting detector CT systems are
promising in this regard as they enable HRCT exams with isotropic spatial resolutions as
small as 0.2 mm, and are able to resolve the 7-9th generation of airway branches!3, with
early results suggesting improved diagnostic performance in differentiating interstitial lung
diseases!#. Despite this improvement in detector spatial resolution, small airways branch
up to 23 generations in humansi5, which require micron-scale resolution to resolvelé.
However, further improvements in spatial resolution in clinical CT imaging are difficult to
achieve. For example, improved resolution is limited by source focal spot size, which must
be kept large enough to support high x-ray fluence rates for shorter scan times. This
suggests the need for indirect measures, which can be achieved with existing sources and

detectors that are more sensitive to changes associated with lung pathology.

To address these spatial resolution limitations, investigations into alterative Xx-ray
interactions have been shown to be more sensitive to small scale structural changes.
Advancements in x-ray optics fabrication has enabled measurements of x-ray phase - a
wave property of light - at medical x-ray energies and fields of view7. Notably, x-ray dark-
field is a phase-derived image contrast mechanism shown to generate strong signals in
porous materialsi8. Dark-field has been shown to be sensitive to changes in structures
orders of magnitude smaller than can be resolved with traditional x-ray attenuation, even

using the same source and detectors?9.

To increase the rate of development many innovations in radiography and CT technology
begin in smaller scale micro-CT systems which function as experimental test beds to lay
the groundwork for new hardware, acquisition methods, or applications before being
translated to full scale systems. Micro-CT systems are also used in biomedical research for
both two-dimensional (2D) radiographic as well as quantitative, nondestructive, 3D
volumetric assessment of biological specimens ranging from organs to whole small
animals.20 In the study of interstitial lung diseases such as IPF micro-CT is a prevalent tool
for both in vivo longitudinal monitoring of fibrosis burden as well as ex vivo high-resolution

structural analysis.



Like clinical CT, spatial resolution in in vivo micro-CT is restricted by dose limitations in
addition to scan time limits due to the reduced x-ray flux in the smaller sources used. The
introduction of respiratory gating minimizes motion blur around the diaphragm, improving
spatial resolution and improving sensitivity to small scale changes?1. In assessing fibrosis
burden in the lungs, this has the effect of narrowing the diagnostic window, the minimum

resolvable change in fibrosis burden that can be observed over time.

Ex vivo scanning removes scan time and dose restrictions and substantially improves
sensitivity to fibrosis. Access to 3D volumetric information from the whole lung yields
improved sensitivity and reduced bias at estimating fibrosis burden compared to traditional
destructive measures including histology and biochemical collagen assays2Z. However, ex
vivo specimen scanning comes at the cost of a reduced field of view where only a single or
partial organ can be imaged at once, often requiring multiple concatenated scans for larger
specimens. Furthermore, to maintain sample stability and preserve natural x-ray contrast,

lung samples must be fixed and inflated prior to imaging.

For micro-CT imaging, x-ray dark-field presents an opportunity to image micro-structural
information in lower resolution in vivo scans previously only accessible via high-resolution
ex vivo specimen scans. Using custom built in vivo micro-CT systems, preliminary
investigations of dark-field radiography in small animal disease models have shown it to
be more sensitive than absorption radiography in detecting several lung pathologies,
including emphysema23-25, inflammation2¢é, pneumothorax27, lung cancer28, and fibrosis29.
Other prototype systems have begun to emerge investigating the potential of dark-field
CT30-33, These early results in animals with micro-CT motivated the development of
human scale radiography systems (Figure 1.4)3435 and full-scale dark-field CT systems

built on top of existing rotating gantry CT scanner platforms3e.
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Figure 1.4 Images from a prototype human scale dark-field chest radiograph system, adapted from
Willer et al.3¢ Conventional x-ray attenuation measurements derive signal from material
composition, primarily density and atomic number. Thus, the lungs are largely dark outside of the
heart, vessels, and airway walls. In contrast, dark-field is sensitive to small structures and the many
repeating microscopic alveoli and airway structures generate bright signal, whereas the larger heart,
and blood vessels yield less signal.

Despite these preliminary successes, many challenges remain in x-ray dark-field lung
imaging in both small-scale laboratory and full-scale clinical environments. While
originally introduced as being sensitive to x-ray small-angle-scattering!8, a physical
property of material size and composition3?, further investigations found that dark-field
signal is also generated from other sources such as beam hardening38-40 and sharp edges*!.
This led to a refinement in the current understanding of dark-field measurements in
laboratory systems as not only being a function of x-ray small-angle-scattering but also of
the x-ray spectrum and system spatial resolution relative to the size of the imaged
structures*2. While previous dark-field lung studies have used dark-field intensity values
to make binary disease classifications23-2543 it is unclear how these results would change
at a different magnification or spatial resolution, such as would occur if the measurements
were repeated at a different magnification or on a different system. While traditional x-ray
measurements are also biased by the applied x-ray spectrum and other systemic effects,
many of these can be accounted for with calibration and algorithmic corrections, making

these results highly reproducible. It is thus critically important to develop similar



calibration and correction schemes to improve the reliability of x-ray dark-field
measurements to properly interpret the meaning of such measurements in the context of
lung imaging. Such techniques would benefit both preclinical applications of micro-CT as
well as lay the groundwork for human scale applications seeking to benefit from the sub-

pixel resolution capabilities of x-ray dark-field.

1.2 Research Hypothesis and Specific Aims

The goal of this thesis was to develop strategies to address these challenges as they impact
the visualization and quantitative assessment of fibrosis in the lungs. The central
hypothesis of this work is that the dark-field and attenuation contrast mechanisms, which
can be measured simultaneously with grating interferometry, can be used synergistically
to leverage the strengths of both and compensate for each other’s weaknesses. Specifically,
the synergistic benefits to be explained are that dark-field contrast has access to higher
resolution information important for distinguishing fibrotic disease while attenuation

contrast is quantitative in assessing disease extent.

In this thesis work, a Talbot-Lau x-ray grating interferometer was used to measure
attenuation and dark-field because this is the most widely used phase-sensitive x-ray
imaging technique owing to its compatibility with standard x-ray sources and detectors.
Crystal interferometry is another phase sensitive technique able to measure x-ray dark-field
but has had limited use in lung imaging due field-of-view limitations associated with the
small crystals used. Non-interferometric grating systems are a promising alternative to
interferometers in that they are simpler to use and can operate at medical x-ray energies,
but offer less contrast resolution and thus have seen limited adoption in lung imaging
applications*4. Additionally, following the first x-ray dark-field clinical trials using a
human-scale Talbot-Lau interferometer34, it is likely that applications of grating

interferometer dark-field lung imaging will continue to gain momentum.

In this thesis project, a Talbot-Lau interferometer was integrated into a micro-CT to obtain
cross-sectional image data, and a mouse model of pulmonary fibrosis, common in the study
of IPF, was fixed and imaged ex vivo to evaluate the complementary use of attenuation and

dark-field contrasts. Ex vivo imaging enabled imaging repeatedly at multiple resolutions



while eliminating the effects of motion. It also enabled accurate registration and

comparison with ground truth measures of lung structure to validate our methods.
To test this hypothesis the following specific aims were proposed:

Specific Aim 1: Design, build, and evaluate a grating interferometer micro-CT system for

ex vivo small animal lung imaging.

Specific Aim 2: Develop, implement, and evaluate correction strategies to address grating-

derived beam hardening artifacts.

Specific Aim 3: Develop methods to leverage complementary attenuation and dark-field
image information and evaluate their impact on visualizing and quantifying pulmonary

fibrosis.

1.3 Overview of Dissertation

In addressing these objectives, the thesis is structured as follows:

Chapter 2 introduces the basic physical interactions and image formation steps involved

in x-ray dark-field imaging and provides a review of literature.

Chapter 3 describes the Talbot-Lau grating interferometer micro-CT imaging system built

and used in this work.

Chapter 4 describes methods developed for this thesis to compensate for the effects of

grating-derived beam hardening.

Chapter 5 details the experiments performed to measure attenuation and dark-field signal

in a mouse model of pulmonary fibrosis and qualitatively compares the imaging findings.

Chapter 6 describes a study used to assess detection and quantification accuracy of fibrosis

in a mouse model.



Chapter 7 summarizes the findings and limitations of the performed research, discusses
the potential benefits of grating interferometry for evaluation of pulmonary fibrosis, and

discusses future directions for this work.
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CHAPTER 2

X-Ray Image Formation and Motivation for Multi-
Contrast Complementarity

2.1 Introduction

X-rays are a high-energy form of light used in medical imaging for their ability to penetrate
the body and form images of the content and composition of the materials inside. X-rays
that pass through the body contribute to the detected signal and local differences in signal
define image contrast, the information content of the image. Contrast in these images is the
result of differences in the physical interaction strength between x-rays and materials
encountered and varies between materials and interaction type. Spatial resolution, or the
ability to distinguish small adjacent structures, in medical x-ray imaging is determined by
the physics of how the x-ray image is acquired and is generally a compromise between
several competing factors. The imaging task defines the contrast and spatial resolution
requirements which set physical constraints used to optimize the design of an imaging
system. X-ray imaging of the chest, particularly for detecting early-stage lung disease,
requires both sufficient image contrast and spatial resolution. Chest imaging is the most
common application of x-ray imaging due to the prevalence and morbidity of lung diseases
and the natural x-ray attenuation contrast between air and tissue. X-ray attenuation contrast
refers to the differential removal of x-rays from the beam by different materials.
Attenuation contrast is effective in detecting larger localized changes in structural lung
health associated with pathological loss or gain of tissue due to the large inherent
attenuation differences between water-like tissues of the lungs and the air contained within
them. Large attenuation contrast differences in the lung are often associated with
substantial disease burden and are more easily detected. However, contrast from
attenuation is low when the pathologic change is subtle and diffuse, as is often the case in

early-stage lung disease, making these diseases harder to detect.

11



Hyperattenuating lung diseases cause regional increases in x-ray attenuation that signify
fluid buildup, inflammation, or fibrosis. Making a differential diagnosis among
hyperattenuating pathologies is challenging and sufficient image contrast and spatial
resolution are critical to the radiologist’s diagnostic confidence. Interstitial lung diseases,
such as idiopathic pulmonary fibrosis (IPF), are a class of hyperattenuating disease that are
particularly difficult to diagnosis and quantify. IPF is distinguished by an irregular
restructuring of the lung parenchyma forming small air-filled cysts, a pattern that is referred
to as honeycombing#s. The superimposition of anatomy in attenuation radiography
dramatically reduces contrast, making planar chest x-rays ineffective at distinguishing
interstitial lung diseases*c. X-ray CT overcomes this superimposition of anatomy
improving contrast between tissue and airspaces. However, due to spatial resolution
limitations of CT, certain disease patterns like honeycombing are only resolvable after

progressing to more advanced stages.

In x-ray CT, x-ray projections are acquired at angles around the patient and reconstructed
into 3D volumes structured as cross-sectional slices. Each voxel in the image represents a
location in the patient and its magnitude describes the relative amount of x-ray interactions
in that region. Attenuation CT offers quantitative benefits for lung imaging because each
voxel (3D image element) represents the tissue density within the voxel, which can be used
to infer lung function and health?. Insufficient spatial resolution in attenuation CT results
in adjacent structures in the lung being averaged together, yielding their mean density,
reducing their contrast, and potentially obscuring structures necessary to distinguish

disease patterns.

X-ray dark-field imaging has potential to provide enhanced signal to unresolvable small
structures blurred out in attenuation images. Challenges, however, include artifacts and
lack of quantitative information. Notably, x-ray dark-field signal magnitude cannot be as
easily interpreted in terms of lung health as attenuation signal can, as it is influenced by
systemic factors like spatial resolution*Zz and sample orientation48. That attenuation loses
signal due to systemic blurring processes whereas dark-field gains contrast from these same
sources presents an opportunity for synergy. By combining attenuation and dark-field

information, the strengths of each can be leveraged while accounting for their weaknesses.
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In particular, dark-field’s sub-pixel sensitivity poses an opportunity to improve resolution

of small features in attenuation images while maintaining quantitative information.

In this chapter, x-ray physical contrast mechanisms and key x-ray imaging factors
influencing spatial resolution are introduced to describe the relative strengths and
weaknesses of attenuation and dark-field contrast mechanisms as they relate to lung
imaging. This discussion motivates the remaining work in this thesis regarding how these

contrast mechanisms can be used to together.

2.2 X-Rays and Physical Contrast Mechanisms

Medical x-rays are produced by striking high speed electrons into a heavy metal target to
transfer Kinetic energy into electromagnetic radiation. Depending upon the incident Kinetic
energy of the electron and the proximity of its trajectory to the nucleus of the target atom,
a broad spectrum of different energy x-rays are produced as both Bremsstrahlung radiation
and characteristic emission peaks (Figure 2.1).
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Figure 2.1 Medical x-rays have a broad spectrum of energies. The smooth portion of the spectrum
is generated via Bremsstrahlung, while peaks in the spectrum at higher energies are from
characteristic emission. The maximum energy of the spectrum is determined by the electric
potential field, in kV, applied to the x-ray source. Spectrum simulated with Spektr 3.0.49

Comparing the wavelength of light relative to the size of the matter it interacts with dictates

the nature of the interaction. Relatively long wavelengths are better analyzed in terms of
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wave behavior, whereas short wavelengths are treated as particles behaving as billiard ball-
like projectiles. The wavelength of visible light (700 nm — 400 nm) is considerably longer
than the diameter of atoms (0.1 nm), which justifies the classical wave treatment. X-ray
wavelengths (0.06 nm —0.01 nm) are shorter than atomic diameters but considerably larger
than the constituent nuclei and electrons. Thus, both wave and particle-like behaviors are

exhibited in x-ray interactions.

Treated as electromagnetic waves, x-rays are characterized by their wavelength, amplitude,
and phase. Phase (units of radians) describes the point in the wave cycle (e.g., the peak or
trough) at a given location in space. Amplitude refers to the strength of the electric field
oscillation and relates to the number of photons and intensity (energy per unit time and
area) of the x-ray beam. Standard x-ray detectors can only measure intensity. As a result,
phase and other wave-specific properties of x-rays are typically omitted in medical imaging
discussion. However, by using interferometry, the measure of interference caused by phase
differences, these wave-properties can be retrieved for imaging applications. An overview
of these wave-interactions and a motivation for their use are summarized in the following

sections.

2.2.1 X-Ray Wave Propagation Through Matter

Descriptively, when x-rays penetrate through matter both their amplitude and phase are
affected by their interactions with the bound electrons in matter. X-rays drive electrons to
oscillate at frequencies inversely proportional to their wavelength. This oscillation of the
charged electron results in re-radiation as the x-ray propagates with a phase shift and
reduction in amplitude determined by the resonant frequency of the electron. This resonant
frequency is determined by electronic bonds with the nucleus and surrounding charged
particles. When the x-ray’s driving frequency is below this resonant frequency, the driven
electron oscillates at the same frequency in phase with the x-ray. When the driving
frequency exceeds the resonant frequency, as is often the case in high-energy medical x-
rays, the electron oscillation cannot keep pace and there is a phase lag in the propagated
waves0. When driven near their resonant frequency, electrons can be ejected from the atom
rather than re-radiating the x-ray, thereby reducing the x-ray amplitude as energy is

ultimately lost to heat in the material. Cumulatively, these phase shift and amplitude
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reduction effects can be quantified in terms of the x-ray wavelength A, its electric field
amplitude before E, and after E propagating a distance [ through a given material with

complex index of refractionn =1 -6 + if3,

E = Eyexp (— aninl) = E, exp (ZHTW) exp (— ZnTm) (2.1)

Here the real component of the index of refraction § describes the phase shifting properties
of the material and S describes the absorption properties. Both £ and § vary between
different materials and thus can be used as imaging contrast mechanisms. This is
demonstrated in Figure 2.2 with four wave fronts passing through materials of differing §
and . Compared to the x-rays propagating through free space, x-rays passing through g >

0 materials lose amplitude, while those passing through § > 0 accumulate phase shifts.
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Figure 2.2 Diagram of x-ray plane waves propagating in the positive y spatial direction through
materials with different complex indices of refraction n =1 — § + if. The topmost waveform
propagates through free space (f = & = 0), the uppermost object is made of material with only
absorption properties (8 > 0, § = 0). The middle object has only phase shifting properties (f =
0,6 > 0). Finally, the bottom material contains both properties (8 > 0, § > 0). The dotted line
before the objects signifies constant phase across the plane wave before interacting with the objects.
Wave fronts passing through phase objects travel with a different phase velocity and accrue a phase
difference A®, while wavefronts passing through absorbing materials lose amplitude. The refracted
angle a between the original wavefront and the phase shifted wavefront is illustrated as the angle
between their phase fronts.



Absorption and phase shift accumulate as they propagate though matter according to the
Beer-Lambert law. The absorption A of an object measured at a single x-ray energy can be
measured directly by comparing intensity before I, and after I propagating through the

object:
Ax,2) =5 [ Ba,z,y)dy = ~log ) (22)

Similarly, the accumulated phase shift @ in each location of the projected plane (x, z)

relates to the § distribution by:
P(x,2) = 5[ 8(x,2,y)dy. (2:3)

As shown in Figure 2.2, differential phase shifts at the interface of two materials induce a
change in the wavefront’s propagation direction known as refraction. The refracted angle

« is given by Snell’s law

a=222 (2.4)

2m Ax

Due to the small wavelength of medical x-rays (1 < 0.1 nm), « is typically on the order of

microradians, meaning this scattering is predominantly in the forward direction.

2.2.2 Material Properties Influencing X-Ray Contrast

The wave description of x-ray interactions predicts the behavior of many x-ray photons
acting together. The description specifically separates the absorption and forward
scattering components into the real and imaginary components of the index of refraction.
These group effects can be described in terms of three individual x-ray particle-like photon-
atomic interactions. These include photoelectric absorption, Compton scattering and

Thompson scattering.

Photoelectric absorption is the process by which an x-ray photon near the binding energy
(resonant frequency) of an inner shell electron is completely absorbed, ejecting the
electron. At medical x-ray energies, photoelectric absorption is the primary contributor to

B absorption but only accounts for a fraction of the total interactionss!. The likelihood of
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photoelectric absorption increases at lower energies E and higher atomic numbers Z, by
Z3JE3.

Compton scattering is an inelastic scattering where part of the photon energy is lost to
ejecting an outer shell valence electron. Due to electron shielding, the binding energies of
these valence electrons are largely independent of the nuclear charge meaning that
Compton scattering is not effective for differentiate materials of different Z. At medical x-
ray energies well above valence electron binding energies, the likelihood of Compton
scattering is also approximately independent of the incident x-ray energy. Given that
photoelectric absorption probability diminishes quickly at higher energies, Compton
scattering is the predominant x-ray interaction at medical energies responsible for a greater

proportion of interactions at higher energies.

Thompson scattering is an elastic scattering dependent on electron density and distribution
where the X-ray is absorbed at an electron’s binding energy and re-radiated in a different
direction without a loss in energy. As medical x-rays are above most electron binding
energies, Thompson scattering is the least likely x-ray interaction. Its probability of

interaction scales with atomic number and inversely with energy by approximately Z /E.

The redirection of x-ray trajectories associated with these elastic and inelastic scattering

interactions are the result of phase shifts and collectively contribute to § effects*4.

As both absorption and scattering can remove x-rays from the beam, these effects are
combined in measures of x-ray attenuation. Cumulatively these effects are quantified as
the linear attenuation coefficient 4 which gives x-ray intensity loss per unit distance. In
attenuation imaging, scatter can reduce intensity in one detector element by scattering the
radiation into an adjacent detector element. This reduces image contrast and is undesirable.
For this reason, collimators are used to exclude scatter in attenuation imaging. In this case
where scattered radiation is excluded, the terms attenuation and absorption contrast can be

used interchangeably as attenuation is assumed to be primarily due to absorption.

However, by ignoring and intentionally excluding these phase effects in attenuation

imaging a substantial amount of imaging contrast is left unutilized. Both § and g effects
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derive from atomic properties of the imaged material and thus can be utilized as image

contrast:
TeA?
6 = o 2N f1(Zi, E) (2.5)
eA2
B =" Yu Ny f2(Zy E). (2.6)

Here 7, is the electron radius, Ny, is the atomic density of each element k in the imaged
material, and f; and f, are the real and imaginary atomic scattering factors for a given
element of atomic number Z, 5253, Eq. 2.5, 2.6 state that § and B values for a given
material measured at an x-ray wavelength A can be described as the sum of their constituent
atomic scattering factors weighted by their respective atomic densities N, Standard values
of these atomic scattering factors are available for each element at a wide range of x-ray
energiess+. § and B are reported for several light and heavy materials at 30 keV and 60 keV
in Table 2.155. At these energies § and S are exceptionally small, the small g component
accounts for the high penetration that x-rays are known for. However, in lighter materials
with low Z such as tissues that are mostly water, & is orders of magnitude greater than 3,
supporting the use of x-ray phase contrast for soft tissue imaging applications at medical
X-ray energies#4.

Table 2.1 Reference values of the real and imaginary components of the complex index of
refraction. Values available at https://henke.Ibl.gov/optical_constants/pert_form.html

Material ‘ 30 keV 60 keV
6 B 8/B J B 5/B

Water 2.56 x 1077 1.06 x 10710 2.42 x 103 6.42 x 1078 293 x 10°11 2.19 x 103
polyimide 3.38x 1077 1.15x 10710 2.94 x 103 9.70 x 1078 5.01x 1011 1.94 x 103
polypropylene | 237 x 1077 7.01x10"'' 338x10% | 595x10°% 239x107'' 249x103
Teflon 487 x 1077 2.46 x 10710 1.98 x 103 1.22 x 1077 7.09 x 10711 1.72 x 103
Ti 9.68 x 1077 7.08 x 10~° 1.37 x 102 2.41 %1077 5.60 x 10710 4.30 x 102
Fe 1.70 x 107 2.01x 1078 8.46 x 101! 422x1077 1.54 x 10710 2.74 x 101
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2.3 Measuring X-Ray Phase Properties

While both real and imaginary components of the complex index of refraction can be used
for imaging, only the absorptive component can be measured directly by x-ray detectors
that are sensitive to light intensity. Phase is measured via interferometry, the process of
measuring interference. Interference is the phenomenon where wave amplitude increases
or decreases when two or more waveforms of different phase overlap. Common to all
interferometers is splitting a beam of light into two or more paths of different propagation
distance or index of refraction such that when rejoined an interference pattern of bright and
dark intensity fringes forms. By measuring the intensity pattern fringe locations both before
and after placing an object in the beam line the shifted location of the fringe pattern can be

determined and the change in phase can be retrieved.

2.3.1 Talbot-Lau Grating Interferometry

Talbot-Lau grating interferometry is the most common phase measurement technique in
medical imaging applications because it enables interferometry with conventional x-ray
sources with poor coherence>¢. Phase measurements require highly coherent x-rays,
meaning that their phase fronts stay constant as they propagate (e.g., the waves shown in
the top two rows of Figure 2.2). When using incoherent waves, phases average out and
cannot be retrieved. Conventional sources have both poor temporal coherence due to their
broad wavelength spectrum (Figure 2.1) as well as poor spatial coherence due to their large
focal spot sizes. The Talbot-Lau grating interferometer (Figure 2.3) relaxes these
coherence requirements by using a spatial comb filter with period p,, referred to as an
absorption grating. When illuminated by incoherent x-rays, the evenly spaced lamellae,
like posts in a fence, block out a portion of the light producing an array of point-like
sources. These point sources produce a spatially coherent plane wave according to
Huygen’s principle>. The plane wave produced by this absorption grating, referred to in

the system as the source grating (abbreviated G,) is then ready for interferometry.

The next grating in the interferometer is the phase shift grating G,, which is substantially
thinner than G, and induces a regularly spaced phase shift with minimal absorption. The

narrow period of the phase shift grating (p;) causes the coherent x-rays to diffract,
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spreading slightly and superimposing, yielding a diffraction pattern called a Talbot carpet.
Named after its discoverer, Henry Fox Talbot observed in 1836 that coherent light, when
passed through a grating, creates an interference pattern that is the repeating image of the
grating at regular intervals, called Talbot lengths57. Specifically, the phase shift pattern of
G, repeats at integer Talbot lengths of 2(p;)?/A. This becomes useful for imaging phase
effects halfway between these Talbot lengths because there is a half-sized intensity image
of G, that is phase sensitive and can be measured by a detector. This intensity pattern is
considered phase sensitive because its lateral position is translated in the presence of an
object-induced phase shift. These half Talbot lengths are called the Talbot distances d

and define the geometry for a given interferometer. Talbot distances are given by

dr =n(p,)*/2 (2.4)

where n is the integer Talbot order of the system. When an object is placed in an
interferometer, such as the wedge in Figure 2.3, interfaces, or lateral gradients in phase
0®d/ ox refract the x-ray wavefront by angle a (Eq. 2.4). These refracted wavefronts then

shift the Talbot carpet laterally a distance of
S =tan(ad) = ad. (2.8)

The sensitivity of an interferometer defines how much lateral shift in the interference
pattern S results for a given differential phase shift dd/dx which increases by imaging at
higher Talbot order (EqQ. 2.7). Increasing sensitivity improves image contrast but poses the
risk of phase wrap as phase is a circular measurement bounded by (—m, ) radians. When
the lateral shift S of the interference pattern exceeds the period of the pattern, a

discontinuity forms as the true phase shift cannot be unambiguously recovered.

An additional consequence of using a grating interferometer to measure phase comes with
using medical x-rays with wavelengths A < 0.1 nm (E > 12.4 keV). EqQ. 2.7 states that to
keep system geometry compact, the phase grating G; must be manufactured with a period
of p; < 10 um. This then requires an x-ray detector with a pixel size < p,/3 to resolve

changes in interference pattern. Detectors with such a small pixel size are of limited use in
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medical imaging due to their limited field-of-view. However, increasing p,to facilitate

larger pixels and fields of view dramatically increases the geometry length.

To overcome this issue in resolving the Talbot carpet, a final absorption grating G, called
the analyzer grating, is positioned at an n order Talbot distance (Eq. 2.7) from G, and just
in front of an x-ray detector!?. The period of the analyzer grating p,, is designed to match

the period of the interference pattern at a given Talbot distance at the detector plane:
p, =ME (2.9)

accounting for the effects of magnification, M = (L + d)/L, where L and d are the inter-

grating distances defined in Figure 2.3.
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Figure 2.3 Top-down view diagram of a Talbot-Lau grating interferometer. X-rays are represented
by arrows pointing normal to their wave front. Following the x-ray path from the source, G,
spatially filters the incoherent x-rays yielding a coherent plane wave. From this plane wave G,
produces a downstream interference pattern. While passing through a pure phase wedge, the
wavefront travels at a different phase velocity. In the slanting region of the wedge (d®/dx > 0)
refraction changes the propagating direction of the wavefront by angle a, which then laterally shifts
the interference pattern introducing a phase shift ¢ in the measured phase stepping curve (shown
as red sinusoid curve). Following phase retrieval, the differential phase in the pixel behind the
wedge slant (pixel B) is recovered, while adjacent pixels (A and C) report no differential phase
shift.

By placing G, in front of a detector and then precisely translating the grating laterally in
the x direction, the local interference pattern can be sampled using larger detector pixels.

This process is called phase stepping and is demonstrated in Figure 2.4 to generate a set
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of phase step curves (PSCs) for a single pixel (e.g., pixel B in Figure 2.3). Here the gray
curves represent the intensity pattern measured at the plane of the detector as a function of
position over two periods. The colored dots represent the measured PSC signal for each
detector acquisition after 10 translation steps of G, covering two periods of the interference
pattern. The reference PSC shows the interference pattern with no object in the beam line

and is approximated as a sinusoid of the form
I(x) = ag + a, sin (Zpﬂ — qb) (2.10)

2.3.2 Multi-Contrast Signal Retrieval

After inserting an object into the interferometer and repeating the phase stepping
procedure, the offset a,, amplitude a,, and phase ¢ can change. By measuring the changes
in these sinusoid parameters three image contrasts can be retrieved: attenuation A,
differential phase A¢, and dark-field D. First, comparing the change in phase step curve
offset is analogous to comparing intensities in traditional radiography to measure
attenuation A (Eqg. 2.2). Second, the measured PSC phase difference A¢ relates to the

refracted angle a by
Ap = 2ma pi (2.11)

Combined with Eq. 2.4, the measured PSC phase can then be related back to the x-ray
phase shift in the sampled object

_ M ow
_Pz ox’

A (2.12)

Given that a detector pixel period could cover several periods of G,, Eqgs. 2.11, 2.12 assume
the x-ray phase shift to vary slowly such that each opening in G, is sampling the
interference pattern at the same phase in the cycle. Consequences of when this assumption
does not hold are discussed in Section 2.6. Further implementation details of how these
parameters are estimated and the three contrasts are retrieved are presented in Chapter 3.
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Figure 2.4 Phase stepping diagram showing the measured x-ray intensity at a single pixel as a
function of the lateral translation of G, in the x direction. Depending on the size of the detector
pixel the above curves could be the averaged signal of a few or many adjacent periods (fringes) of
the interference pattern measured ideally at the same phase with each acquisition. The solid gray
phase step curve (PSC) shows the reference interference pattern with no object in the beam line.
By adding an object to the beam line this PSC can undergo a change in offset of Aay = ag, — ag s,
a phase shift of Ap = ¢, — ¢, or a change in amplitude of Aa; = a; ;/a, .

The third image contrast available from grating interferometer phase stepping curves is the
reduction in amplitude a, of the PSC. More generally in interferometry, the amplitude of
the interference pattern characterizes the visibility V' of the interferometer, the magnitude

of the oscillations relative to the mean intensity
V = al/ao. (25)

A measure of the visibility reduction by the sample is then given by taking the local
reductions in visibility caused by a sample visibility V; and normalizing them relative to

the reference visibility of the interferometer with no sample V.,

Vy = Vs/V: (2.6)
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Dark-field contrast D is then defined as the negative logarithm of this normalized visibility

such that reductions in visibility result in elevated dark-field>8
D = —log(Vy). @2.7)

The term x-ray dark-field, introduced by Pfeiffer et al. 200818, derives from its similar
appearance to optical dark-field microscopy. In optical dark-field microscopy, the central
beam is blocked, and signal derives from scattering off the sample which is focused back
into the detector resulting in a dark backgrounds®. Similarly x-ray dark-field images
characteristically have a dark background and elevated signal at scattering surfaces. As a
result, x-ray dark-field was originally introduced as deriving from small-angle-x-ray
scattering (SAXS), a material property related to both content and structure. SAXS is a
consequence of phase shifts from particularly small objects (<1 um), or porous materials
where the wavefront scatters in a forward cone of angle a37. As a result of the equal and
opposite phase shifts induced by SAXS at the detector plane the resulting superimposed
wavefront measured by interferometer has a reduced visibility (amplitude) compared to the
reference PSC (Figure 2.5). This connection between x-ray dark-field measurements and

SAXS has been confirmed with synchrotron experiments.60
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Figure 2.5 Phase step diagram demonstrating x-ray dark-field resulting from small-angle x-ray
scattering where scatter in an equiangular cone yields equal and opposite phase shifts (demonstrated
as blue and red constituent curves A® = +m/5) which interfere reducing the amplitude of the
interference pattern before the analyzer grating G,.

2.4 Computed Tomography of X-Ray Contrasts

Planar x-ray projection images are valuable for screening of certain lung diseases.
However, for quantitative staging and making definitive diagnoses of interstitial lung
diseases, the contrast reduction due to superimposed anatomy in chest radiography is a
major challenge. Computed tomography (CT) overcomes this by reconstructing axial
cross-sectional images mapping the location and magnitude of x-ray interactions. This is
done by taking line integrals (projections) measured at different angles around the object
of interest and solving for the constituent materials, position, and thickness that generated
the line integral. Egs. 2.2, 2.3 present line integrals of x-ray attenuation and phase which
can be reconstructed using CT. In attenuation CT, the measured quantity is the linear
attenuation coefficient p, related to S, calculated from attenuation projections A (Eq. 2.2)

acquired at different angles 6 for a given x-ray energy E
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u(xy,z; E) = RY(A(x,2,0)) = TEE2EE (2.8)

R~1 represents the inverse Radon transform, a mathematical operator mapping angular
projections to their cross-sectional distribution. More details on the implementation of the
inverse Radon transform and CT details are discussed in Chapter 3. Similarly, x-ray phase
can also be reconstructed via CT yielding the phase coefficient n*+

n(x,y,zE) = R"H(P(x,2,0)) = M (2.9)

Unique to phase contrast imaging in grating interferometry is that the differential phase
d®/0x is measured (EqQ. 2.12), which must be integrated in the reconstruction process. By
measuring and reconstructing the absorption and phase coefficients, the complete complex

index of refraction is recovered.

X-ray dark-field deriving from SAXS has also been shown to accumulate as a line integral
and thus can be reconstructed using CT, where the measured quantity has been termed the

linear diffusion coefficient61.62,
2.5 Practical Considerations in X-Ray CT Measurements

The inversion process of recovering attenuation and phase information from Xx-ray
projections is based on several assumptions which in practice do not generally apply. Not
accounting for these inconsistencies can result in quantitative inaccuracies and reduction
in image quality. In CT, assumptions about x-ray energy homogeneity and sampling spatial
resolution can have a particularly large impact and must be accounted for with
preprocessing and correction strategies. These same data inconsistencies pose additional
challenges for grating interferometry due to the added complexity of the grating structures

and data acquisition process.

2.5.1 Beam Hardening
One of these data inconsistencies is the log linear relationship between attenuation and
measured intensity (Eq. 2.2). This simplification only applies when imaging with

monoenergetic x-rays, which is not the case in medical imaging applications with
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conventional sources generating x-rays via Bremsstrahlung (Figure 2.1). This same
inconsistency applies for measured phase and dark-field coefficients. Both § and g are
energy dependent and increase as X-ray energy decreases (Table 2.1). At medical energies,
x-ray absorption is proportional to 1/E3, causing lower energy x-rays to be preferentially
absorbed and increases the mean energy of the spectra. This process of beam hardening
reduces the magnitude of attenuation and phase interactions as x-rays penetrate matter.
Beam hardening has also been shown to generate dark-field signal in absence of
unresolvable edges*0. Beam hardening interferes with quantification of CT images by
progressively underestimating the attenuation and phase shift deeper in matter. While beam
hardening corrections have been developed for attenuation®3 and phase imaging38, use of
X-ray gratings with a broad x-ray spectra generates a spatially varying beam hardening that
has not been addressed with existing approaches. In CT, these beam hardening artifacts
form high frequency rings which can challenge quantification of the high frequency

structures native to the lungs.

2.5.2 Spatial Resolution

Another unrealistic assumption in the previous discussion of radiographic and CT
measurements is of infinitely fine spatial sampling. In practice, spatial sampling is
discretized with a sampling interval large enough to ensure sufficient signal to noise ratios.
The spatial sampling determines a system’s spatial resolution, which refers to the scanner’s
ability to separate closely spaced objects. Some primary factors that affect spatial
resolution include the x-ray source focal spot size, detector pixel size, subject
magnification, motion related to the imaging system and subject stability, as well as angular
spacing between projections>?. The effect of each of these factors has a cumulative blurring
effect, reducing spatial resolution and contributing to the system’s point spread function
(PSF) h. Described mathematically, when an imaging system with PSF h samples an
object f, the resulting image f is the product of the sampled object convolved () with the

imaging system’s PSF

fl=hxf. (2.18)
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As every component in the imaging system has a PSF with nonzero width, their individual
PSFs compound into the final PSF. This sampling by a PSF with finite width has the effect
of smoothing edges and reducing contrast when the size of the sampled object is
comparable or smaller than the PSF width. This loss in contrast due to insufficient spatial
resolution in volumetric imaging is referred to as the partial volume effect. Quantitatively,
image contrast decreases linearly with partial volume effect as less of the object of interest
is covered by the detectors!. In cases where cone-beam geometries cause partial volume
effects to vary by projection angle this can result in non-linear streaking effectsé+. In low-
resolution imaging of the lungs as used in clinical and in vivo micro-CT, the linear partial
volume effect accounts for much of the lung signal as individual structures are far too small
to be imaged directly so an intermediary attenuation signal between air and tissue, related
to the lung density, is reported in the reconstructed voxel. In these situations lung structure
can only be inferred indirectly by this density value4? or by the texture of a neighborhood

of voxels10.

Image noise is innately tied to spatial resolution in x-ray imaging and is dependent on the
number of measured x-rays. Noise is reduced by detecting more x-rays either by increasing
the x-ray exposure rate or increasing the detector pixel dimensions to integrate more
intensity in a larger area or over a longer time. X-ray source emission rates are ultimately
limited by x-ray tube heating limitations and in most practical instances can only be
increased by using a larger tube filament and focal spot, which contribute to penumbral
blur, negatively impacting spatial resolution by increasing the PSF. For a fixed source size,
integrated x-ray intensity is then most easily increased by increasing integration time and
detector pixel area. In both clinical CT and micro-CT lung imaging applications, there are
pressures to keep scan times as short as possible to reduce the effects of motion blur and
increase scanner throughput. In designing a CT scan protocol, these data acquisition factors
all compete, and their optimal values are application dependent. In CT lung imaging, there
is a higher tolerance for noise due to the high contrast between air and tissue, enabling
higher spatial resolutions compared to other soft tissue applications. Despite this, due to
the high spatial frequency hierarchical structure of lungs and the progressive nature of

interstitial lung diseases, early detection remains resolution limited21.22.65,
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2.6 Dark-Field from Intra-Pixel Phase Gradients

Distinct from x-ray attenuation, x-ray dark-field signal can increase as spatial resolution
decreases. This effect has been shown in several dark-field experiments performed outside
of synchrotron facilities with large focal spot x-ray sources and large detectors routinely
encountered in biomedical imaging to facilitate the larger fields of view and shorter scan
times#0-42.66,67_|n addition to SAXS, these experiments with Talbot-Lau interferometers
using conventional detectors and sources identified other sources of visibility reduction in
PSCs, including sharp edges*.¢¢, beam hardening+?, and insufficient spatial resolution#z,
These additional sources of visibility reduction result in an increase in dark-field signal
(Eqg. 2.15). With the exception of beam hardening, these other sources of dark-field can be
understood as arising from intra-pixel phase gradients where phase signal in small

structures is lost to partial volume averaging*2.

To illustrate how a large PSF can reduce interferometer visibility via intra-pixel phase
gradients and thus generate dark-field signal, Figure 2.6a shows the same grating
interferometer from Figure 2.3 with a uniform phase sample with two gradient edges.
Differential phase and dark-field signals of this same sample but retrieved from two
detector configurations with different pixel sizes are shown at the right of Figure 2.6a. The
first detector configuration, Det. 1, features small pixels A, B, and C, able to resolve the
two phase-gradients which appear as a positive and negative differential phase impulses
with no drop in visibility and thus no dark-field signal. The second detector configuration,
Det. 2, features a large pixel D, larger than pixels A, B, and C from Det. 1, and measures
the average interference pattern signal measured directly behind both gradients. This intra-
pixel phase gradient, encompassed by the larger pixel D, breaks the assumption of slowly
varying phase relative to the size of the system PSF, discussed in Section 2.3. The retrieved
differential phase and dark-field signals from pixel locations in each detector configuration
are explained by the recorded phase stepping curves in Figure 2.6b. Small pixels A and C
from Det. 1 each record the positive and negative phase shifted curves (+A¢) associated
with the positive and negative differential phase impulses from the same pixel locations in
Figure 2.6a. Larger pixel D shows the averaged signal resulting in net zero phase shift and

reduced visibility responsible for the increased dark-field from its location in Figure 2.6a.
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Figure 2.6 X-ray dark-field from intra-pixel phase gradients. (a) grating interferometer with a
uniform phase object & with two gradient edges generating a positive phase shift in the interference
pattern (blue) and negative phase shift (red). At right of the analyzer grating G, are the retrieved
differential phase and dark-field signals following phase stepping (curves shown in panel (b)) using
two different detector configurations, Det. 1 and 2. The first detector features small pixels A, B,
and C able to resolve the two gradient edges as positive and negative differential phase impulses
+A¢ and zero dark-field (visibility = 1) behind measured behind the gradient edges. The second
detector configuration features large pixels D, larger than A, B, and C combined. The larger pixel
D averages the local shifts in the interference pattern caused by the two gradients yielding no
measure phase shift but a positive dark-field signal due to a loss in visibility (Eq. 2.15). (b) These
retrieved differential phase and dark-field signals can be understood by their measured phase step
curves as measured by small pixels A, B, and C from Det. 1 and the large pixel D from Det. 2.
Small pixels A and C from Det. 1 located directly behind the gradients in (a) can resolve the positive
and negative phase shifts (+A¢, —A¢). However, the large pixel D from Det. 2 in (a) covers both
gradients, averaging the gradients and yielding a reduced visibility and thus positive dark-field
signal.

2.7 Previous Works on Complementarity of X-Ray Contrasts

Previous examples of combining information in x-ray attenuation and dark-field have
largely been limited to radiographic applications. Notably, the depth dependence of both
attenuation and dark-field has been used to produce a normalized image, called normalized
scatter>8, whose signal magnitude is independent of penetration depth

I(xz) = 2&2 (2.19)

o A(x,z)
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This combined parameter has been shown to further improve the sensitivity to emphysema
by removing the lung thickness dependence of x-ray dark-field radiography, improving

contrast with pathology?2+.

Other examples include using principle component analysis to combine the relationships
between attenuation and dark-field signals, along with their spatial relationships, into a
lower dimensionality to better classify pulmonary fibrosis than regional mean pixel

values?.

2.8 Conclusions

The motivation of this work is to leverage the complementarity between x-ray attenuation
and dark-field CT with regards to spatial resolution signal dependence to improve spatial
resolution and quantitative accuracy. Doing so poses the opportunity to leverage each
contrast’s strengths while accounting for their weaknesses. Using dark-field information in
this way also poses an opportunity to use the same source and detectors to better resolve
blurred features. However, in doing so challenges of image artifacts caused by beam
hardening and how to best combine these image contrasts to overcome dark-field’s
sensitivity to spatial resolution must be overcome, which will be explored in the following

chapters.
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CHAPTER 3
Experimental System

3.1 Introduction

To investigate the complementarity of x-ray physical contrasts, primarily attenuation and
dark-field, in enhancing the visualization and quantification of pulmonary fibrosis, an
integrated Talbot-Lau grating interferometer micro-CT imaging system was built. As
introduced in Chapter 2, using a Talbot-Lau grating interferometer, attenuation,
differential phase, and dark-field are retrieved from measured alterations in an x-ray
interference pattern induced by the sampled object. The interference pattern is modeled as
a sinusoid function (Figure 2.4). Attenuation derives from a drop in the mean intensity of
the sampled sinusoid pattern. Phase is related to lateral shifts in the pattern. Dark-field
refers to the reduction in the interference pattern visibility, defined as the sinusoid
amplitude relative to its mean intensity. The interferometer is built into a micro-CT system,
which is responsible for rotating the sample and recording all three image contrasts for
each projection angle. Three reconstructed image series are then generated from these three
sets of projection data. A schematic overview of the system is given in Figure 3.1 with
further details on data acquisition, preprocessing, and reconstruction given in following

sections.
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Figure 3.1 Schematic overview of the Talbot-Lau grating interferometer micro-CT system. The
source grating G, spatially modulates x rays from a source with a large focal spot. G; produces a
downstream Talbot carpet sensitive to phase shifts induced by an object in the beam path. G,
matches the period of the Talbot interference pattern at the detector plane, enabling sampling of the
high frequency interference pattern with large detector apertures that can cover several periods of
G,. A rotating object stage enables tomographic acquisitions by acquiring multi-contrast data at
multiple view angles.

3.2 System Description

The Talbot-Lau grating interferometer micro-CT system (pictured in Figure 3.2) is
mounted on a 2.4 m long by 1.2 m wide floating optical bench surrounded by a lead-lined
enclosure to minimize radiation exposure to the user while the x-ray source is on. The
period and thickness of the three interferometer gratings G,, G,, and G, define the
operating energy and geometry of the grating interferometer and the minimum length of

the micro-CT imaging system.
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Figure 3.2 Talbot-Lau grating interferometer micro-CT system photograph with labelled
annotations.

3.2.1 System Geometry

The length of a Talbot-Lau grating interferometer is set by the imaging Talbot distance
(Eq. 2.7) which is determined by the x-ray wavelength and the phase grating period p;.
This Talbot distance defines the inter-grating distances between G, and G, (L) and between
G, and G, (d) (Figure 3.1). Efforts to decrease the overall length of these interferometers
are limited by manufacturing challenges in further decreasing the period of the analyzer
grating p, which must match the phase grating period p; (Eq. 2.9). With the minimum
system length predetermined by the grating geometry, the remaining micro-CT

components were then built around the grating interferometer.

The x-ray source was placed just before the source grating G, (Figure 3.2.1). A
PANalytical XRF water-cooled tungsten reflection anode with a true focal spot size of 400
um tall by 800 um wide was used. The source was positioned such the flat anode face
made a 25-degree angle relative to the imaging beam line (y axis in Figure 3.1) to project
the cathode long axis into an approximately square effective source plane focal spot size
of f; = 400 um X 400 um. A rotating sample stage (Figure 3.2.5) was placed at a source-

to-object distance of dg, = 710 mm. A detector was placed at an object-to-detector
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distance of d,p = 110 mm further past the rotation stage along the imaging line. The
detector (Figure 3.2.9) was a Princeton Instruments PIXIS-XF 2048 water-cooled flat-
panel CCD detector with a Csl(TI) single crystal scintillator and 13.5um square pixels in
a 2048 x 2048 matrix yielding a detector area of 27.6mm X 27.6mm. The source,
sample stage, and detector configuration contribute to the system geometry, which is
shown to scale in Figure 3.3 with a geometric sample magnification of M = (dso +
dop)/dso = 1.15 and cone angle of y = 2 degrees. This magnification, when combined
with the effective focal spot size (f;), yields a focal spot size at the object plane with an

approximate height and width of £, = 62 pm, defining the limiting spatial resolution of

the system.
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Figure 3.3 Radiographic geometry of Talbot-Lau grating interferometer system drawn to scale.

3.2.2 Talbot-Lau Grating Interferometer Components

The goal of the interferometer is to measure phase using three gratings. To do this, these
gratings must be carefully positioned at the correct relative distances and orientations to
generate an x-ray interference pattern after G; and detected at the plane of G,. First, G,
placed directly in front of the x-ray source, is oriented with its lamella parallel to the
system’s vertical z axis. G, IS mounted on a multi-axis motorized positioning stage with a
linear translational degree of freedom in the system x direction and rotational degree of
freedom along the vertical z axis, rotating in the x — y plane. A source collimator is placed
immediately in front of G, to restrict the spread of the beam to only cover the detector area,
reducing scatter. Second is the phase shift grating G,, which is placed at distance L from
G, and before the rotary sample stage. G, requires the most degrees of freedom for aligning
the interferometer and thus is mounted on a six-axis motorized positioning axis with lateral

translational degrees of freedom in x, y, and, z directions and rotational degrees of freedom
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around those same axes. Third, the analyzer grating G, is placed just before the detector
at distance d from G,, and is mounted on a motorized multi-positioning stage with lateral
x and rotational z degrees of freedom, like G,. Additionally, G, is mounted on a piezo-
electric stage (Mad City Labs), enabling micron-scale translations for phase stepping.
Using the motorized positioning stages the three gratings are positioned and aligned to
generate a phase sensitive Talbot Carpet between G, and G, using the alignment methods
described by Bech 200668,

The gratings used in the interferometer system (Microworks GmbH, Karlsruhe, Germany)
all feature parallel lamellae structures with strong x-ray absorption properties mounted on
a non-interacting thin substrate (Figure 3.4). All three gratings were manufactured using a
LIGA manufacturing process, a deep x-ray lithography technique capable of producing
high spatial frequency, thin, and high aspect ratio (height/width > 100) optical elements®?,
Their exact specifications are reported in Table 3.1. Generally, the process starts by
making a mold of the grating by exposing a light-sensitive polymer (PMMA) to x-ray light
and then chemically dissolving away the exposed material. This mold is then filled with
gold forming the lamellae before chemically removing the remaining mold, leaving only
the gold lamellae on the mounted substrate. The lamella height determines the x-ray
absorption. G, features short lamellae which negligibly absorb x-rays while inducing a
quarter-wavelength (m/2) phase shift producing periodic pathlength differences necessary
to produce the interference pattern described in chapter 2. G, and G, feature considerably
taller lamellae to completely absorb the incident x-ray beam. Imaging with higher energy
x-rays as required in medical imaging require progressively taller lamellae and are thus
more difficult to manufacture and are more prone to manufacturing defects. The most
common is deformation of the grating mold while filling with gold leading to cross-linked
lamellae, impairing image quality. To minimize cross-linking, the G, and G, molds were
made with the Sunray mold design, where diagonal support struts are built into the mold
design to improve structural stability during the gold-infilling process. When these
supporting struts are dissolved away with the rest of the mold, they leave behind the holes
in the G, and G, lamellae as depicted in Fig. 3.2. The development of the Sunray method

has greatly improved grating mold stability enabling taller lamellae and higher energy x-
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ray applications. However, at x-ray energy > 30 keV, some cross-linking of lamellae is
inevitable. When used in conjunction with CT imaging, the effects of lamellae defects on
image quality are compounded across view angles. Methods for addressing these artifacts
in grating interferometer CT are introduced in chapter 4.

Gy Gy G
lo_um 2.48 um

Figure 3.4 Interferometer gratings. G, and G, are shown in grayscale scanning electron
micrograph images. G, is displayed in color as visible-light microscope image.

Table 3.1 Grating specifications.

Grating Period Duty Lamellae  Lamellae Size Substrate Substrate

(nm) cycle (%) | material height (cm2) material thickness
(nm)

G, graphite
G, 3.24 55 Au 2.6 6x6 Si 200
G, 4.8 55 Au 130 6x6 Si 500

3.3 Data Collection

Figure 2.4 showed theoretical phase stepping curves (PSCs), which are assumed to have a
sinusoidal intensity fluctuation as a function of laterally translating G, by distance x to
sample the Talbot Carpet (Eq. 2.10). These PSCs modeled as sinusoids are defined by three

parameters: their mean intensity a,, phase ¢, and fluctuation amplitude a,:
I(x) = ay + a; sin (Zix - ¢). (3.1)
D2

In practice a minimum of three phase steps covering a single Talbot Carpet period (p,) are
required to retrieve the three interference pattern parameters used to form three image
series. Figure 3.5 shows experimentally measured PSCs for real materials using the piezo-

electric stepper to laterally translate G, in six incremental steps across one period in the +x
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direction. A cropped view of three even numbered frames of the six phase stepping
acquisitions are shown. In each the measured intensity from three regions-of-interest (ROI)
is plotted as a function of phase stepping distance with the acquisition number reported as
the marker color increasing from red to yellow. Each ROI covers a projection of a material
with different x-ray interaction properties. ROl A encompasses a homogenous region of
the acrylic cylinder with a shallow gradient, resulting in primarily a drop in the PSC offset.
ROI B covers a wooden insert in the cylinder. The fine wooden fibers provide an abundance
of phase shifting interfaces and unresolved edges that greatly disrupt the interference
pattern and reduce visibility in this region. ROI C is placed near the wall of an air-filled
insert and features a strong gradient yield a phase shift in the PSC. Additionally, while G,
is only translated a total distance of p, = 4.8 um, a Moire intensity fringe is seen
translating to the right across the detector field of view (24 mm). These large Moire fringes
are due in part to remaining misalignments in the gratings due to the cone beam spread of
the beam when used with parallel grating lamellae. These fringes, with periods of
millimeters, travel at a speed and have a period length proportional to the Talbot Carpet
translation”0, and are used in the grating alignment process®8. Intentional misalignments
can be used to directly extract the contrasts from Eq. 3.1 directly from these Moire fringes

in a “single-shot” acquisition but at the expense of spatial resolution’?.
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Figure 3.5 Experimental phase stepping curve images of an acrylic cylinder with a wooden dowel
insert and air-filled inserts. Left: Even numbered reference and object phase stepping acquisition
images. Three ROIs A-C cover different regions with different x-ray interaction properties with
their measured intensities plotted as a function of G, translation distance at right. The ROI frame
color matches the respective measurement on the plotted PSC.

During the phase stepping procedure images are acquired at each translated position of G,
yielding phase stepping samples like the colored points shown in Figure 3.5 for every pixel
location in the detector matrix. A reference PSC is acquired with no sample in the beam
and is compared against a PSC acquired with an object to generate image contrasts. From
these sampled points, offset a,, phase ¢, and amplitude a, from Eq. 3.1 are found using a
curve fitting procedure (gray curves in Figure 3.5) applied at every pixel location for both
the reference and object PSCs. This curve fitting can be performed efficiently using the
Fast Fourier Transform to represent the PSC as a series of sinusoidal basis functions. The
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offset is given by the real component of the zeroth Fourier coefficient a,. Assuming the
PSC covers a single period the amplitude is then given by the real component of the first
Fourier coefficient a,. Phase is then given by the angle between the real and imaginary

components of the complex Fourier coefficient ¢, = 2aj.

Attenuation, 4, is given by the negative log ratio of the sample and reference PSC offsets
A = —log (a04/a0,), (3.2

differential phase contrast A¢ is given by

Ap = ¢1,s - q-')l,r' (3.3)
and visibility V is given by
V - Zal/ao. (34)

Taking the ratio of the sample PSC visibility with the reference PSC gives the normalized

visibility V; contrast

Vv = Vs/ V. (3.5)
We then define dark-field D as the negative log of the normalized visibility:

D = —log(Vy) = —log (Vs/V;). (3.6)

The retrieved contrast images from the phase stepping data of Figure 3.5 are presented in
Figure 3.6. These images demonstrate some key differences in x-ray interactions observed
in real materials. The low density of the wooden insert has low x-ray attenuation and thus
offers little contrast from the acrylic cylinder background. Only the air innervating the
fibers offers some difference in image texture. However, these fibers provide an abundance
of contrast in the dark-field projection. The differential phase contrast image shows the
phase gradient measured in the phase stepping direction (d¢/dx) and thus interfaces
between materials offer the most contrast. However, the wooden insert demonstrates a

consequence of the circular extent of differential phase measurements (—m, ). The
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abundance of strong gradients and interfaces produce largely uninterpretable signals, and
thus a loss of information. This poses a challenge for using phase measurements in highly
porous materials. While differential phase projections can be directly integrated to yield
full phase, this integration step is commonly incorporated into the image reconstruction
filter when performing CT. Further details on this are introduced in the following Section
3.5.

Differential ase
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Figure 3.6 Retrieved contrasts from an x-ray grating interferometer of a cylindrical acrylic
phantom with hollow inserts. Left: Attenuation projection. Arrows indicate a wooden insert and
air in the empty phantom chambers. Center: differential phase projection. Right: dark-field
projection.

An important characteristic of a grating interferometer is the visibility map, which is the
reference visibility image V. (Figure 3.7). This image represents the strength of the
interference pattern at each pixel location in the absence of any sampled object. Many
factors can contribute to a reduction in the system visibility, including imaging with an x-
ray energy substantially different than the interferometer’s design energy. Partial
transmission in the grating lamellae also contributes to a reduction in the visibility map.
Partial transmission occurs when imaging with a broad spectrum where a large proportion
of the applied x-rays are above the grating design energy. Cone beam effects contribute to
differences in visibility at the borders of the detector area while lamellae cross-linkage and
other inconsistencies in G, contribute to local variations in the visibility map. Unique from
attenuation contrast, an additional source of noise in both the differential phase and dark-

field contrast images is low visibility. This source of image noise has been shown to vary
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inversely with visibility in both contrasts7273. While taller lamellae can improve visibility
they come at the expense of dose efficiency and are more challenging to manufacture7+. A
system’s Visibility is commonly summarized by the mean visibility, which for this current

setup is V. = 0.23, though this scalar value obscures any local variations in visibility.

Figure 3.7 Example visibility map acquired from the experimental Talbot-lau grating
interferometer. Grating quality, grating alignment, and acquisition parameters all influence the
visibility map.

3.4 Data Calibration and Preprocessing

Prior to performing CT image reconstruction, an additional preprocessing step is taken to
account for the non-negligible scintillator decay speed of our detector (Figure 3.8). Such
long decay speeds are characteristic of CslI(TI) scintillators, which are optimized to
maximize sensitivity at low x-ray exposure levels. When used for computed tomography,
such scintillators retain residual signal from previous exposures. The contribution of each
of these exposures taken at previous rotation positions and separated by time interval At
decays exponentially with time. The impact on image quality is most apparent when
viewed as a CT reconstructed image (Figure 3.9a) where this retained information
effectively blurs the acquisition in the angular direction, producing circular noise textures

and some loss in spatial resolution?s. This blurring can be modeling as a convolution of the
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input signal with a blurring kernel h (EQ. 2.16), where h is an exponential decay impulse
function acting along the temporal direction between projections. For solid-state x-ray

scintillators this impulse response can be modeled as a multi-exponential
h(t) = Tn-1 2 U(R)e ™"/ (3.7)

here a,, represents the relative contribution of each exponential decay component defined
by a time constant t,, and U(t) such that blurring only acts after t > 0 following the
impulse input

1t=0,

() = {01: <0.

(3.8)

The constants a,, and t,, were found for our system by fitting the following exponential
I1(t) = Xp=1 ayU()e /™ 3.9

to the measured decay data in Figure 3.8, recorded starting at t = 0 immediately after
turning off the x-ray source. From these constants the decay can be corrected for with the

following recursive algorithm (adapted from Hsieh et al. 2000)7>:

1(kA)-YN_; fne 2/ 5,

I'(kAt) = Yn=1Bn

(3.10)

Here Snk=I’[(k—1)At]+e‘At/TnSn(k_1) is the recursive term accumulating

information from previous views to be subtracted away and £, = a,(e 2%™) is a
constant value characteristic of the scintillator decay rates and system sampling interval
At. I(t) refers to the original projection data acquired at time ¢, I'(t) are the corrected
projections, and k refers to the acquisition number. For simplicity a constant sampling
interval of At = 0.1s was set between sample rotation and phase step acquisitions. This
correction scheme (Eq. 3.10) was applied to all raw projection data prior to phase retrieval
with a representative corrected attenuation slice shown in Figure 3.9b. Similar to the
results presented in (Hsieh et al. 2000)75, this recursive deconvolution technique (Eq. 3.10)
reduces the circular noise texture at the cost of some increase in overall noise. Future steps

include adding a regularization term to reduce this increase in noise.
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Figure 3.8 Measured detector decay recorded immediately after turning off the x-ray source. The
decay is modeled as two-part exponential with the line best fit plotted.

Original Scintillator Decay Corrected

Figure 3.9 Effect of scintillator decay on CT noise texture.

3.5 Image Reconstruction
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Using the phase stepping and precorrection procedures described above and the beam
hardening correction introduced in Chapter 4, tomographic datasets were then acquired
by repeating the phase stepping and contrast retrieval process after applying incremental
rotations of the sample stage over 182 degrees with a tube voltage of 55 kVp and current
of 30 mA with 1.5 seconds of detector integration time per acquisition. A sinogram
representation of this data is shown for one row of the detector as a function of rotation
angle 6 (Figure 3.10).

Attenuation Differential Phase Dark-field

Figure 3.10 Sinogram acquisition of three contrasts over & radian rotation.

These projection datasets, combined with the system geometry information including cone-
angle and sample magnification described in Section 3.2.1 were used as inputs to the
Feldkamp, Davis and Kress (FDK) 3D cone-beam reconstruction algorithm7¢ as
implemented in the TIGRE CT reconstruction toolbox?7. Images were reconstructed with
a voxel size set to approximately equal the system spatial resolution of 60 pm3 covering a
30 mm3 FOV. Prior to CT backprojection attenuation and dark-field projections were

filtered via Fourier domain multiplication with the high-pass Ram-Lak ramp filters1.61:
h(r) = |r|, (3.11)

for spatial frequencies r. To account for the spatial derivative in the differential phase

contrast, projections were integrated using the imaginary Hilbert filter

7|

h(r) = (3.12)

2mir
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which makes use of the Fourier transform theorem for integrals, whereby multiplying h
from EQ. 3.12 with our differential phase contrast projections in the Fourier domain

accomplishes both the integration and high-pass filtering in a single operation®s.

The resulting three contrast reconstructions are shown in Figure 3.11 as two axial slices,
one including the wooden insert (top) and one without (bottom). In the attenuation image
there is large contrast between the acrylic cylinder and hollow inserts. The wooden insert
is less attenuating and thus darker than the acrylic phantom material (displayed as white)
but lighter than air (shown in black), while the airspaces between the wood grains are
resolvable. The combination of the gratings and the broad x-ray spectrum used leave
spectral ring artifacts most noticeable here in the attenuation contrast image. More details

on this process and a correction strategy are given in Chapter 4.

Attenuation Phase Dark-field

—0.001

Figure 3.11 Three contrast reconstructions from grating interferometer micro-CT of a cylindrical
acrylic phantom with hollow inserts. Left: attenuation contrast image. Arrows indicate wooden
insert (top row) and air contained in hollow portions of the phantom. Center: phase contrast image.
Right: dark-field images.
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Compared to the attenuation reconstruction, the phase image has a lower frequency noise
texture which is more apparent when comparing line profiles between contrasts (Figure
3.12). This lower frequency noise is due to the integration involved in the phase
reconstruction step. This gives phase images a smoother appearance but can yield low
frequency signal variation as the influences of noise propagate further over the image. Such
low frequency variations must be accounted for prior to using phase contrast
quantitatively”8 as shown by the signal dip towards the center of the phase image. In
addition, the loss of signal in the highly scattering wooden insert leaves the phase
projections signal starved in these regions leading to streak artifacts similar to metal-

induced streak artifacts in attenuation CT7°.

In the dark-field image, contrast is present at material interfaces as edge-enhancing
undershoots and overshoots due to dark-field’s sensitivity to phase gradients*1.42.66,
Consistent with Figure 3.6 and Figure 3.10, dark-field has the greatest contrast in the
wooden insert due to the abundance of scattering interfaces and unresolved phase edgesé2.
However, given that the visibility in this region is near zero as shown by the PSC curve in
Figure 3.5, internal details in the wooden insert are lost as the dark-field signal is
essentially saturated.
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Figure 3.12 Line profiles from three x-ray contrast reconstructions covering a wood insert and
hollow inserts in an acrylic phantom. Top: attenuation profile. Middle: phase profile. Bottom:
dark-field profile. Arrows indicate signal response from different materials in the phantom.

3.6 Conclusions

While the imaged materials (acrylic, air, and wood) presented in this chapter are not
typically found in most biological applications, they clearly demonstrate the unique
differences between the image contrasts available with grating interferometry. The
remaining chapters further explore the complementary nature between these contrasts and
how their combined use can be used to benefit biological applications, particularly in lung

imaging.
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CHAPTER 4
Beam Hardening in X-Ray Grating Interferometry

4.1 Introduction

The use of Talbot-Lau grating interferometryl? broadens potential applications of x-ray
phase-based measurements, including x-ray dark-field, by using polychromatic sources
readily available in clinical and laboratory environments*4, These sources feature greater
tube output, which reduces scan times at the cost of biasing quantitative measurements by
introducing beam hardening artifacts8?. Beam hardening refers to the increase in mean
energy of a polychromatic x-ray beam while passing through a sample as lower energy
photons are preferentially absorbed. In addition to absorption, lower energy photons are
also preferentially phase shifted (Table 2.1) meaning that beam hardening underestimates

both attenuation and phase measurements.

As discussed in Section 2.2.2, x-ray absorption is described by the imaginary component
B of the complex index of refraction n =1—-48§ +if (Eq. 2.1). B is a factor of the
material’s density p [g/cm3] and energy-dependent atomic scattering factor f,. In
attenuation imaging the linear attenuation coefficient u [cm™1] is thus proportional to p
and f,

uCey; E) = p(6im(E) < B, y; E) 3 < p( fH(E) . (4)

where p,, [cm?/g] is the material’s mass attenuation coefficient*453., Common beam
hardening correction strategies leverage the ability to estimate this energy dependence by
scanning a calibration object, where the expected monochromatic response is knownso,
From this an energy correction function can be found that will compensate for the beam
hardening effects. The x-ray phase coefficient n can similarly be described as a factor of

material density and energy-dependent f; scattering
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0 y; E) « 8Cx,y; E) =  p(e, 1) fi(E) 7. (42)

The separability of both attenuation and phase coefficients into energy and spatial
components enables the translation of correction strategies originally developed for
attenuation imaging to be used in phase contrast imaging as well.38 Despite this
translatability, separate corrections must be fit and applied to each image contrast
mechanism to account for different energy dependencies of f; and f, scattering processes

that underly each interaction.

X-ray dark-field has also been experimentally shown to be susceptible to beam hardening
effects8l. However, since dark-field signal derives from small-angle scattering which is a
function of material composition and structure, it cannot be easily factored into energy and
spatial components. Another complication, beam hardening has been shown to reduce
visibility and thus generate dark-field*0. Despite these challenges, empirical corrections
have been shown to substantially reduce the impacts of beam hardening in dark-field

measurementss?,

In addition to the unique energy dependencies of attenuation, phase, and dark-field,
nonidealities in the phase measurement device can introduce further beam-hardening-
related challenges. In grating-interferometry, the most common x-ray phase measurement
technique, the grating optics are a prominent source of such nonidealities due to the
difficulty in manufacturing grating lamellae with sufficiently high aspect ratio for medical
x-rays’4. Partial transmission from insufficiently tall lamellae or lamellae cross-linking
(described in Section 3.2.2) has been shown to harden the beam in a spatially varying
manner8283, Using the grating-interferometer introduced in Chapter 3, this effect is
demonstrated in Figure 4.1a by comparing an x-ray attenuation projection of a water tube
acquired before and after inserting the gratings. While the image without gratings has a
relatively smooth signal profile across the sample diameter (Figure 4.1b), the addition of
the gratings introduces heterogeneous vertical striations of reduced attenuation. Gratings
with taller lamellae can reduce these partial-transmission effects, but such gratings reduce
attenuation contrast-to-noise ratios74. Additionally, at higher energy applications (>80

keV, above the k-edge of gold) partial transmission may be unavoidable, inevitably
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requiring algorithmic correction. Thus, there is a need for a suitable correction scheme for
grating interferometry that compensates for the varying energy dependencies of each
contrast mechanism while also accounting for spatial heterogeneity introduced by

nonidealities in the grating optics.
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Figure 4.1 (a) Projections of attenuation signal through a water-filled tube in the highlighted region
of interest, acquired both without and with gratings. (b) Line profiles through both images.

A range of beam hardening correction strategies have been developed for grating
interferometry that address some, but not all these challenges388184, Early corrections
accounted for the energy-dependent signal variations by using specialized calibration

phantoms to appropriately scale each contrast projection to match expected values for the
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given phantom geometry and composition.38 Analytical methods overcome the need for
phantom calibration scans, but require detailed knowledge of the source spectra and
detector response and to date, have not corrected for beam hardening in the dark-field

channel84,

One promising solution compensates for beam hardening artifacts from an anti-scatter grid
by using x-ray images of the grid to encode the spatial dependence of the observed beam
hardening artifactsé3. Such a method leverages the separability of energy and spatial
dependence in the sample (Eq. 4.1) but loosens the assumptions that energy dependence is
spatially uniform in the imaging chain. Given that previous grating interferometer beam
hardening corrections have lacked the ability to account for spatial variation in beam
hardening, the hypothesis explained in this chapter is that this more general approach yields
an accurate and computationally practical beam hardening correction suitable for
translation to grating interferometry. The purpose of this work is thus to develop and
experimentally validate such a correction strategy, hereafter referred to as Empirical Beam
Hardening Correction for Grating Interferometry (EBHC-GI). Results using the proposed
EBHC-GI method are reported for data acquired using a water sample to approximate
biological samples and a silicon sample to create more severe beam hardening artifacts.
Generalizability is then shown by applying the calibration coefficients obtained from a
water sample to micro-CT data of a mouse lung sample. The improvement in image quality
obtained support the use of this algorithm in subsequent chapters on interferometer studies

of the mouse lung.

4.2 Methods

EBHC-GI is a polynomial correction applied separately to each image contrast in grating
interferometry where the energy dependence of each contrast is assumed to be measurable
with a single calibration scan that is used to encode the spatial heterogeneity of beam

hardening caused by the system gratings.

4.2.1 EBHC-GI
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EBHC-GI applies polynomial corrections to x-ray grating interferometer projections
following Fourier phase retrieval, specifically attenuation A, differential phase A¢, and
dark-field D. Polynomial corrections model the energy response function as an N degree

polynomial® mapping polychromatic projections g to monochromatic projections p:
p=2Xilociq" (4.3)

Due to the linearity of the Radon transform (denoted by R), the N + 1 correction

coefficients c; can be found in image space by minimizing for c
¢ = argmin_ [ d3rw(r)(ZiL, cif;(r) — t(1)). (4.9)

Here f;(r) = R~'(q") are CT images reconstructed from projections g, t(r) is the
template image free of beam hardening artifacts representing the vector of voxels 7, and
w(r) is a binary mask used to exclude region boundaries sensitive to partial volume

effectsss.

Next, to account for the system’s spatial heterogeneity of beam hardening, a variable M is
introduced that represents a projection image of the x-ray optics encoding the spatial

heterogeneity of the system’s energy response®

p=Xi;cqM. (4.5)

Here q'M’/ are the reconstructed monomial images generated via elementwise
multiplication of projections g and optics projections M followed by exponentiation to the

powers i and j.

Finally, to account for the unique energy response of each image contrast in grating
interferometry, EBHC-GI is completed by applying Eq. 4.5 separately to each contrast

projection as indicated by the subscript k,

Pr = Zi,j Cki,jCIIicM]i' (46)
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Like Eq. 4.4 correction coefficients Ck;; are solved for in image space but are determined

separately for each contrast k all from a single interferometer CT scan of the calibration

object,
Cx = argmianf Prwie () (Zij iy fiey ;1) — (). (4.7)

Here, fki,,- represents the reconstructed monomials fki’j(r)zR‘l(q;;M,{) of the

calibration object and t; the target monochromatic image for each contrast k.

The template images t, from Eq. 4.7 represent the idealized image for the chosen
calibration object free of beam hardening artifacts for each contrast. This calibration object
should consist of primarily the material to be corrected for in mostly large homogenous
regions, for example a water container of appropriate size when imaging biologic samples.
As beam hardening artifacts in grating interferometry can include both cupping effects as
well as ring artifacts due to the spatial nonuniformity of beam hardening from the gratings,
a combination of median filtering followed by segmentation can be used to approximate
the desired uniform response. In particular for the attenuation and phase templates (t, and
tap) the ideal responses were estimated using Otsu’s method® to segment the original
reconstructed image for each contrast, then replacing all values within the segmented
region with the region’s median value. By replacing voxels with the median value, large
fluctuations from ring artifacts do not strongly influence the desired template value.
However, severe cupping may still underestimate the true value. In determining the
template dark-field image t,, the beam-hardening-free template assumes no contrast in
homogenous regions, thus their constant value is set equal to that of air. A final step is to
record the minimum and maximum calibration values along with the correction coefficients
such that when applying the correction technigque only projection values that fall within the

calibration range are updated to avoid spurious changesss.

4.2.2 Determining the System Spatial Heterogeneity Term M,
In EBHC-GI, M,, from Eqg. 4.6 encodes the spatial heterogeneity of beam hardening from
all three gratings as viewed by each image contrast k. Assuming this spatial heterogeneity

is constant over the duration of a CT acquisition, these biases are reflected as ring artifacts
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which in a cone-beam imaging system can vary substantially between slices. This variation
is recorded in measurements of M, for a given system which can then be used to
compensate for the rings. For attenuation and phase, M, and M, are best approximated by
their respective grating images, the unnormalized reference air images ay ., ¢4, (Figure
4.2). These grating images are found by retrieving attenuation a,,- (Eq. 3.2), phase ¢,
(Eq. 3.3), and visibility V; ,- (Eq. 3.4) signal images from phase stepping curves (PSCs)
acquired without any sample and represent the reference system response for each signal.
Any residual artifacts from the gratings following standard phase retrieval are the result of

structures in these images not being adequately canceled in the normalization process.

Figure 4.2 Reference Fourier coefficient images serve as grating images to show underlying
grating structure viewed in all three contrasts.

Determining M, for dark-field is complicated by the inability to fully separate the energy
and spatial dependencies, so M, must be determined empirically from projections of the
calibration object8l. To accomplish this, repeat projections of the calibration object were
averaged to obtain low noise projections showing grating-induced spectral artifacts. This
enabled low-noise comparisons of how artifacts in visibility projections correlated with the
visible grating structures in the grating images, quantified using the Pearson correlation
coefficient magnitude |r|. The correlation magnitude |r| was used to account for contrast
reversals between the air scans and projections. For a given sample material the dark-field
spatial modulating term Mp, was found to be the reference image (ref = aq,, Vy ., Or ¢ ,)

that best correlates with the grating artifacts in the calibration object dark-field projection:
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Mp = argmax__c |7 refl- (4.9

A similar approach to finding the spatial modulating terms M, would be to solve Eq. 4.7
determining coefficients ¢, for each contrast k and reference image for M, and selecting
the combination that yields the best correction as determined by the criteria described in
Section 4.2.5. We argue, however, that the above approach of using low-noise projections
and comparing correlations yields the same results while requiring fewer exposures and
image reconstructions. We confirm this approach by determining the normalized visibility
modulating term M, using both described methods.

Each step of EBHC-GI has been summarized in Figure 4.3 which starts with data
acquisition and multi-contrast projection retrieval. These different sample and reference
contrast projections are used to make the monomial projections. The polynomial
coefficients used to linearly combine these monomial projections are determined from
fitting the monomial image reconstructions against a calibration phantom image
reconstruction with the desired beam-hardening free response. These coefficients are then

used to correct all future projections.
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Figure 4.3 Overview of processing steps involved in EBHC-GI. Three contrast calibration
projections g retrieved from phase stepping curves acquired of a calibration object with a known
homogenous region are used to fit correction coefficients for each contrast ¢, that are used to
correct future projections of similar materials.

4.2.3 Sample Preparation

Three samples were evaluated in this study: a water tube representing a low atomic number
material (Figure 4.4), a silicon tile representing a higher atomic number material (Figure
4.4b), as well as an ex vivo mouse lung (Figure 4.4c) to demonstrate generalizability of
the water coefficients to a biological sample. The water tube was a 1.5 mL Eppendorf snap
tube filled with tap water. The silicon (Z=14) tile used was the lower portion of the axial
spatial resolution module contained in a QRM micro-CT bar pattern phantom.87 The dotted
inset image of Figure 4.4b shows the edge on view of the tile from the perspective of the
detector. The spatial resolution module in the phantom is etched into the top 100 um of a
500 pm thick silicon tile. However, for this study we used the remaining 400 um thick un-
etched silicon region to evaluate the performance of the proposed method in a sample
generating more severe beam hardening artifacts. Finally, the mouse lungs used were

excised from an ex vivo sample (see Chapter 5 for more details).
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10 mm

Figure 4.4 Imaged samples shown to scale include (a) 1.5 mL snap tube filled with water, (b) QRM
micro-CT bar pattern phantom schematic®. The inset shows an enlarged view of the chip and the
edge-on orientation used to acquire images. The lower 400 um silicon region was used exclusively
in this study. (c) Posterior view of excised mouse lung with heart following fixation and air drying
at end-exhalation inflated volume.

4.2.4 Data Acquisition and Image Reconstruction

Sample and reference phase stepping curves (subscripted s and r in Figure 4.3) were
generated by the phase stepping of G, over a single period of G, in six steps of 1.5 seconds
each for a total of 9 seconds per view angle. Projection data of the three contrasts were then
retrieved using the Fourier method®. In our experimental setup mean reference visibility
was measured to be V; . = 16.4%. Using the aforementioned phase stepping and retrieval
procedure, water, silicon, and mouse lung samples were positioned with a source-to-object
distance of dgo= 710 mm and object-to-detector distance of dop =110 mm to perform CT.
All CT acquisitions were performed over a full 360-degree range such that any ring
artifacts would be presented as full rings. Due to the rotational symmetry of the water
cylinder projection data were acquired every 2 degrees, while projections of both the
silicon tile and fixed lung were acquired every 0.5 degrees. Images were then reconstructed
into 512x512 matrix slices of 47 um isotropic voxels using the FDK algorithm. In order
to minimize image noise when determining correction coefficients, both the water cylinder
and silicon tile images were reconstructed with TIGRE’s Hamming filter while lung
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images were reconstructed with a Ram-Lak filter appropriate for the high frequency

features in the lungs’’.

4.2.5 Evaluation of EBHCI-GI
The performance of our correction was quantified in terms of a reduction in the mean

squared error (MSE) between the corrected and template images:
MSE =37 (e)?, (4.10)

where e = P, (r) — t, (1) is the n voxels difference image between the template image
t,(r) and the corrected image P, = R™1(py) reconstructed using EBHC-GI corrected
projections p, . Standard deviation measured in a central homogenous region of each
sample image was used as a secondary measure of artifact reduction. These values were
then used to compare the uncorrected and corrected images for each contrast. Line profile
comparisons were also performed to visually compare the uncorrected, corrected, and

template images.

Finally, to assess the generalizability of the coefficients to similar materials we concluded
our investigation by applying the coefficients determined from the water sample on the
mouse lung sample. Performance was assessed qualitatively for each contrast by visual
inspection of uncorrected, corrected, and subtraction images.

4.3 Results

4.3.1 Determining the System Spatial Heterogeneity Term M,

The spatial heterogeneity term for dark-field M, in EBHC-GI was determined for two
calibration objects of different materials by assessing which grating image best correlated
with the observed beam hardening artifacts. These correlations between the system grating
projections and sample projections are shown for both water and silicon calibration
samples as a bar chart in Figure 4.5. Correlations of grating images with attenuation and
differential phase projections are shown for comparison. Stars indicate correlations that
were significant, defined as a p-value < 0.05. For each image contrast the correlation of the

sample projection (4, A¢, and D) is computed with each grating image (a -, ¢4, V1) and
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depicted as a differently shaded bar. For example, the black bar in the group of three bars

for attenuation contrast refers to the correlation |r 4, |-
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Figure 4.5 Pearson correlation coefficient magnitudes |r| between sample and air grating
projections for both the water and silicon samples. *indicates P < 0.05.

Consistent with expectations, the correlation of artifacts in the attenuation and differential
phase contrast projections were highest with their respective attenuation and differential
phase grating images for both the water and silicon samples. This validates the choice of
M, = aq, and Myg = ¢4, in both samples based upon Eq. 4.9. While no correlation was
found to be significant for differential phase in the water calibration sample, these findings
are consistent with our observation that artifacts were absent in the water differential phase

projections, indicating a minimal M, contribution to the correction.

In empirically determining M, for dark-field, we observed |rp 4, | > |1y, .| in both
sample materials, suggests that M, = a,, for both water and silicon calibrations. This

provides further evidence of cross-contamination of attenuation and phase information into

the visibility contrast, an effect previously reported in experimental studies#2.

4.3.2 Evaluation of EBHC-GI in Water
Using the M,, grating terms determined for water, fit coefficients for the water sample were

determined using the original and template images shown in Figure 4.6. In the water
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sample, 2" degree polynomial coefficients were determined for both variable dimensions
resulting in 9 total coefficients for each contrast. The choice of 2" degree polynomials for
the water sample was determined empirically to best remove spectral artifacts with no
substantial improvement observed by adding higher polynomial terms.

Figure 4.7 then compares the resulting images reconstructed from uncorrected projections
and EBHC-GI corrected projections. Line profile comparisons including the template
image are included in Figure 4.7c. The measured MSE and standard deviation averaged
over 30 central slices containing ring artifacts are presented in Table 4.1. In all three
contrasts there was little evidence of cupping artifacts suggesting a limited influence of
beam hardening from the water tube due to its small size and lower atomic number.
However, the presence of ring artifacts in the attenuation contrast reflects the spectral
nonuniformity from the gratings observed quantitatively as an elevated MSE and standard
deviation reported in Table 4.1. Of note, these ring artifacts are strongly suppressed
following the application of EBHC-GI where the attenuation MSE was decreased by 80%
and standard deviation by 57%. In the dark-field channel, the influence of beam hardening
is not obvious. Despite this, we measured a 65% reduction in the dark-field standard
deviation following correction using M, = a,, compared to only a 58% reduction using

Mp =V, , with comparable reductions in MSE in both cases.

The presented images and measured results are representative of typical slices in the
reconstructed volume containing spectral ring artifacts. In EBHC-GI M, controls the local
ring artifact correction, and as a result slices containing rings experience a reduction in
MSE and standard deviation following EBHC-GI correction, whereas slices without
prominent rings are left largely unchanged. Similar observations were made in the
differential phase contrast images where spectral artifacts were visually undetectable in the
original images. Thus, the original and corrected images were indistinguishable with a

correspondingly small reduction in MSE and standard deviation.

These results suggest that for our given system in water, the attenuation contrast is most
strongly influenced by beam hardening and, in this low-Z imaging task, benefits most from
EBHC-GI in terms of ring artifact reduction as quantified by a reduction in MSE from the
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template and reduced standard deviation. Additionally, the improvements observed in
water for the attenuation and visibility images also suggest that beam hardening affects
intensity-like features of the phase stepping curve (a, and a, Fourier coefficients) more

than the phase term (¢,).

A

Original

Template

Figure 4.6 Uncorrected reconstructions and artifact-free templates of the water sample for
attenuation A, phase ¢, and dark-field D contrasts.
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Figure 4.7 Water sample reconstructions for each contrast with the original uncorrected axial
image (a) shown left of the EBHC-GI corrected slice (b). The image display settings for each
contrast are determined from the uncorrected image with a level equal to the image mean and
window width of four standard deviations. (c) Line profiles that correspond to the columns of pixels
marked in red in (a) and (b) compare original (dashed gray), corrected (solid black), and template
(dotted red) line profiles.
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Table 4.1 Beam hardening correction results for water quantified in terms of mean squared error
(MSE) from template t and standard deviation (Std dev) within the homogenous water region.

Attenuation

Image MSE Std dev
Original 1.33 x 107° 1.15x 1073
Corrected 2.61x 1077 4,85 x%x 10™*
Change -80.37% -57.83%

Phase

Image MSE Std dev
Original 3.83 x 1075 6.02 x 1073
Corrected 3.63 x 10°° 5.86 x 1073
Change -5.22% -2.66%

Dark-field

Image MSE Std dev
Original 7.58 x 107 2.60 x 1073
Corrected 2.49 x 1076 8.86 x 10~*
Change -67.15% -65.92%

4.3.3 Evaluation in Higher Atomic Number Materials

Using correction coefficients ¢, determined for silicon, image, and line profile
comparisons for each contrast from the original and corrected silicon sample projections
are shown in Figure 4.8 with MSE and standard deviation values reported in Table 4.2.
For the higher atomic number silicon sample, 3™ degree polynomial coefficients were
determined for each variable yielding 16 coefficients per contrast. The additional
polynomial terms were found to further improve artifact reduction over the 2" degree
polynomial used with the water sample. Such results are plausible given the higher atomic
number of silicon and hence greater degree of beam hardening. In the silicon tile images,
all contrasts presented more severe artifacts than in water, with rings in each contrast,
cupping in phase, and capping in the normalized visibility images. Furthermore, all three
contrasts saw over 90% reductions in MSE following correction. These results are an
improvement over using the visibility reference V, ,. for M which resulted in only an
88.2% reduction in MSE and 40% reduction in standard deviation from the uncorrected
image. Both values are less than the 90% and 51% reductions reported in Table 4.2 for
dark-field using M, = a, ., confirming the correlation analysis conclusions for silicon in

Figure 4.5.



Compared to the reductions in MSE observed in the water sample following EBHC-GI, the
reductions observed with the silicon sample were greater for all contrasts. This is in part
due to the greater severity of spectral artifacts in the higher Z silicon sample but was also
influenced by our use of MSE to quantify both ring and cupping artifacts. Ring artifact
severity decreases sharply away from the image center while cupping severity does so to a
lesser degree, resulting in more voxels being affected by cupping thus influencing our
results to have greater MSE for cupping over ring artifacts. In addition, despite having a
greater reduction in MSE and standard deviation, we observed more residual ring artifacts
in the silicon sample compared to the water sample. This was a consequence of the silicon
sample inducing more beam hardening and thus making the correction more challenging.
Finally, the presence of spectral artifacts for all three contrasts in the silicon sample differs
from our observations in the water sample, where spectral artifacts were primarily present
for only the attenuation and visibility contrasts. This suggests a material and contrast

dependence for spectral artifacts.
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Figure 4.8 Silicon tile reconstructions of attenuation, phase, and dark-field contrasts. Uncorrected
images (a) are shown to the left of EBHC-GI corrected slices (b). The image display settings for
each contrast are determined from the uncorrected image with a level equal to the image mean and
window width of four standard deviations. (c) Line profiles that correspond to the columns of pixels
marked in red in (a) and (b) compare original (dashed gray), corrected (solid black), and template
(dotted red) line profiles.



Table 4.2 Beam hardening correction results for silicon quantified in terms of MSE from the
template and standard deviation of values within the homogenous silicon region.

Attenuation

Image MSE Std dev
Original 6.76 X 107° 5.61x 1073
Corrected 4.06 X 107° 1.94 x 1073
Change —94.01% —65.24%

Phase

Image MSE Std dev
Original 8.30 x 1073 3.62x 1072
Corrected 2.67 x 107* 1.17 x 1072
Change —96.78% —67.68%

Dark-field

Image MSE Std dev
Original 5.15 x 1075 3.38x 1073
Corrected 4.65x 107° 1.65 x 1073
Change —90.97% —51.18%

4.3.4 Lung Imaging Application

To demonstrate the generalizability of the correction coefficients found in the water
calibration object as demonstrate the applicability to imaging biomedical specimens, a set
of fixed ex vivo mouse lungs were imaged and processed with EBHC-GI. The original and
corrected images of the mouse lung specimen are shown approximately midway through
the mediastinum alongside difference images in Figure 4.9. Like observations in the water
sample, the most noticeable artifacts were the rings in the original attenuation image, which
were effectively eliminated in the corrected series. Examining the attenuation difference
images shows the rings removed from the original with some faint residual anatomical
features. These features were not lost in the corrected image, but their signal values were
changed slightly, which is a consequence of EBHC-GI acting on materials different from
the calibration material. However, given that materials in this mouse sample are like water,
these differences were small. In the corrected phase contrast images, there were no
prominent rings in the uncorrected images and thus images are mostly unchanged
following correction. The difference image does reveal subtle signal changes like those
described for the water sample. While the image texture differs from the attenuation
difference image, this is because EBHCI-GI is applied to differential phase contrast prior
to the integration step and thus these local differences are spread out to some extent. In the

dark-field images, there was evidence of removed rings as well as non-edge signal changes



in the difference image, which is again due to EBHC-GI subtly shifting signal values for
materials absent in the calibration object. Together, our results in the mouse lung sample
were consistent with those seen in the water phantom that the attenuation contrast was most
susceptible to grating induced ring artifacts, but that they could be effectively removed
using EBHC-GI.

Difference

Original Corrected
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104
03
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10.06
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Figure 4.9 Axial mouse lung reconstructions in prone position show the heart, large airways, and
lung parenchyma. Attenuation, phase, and dark-field contrast images are shown both before and
after corrections along with a difference image. The display settings are set equal for both corrected
and uncorrected sets.
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4.4  Discussion

The key findings from our study are that beam hardening artifacts in grating-based x-ray
phase contrast imaging can be largely suppressed with EBHC-GI, a two-variable
polynomial correction to each of the derived contrasts. Specifically, the two-variable
approach includes both sample projections and grating projections in each contrast to
correct for both cupping and capping artifacts derived from beam hardening in the sample
as well as spectral artifacts from the gratings. EBHC-GI demonstrates a successful
translation of a beam hardening correction originally developed for managing beam
hardening artifacts from anti-scatter grids in cone beam CT made possible by the loosened
assumption that the system’s energy dependence can be spatially nonuniform®3. Key
changes included applying the polynomial correction separately for each contrast
mechanism to account for the different energy dependencies of the different contrast
mechanisms and using projections of the system gratings to encode spatial heterogeneity.
We also showed methods to best determine this grating-term for dark-field contrast which
is influenced by both the imaging system and sample requiring it to be determined

empirically.

In determining the spatial heterogeneity term for dark-field M;, we found for both materials
studied that the dark-field sample projections had the highest correlation with the
attenuation grating projections. These observations of system and material dependencies
of grating-induced artifact in the dark-field contrast are consistent with previous work that
showed similar influence of attenuation and phase information in polychromatic dark-field
measurementssl. This known mixing of contrasts also suggests that further improvements
to EBHC-GI could be made by considering M}, to be a weighted sum of grating images to
better reflecting this intercedence. The cross-contamination between the three contrast
mechanisms that occurs due to beam hardening is but one of several sources of bias in
normalized visibility imaging present in grating based laboratory setups#0-42.67 Ultimately,
to perform better quantitative studiesé! of the small-angle-scattering and sub-resolvable
structural information contained in the dark-field, these systematic influences must be

understood and accounted for.
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After determining the grating terms M, and applying our found fit coefficients for each
contrast and material, our results further demonstrated the benefit of applying a unique set
of correction coefficients for each contrast. We saw this in varying contributions of cupping
and ring artifacts between materials and contrasts. The uncorrected water attenuation image
suffered most from grating-induced ring artifacts and needed a strong correction, whereas
the phase image required minimal correction. In the silicon tile we observed an even greater
divergence of artifacts between the three contrasts. The silicon attenuation image presented
severe ring artifacts with modest cupping, while the phase image had more severe cupping.
Finally, the silicon dark-field image had modest capping and rings. In both samples studied,
these results suggest a material and contrast dependence on the observed beam hardening

artifacts, a dependence consistent with previous findings38.82,

We then demonstrated the generalizability of correction coefficients found in a water
sample to remove ring artifacts when applied to an ex vivo mouse lung sample supporting
the use EBHC-GI in further investigations involving lung specimens. A limitation of our
lung sample in evaluating the performance of EBHC-GI was that the ribcage and other
natural boney anatomy surrounding the lungs were not retained following excision for
fixation. Thus, our lung image results do not show the typical shadowing that occur around
bone because of beam hardening. While a pre-reconstruction linearization technique
calibrated with a water sample would partially compensate for this shadowing, if the
materials to be imaged were known ahead of time, those materials could be included in the
calibration phantom to increase the effective range of materials to be corrected. For
imaging objects with large proportions of both low and higher atomic number materials,
say largely boney anatomy, a multi-step approach may be required. Post-reconstruction
iterative techniques88-90could be utilized to further improve spectral artifact compensation
in these multi-material situations. Ultimately, the choice of beam hardening correction
technique is highly application dependent. Nonetheless, our proposed EBHC-GI method
could readily be implemented as one step in the x-ray grating interferometry image
processing pipeline.

Limitations of EBHC-GI include the empirical approach to generating the dark-field

template image. Assigning known homogenous regions in our test objects to have a
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normalized visibility signal equivalent to air was necessary as it was unclear as to what
would make an ideal dark-field calibration object. This is coupled with the fact that the
choice of an ideal dark-field test object would likely be specific to material, energy and
other systemic factors#2. Additionally, EBHC-GI is a first order correction and thus some
rings remained due to detector gain inconsistencies or higher order beam hardening effects.
Removing these residual artifacts would be best handled with iterative methods8+ adapted
to account for spatially varying grating effects or additional image filtering®1. Additionally
for the dark-field contrast, improved artifact reduction may be possible by first separating
the influences of other contrasts8. Another approach would be to add a second modulating
term to include both dark-field and attenuation contributions. However, this comes at the

cost of increasing the number of images required to determine the correction coefficients.

Finally, the push to enable human imaging with grating interferometry349293 requires
higher x-ray energies (e.g., high tube potential settings) and larger fields-of-view which
places even higher demands on grating design and fabrication. When imaging at these
higher energies partial transmission becomes unavoidable74, and can even be desirable
when phase and dark-field image quality is to be balanced with attenuation image
quality23.7494, Our results demonstrate that image quality can be preserved for all three
contrast mechanisms using a polychromatic x-ray source. This eases the requirements for

grating design and fabrication and may facilitate multi-contrast x-ray studies in humans.

45 Conclusions

In this investigation we introduced an empirical correction for beam hardening in grating
interferometry, EBHC-GI, that is an extension of a two-variable polynomial correction for
anti-scatter grids that we adapted to the unique contrast mechanisms and system properties
of a grating interferometer. These adaptations included applying the polynomial correction
to each contrast mechanism separately and determining an optimal spatial modulating term
for the dark-field contrast. In attenuation and phase contrast images, this term was the
reference projection data for each respective contrast mechanism. However, due to cross-
contamination of attenuation and phase contrast information into the dark-field channel,

the optimal dark-field modulating term was determined for our system to be the attenuation
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reference projection data. Quantitative assessment of our method showed a reduction in
beam hardening artifacts due to both the sample and the gratings in both water and silicon
test objects, representing imaging of low- and higher-Z materials, respectively. This
empirical method can be used, without the need of detailed system or sample knowledge,
to correct for beam hardening effects in the sample and in the gratings. Once determined,
the coefficients can be used on all subsequent scans of like materials performed with

similar acquisition settings.
4.6  Accomplishments

The work described in this specific aim has produced one peer-reviewed journal article:

Nelson BJ, Leng S, Shanblatt ER, McCollough CH, Koenig T. Empirical beam hardening
and ring artifact correction for x-ray grating interferometry (EBHC-GI). Medical Physics.
2021;48(3):1327-1340. doi:https://doi.org/10.1002/mp.14672

72


https://doi.org/10.1002/mp.14672

CHAPTER 5
Dark-Field Enhanced Attenuation Imaging

5.1 Introduction

Dark-field contrast was originally introduced as being caused by small-angle x-ray
scattering (SAXS)!8, which is an energy dependent property related to a material’s
composition and structure size®3. Talbot-Lau grating interferometry enables x-ray phase
and dark-field measurements with standard x-ray sources and detectors, greatly expanding
their potential applications and use. However, experiments have shown that dark-field
measured on these systems also derives from intra-pixel phase gradients and thus are a
function of the system's spatial resolution relative to the material structure size*? (Section
2.6). This presents opportunities to gain signal from unresolved structural changes,
otherwise lost by partial volume averaging. It also poses challenges for the quantitative use
of dark-field, as the dark-field signal also depends on any process altering the spatial
resolution of the system including detector pixel size, focal spot size, and magnification?.
In x-ray attenuation CT imaging, insufficient spatial resolution is responsible for partial
volume averaging where the attenuation information from tissues of differing attenuation
properties that are contained within one voxel are averaged together. In lung imaging, this
results in blurred boundaries between tissues and air and is responsible for the wide range
of lung CT numbers in the parenchyma. These blurring effects can be detrimental in
attenuation CT of the lungs by obscuring characteristic disease patterns like honeycombing
required to diagnose idiopathic pulmonary fibrosis (IPF) and underestimating quantitative

assessments of fibrosis extent21,.22,65,

The purpose of this work is to introduce and validate a means of combining dark-field’s
intra-pixel phase gradient sensitivity with the simultaneously acquired phase and
attenuation signals to partially restore spatial resolution and improve contrast while
maintaining the quantitative value and interpretability of the attenuation and phase

information. Furthermore, incorporating dark-field information introduces opportunities
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for enhanced contrast between materials with similar attenuation but distinct structural
properties. These techniques are hereafter referred to as dark-field enhanced attenuation
(DFEA) and dark-field enhanced phase (DFEP). This chapter is organized into three main
sections, with results reported immediately after the methods in each section. First, the
claim that DFEA and DFEP improve spatial resolution is investigated experimentally with
edge spread function measurements on a solid-water phantom with accompanying
modulation transfer function (MTF) calculations to assess contrast retention at different
spatial frequencies. Next, the claim that DFEA and DFEP maintain quantitative attenuation
and phase values in solid tissues while enhancing contrast with unresolved structures is
supporting with region-of-interest (ROI) measurements of contrast, noise, and contrast-to-
noise ratios (CNR). Finally, the qualitative impact of these benefits is demonstrated in the
context of lung imaging by applying DFEA to an ex vivo fixed lung sample.

5.2 Dark-Field Enhanced Attenuation and Phase: General Approach

X-ray attenuation has long provided reliable measurements of lung structure due to the
natural high contrast between the x-ray attenuation of air and tissue. Partial volume effects,
however, result in blurring that reduces the sensitivity of attenuation radiography and CT
to detect small (<5mm) pulmonary nodules®> and quantify fibrosis extent?z. Edge
enhancement techniques have been used to mitigate these spatial resolution limitations in
X-ray attenuation imaging to better resolve small focal lung pathology?¢. A widely used
edge-enhancing post-processing technique is unsharp masking®? where the measured
attenuation signal A is copied and blurred yielding A’. Taking the difference between
original measurement and the blurred copy reveals edges lost from the blurring which are
scaled by an enhancement factor «, typically between [0, 1] and added back to the original

image
Aunsharp = A+ a(A—A4"). (5.1)

While unsharp masking has been used successfully to visually enhance edges, it is not
quantitative as the true edge information is lost and can only be estimated by taking the

difference from further blurring.
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X-ray dark-field D provides access to phase gradient signal lost to blurring processes and
thus could be used in place of (A — A") in Eq. 5.1 to restore edge information in phase

contrast images @, in a process hereafter referred to as dark-field enhanced phase (DFEP):

DFEP = & — aD. (5.2)

In practice grating interferometers directly measure differential phase Z—iand not phase @,

which complicates the direct application of Eq. 5.2. Differential phase can be integrated
in the phase step direction x to recover ®. However, noise from detectors, photon statistics,
and phase step vibrations are also integrated into the phase signal yielding low-frequency
noise effects?2. Iterative methods have been introduced to better recover this phase
information, yet it remains a non-trivial task?898. Furthermore, phase is a circular
measurement bound by (—m, m) and thus phase wrapping becomes an issue when the
projected differential phase shift exceeds the bounds. To reduce phase wrapping, water-
like soft tissue samples are often immersed in a water bath for x-ray phase contrast
measurements to avoid large phase gradients with the air background®®. While mild phase
wrap can be recovered with phase unwrapping algorithms100.101" the many air-tissue
interfaces of the lungs yield large phase gradients and substantial phase wrap that are

challenging to recover.

These complications of using phase for lung imaging combined with the established use of
attenuation contrast motivates the use of dark-field information to restore blurred edge

information in attenuation images via dark-field enhanced attenuation (DFEA)
DFEA = A —aD. (5.3)

Given that attenuation A and phase @ are strongly correlated at diagnostic x-ray energies
(40-120 keV),%8 the phase edge information contained in dark-field also correlates with the
blurred attenuation edges. This supports the use of dark-field to recover edges in both
attenuation and phase for appropriate values of a. Given the large difference in signal
magnitude between attenuation and phase in soft tissues (Table 2.1), @ must be scaled

down to reflect these differences in signal magnitude. An estimate of o can be found as the
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ratio of the mean attenuation and phase signals from a homogenous region covering the

primary material of interest, e.g., water.

5.3 Influence on Spatial Resolution

To evaluate DFEA and DFEP’s ability to restore spatial resolution, a QRM micro-CT bar
pattern phantom was imaged with the grating interferometer described in Chapter 3.

5.3.1 Methods

All phase step projections were acquired at 55 kVp, 40 mA, and in 6 steps covering one
period of G, at 1.5 seconds per step. Attenuation, differential phase, and dark-field
projections were then retrieved from phase step data using the Fourier method?®. In our
experimental setup, mean reference visibility was measured to be V;, = 16.4%. 721
projections were acquired in equiangular intervals covering 360 degrees and reconstructed
into 512 x 512 matrix images of 60 um isotropic voxels using the FDK algorithm7¢ with
a Ram-Lak filter for attenuation and dark-field images and a Hilbert filter to integrate phase

in the reconstruction process>é.

From these images, an edge spread function was measured by averaging 20 adjacent slices
in a cylindrical “solid water” module of a QRM micro-CT phantom8?. The module was
carefully aligned such that the central axis of the cylinder aligned with the CT rotational
axis. A radially averaged line profile was then measured from the center of the circular
axial cross-section. Prior edge spread function (ESF) profiles between attenuation and
DFEA as well as phase and DFEP were compared against the ground truth edge response
determined from the known geometry of the phantom. Spatial resolution was assessed in
terms of qualitative difference from the true edge response as well as differences in MTF
curves calculated from the edge responses. MTF was calculated by first interpolating each
ESF, taking the finite difference derivative to estimate the line spread function, taking the
Fourier transform via FFT and normalizing with respect to the zero frequency MTF(0),
described by Richard et al 2012102,

5.3.2 Results
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Edge restoration by subtracting the scaled dark-field image was qualitatively assessed by
viewing images of the attenuation, phase, and dark-field enhanced images in Figure 5.1.
In calculating DFEP, dark-field was directly subtracted from phase (« = 1, Eg. 5.2). In
calculating DFEA, a from Eq. 5.3 was determined empirically as the ratio of mean
attenuation to mean phase values measured in the solid water phantom. It was found to be
a = 0.025 in this current study. Radially averaged edge spread functions derived from
these solid-water phantom images show that both DFEP and DFEA better estimate the
underlying edge distribution when compared against the simulated truth value as indicated

by arrows identifying the restored edge features (Figure 5.2).

Dark-field Attenuation DFEA Phase DFEP

Figure 5.1 Synergistic use of dark-field with attenuation and phase contrast images of a cylindrical
solid water phantom. From left to right, dark-field, phase, dark-field enhanced phase (DFEP),
attenuation, dark-field enhanced attenuation (DFEA).
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Figure 5.2 Dark-field recovers high spatial frequencies. Left: radially averaged edge spread
function profiles from attenuation images of the water cylinder. Right: profiles from the phase
images of the water cylinder. Arrows indicate restoration of edge relative to the true profile.

These findings are further supported by MTF measurements which quantify the
preservation of contrast as a function of spatial frequency, reported as line pairs per mm

(Ip/mm). The MTF response for an ideal edge is a constant value of 1 at all spatial
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frequencies. The MTF responses of both DFEA and DFEP are greater than the respective
attenuation and phase MTFs at all measured spatial frequencies better approximating the
ideal response (Figure 5.3). Notably the greatest improvement in MTF is around 5 Ip/mm
for both DFEA and DFEP which is approximately half of the maximum sampling rate. By
quantifying spatial resolution at different spatial frequencies as nearness to the ideal edge
MTF response, these results support the claim of improved spatial resolution of DFEA and

DFEP over attenuation and phase for all measured spatial frequencies.
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Figure 5.3 Modulation transfer function comparisons between attenuation, phase, and dark-field
enhanced phase and attenuation profiles.

While subtracting dark-field can effectively restore edges in both phase and attenuation
images, it cannot address the low frequency noise prevalent in the phase images (Figure
5.1), which remains a challenge in the quantitative use of phase contrast imaging. For this
reason, the remainder of this chapter focuses on the use of dark-field to enhance image
quality of attenuation images, which are regularly used in lung imaging due to their
advantageous natural contrast between air and tissue and interpretability as local lung

density.

Figures 5.1-5.3 demonstrate the restoration of spatial resolution via DFEP and DFEA by
directly subtracting dark-field from phase (@ = 1) and scaling dark-field based on
empirical attenuation and phase measurements before subtracting it from attenuation (a =

0.025). Figure 5.4 plots MTF curves for larger values of a which represent further edge-
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enhancement, i.e., MTF values exceeding 1 at some spatial frequencies. Bar plots are
shown at right of the MTF curves showing spatial frequencies at which 50%, 30%, and
10% contrast are maintained across the different image series. The overall higher MTF
curves of DFEA for different values of @ means that more contrast is maintained at higher
spatial frequencies. In particular, the spatial frequency at which 50% contrast is preserved
is nearly doubled for DFEA with @ > 0.5 compared to the attenuation image. The relative
improvement is lessened at 30% and 10% contrast preservation as the primary spatial

resolution enhancement is around half the maximum sampling rate at 5 Ip/mm.
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Figure 5.4 Using enhancement factor a for variable edge enhancement. Left: Measured MTF
curves from attenuation (« = 0), and DFEA with increasing enhancement factor . Right: Bar
chart plotting spatial frequencies, reported as line pairs per mm (Ip/mm) at which different contrast
levels are maintained, corresponding to 50%, 30%, and 10% MTF for attenuation and DFEA « for
different values of a.

5.4 Influence on Contrast with Unresolved Structures

The lung parenchyma is the functional volume of the lung where gas exchange occurs and
is comprised of an interconnected web of small airways and blood vessels terminating at
the alveolar sacs. The structures of the parenchyma are some of the thinnest in the body to
minimize diffusion distance between the atmosphere and blood, with respiratory airways

and alveoli walls being only a single cell in thickness at around 2 um thick. From the
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perspective of clinical lung imaging, these functional structures where pathology begins
are two orders of magnitude smaller than clinical CT imaging systems’ resolvable spatial
resolution. Thus, a single CT voxel of (0.5 mm)3 can contain tens of alveoli, which can be
approximated as packed hollow spheres with > 2 um thick membranes 100 — 200 pm in
diameter103, These structures are averaged out in large attenuation CT voxels yielding local
measures of mean lung density. Changes in lung health can impact lung density. Substantial
changes in CT number away from normative values for a given point in the respiratory
cycle can be indicative of pathology such as air trapping or fibrosis. However, given the
large difference between clinical CT spatial resolution and the fundamental structures of
lung, the large degree of partial volume averaging lessens sensitivity to early structural
changes that do not strongly affect the mean lung density. The top row of Figure 5.5
provides a contrived example of four regions sampled by a PSF approximately equal to the
imaging pixel width. Despite the widely varying structural arrangement of tissue shown in
white and air represented by black, all four regions have the same density and thus have a
uniform attenuation CT response. X-ray dark-field provides an opportunity to distinguish
these structures with uniform attenuation as the number of unresolved gradients varies by

region.
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Figure 5.5 Four distinct regions sampled by a CT system with PSF approximated by its pixel size
yield a uniform attenuation measurement but can be distinguished by dark-field due to the
difference in number of unresolved gradients. In the ground truth row white represents tissue and
blacks represents air space in this contrived model of lung. In the attenuation and dark-field rows
greater signal is represented in white and null signal by black according to the color bar at left.

By combining both attenuation and dark-field signals in DFEA, contrast between large
homogenous structures (relative to the spatial resolution of the imaging system) and
heterogenous structures, such as the parenchyma, can be further enhanced. This proposed
benefit of DFEA is first demonstrated in a phantom experiment with a hollow cylindrical

phantom with six inserts of varying attenuation coefficients and heterogeneity.

5.4.1 Methods

The phantom has two sections of three materials each. The first is composed of mineral oil,
water, and saturated saltwater inserts representing homogenous regions of varying
attenuation coefficients. The second section features three low attenuating materials of
varying porosity and structural makeup and are known to generate dark-field signal. These
include a loosely packed cotton gauze, polyurethane hard foam, and polystyrene soft foam.
To assess the ability of DFEA to enhance contrast between these low attenuating materials

while not biasing the quantitative value of the large homogenous materials, circular
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regions-of-interest (ROIs) were selected covering each insert to measure the mean and
standard deviation of the DFEA signal for varying degrees of a. Changes in mean signal
can be used to assess contrast differences between materials and standard deviation in the

homogenous regions can be used as a measure of noise.

5.4.2 Results

Figure 5.6 demonstrates the role of incorporating dark-field information to enhance
contrast with unresolved structures without biasing the attenuation values in large, resolved
materials. The left most column of Figure 5.6a shows the attenuation image of both
sections of the phantom where the upper inserts of salt water, water, and mineral oil
represent large regions of varying attenuation properties. Meanwhile, the bottom inserts
are low attenuating and indistinguishable from each other and the air background. The
rightmost column shows the dark-field image which is not able to distinguish the various
attenuating upper inserts, but can distinguish the lower inserts, particularly the cotton gauze
due to its fine fibers. The middle columns of Figure 5.6a show DFEA for different values
of a representing increasing contribution of dark-field information. Given that the
homogenous attenuating inserts (mineral oil, water, salt water) do not generate dark-field,
their signal is not visually altered except for an increase in noise at larger . However when
more dark-field information is incorporated with @« = 0.9, contrast differences are present
between both the large attenuating materials and unresolved low attenuating materials
simultaneously. These findings are supported quantitatively by plotting ROl measurements
of signal (mean ROI value) and noise (ROI standard deviation) as a function of « in Figure
5.6b. This shows that incorporating more dark-field information by increasing e maintains
contrast between large attenuating inserts (salt water, water, and mineral oil) by not
impacting their mean signal level. Increasing a increases contrast between air and the
different non-attenuating materials, most notably the cotton gauze. In terms of noise, a
tradeoff was observed to exist that by increasing a noise, defined as standard deviation in
the ROI, increased in the large attenuating material inserts. While this trend was also
observed in the non-attenuating materials, not all the increase in standard deviation can be
attributed to noise as much of the increase is due to increased contrast with real structures
contained within the ROI.
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Figure 5.6 Influence of dark-field contribution («) in materials of different x-ray attenuation and
porosity. (a) Phantom with six inserts. Top row shows different attenuating materials while the
bottom row shows non-attenuating materials with different porosity. At left is the attenuation image
with the dark-field image at right. The middle columns show DFEA images for different values of
a. (b) Signal and noise measured in circular regions of interest covering each of the inserts for all
six materials for increasing values of « in DFEA.
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5.5 Qualitative Evaluation of DFEA on Lung Imaging

Micro-CT imaging of bleomycin mouse models is important in studying mechanisms and
interventions of idiopathic pulmonary fibrosis104, In vivo micro-CT is used for longitudinal
measurements of lung density, typically with 30 um isotropic voxels. However, it cannot
be used to reproducibly measure alveoli-sized lung structure due to limits in spatial
resolution and challenges of respiratory motion blur, even with gating techniques21. Like
clinical lung CT, these small structures become blurred out by partial volume effects where
voxels represent mean lung density in the region. Ex vivo lung imaging enables
reproducible high-resolution imaging to accurately measure lung structure down to the
level of small airways and alveoli15 to better quantify fibrotic disease than is possible with
in vivo techniques?2, X-ray dark-field offers a potential compromise between these two
regimes of micro-CT by providing indirect measures of unresolved signal not available in
low resolution in vivo micro-CT. In vivo x-ray dark-field micro-CT systems have been
developed and have already shown improved sensitivity at detecting certain lung
pathologies30.106,  Furthermore, DFEA has potential to maintain the quantitative
interpretability of attenuation CT values combined with edge restoration and increased
contrast with unresolved lung structures with dark-field. The following study provides a

qualitative assessment of DFEA applied to lung imaging.

5.5.1 Methods

To best demonstrate the effects of DFEA, the mouse lungs used were excised from an ex
vivo cohort. Mice were imaged ex vivo to enable repeatable scanning and to avoid blur
associated with respiratory motion. All animal studies were approved by Mayo Clinic’s
Institutional Animal Care and Use Committee. Fibrotic pathology was induced in the lungs
via intratracheal application of bleomycin. Following 21 days of incubation, the lungs were
surgically removed and cannulated for fixation (Figure 5.7a). Fixation is necessary in ex
vivo lung imaging to maintain the air-filled structure of the lung. A fixation solution of
50% PEG 400, 25% Ethyl alcohol, 10% formaldehyde and 15% water was instilled via the
trachea to a filling pressure of a 20 cm water column. Compared to vascular perfusion of
fixative, the tracheal instillation route better preserves airway structures and leaves blood

vessels naturally radiopaque, better resembling the in vivo appearance (Figure 5.7b).

84



Following administration of fixative via trachea instillation, the lungs were tied off at the
trachea and immersed in the same fixative solution for seven days before being air-inflated
at 25 mmHg and dried for 72 hours to hold their air-inflated state197. The final fixed lung
is shown in Figure 5.7c. This fixation method preserves native air-tissue contrast as well
as the inflated structure of the lung, and is a standard method for ex vivo structural imaging
as determined by the American Thoracic Society guide on structural lung imaging08. In

total 7 lung samples were successfully fixed and used for imaging in this study.

Days post-bleomycin administration

0 7 21 42

Fibrosis
Resolution

Figure 5.7 Bleomycin mouse model of idiopathic pulmonary fibrosis. (a) Summary of the
bleomycin mouse model of pulmonary fibrosis where bleomycin is administered via the trachea
and incubated for 21 days before lung extraction and fixation. (b) Comparison of different routes
of fixative administration lung structures shown in ex-vivo micro-CT compared to in-vivo micro-
CT. (c) External view of fixed inflated lungs using the instillation method.

The fixated ex vivo lungs were then imaged with the previously described grating
interferometer. Projections were acquired at 55 kVp, 40 mA, and 1.5 seconds per phase
step for 5 steps covering one period of G,. CT images were reconstructed from 721
equiangular projections covering 360 degrees. DFEA projections and CT images were
generated using the retrieved attenuation and dark-field projections and CTs respectively
using Eq. 5.3. The enhancement factor @ was determined empirically as the ratio of mean
attenuation and phase signal from a solid tissue ROI. Projections and CT images were used

for qualitative comparisons of lung structure.

5.5.2 Results
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The qualitative impact of edge restoration and enhanced contrast with unresolved structures
is evaluated on lung imaging using DFEA projections is first shown in Figure 5.8 alongside
the simultaneously acquired attenuation and dark-field images. In the attenuation
projection signal is brightest just posterior to the heart where the lungs are thickest. The
heart, esophagus, and large blood vessels are most visible as hyperattenuating structures
with the bilateral major bronchi visible as hypoattenuating structures. In the dark-field
projection (Figure 5.8 center), the signal is also brightest where the lungs are thickest
reflecting the increased penetration depth through unresolved edges. The large heart
shadow at the lung apex and dark esophagus down the midline are the most visible
structures in the dark-field image as null signal. However, when used alone, the bright
dark-field signal combined with its high frequency edge enhancement obscures blood
vessels and airways visible in the attenuation projection. When information from these two
projection series is combined via DFEA, the structures from the attenuation projection are
preserved but with increased contrast between the blood vessels, heart, and the lung

parenchyma background composed of unresolvable structures.

Attenuation  Dark-field ~ DFEA

Figure 5.8 Comparison of attenuation, dark-field, and dark-field enhanced attenuation (DFEA)
projections. Large attenuating structures like the heart (*), esophagus (#), large blood vessels, and
fibrosis accumulations around the radiolucent bronchi (arrows) appear bright in the attenuation
image and null in the dark-field image.

These effects are more pronounced in axial CT images shown in Figure 5.9. Consistent
with the projections, large attenuating structures such as blood vessels, the esophagus, and
fibrotic loci appear bright in the attenuation image and dark in the dark-field image. In the
dark-field image the edges of large structures and the parenchyma background composed
of many unresolved structures are brightest. Incorporating this dark-field information with
the attenuation image in DFEA restores many blurred out features resulting in sharper
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edges and improved resolution of small structures such as the micro-honeycombing
indicated by the red arrow in the DFEA image (Figure 5.9 center). In addition to improved
resolution of small structures and enhanced parenchyma contrast, select artifacts in phase
stepping projections are present in both the attenuation and dark-field images and as a result
are removed in DFEA. An exemplary streak artifact is present in the attenuation and dark-
field images (Figure 5.9 left and center) but is absent in the DFEA image (Figure 5.9
right).

Attenuation _ Dar-fld DFEA
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Figure 5.9 Comparison of lung CT cross-sections with DFEA. Left: Attenuation axial CT image
cropped around a peribronchial fibrotic lesion. Other relevant anatomy present are the esophagus
(#) and major bronchi (orange arrow). Center: Dark-field axial image of the same region. Right:
dark-field enhanced attenuation (DFEA) image shown at the same display settings as the original
attenuation image at left. Note the absence of streak artifact in the DFEA image, which is present
in both the attenuation and dark-field image because it was present in the raw phase step data.

A final comparison was performed to assess the potential impact of the interferometer
gratings on the resulting image quality of the lung images. Without moving the lung
sample, a second repeat CT acquisition was performed after removing all gratings from the
beam line. CT acquisition settings were adjusted to match noise levels with the resulting
image series (“Attenuation no gratings” shown side by side with the attenuation
(“Attenuation with gratings”), dark-field, and DFEA image series from the original
interferometer acquisition (Figure 5.10). As the primary consequence of the gratings is
absorption of x-rays (primarily from absorption gratings G, an G,) and thus an increase in
scan time there is no visual change in spatial resolution between the attenuation images
with and without the gratings. Secondary effects include beam hardening which reduces
the signal brightness most noticeable in the heart (shown at the same display settings). The

ring artifacts also induced by the gratings are addressed via algorithmic correction in
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Chapter 4. However, by incorporating the gratings and performing an interferometer
acquisition the additional dark-field data provides additional signal to unresolved edges
making many small structures more visible in the DFEA image all with the same x-ray
detector and source configuration.

Attenuation no gk[;in Attenuation gratin Dark-field DFEA

Figure 5.10 Impact of interferometer gratings in lung imaging.

5.6 Discussion

Spatial resolution in x-ray attenuation imaging is influenced by many factors, including
detector pixel size, scintillator screen thickness, focal spot size, and magnification, which
in practice are optimized to balance spatial resolution with x-ray dose and scan time. These
factors all contribute to the point spread function (PSF) of the imaging system that blur the
edges around the sampled object. In x-ray grating interferometers with PSFs larger than
several periods of the analyzer grating, these same blurring effects can produce dark-field
contrast. This chapter has introduced a means of using dark-field to partially recover phase
contrast edges lost due to blurring, a process introduced as dark-field enhanced phase
(DFEP) imaging. Due to the correlation of x-ray phase and attenuation in biological tissues
in medical x-ray energies, dark-field images can also be used to reclaim edges in
attenuation images as well via dark-field enhanced attenuation (DFEA) imaging. Given
that low frequency noise and phase wrap challenge the use of x-ray phase for lung imaging,
DFEA represents a promising use of phase-gradient information to reclaim edges and

enhance contrast with unresolved structures in lung imaging.

Experimental results in this chapter demonstrated the use of DFEA to restore edge

sharpness in an edge spread function measured from a cylindrical water phantom of known

88



geometry. An improvement in spatial resolution at all measured spatial frequencies was
demonstrated as an increase in the modulation transfer function (MTF) better
approximating the ideal edge response in both DFEA and DFEP (Figure 5.3). Further
enhancements to spatial resolution were then shown by further increasing the enhancement
factor a (Eq. 6.3) as measured by higher modulation transfer function (MTF) curves
(Figure 5.4). A phantom with different inserts was then used to demonstrate that DFEA
can increase contrast between unresolvable structures without biasing attenuation
measurements in larger structures. Noise ROl measurements performed on these scans
revealed that increasing the influence of dark-field information with « can also increase
noise. Future work remains to mitigate this noise amplification by applying a minimum
threshold to the dark-field image before subtracting it from the attenuation image, a
practice similar to that incorporated in unsharp mask edge enhancement99, Together, these
image quality enhancements were shown to improve resolution of small structures in a
fixed ex vivo mouse model of pulmonary fibrosis. A comparison of lung images acquired
with the same system but without interferometer gratings confirmed that the gratings do
not negatively impact the perceptible spatial resolution. Rather, by having access to the
dark-field image data smaller lung structures can be more effectively visualized using

DFEA on the same system.

5.7 Conclusions

Intra-pixel phase gradients are the predominant source of dark-field signal in laboratory-
based x-ray grating interferometers. Here, it has been shown how this gradient information
in dark-field images can be used to restore spatial resolution and enhance contrast with
unresolved structures by subtracting dark-field image data from the phase and attenuation
images. An ex vivo mouse lung model of pulmonary fibrosis was used to demonstrate the
ability of this new technique, dark-field enhanced attenuation (DFEA), at improving

resolution of small structures.

5.8 Accomplishments

5.8.1 Conference Presentations
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The work presented in this chapter resulted in an oral presentation presented at SPIE
Medical Imaging 2022.

5.8.2 Conference Proceedings
The work presented in this chapter resulted in a conference proceeding that has been
submitted to SPIE Medical Imaging 2022.

1. Complementary Use of X-Ray Dark-Field and Attenuation Computed Tomography
in  Quantifying Pulmonary Fibrosis in a Mouse Model.; 2022.
doi:10.1117/12.2612877
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CHAPTER 6

Complementary Use of X-Ray Dark-Field and
Attenuation Computed Tomography in Quantifying
Pulmonary Fibrosis in a Mouse Model

6.1 Introduction

In clinical CT measuring fibrosis extent is a key quantitative imaging feature used both in
diagnosing interstitial lung diseases (ILDs) as well as in prognosticating patient
outcomes®®, In micro-CT characterization of ILD models, fibrosis extent, often measured
as segmented fibrosis volume, is the primary measurement used to evaluate pulmonary
fibrosis severity. Moreover, the sensitivity to subtle changes in fibrosis volume, especially
in early stages of fibrosis is limited by spatial resolution. X-ray dark-field is more sensitive
in detecting structural changes otherwise too small to be resolved on the same detector via
traditional absorption radiography and has been shown to be more sensitive at detecting
various lung pathologies in both small and large animal pilot studies including
emphysema®>2°, inflammation?!!, lung cancer?, and fibrosis?®. However, x-ray dark-
field from laboratory-based systems with large focal spots and detector pixels derives from

intra-pixel phase gradients and is of limited quantitative value when used alone*?.

Chapter 5 introduced and validated dark-field enhanced attenuation (DFEA) imaging to
leverage dark-field’s sensitivity to unresolved structures to restore blurred edges to the
simultaneously acquired attenuation image. Phantom experiments demonstrated that
DFEA improves spatial resolution by recovering this blurred edge information while also
improving contrast with unresolved structures. The chapter concluded with a qualitative
characterization of the impact these image quality enhancements of DFEA have on
visualizing lung structure and pathology. The results of this study showed that DFEA
improves the resolution of fine structures in the lungs including airway walls in the lung

parenchyma and improves definition of micro-honeycombing structures in fibrotic loci.
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The work presented in this chapter expands upon these investigations of DFEA applied to
lung imaging by assessing its impact on characterizing fibrosis extent. To this end, a cohort
of 7 ex vivo lungs were fixed and imaged both with grating interferometer micro-CT to
generate DFEA images as well as with a dedicated high-resolution micro-CT to get a
ground truth estimate of lung structure and fibrosis extent quantified via automatic

histogram segmentation.

6.2 Methods and Materials

6.2.1 Dark-Field Enhanced Attenuation

Spatial resolution limitations of x-ray attenuation imaging systems result in blurring of fine
pulmonary anatomy, reducing the sensitivity of attenuation radiography and CT to small
scale changes. These same blurring effects are responsible for intra-pixel phase gradients
generating dark-field signal (Section 2.6) and can be used to recover phase edge
information (Section 5.2). Given that attenuation and phase coefficients are correlated at
diagnostic medical energies (40 — 140 keV)®, dark-field can also be used to estimate edges
lost from partial volume averaging in measured attenuation images A via dark-field
enhanced attenuation (DFEA)

DFEA = A- aD (6.1)

where scalar « can be empirically estimated as the ratio of attenuation to phase signal

measured in a solid tissue or water region of interest.

6.2.2 Sample Preparation

To assess the impact of dark-field enhanced attenuation on quantifying pulmonary fibrosis
extent, a bleomycin mouse model of pulmonary fibrosis was used. All animal studies were
approved by Mayo Clinic’s Institutional Animal Care and Use Committee. Bleomycin was
used to induce disease and the lungs were extracted and fixed ex vivo using the methods
described in Section 5.5.1.

6.2.3 Image Acquisition
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Experimental attenuation and dark-field images used in this study were generated with a
Talbot-Lau grating interferometer system introduced in Chapter 3. The interferometer was
operated at a design energy of 40 keV using a first Talbot order geometry (EqQ. 2.7). The
three grating optics were positioned with a Go-G1 distance of do1=522 mm and G1-G2
distance of d12=251 mm. Phase step curves were acquired by mechanically translating G2
six equidistant steps covering one Talbot carpet period with an exposure time of 1.5
seconds per step and mean reference visibility of 1,,=14.7%. Dark field and attenuation
contrast projections were acquired over 360 degrees at 0.25 degree increment, retrieved
using the Fourier method®® and reconstructed into volumes of 60 pum cubic voxels
following Ram-Lak filtering using the FDK method implemented in the TIGRE

reconstruction suite’’.

6.2.4 Fibrosis Quantification and Performance Evaluation

In this study the extent of pulmonary fibrosis was quantified in terms of tissue area fraction
measured in local regions of axial image slices. Tissue area fraction is defined as the
fraction of pixels in a local patch containing tissue over the total patch area after excluding
major anatomic structures of the lung such as major bronchi, large blood vessels, the heart,
and esophagus®*?. This quantity includes small airway walls, small blood vessels, and
fibrotic loci. It has a value of 5-10% in healthy parenchyma and increases progressively

with fibrosis severity?2112,

To account for the limited number of lung samples available and the heterogenous
distribution of fibrosis in each lung, a local patch-based approach was used. In the
bleomycin mouse model, fibrosis develops in focal regions, called loci, primarily in the
regions near the bleomycin administration site including the major bronchi''3, Thus, with
the limited cohort size, by systematically sampling image patches, a wider range of fibrosis
severities can be evaluated. This range includes patches free of pathology with low tissue
area fraction to those centered around loci with high tissue area fraction representing

locally severe fibrosis.

The systematic sampling of patches was performed as follows: 2 mm square

nonoverlapping patches were selected in a process of uniform random sampling!2 where
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10 slices were randomly selected from the CT volume with eight patches randomly selected
per slice. Slices overlapping the heart, esophagus, major bronchi, and major blood vessels
were excluded and did not contribute to the patch count. Tissue fraction in each patch was
measured with ImageJ'** using a global intensity threshold, selected automatically using

115

minimum error thresholding** applied to the whole volume intensity histogram for each

image series.

The minimum error threshold segmentation technique used to measure tissue area fraction
is based upon the pixel intensity distribution in the image patches. As measured by x-rays,
the lungs are approximately composed of two constituent materials, tissue with attenuation
properties like water, and the air trapped inside. Thus, intensity distributions of lung images
are ideally bimodally distributed, with one low attenuation population of pixels
representing air pixels and another higher attenuation population representing tissue.
Minimum error thresholding assumes that these two populations of air pixels and tissue
pixels are normally distributed and finds an intensity threshold that best separates the two

populations.

Due to partial volume averaging, voxels containing both materials will measure the average
weighted by the relative abundance of each contained within the voxel. This partial volume
averaging accounts for the broadened range in attenuation coefficients measured in the
lungs and results in underestimations of tissue fraction measurements. As a result, an
imaging system with higher resolution is less susceptible to partial volume effects and can
better separate tissue spaces from air spaces in the lungs which are composed of many
small and high frequency interfaces of air and tissue?’. For this reason, following CT
acquisition on the grating interferometer, the lung specimen was subsequently imaged on
a reference Bruker 1276 micro-CT system to acquire a high-resolution volume of the
specimen at 5 um isotropic voxels to get a “ground truth” approximation of the lung
structural properties. The reference scan was acquired at 40 kVp, 120 pA with a four frame
average of 0.75 s exposure per projection over 360 degrees with a 0.15 degree increment
and reconstructed into 5 pum voxels using the provided Bruker NR Recon package.
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This reference high-spatial-resolution dataset was registered to the grating interferometer
derived attenuation contrast CT volume using the Expert Automated Registration module
in 3D Slicerte,

With both the grating interferometer micro-CT volumes and reference high-resolution
volumes co-registered, 80 random patches were sampled from the same spatial coordinates.
The impact of dark-field enhanced attenuation on fibrosis quantification (tissue area
fraction) was assessed in terms agreement with the 5 um reference micro-CT scan. This
agreement was quantified in terms of Bland-Altman plots of the ratio of the measured tissue
area fraction to the reference measurement and plotted against the mean value from both
measurest!’. These plots were also generated with the original attenuation images to assess

impact of incorporating dark-field information.

6.3 Results

A qualitative comparison of the original attenuation and dark-field images acquired from
the grating interferometer CT scan of the fixed lung along with their combined images are
shown in Figure 6.1. In the original attenuation image (Figure 6.1a) large structures like
the esophagus, major bronchi, and large blood vessels are resolvable. However, smaller
vessels and airways in the lung parenchyma are blurred out yielding a textured pattern
rather than clearly defined structures. The simultaneously acquired dark-field image
(Figure 6.1b) reveals edge enhancements in the parenchyma exposing these smaller
structures as well as highlighting the boundaries around larger structures. In the dark-field
enhanced attenuation image (Figure 6.1c) the dark-field image is scaled and subtracted
from the attenuation according using the empirically determined a value (a = 0.022),
yielding a qualitative improvement in resolving smaller structures blurred out in Figure
6.1a. In particular, the honeycombing fibrosis pattern is more apparent following
enhancement of the attenuation image with dark-field edge information (red arrow in
Figure 6.1c). Such patterns are important in distinguishing fibrosis from other
hyperattenuating pathology such as infiltration. Further edge enhancement is also possible

by increasing the relative contribution of dark-field to « = 0.1 (Figure 6.1d).
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Figure 6.1 Comparison between attenuation, dark-field, and dark-field enhanced attenuation
(DFEA) lung images from a bleomycin mouse model of pulmonary fibrosis. (a) Original
interferometer attenuation image. Examples of specific anatomy include the esophagus (#), blood
vessels (orange arrowhead), and major bronchus (orange arrow). (b) original interferometer dark-
field image. (c) dark-field enhanced attenuation image (DFEA) where the dark-field image (b) is
subtracted from the attenuation image (a) after first being scaled by factor o = 0.022, the measured
ratio of water attenuation and phase coefficients. (d) increasing this scalar value to o = 0.1 results
in a further edge-enhancing effect and further parenchyma contrast enhancement. Image subsets a),
c), and d) are all shown at the same display settings of min/max: 0/0.03 mm™, while the dark-field
image is shown with display setting min/max: -0.1/0.1 mm™.

In addition to restoring small features and edges lost to blurring, dark-field enhanced
attenuation also increases contrast of large structures like blood vessels and fibrosis. This
is due to the abundance of unresolvable features in the lung parenchyma giving an overall
positive signal in the dark-field image, while homogenous voxels covering resolvable
blood vessels or fibrosis have mean zero signal. Looking at the distribution of pixels via a
histogram analysis in Figure 6.2 shows that following subtraction in dark-field enhanced
attenuation, pixels in the parenchyma get shifted to lower values closer to the reference air
peak while the restoration of small features and edges yields a small increase in the height

of the tissue peak.
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Figure 6.2 Histogram comparison of attenuation and dark-field enhanced attenuation (DFEA)
against a 5 um voxel high-resolution “Reference” micro-CT scan. Arrow annotations identify the
locations of the air and tissue peaks in the bimodal distribution.

This increased histogram separation between the air and tissue peaks from DFEA benefits
the histogram-based segmentation of fibrosis as shown in Figure 6.2. Figure 6.3a shows
a representative patch comparing segmentations from the original attenuation, the dark-
field enhanced attenuation image, and the co-registered 5 pum reference micro-CT image.
Figure 6.3b compares the resulting histogram-based segmentations between the image
series. The red mask shows the pixels excluded from the analysis which represent healthy
tissue anatomy including the heart and esophagus and large airways of the major bronchi.
Compared to the original attenuation image the dark-field enhanced image has more small
features retained in the segmentation which are visually consistent with the reference scan

image.
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Figure 6.3 Comparison of intensity-based threshold segmentation between attenuation (left) and
dark-field enhanced attenuation (center) against co-registered reference 5 um voxel micro-CT
(right). Top: Representative image patches of all three images are shown at the same display
settings, min/max: 0/0.03 mm-. In this patch reticular fibrosis and honeycombing is present around
the large airways. Bottom: Threshold-based intensity segmentations with thresholds determined
automatically via minimum error thresholding applied to the whole volume histogram. Exclusion
mask shown in red.

To quantitatively assess agreement with the 5 pum reference scan all 80 patches were
segmented using an intensity threshold determined automatically via minimum error
thresholding from the global histogram of each image series. From these segmentations
tissue area fraction was measured and presented as a Bland-Altman plot (Figure 6.4) where
the ratio of the mean tissue area fraction relative to that of the reference measure for each
patch is plotted against the mean between both measurements*'’. Using the ratio rather than
the absolute difference accounted for a negative proportionality observed in both
experimental measurements. This observation was due to the reticular nature of fibrosis
and presence of honeycombing in large fibrotic loci of the mouse model where small
spindly structures are in greater abundance in higher tissue fraction patches and lost in the

segmentation. This transformation corrects for this proportionality and better demonstrates
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agreement in lower tissue fraction patches more representative of early-stage fibrotic loci.
From this we observed an improved agreement ratio in the dark-field enhanced attenuation
(DFEA) images from 0.374 to 0.544 along with a reduction in the 95% limits of agreement
describing the measurement spread (summarized in Table 6.1).

At higher tissue fractions, representing more severe local fibrosis, we observed the
agreement of DFEA to approach that of the original attenuation image. Here the relative
influence of restoring small features and edges is less pronounced when fibrotic loci
become larger and more solid masses. On the contrary, at lower tissue fractions, more
representative of early fibrosis, DFEA images show much improvement over original
attenuation images in terms of agreement with reference standard. Both techniques show
underestimation of tissue fraction compared to reference standard acquired with 5 pm
resolution. However, attenuation images show more proportional dependence on tissue
fraction, where there is greater underestimation at lower tissue fractions. On the other hand,
DFEA shows less dependence on tissue fraction, with more consistent underestimation
(bias). Once measured, this bias could then be corrected for in practice. These results
demonstrate improved agreement with the reference 5 pum scan by incorporating dark-field
information containing unresolved edge information into attenuation images acquired on a

lower resolution 60 um interferometer scan.
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Figure 6.4 Bland-Altman plot of tissue area fractions measured on a low resolution 60 um voxel
grating interferometer CT system compared to an approximate ground truth high resolution 5 um
voxel reference micro-CT. The contribution of dark-field enhanced attenuation (DFEA) with
greater contribution of dark-field information to improve segmentation accuracy in terms of
closeness to the reference scan is shown. The thick dashed black line shows an ideal measurement
with no bias from the reference measure for an agreement ratio of 1. Red and blue solid lines
correspond to the mean agreement ratios, while the corresponding thin dashed lines are the 95%
limits of agreement calculated as +1.96 times the standard deviation of the ratios!!’.

Table 6.1 Summary of Bland-Altman results plotted in Error! Reference source not found.. The a
greement ratio is defined as the measured tissue area fraction divided by the reference measurement
and the 95% limits of agreement correspond to 1.96 times the standard deviation of the agreement
ratios from the measured patches.

Series (X) Relative to Reference
x/ref [+95% ]
Attenuation 0.374 [-0.054 0.802]
DFEA 0.544 [0.173 0.915]

100



6.4 Discussion

High resolution micro-CT is capable of quantifying pulmonary fibrosis extent with greater
accuracy and precision than histology or biochemical assays??. However, the requirements
of long scan times due to x-ray source output limitations and small fields of view due to
detector size restrictions limits its applicability to ex vivo organ imaging. Meanwhile, the
feasibility of x-ray dark-field for in vivo whole body CT imaging has already been
demonstrated®>1%, While the quantitative value of using dark-field alone when measured
on laboratory-based grating interferometers is limited due to its spatial resolution
sensitivity*?, in this work we presented a means of leveraging dark-field to enhance
sharpness and contrast of attenuation images. This method is based on the assumptions of
dark-field primarily deriving from intra-pixel phase gradients and on the proportionality
between attenuation and phase coefficients in biological tissues at relevant x-ray energies.
Using a bleomycin mouse model of pulmonary fibrosis, we showed that this dark-field
enhanced attenuation technique was able to restore edges and small features while
increasing parenchyma contrast. By using a fixated ex vivo lung we were able to
reproducibly scan the same specimen to get a ground truth approximation of the lung
structure using a high-resolution reference micro-CT to confirm the restoration of small
features. Performance in quantifying fibrosis was evaluated against the original
interferometer attenuation images in terms of agreement with the reference scan in tissue
area fraction measured in 80 randomly sample patches from the lung. Using Bland-Altman
plot analysis we found that incorporating the dark-field edge information improved
agreement with the high-resolution reference scan in terms of reduced bias and a reduction
in spread due to the increased histogram separation between the air and tissue voxel peaks.
Determining the acceptable limits of agreement are application specific and are beyond the
scope of this work but use of image denoising is one potential means of further decreasing

these limits of agreement.

The limitations of this study include the limited sample size and potential registration errors
of the reference scan with the interferometer data. During the fixation process some
samples did not fully inflate while air-drying and were excluded from the study. Errors in

the registration arose from rescanning the lungs on a different scanner where small
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deformations could have occurred in the mounting process. While registration was
performed automatically and was validated by visual inspection some errors could be
present that could account for additional sources of bias when assessing agreement.
However, this bias is equivalent for both experimental scans being compared as they derive
from the same raw data. Future work remains to increase the sample size by imaging more
lung samples and further validate the method with task independent image quality

assessment.

Previous works have largely focused on the use of dark-field alone for the detection of lung
diseases?>?>272°  However, some studies have leveraged the attenuation information
simultaneously acquired in grating interferometer scans, notably normalized scatter where
the penetration depth dependence of dark-field radiographs is removed via pixel-wise
division with the attenuation image?*'81° This work differs by focusing on how dark-
field’s correlation with sharp edges and phase gradients in the lung can be used to improve
the sharpness and parenchyma contrast in the attenuation image, improving the conspicuity

and segmentation performance of small structures with existing detectors and sources.

6.5 Conclusions

Intra-pixel phase gradients are the predominant source of dark-field signal in laboratory-
based x-ray grating interferometers. Here we have shown how this gradient information in
dark-field images can be used to improve quantifiable characterizations of the lung using
dark-field enhanced attenuation (DFEA). An ex vivo mouse lung model of pulmonary
fibrosis was used to demonstrate the ability of this new technique at improving resolution
of small structures and enhancing parenchymal contrast. Improved performance at
quantifying fibrosis was demonstrated in terms of improved agreement with a high-

resolution reference micro-CT scan.

6.6 Accomplishments

The work described in this specific aim has produced one peer-reviewed journal article:
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1. Complementary Use of X-Ray Dark-Field and Attenuation Computed Tomography
in Quantifying Pulmonary Fibrosis in a Mouse Model. Journal of Medical Imaging

(In Preparation)
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CHAPTER 7

Summary and Conclusions

7.1 Summary of Research

This thesis addressed two challenges associated with the use of x-ray grating interferometry
and x-ray dark-field contrast for small animal lung imaging. First, that the grating optics
introduce image artifacts related to beam hardening, and second, that dark-field signal is
dependent on the system spatial resolution relative to the size of structures in the imaged
sample.

Chapter 2 introduced the physics behind x-ray attenuation, phase, and dark-field,
including the steps involved in their image formation. Phase and dark-field contrasts are
accessible through interferometry, which is the use of x-ray interference to measure phase
differences in materials. All three contrasts accumulate as line integrals and thus can be
reconstructed as cross-sectional images via computed tomography. This chapter also
discussed tradeoffs associated with spatial resolution which is often a limiting factor in
lung imaging as it reduces sensitivity to small scale structural changes due to attenuation
partial volume averaging. These same blurring effects contribute to dark-field signal which
motives the central hypothesis of this work that x-ray dark-field and attenuation contrasts

can be used in a complementary fashion for lung imaging.

Chapter 3 described the Talbot-Lau grating interferometer micro-CT imaging system built
for small animal ex vivo lung imaging and the preprocessing steps involved for Aim 1 of
this thesis. A Talbot-Lau grating interferometer was chosen as it is the most common
system for measuring x-ray phase and dark-field contrasts because the grating optics enable

use of standard large focal spot x-ray sources and large detectors in a compact geometry.

Chapter 4 introduced the special challenge of beam hardening associated with using
grating optics with standard x-ray sources with broad x-ray spectra. These beam hardening

artifacts are spatially heterogenous reflecting varying partial transmission through the
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gratings. This chapter introduced an algorithmic correction strategy, Empirical Beam
Hardening Correction for Grating Interferometry (EBHC-GI) as a part of thesis Aim 2 to
address these grating-derived beam hardening artifacts. EBHC-GI used the reference
attenuation, phase, and visibility signals of the interferometer to encode the spatial
heterogeneity of beam hardening in a polynomial correction. In a water phantom, the
correction reduced standard deviation from ring artifacts in attenuation CT images by 57%
and in dark-field images by 66%. When applied to images of the lungs EBHC-GI was

shown to visibly remove ring artifacts.

Chapter 5 introduced a means for the complementary use of attenuation and dark-field
images using a new method called dark-field enhanced attenuation (DFEA) as part of Aim
3 of the thesis. DFEA subtracts the edge information of dark-field from attenuation to
restore edges and improve contrast with unresolved structures. Phantom studies using
radial edge spread functions showed that DFEA improved spatial resolution in terms of
better approximating the modulation transfer function (MTF) response for an ideal edge at
all spatial frequencies measured. ROl measurements in a phantom of different attenuation
inserts and non-attenuating inserts with different porosity showed that DFEA maintains
quantitative accuracy of attenuation coefficients in large attenuating materials while
improving contrast with unresolvable structures. The qualitative impact of these image
quality enhancements on imaging lung structure and pathology were then evaluated using
an ex vivo mouse model pulmonary fibrosis. The model involves administering bleomycin
via the trachea and is common in the study of mechanisms and interventions to pulmonary
fibrosis. Fixation via tracheal instillation of a formalin and PEG400 solution followed by
air inflation enabled repeatable scanning free of respiratory or cardiac motion. Viewing
these fixed lungs with DFEA revealed improved definition of small airways and micro-
honeycombing in fibrotic loci compared to when viewed with attenuation or dark-field

alone.

Chapter 6 expanded investigations of DFEA for lung imaging with a quantitative
assessment on the impact of DFEA for measuring the extent of pulmonary fibrosis to
conclude Aim 3. Fibrosis extent was defined as the area fraction of soft tissue segmented

via automated histogram-based methods. The histogram-based segmentation automatically
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selects an attenuation threshold to separate the lung images into air and tissue pixels. Under
conditions of insufficient spatial resolution, as observed in the attenuation images, this
segmentation approach underestimated the tissue fraction due to partial volume averaging
effects that reduce contrast in thin structures to fall beneath this threshold. By restoring
blurred edges and enhancing contrast with the unresolved lung parenchyma background,
DFEA yielded improved estimates of tissue fractions relative to a dedicated high-resolution
micro-CT used as a reference standard. Compared to this high-resolution reference, DFEA
images had reduced bias and variance compared to the attenuation images.

7.2  Future Research Directions

Future work remains to optimize and further characterize the methods introduced in this
thesis to use dark-field and attenuation together in a complementary manner. Images used
to generate DFEA were acquired at a single spatial resolution. Later investigations will
acquire images with different focal spot sizes, detector pixel sizes, and system geometries
of different Talbot order to evaluate their impact on DFEA image quality and on the chosen

a value controlling the relative influence of dark-field.

Furthermore, in this thesis a in DFEA (Eqg. 5.2) was chosen empirically based on the ratio
measured attenuation and phase values in the material of interest. Further refinements of
the approach will optimize the selection of a through methods such as minimizing the
histogram entropy in the lung. Entropy increases when the width of a distribution increases
and is inversely related to the performance of the histogram-based segmentation. Thus by
selecting a based on this objective function, DFEA images can be better optimized for
fibrosis quantification task.

Other improvements include incorporating a minimum threshold to dark-field images
before being subtracted in DFEA to reduce the noise amplification with a as observed in

Figure 5.6.

Additionally, further characterization of DFEA with more comprehensive image quality
metrics such as noise power spectrum (NPS) and detective quantum efficiency (DQE) are
necessary to better assess the tradeoffs associated with using attenuation and dark-field
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contrasts together. These tradeoffs include the reduce x-ray dose efficiency of using grating
optics which absorb more than half of the output from the x-ray source. This combined
with the geometry restrictions associated with grating interferometers to operate at specific
Talbot distances (EqQ. 2.7) means that scan times are that much longer as x-ray intensity
diminishes quadratically with distance. Despite the improved spatial resolution and
contrast benefits demonstrated by DFEA, further comparisons remain to confirm whether
these relative benefits remain in comparison to dedicated micro-CT systems not restricted
by grating geometry and dose efficiency limitations.

7.3 Conclusions

X-ray dark-field is a promising technique to access signal from unresolved small structures
that is particularly well suited for lung imaging which is spatial resolution limited. This is
supported by the continued development of clinical prototypes for human-scale dark-field
lung radiography3#12012L and CT3. However, given the importance of quantitative
measurements in attenuation CT characterization of lung diseases*”°, it is necessary to
also understand and account for any sources of bias and artifact in dark-field images. The
work presented in this thesis addressed specific challenges associated with using x-ray
dark-field quantitatively which include beam hardening from the interferometer gratings
and the dependence on dark-field signal magnitude to system spatial resolution relative to

the size of the imaged object.

The results presented in this thesis were found to support the central hypothesis that x-ray
dark-field and attenuation information can be used together synergistically to leverage the
strength of each contrast. Key to this is that the blurring processes that reduce contrast in
attenuation images of the lungs contribute to the dark-field signal. While dark-field is
particularly sensitive to unresolved edges, it is of limited quantitative value as dark-field
signal magnitude is not constant for a given sample but can change with a different point
spread function affecting spatial resolution*42, However, by scaling and subtracting the
dark-field image from simultaneously acquired attenuation image we observed an

improvement in spatial resolution and enhancement in contrast with unresolved structures
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as demonstrated by both qualitative and quantitative assessments in phantoms and fixed

lung samples.

7.4  Accomplishments

The work described in this thesis has produced two journal articles (including those under
review and in preparation), two conference proceedings, four conference abstracts and
presentations, and one student award which have been listed in the accomplishments

sections in chapters 4-6.

Work not directly related to this thesis work but that | authored or contributed in my Ph.D.
training include five peer-reviewed journals, one conference proceedings, and five

conference abstracts listed in the following sections.

7.4.1 Peer-Reviewed Journal Papers
Peer-reviewed papers that | authored or co-authored not directly related to this thesis are

listed below

1. Nelson BJ, Gomez-Cardona D, Michalak GJ, et al. Multiple kernel synthesis of
head CT using a convolutional neural network with a task-based loss function.
Medical Physics (Under review).

2. Inoue A, Diehn FE, Nagelschneider AA, Passe, Theodore J., DeLone, David R.,
Nelson, BJ, et al. The feasibility of replacing multi-series conventional head CT
images with a single series of thin-slice, low-noise images created using a multi-
kernel synthesis method. American Journal of Neuroradiology (Under review).

3. Sung Y, Nelson BJ, Shanblatt ER, Gupta R, McCollough CH, Graves WS. Wave
optics simulation of grating-based X-ray phase-contrast imaging using 4D Mouse
Whole Body (MOBY) phantom. Medical Physics. 2020;47(11):5761-5771.
doi:https://doi.org/10.1002/mp.14479

4. Shanblatt ER, Sung Y, Gupta R, Nelson BJ, et al. Forward model for propagation-
based x-ray phase contrast imaging in parallel- and cone-beam geometry. Opt
Express, OE. 2019;27(4):4504-4521. doi:10.1364/0OE.27.004504
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5. SungY, GuptaR, Nelson BJ, Leng S, McCollough CH, Graves WS. Phase-contrast
imaging with a compact x-ray light source: system design. JMI. 2017;4(4):043503.
doi:10.1117/1.JM1.4.4.043503

7.4.2 Conference Proceedings
Below are listed conference proceedings and presentations that | contributed to that are not

directly related this thesis work

1. Shanblatt ER, Nelson BJ, Tao S, Leng S, McCollough CH. Demonstration of
phase-assisted material decomposition with a Talbot-Lau interferometer using a
single x-ray tube potential. In: Medical Imaging 2019: Physics of Medical Imaging.
Vol 10948. International Society for Optics and Photonics; 2019:109482W.
d0i:10.1117/12.2511806

7.4.3 Conference Abstracts
Below are listed conference abstracts and presentations that | authored that are not directly

related this thesis work

1. Oral Presentation, “Task-Based Loss Function for Convolutional Neural Network
Image Denoising”, AAPM 2021 Virtual July 12-16, 2020

2. Poster Presentation, “CNR Dependence on Spatial Resolution and Subject Contrast
in Phase Contrast CT”, Joint AAPM/COMP Meeting, Vancouver, BC (virtual) Feb.
16-21, 2019

3. Poster Presentation, “Visibility Guided Phase Contrast Denoising”, SPIE Medical
Imaging Conference 2019, San Diego, CA Oct. 17-29, 2018

4. Poster Presentation, “Methods for Generating and Viewing CT Images Containing
Multiple Kernels, Slice Thicknesses, and Display Settings”, Biomedical
Engineering Society, Atlanta, GA May 20-23, 2018

5. Poster Presentation, “Simulation of a Propagation-Based Phase-Contrast Imaging
system with a compact x-ray light source”, International Conference on Image

Formation in X-ray Computed Tomography, Salt Lake City, Utah
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