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Abstract: Respiratory diseases constitute five out of the thirty most com-
mon causes of death and are responsible for 15 % of all deaths in Europe.
To improve onset diagnostic of respiratory pathologies, dark-field imaging
of the lungs is pursued at PSI where multiple grating-interferometry-based-
projectional-radiography systems are operated. The means to handle, inflate
and image excised lungs were established. Porcine lungs and PMMA spheres
were imaged at auto-correlation lengths from 0.8 µm to 5.2 µm. Dominant
feature size in healthy porcine lungs was found to be slightly bigger than
200 µm and the behavior of the dark-field signal and the thickness corrected
R values were reported. The strong similarities between lung and PMMA
spheres validates them as phantom material capable of simulating healthy
as well as potentially pathological lung tissue. An upper limit for the auto-
correlation length, capable to image human lungs at, was determined to be
0.73 µm and the influence of dose was demonstrated. These results provide
the basis for a targeted design of a (pre-)clinical imaging system optimal to
handle human lungs.
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Introduction

The discovery of X-Rays is generally attributed to Prof. Wilhelm Röntgen who was the
first to describe the observation of X-Rays in his initial report: ”On a new kind of ray:
A preliminary communication” in December of 1895. Although, this constitutes the first
publication regarding X-Rays there have been a number of experiments and observed
effects which retrospectively can be attributed to X-Rays. For example the observed
darkening of sealed photographic tubes by Ivan Puluj in 1889 can best be explained by
exposure to X-Rays. The earliest experiment, however, which unknowingly must have
lead to the emission of X-Rays was performed more than 100 years before Röntgen’s pub-
lication by William Morgan who passed electrical current through a partially evacuated
glass tube and noted a glow effect.

After Röntgen’s discovery their use and possible medical applications were quickly re-
alized by Röntgen himself and others. Even before he submitted the afore mentioned
paper, Röntgen had taken the first medical X-Ray image of his wife’s hand which is
famously known today as Röntgen’s ”Hand mit Ringen”. During the following decades
projectional X-Ray imaging spread quickly and was used for all kind of investigations
- from fast assessment of battlefield injuries during the 1st World War by mobile ra-
diology cars to images taken solely to assess the fitting of new shoes in stores. While
adversary effects were noticed rather quickly (many stories of burns, hair loss and worse
were reported) it took until 1913 for the first safety guidelines for medical workers to be
published by the German Roentgen Society and first laws in the US concerning maximal
dose per day were only introduced in the mid 1930s.

For several decades projectional radiography remained the dominating and only form of
X-Ray based imaging. It took until the 1960s when Allan Cormack came up with the
mathematical algorithms for computed tomography (CT) reconstruction and Sir Godfrey
Hounsfield built the first commercial CT scanner. The first patient was scanned in 1971
and since then CT imaging has revolutionized the field of medical imaging. Since then,
it was possible to image individual parts of the human body with 3D spatial resolution.
Even though the abilities of these first scanners were still strongly limited, the advantage
of true 3D resolution lead to a fast and widespread implementation of CT-scanners in
the medical world. Over the last two decades several technical advancements have been
made enabling not only faster imaging at higher resolution, while constantly reducing the
applied dose to the patient but paving the way for new imaging modalities and features.
Most relevant to mention are CT perfusion imaging for detection and quantification of
cerebral strokes, coronary computed tomography angiography (CCTA) for non-invasive
evaluation of low- to moderate-risk chest pain with high sensitivity and specificity[1],
iterative reconstructions algorithms and dual-energy CT which allows for more distinct
classification of tissue and contrast agent[2].
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Today, in most Western countries, the number of annually performed CT-scans is on
an all-time high with a tendency to rise[3] and constitutes one of the most important
parts in a radiologist’s tool box. Despite huge advancements in the field, projectional
radiography was not replaced by CT imaging as of today. This can mainly be attributed
to three factors: Foremost, the cost of a CT scan is higher than for a single radiography,
specifically due to higher initial costs and the required additional training for the oper-
ators. Secondly, the radiation dose received by the patient is mostly larger for CT scans
than for conventional X-Ray imaging even though with the advent of ultra low dose CT
there is barely a difference left for certain investigations[4]. Thirdly, CT scanners are still
not as widely available as classic X-Ray systems, especially in less developed countries,
and their operation and evaluation is more complex.[5]

Obviously, X-Ray imaging is also used in context of respiratory pathologies and diag-
nostics. Respiratory diseases constitute 5 out of the 30 most common causes of death.
Specifically, Chronic Obstructive Pulmonary Disease (COPD) on third, lower respira-
tory tract infection on fourth, bronchial and lung cancer on sixth, tuberculosis (TB) on
twelfth and asthma on the twenty-eighth place[6] contribute more than 15 % of all deaths
in Europe or 500’000 annually[7] and are commonly referred to as ”The Big Five”. Simul-
taneously more than 1 billion people suffer from acute or chronic respiratory conditions
world wide. While measures to prevent respiratory diseases have proven quite effective
and efforts to improve air quality could drastically improve the situation, early detection
of respiratory diseases are key to reduce those number under the given situation. COPD
alone affects over 200 million people in the world and its formation is strongly linked
to smoking next to other factors like general air pollution. Inhalation of tobacco smoke
for example causes destruction of lung tissue (emphysema), obstruction of small airways
and mucus deposition. In general such changes in the lung tissue get detected only once
they reached an extent able to cause relevant functional impairment. Earlier detection
is difficult and mostly coincidental.

Due to its simplicity, high cost efficiency and wide availability spirometry is the pri-
mary tool for COPD diagnostics and also the basis for several pulmonary function tests
(PFTs). However, early stages of COPD and emphysema formation are almost impossi-
ble to detect with PFTs. Although in comparison, Computed Tomography (CT) is much
more sensitive to diagnose emphysema and allows to assess its severity to some extent,
it still underperforms in case of early stages of disease formation and onset diagnostics.
This mainly due to a lack of contrast inside the pulmonary tissues and structures.

With the demonstration of Grating Interferometry (GI) based phase contrast by Pfeiffer
et al in 2006[8], and the subsequent development of GI based dark-field (DF) contrast[9],
obtained with X-Ray tubes rather than with synchrotron radiation, paved the way for
the development of clinical applications of either contrast modality and both have been
demonstrated repeatedly in small animal studies. Over the last four years significant ad-
vancements towards establishing scattering based image contrast in humans for clinical

6



purposes have been made: In 2017 Pfeiffer et al. first demonstrated an interferometer
capable of handling human-sized subjects on living pigs[10]. Two years later, in 2019,
Pfeiffer et al. imaged a human body post-mortem on their system demonstrating the
additional value of dark-field images in combination with established methods[11]. In
2021, the same group demonstrated an improvement in diagnostic performance for em-
physema by using dark-field imaging as an adjunct to state of the art CT-imaging in
a cohort of 77 patients[12]. At the time of writing this, an additional study has just
been published by Pfeiffer et al. establishing quantitative as well qualitative standards
for healthy human subjects based on a cohort of 40 healthy patients[13]. These works
represent the key advancements of (pre-)clinical dark-field imaging and demonstrate the
additional value dark-field imaging can provide for patients.

In this work, the means to handle, inflate and image fresh porcine lungs are established
and lungs as well as reference samples are scanned. So far, only very few values for
dark-field signal in lungs at distinct auto-correlation lengths have been reported[14,15]

raising the question for optimal sensitivity. The resulting data provides detailed insights
into the behavior of the dark-field signal of lungs over a wide range of auto-correlation
lengths and lays the basis to estimate the auto-correlation length for a clinical scanner.

An Overview of the Respiratory System

Starting at the nose and reaching to the most distal alveolus, the respiratory system
includes the nasal cavity, the posterior pharynx, the glottis and vocal cords, the tra-
chea and the entirety of the tracheobronchial tree. The upper airways consisting of all
the structures from the nose to the vocal chords, are responsible to guide, filter and
’condition’ the inhaled air. Here, ’conditioning’ refers to adjusting the temperature and
humidity of the inhaled air such that it does not cause any harm to the lower airways.
The lower airways, consisting of trachea, conducting airways and alveoli, are respon-
sible for the guidance and distribution of the air into the distal gas-exchanging units
(respiratory units) which are themselves divided into three major parts: the respiratory
bronchioles, the alveolar ducts and the alveoli. The bronchial structures are defined as
the above mentioned conducting airways (ca. 150 ml) and constitute an anatomical dead
space where no gas exchange occurs. With the respiratory bronchioles, the area of gas
exchange starts and continues for only about 5 mm until the terminal alveoli are reached.
These terminal 5 mm nevertheless constitute the major part of the lung volume of ap-
proximately 2.5 L and with a surface area of 70 m2 at resting state. With an approximate
diameter of 250 µm and polygonal shape, the alveoli contribute the major part of the
lungs volume while being separated by alveolar septae. An average adult typically has
about 5× 108 alveoli with a density[2] of about 21.2 alveoli per mm3. In humans, small
pores (of Kohn) in the matrix of the alveolar septae connect adjacent alveoli to each

7



other and lead to collateral ventilation assisting in the prevention of alveolar collapse by
allowing air flow between alveoli and separate respiratory ducts.

On a macroscopic level, the human lung is divided into the right and and left lung
consisting of three (upper, middle, and lower) and two (lower and upper) lobes, respec-
tively. The right lung is larger than the left one as the left hemithorax also contains
the heart. In case of porcine lungs the left side strongly resembles the human left lung
consisting of two lobes as well (cranial and caudal). The porcine right lung, however,
contrasts the human right lung as it is divided into 4 lobes (cranial, middle, accessory
and caudal). A further distinct difference from porcine lungs to human ones is found in
the absence of collateral ventilation as barely any pores between adjacent structures can
be found[16,17].

Both sides are covered by the two pleural membranes allowing for smooth gliding of the
lung during expansion and contraction. If air enters this inter-membranous space, the
resulting condition is referred to as pneumothorax. In case of liquid it is called a pleural
effusion.

The primary function of the lungs is gas exchange in and out of the blood stream.
Specifically, the transport and resupply of the blood with oxygen (O2) and the removal
of carbon dioxide (CO2) from the blood. The lung can accommodate large volumes of
blood at low pressure and features a unique duality in its blood supply. The pulmonary
circulation refers to the blood passing through the lung to resupply itself with O2. The
blood supply, providing the lung tissue itself with O2, is organized independently and
referred to as the bronchial circulation. The pulmonary circulation starts in the right
ventricle of heart where deoxygenated blood is pumped into the pulmonary artery which
quickly divides leading to the left and right lung. Interestingly, the only arteries carrying
deoxygenated blood are the ones of the pulmonary circulation. The arteries progress-
ing into the lungs, divide further and become increasingly smaller forming the largest
capillary bed in the human body. The pulmonary circulation contains approximately
500 mL of blood or roughly 10 % of the blood volume in an adult. The capillary bed
contains ca. 75 mL of blood at any time. This volume can increase to up to 200 ml
during exercise due to increased pressure and flow. A unique feature of the lungs is the
subsequent recruitment of new capillaries to compensate in the situation of stress - such
as exercise - to further increase its capacity. The capillary bed covers a surface similar
to the alveoli of about 70 - 80 m2. The separation between the erythrocytes and the
air space is only about 1 µm to 2 µm which is ideally suited for passive diffusion of O2

and CO2 in and out of the blood stream. After passing through the capillary bed the
freshly oxygenated blood is collected into larger pulmonary veins which finally return
the oxygenated blood into the left atrium of the heart via the pulmonary vein[18].

The main goal of breathing is to move the air in and out of the lungs to enable repeated
gas exchange in the lungs. Under healthy conditions the chest wall and the lungs move
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together and display equal changes in their respective volumes. At the end of inspira-
tion and exhalation there is no pressure gradient between the alveolar space and the
surrounding atmosphere, accordingly no airflow occurs. During inspiration the muscles
of the diaphragm and the chest wall contract leading to a downward movement of the
diaphragm and an out- / up- ward movement of the chest wall. Consequently a decrease
in alveolar pressure results causing inward air flow assuming the glottis is opened. Dur-
ing exhalation the muscles relax and the diaphragm moves upwards in the chest leading
to positive alveolar pressure, the glottis opens and outward air flow progresses until the
pressures equalized again. During relaxed inspiration respiratory pressures in the order
of -1 cm H2O or ∼ −10−3 bar[18] are reached in relation to the surrounding atmospheric
pressure. In case of exercise or forced inspiration pressures of up to -100 cm H2O or
∼ −10−1 bar can be reached[19].

During normal breathing about 500 ml of air are moved in and out of the lungs, the
so-called tidal volume VT . The total lung capacity (TLC) in a healthy individual is
approximately 6 L which can be reached with forced maximal inspiration. If followed by
maximal exhalation the difference between the TLC and residual volume (RV) in the
lungs is referred to as the forced vital capacity (FVC). The RV is defined as minimal
volume of air, contained in the lungs after forced maximal exhalation. The easiest and
most popular way to assess lung volumes is via spirometry (see Fig.1). Spirometry is
conducted with the help of spirometer which measures the volumetric in- and out- put
during relaxed breathing an forced inhalation via a mouth piece[18].

It is important to note that the lung is a highly dynamic system which displays elastic
properties that are essential to its function, pressure regulation and maintenance. Lung
compliance (CL) is a measure of the lungs elasticity and defined as the change in volume
V resulting from a 1 cm H2O change (∼ −10−3 bar) in the distending pressure P . High
lung compliance represents easy extension of the lung while a low compliance represents
a ’stiff’ lung. Normally expressed as CL = ∆V/∆P the compliance of a healthy human
lung is approximately 0.2 l/cm H2O, although it varies significantly depending on the
current state of inflation. Lung compliance is strongly linked to the presence of lung
surfactant which is part of the liquid-air interface and secreted by specialized cells in the
lung tissue. The surfactant which mainly consists of lipids has several important roles in
lung physiology. It decreases the surface tension in the liquid-air interface leading to a
reduced workload due to reduced tension forces, prevents collapse and sticking of alveoli
during exhalation and generally stabilizes alveolar structures. To maintain the lipid
monolayer provided by the surfactant at the alveolar-air interface, regular dilation and
contraction of the lung tissue exceeding the values during tidal breathing are necessary.
Such elastic movements are achieved by regular yawning and sighing leading to larger
changes in the lung volume than under relaxed conditions[18]
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Fig. 1: Various lung volumes during a pulmonary function test (PTF) via Spirometry.
ERV,expiratory reserve volume; FRC, functional residual capacity; FVC, forced
vital capacity; IC, inspiratory capacity; IRV, inspiratory reserve volume; RV,
residual volume; TLC, total lung capacity; VC, vital capacity; VT, tidal volume.
(Adapted and modified from [18])
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Established Methods for Lung Imaging

In light of recent focus and development on bedside modalities such as thoracic ultra-
sonography and electric impedance tomography the recognition of computed tomography
as the ”gold standard” might appear out-dated. However, CT should be considered the
gold standard by which emerging modalities are compared which is elaborated in the
following[20].

Lung CT is used in the diagnosis and classification of COPD, emphysema, fibrosis,
lung cancer and further respiratory pathologies. It allows to visualize airways as small
as 1 mm and to display bronchial wall thickening, mucus plugging, and parenchymal
infiltrates[21]. With the ability to quantify average tissue density (quantitative CT, qCT)
via the reconstructed density values in individual volumes of interest (VOI) it is possible
to classify hyper-, normal-, poor- and non-aerated segments. This is specifically relevant
in cases of acute respiratory distress syndrome (ARDS), acute lung injury (ALI) and
verification of proper mechanical ventilation[22]. Despite the advancements in technology,
CT based lung imaging poses certain pit falls. The soft tissues present in the lung
only differ slightly with respect to their attenuation coefficients which in turn makes it
difficult to differentiate them accurately on conventional chest CT investigations and
complicates accurate detection of lung disease. Additionally, it has repeatedly been
shown that different scanning and reconstructions parameters significantly influence the
quantitative analysis of lung scans especially in context of hyper-aerated lungs and
emphysema[23,24]. Unification of CT protocols and parameters has been recommended
but seems impossible regarding multiple manufacturers, a plethora of different models,
financial limitations and the constant advancement of algorithms and hardware. Last
but not least, the associated radiation exposure, the required mobilisation of the patient
and the associated discomfort as well as possible harm are valid concerns regarding all
X-Ray based imaging methods and have to be addressed by the physician in charge.
Recent investigations into bedside modalities for lung imaging (lung ultra sound and
electrical impedance tomography) show promising results and start to get close to the
performance of CT in terms of diagnostic and clinical power under certain conditions -
mainly in context of critical care.

Thoracic ultrasonography or more commonly referred to as lung ultra sound (LUS)
developed into an invaluable tool in critical care units as it allow to investigate the lung
and pleural space at the bedside and without any radiation exposure. Over the last
decade, several consensus papers have been published regarding the LUS semiology and
its applications[25–28]. Furthermore, it has been shown that LUS is highly effective in
assessing a number of pulmonary pathologies such as pneumothorax, pleural effusion,
acute dyspnea, pulmonary edema versus ARDS, pulmonary embolism and pneumonia
as well as in the guidance and assessment of mechanically ventilated patients[29]. In
light of the COVID-19 pandemic, more attention was brought to LUS. The national
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library of medicine more commonly known as PubMed.gov featured 5094 publication
containing the words ”ultrasound” and ”COVID-19” between 2020 and 2021 while only
3809 publications were found for the words ”computed tomography” and ”COVID-19”
during the same period[30,31], highlighting its relevance. It has been shown that LUS
performs with a sensitivity distinctly above 90 % and acts as an strong independant
predictor for RT-PCR based COVID-19 tests[32]. This not only rivals the performance
of CT[33,34] but also allows for improved patient management and workflow optimization,
such that the limited imaging resources can be used in a most efficient way while the
mentioned advantages of LUS compared to CT still hold. Finally, the ease of sterilization
of the ultrasound probe compared to a CT scanner and the reduced risk of transmittance
due to bedside imaging underline these advantages. It is strongly recommended to
employ LUS for patient assessment, triage and monitoring of disease progression[35].

In contrast to LUS, electrical impedance tomography (EIT) is in its infancy and only a
few commercialised, clinically approved EIT systems for ICU monitoring are available
at this point. It is based on measurements of surface electrodes from which electrical
impedance, conductivity and permittivity are inferred and a tomographic image of the
body part of interest can be reconstructed. Similar to LUS it can be performed at
the bedside and no radiation exposure occurs as alternating currents are applied to
the electrodes and the equi-potentials measured from all electrodes allow for image
formation. The image reconstruction requires to find a solution to a severely ill-posed,
non-linear inverse problem which was first formulated by Alberto Calderon in 1980[36].
As no two bodies are the same and user-errors in electrode placement are unavoidable
a standard shape is assumed for reconstruction which often introduces artifacts and
errors into the final images. Besides EIT, currently no image modality suitable for
continuous non-invasive bedside monitoring of infant lung function exists. While this
might sound like an oddly specific applications the fact that 15 millions babies are
prematurely born each year many of which suffer from respiratory failure underlines the
importance of EIT and its further development[37]. EIT is specifically well suited for
lung imaging as the lung tissue conductivity is about five times lower compared to most
other soft tissue which results in a high absolute contrast. As lung resistivity in- and
de-creases several-fold during a breathing cycle, ventilation monitoring is a promising
clinical application of EIT since mechanical ventilation can regularly lead to ventilator-
associated lung injury (VALI)[38]. Current key problems with EIT is the slow rate of
transition of new algorithms and hardware into clinical useful tools as well the lack of
maintaining imaging standards (e.g. DICOM) for image reconstruction algorithms. A
detailed introduction to EIT and reconstruction algorithms can be found here [39].
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Fig. 2: Left: Placement of electrode belt on chest. Middle: Computed tomographic axial
slice of thorax with 32-electrode belt, and schematic representation of electrical
current pathways through thorax. One pair of electrodes injects electrical current
while remaining electrodes read voltages produced as a result of the distribution of
current density inside thorax. Injection pair is alternated sequentially, and after
a full cycle one image will be generated. Right: Functional image reconstructed
by electrical impedance tomography (EIT) using a color scale: the lighter the
blue, the greater the regional ventilation. A, anterior; L, left; P, posterior, R,
right. (Adapted and modified from [40])

The Basis of X-Ray Imaging

Conventional X-Ray imaging is based on the Lambert-Beer law which describes the
reduction in the photon flux per unit length. Equating the change of photons dN to the
number of photons at a given depth dx yields

dN = −µNdx, (1)

where µ is the linear attenuation coefficient (LAC). Solving this differential equation by
integration gives the Lambert-Beer law.

N = N0e
−µx. (2)

The LAC describes how much radiation is absorbed per distance in a given material
and at a certain energy. Since the exponent must be dimensionless the dimension of
µ result to per length. The amount of photon flux traversing the sample of interest is
measured by a X-Ray detector behind the sample, which in combination with a flat field
scan, allows for calculation of the exponential term −µx containing the LAC µ and the
traversed sample thickness x. Dark regions represent higher levels of absorption while
bright regions represent low levels of absorption. Keep in mind that in hospital mostly
the negative representation is used, such that bones appear white (strong absorption)
and soft tissue appears dark (weak absorption). Absorption-based contrast formation
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as described here works well for material with ’large’ differences in their LAC but for
differentiation of soft tissues (e.g. within breasts) the contrast is very low as different
soft tissues have very similar LACs (see Table 1).

Type Tissue LAC / [cm−1]

Soft
Tissue

Lung Tissue 0.177975
Adipose Tissue 0.160360
Breast 0.172176
Soft Tissue 0.179458

Hard Tissue Bone, Cortical 0.356160

Table 1: Examples of linear attenuation coefficients for different types of tissue at

100 keV[41]. While all types of soft tissue have values in the range of 0.16 −
0.18 cm−1, bone has almost twice that, highlighting the difficulties of soft tissue
contrast based on X-Rays.

Attenuation coefficients are, however, clearly dependent on the energy of the X-Ray
beam. This allows for a maximization of contrast by using low energy X-Rays as the
differences in LACs is larger. In the case of mammography, the use of low energy X-
Rays additionally allows to distinguish micro-calcifications. In light of their potential
malignancy and association to breast cancer formation this constitutes an additional
advantage in using low energy X-Rays[42].

Beyond Absorption

While image formation based on attenuation is certainly the oldest and most dominant
technique employed, there are other options for contrast formation. While X-Ray dif-
ferential phase contrast (DPC) imaging is based on refractive properties of the sample,
dark-field (DF) imaging makes use of small angle scattering which occurs at interfaces
between materials with different electron densities, e.g air-tissue interfaces in the lung.
Phase and dark-field contrast have been used in the regime of visible light for quite
some time but proved hard to transfer and implement in the regime of X-Rays[9]. How-
ever, in the early 2000s distinctive advancements have been made. It has been demon-
strated that all three signals (absorption, DPC and DF) can be quantitatively assessed
by means of grating interferometry (GI)[8,9] which will be explained in more detail in
section Talbot-Lau Grating Interferometry. First though, an explanation of underlying
physical principals of phase and dark-field imaging follows.
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Phase Contrast and Snell’s Law

Even though X-Rays have much higher energies than visible light the same optical
principles do still apply. The laws of refraction are just as valid in the X-Ray regime as
they are in the optical regime although deflection angles are much smaller and refractive
indices are negative for most materials. The information represented by the DPC is
based on the detected deflections of the X-Rays by the sample rather than by absorption.
Deflection occurs due to small variations in local electron density of the sample, which
results in a higher contrast for soft tissues or low-Z materials if compared to absorption.
Refractive behavior of light is described by Snell’s law. Light takes the fastest path
between two points in a given medium resulting in a straight line. If the two points
lie in different media, the path taken has to be optimized by taking into account the
different speeds of light (represented by the refraction index). This forms the basis of
Snell’s Law:

n1 sin(ϕ1) = n2 sin(ϕ2). (3)

The index of refraction (here ni) is complex valued

ncomplex = 1− δ + iβ , (4)

where β represents the attenuation and δ the phase shift. If inserted into a complex
wave function we receive two terms:

Ψ(x) = Ψ0e
i(1−δ)kxeβkx , (5)

which represent the phase shift and the attenuation therefore allowing for direct com-
parison of the two effects. In case of X-Rays, the refractive index ncomplex is relatively
close to 1. Looking at a transition of a low energy X-Ray at 20 keV from vacuum into
water one finds β = 3.99411× 10−10 and δ = 5.76149× 10−7. Moving to higher energies,
this difference will further increase but already at 20 keV the refraction effect should be
roughly 1000 times stronger[43].

While in theory this looks like a massive advantage of DPC over absorption imaging,
in practice the resulting advantage is often much smaller. While absorption imaging
requires the means to detect and quantify the amount of X-Rays passing through a
sample, DPC requires a more intricate setup. Either a coherent X-Ray source is required
(e.g. a synchrotron) or grating interferometry (GI) needs to be employed to access
the required phase information. GI is based on optical interferometry which is phase
sensitive, however, it requires optical gratings with small pitches to provide enough
sensitivity to small scattering angles and deep enough structures for enough interaction.
Such gratings are still challenging and rather expensive to produce which limits today’s
DPC imaging approaches - especially at higher energies. Still, these are not physical
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Fig. 3: Left: Dark-field image of healthy murine lungs ex vivo. Right: Dark-field image of
emphysematous murine lungs ex vivo. Note the patchiness of the emphysematous
lungs and the reduced dark-field signal in large parts (Adapted and modified from
[44]).

limitations as in the case of absorption based imaging and therefore future developments
beyond the abilities of absorption imaging are possible.

Small Angle Scattering and the Dark-Field Signal

Small angle scattering occurs when photons pass through multiple material interfaces
of different electron densities, causing a small deflection on each transition. These re-
fraction angles are to small to be resolved directly by the imaging system. However,
macroscopically, a blurring of the otherwise well defined interference pattern results
which in turn can be quantified as a loss in visibility yielding the dark-field signal (see
Talbot-Lau Grating Interferometry below). The dark-field signal represents the amount
of small angle scattering / deflections that occurred while the beam traversed the sample
and carries information about the samples microstructure which is not directly resolvable
by the detector.

The degree of scattering is roughly proportional to the number of interfaces traversed by
the beam. It is therefore apparent that the lung with its microstructure of alveolar septae
and air spaces is expected to produce a strong scattering signal. This has practically been
shown in a mouse model already back in 2013[45] and numerous further animal studies
have since been published. The advantage of dark-field imaging lies in its sensitivity
to changes in the microstructure of the sample which are not directly resolveable by
the detector. As described above, detection of pathological changes in the lung tissue
(e.g. emphysema) with conventional X-Ray or CT imaging is only possible once a
certain degree of severity is reached and macroscopic changes become apparent. Early
stages of disease formation remain hard to detect. Dark-field imaging allows to detect
those early, microscopic changes in the lung as the scattering behaviour changes with the
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dominant present feature size. In the case of emphysema, an increase in alveolar airspace
is observed due to destruction of alveolar septae. Fewer septae will lead to less scattering
and therefore a higher visibility (lower dark-field signal). Fig. 3 shows an example of a
healthy and diseased murine lung with decreased dark-field signal representing the foci
of disease formation.

Talbot-Lau Grating Interferometry

Fig. 4: Schematic representation of a Talbot-Lau grating interferometer. From left to
right: The incident wave front hits G0 and partial spatial coherence results. G1

generates the Talbot carpet which is altered by the sample. G2 is stepped and
the signal is recorded. Note the shifted peaks of the blue part of the Talbot
carpet compared to the grey parts.

To access the phase signal without the presence of a coherent source, a Talbot-Lau grat-
ing interferometer (TLGI) employs three optical gratings, two of which are absorption
gratings while one is a phase grating. The first grating, called G0, is an absorption
grating leading to partial spatial coherence. G1 is a phase grating, creating the Talbot
carpet and G2 is the second absorption grating used as an analyzer for the Talbot carpet
as is shown in Fig. 4.
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G0 and G2 have supporting roles while G1 is most relevant for the function of the
interferometer. X-Rays passing through the bars of the G1 grating experience a relative
phase shift of 0 to 2π allowing for interference. Due to the Talbot-Effect a repeating
intensity pattern known as the Talbot carpet (see Fig. 4) results. G2 is ideally placed
at a distance to G1 where minima and maxima of the intensity pattern are most easily
distinguished. This is the case after each multiple of the so-called Talbot distance. As
the pattern periodically repeats, there are theoretically an infinite amount of possible
locations to place it.

As hinted above, G0 and G2 are mostly relevant to circumvent certain engineering prob-
lems. G2 is used as an analyzer grating. As the intensity pattern is generally much
smaller than an individual pixel of a detector and as such not directly resolvable, the
use of such an analyzer grating is required. It allows to sample the intensity pattern in-
directly by superimposing it with the grating. Crucially, G2 must have the same period
as the Talbot carpet at G2’s location along the beam axis.

G2 is an absorption grating which only allows parts of the interference pattern to pass
through its slits and hit the detector. By moving G2 perpendicular to the beam axis and
acquiring an image at each position the pattern is sampled which allows for subsequent
signal reconstruction. A process which is also referred to as ”phase stepping” and is
further explained in the next section Signal Retrieval and Parameters.

So far, G1 provides an interference pattern and G2 allows to sample it even though
detectors cannot resolve it directly. G0 now addresses the last practical problem. For
interference effects to be observed, a high degree of coherence is necessary. Medically
relevant X-Ray sources/tubes generally provide a low-coherence beam. Introduction of
the absorption grating G0 (sometimes also called source grating) can be seen as a way
of creating a large amount of very small slit sources, leading to a much higher degree of
coherence, necessary for interference effects. Effectively, each individual grating slit will
then create an interference pattern downstream. If geometries and grating properties are
chosen adequately, all these periodic structures are aligned and add up at the detector
allowing for proper imaging.

In case of phase contrast imaging the minimal resolveable refraction angle αmin charac-
terizes an interferometer setup with respect to the obtainable contrast of small electron
density variations. It is given by

αmin =
p2
d

∆φ

2π
(6)

where p2 denotes the period of G2, d the distance of the sample to G2 and ∆φ the phase
shift. This is can be understood intuitively as a phase shift of ∆φ = 2π results in a shift
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of exactly p2 on the detector and as αmin is very small, the small angle approximation
of tan(α) ≈ α holds.

In case of dark-field imaging, the setup is characterized by the auto-correlation length

ξ =
λLs
p2

(7)

where λ is the wavelength of the X-Rays and Ls is the distance of the sample to G2.
Note that this formula is valid while the sample is placed between phase and analyzer
grating. If the auto-correlation length is varied it is possible to fully quantitatively
characterize a sample for its scattering structures of different size and volume fraction.
To some degree the auto-correlation length can be seen as measure to what structure
size the system is most sensitive to. Therefore, a setup has to be tuned in such a way to
return optimal contrast for the sample at hand. Tuning of the auto-correlation length
can be achieved by varying one of the three variables in Eq. 7. While varying the
wavelength/energy and grating period can be rather expensive in financial terms as well
as in performance, changing the position of the sample is more feasible but brings with
it another set of problems. The setup in Fig. 4 shows a parallel beam geometry. Often,
however, a fan beam or conical setup is used. This means that if the sample is moved
alongside the beam axis the geometric magnification changes as well and measurements
taken at different auto-correlation lengths are no longer directly comparable (see Inverse
Geometry Setup).

As a conventional Talbot-Lau GI employs two absorption gratings (G0 and G2) ∼ 75 %
of all emitted photons and ∼ 50 % of all photons traversing the sample are lost (assuming
a duty cycle of 0.5). This eventually leads to a much poorer dose efficiency, which is
critical for medical applications - especially as gratings for high energies are hard to
manufacture.

Signal Retrieval and Parameters

By stepping G2 and recording an image at each position, an intensity curve for each
pixel is measured. This is done with and without sample in the beam’s path producing
a flat-field/reference image and the sample image, referenced by the indices i = f, s,
respectively. Fitting

Ii(x) = I0,i(µ)(0.5 · Vi · cos(x+ ϕi) + 0.5) (8)

to the recorded intensity curves, where I0 denotes the initial intensity, Vi the visibility, ϕ
the phase offset and x the position of the phase step, returns the required parameters to
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calculate all three images (see Fig. 5): Namely these are the attenuation Γ, the differential
phase ∆ϕ and the dark-field Σ image:

Γ := − ln

(
I0,s
I0,f

)
, ∆ϕ := ((ϕs − ϕf + π)) mod 2π, Σ := − ln

(
Vs
Vf

)
(9)

The dark-field signal therefore is defined as the logarithmic visibility reduction. It is
impertinent to realize that an individual intensity curve as shown in Fig. 5 corresponds
to one pixel of the detector forming the basis for distinct image formation.

Fig. 5: The parameters absorption, phase and visibility are shown schematically. The
absorption represents the mean photon count over various phase steps of the
analyzer grating G2. The phase represents the phase offset to zero and the
visibility is the difference between the highest and lowest point of the curve

Dual Phase Grating Interferometry

As mentioned in Talbot-Lau Grating Interferometry, conventional TLGI suffer from poor
dose efficiency due to the employment of absorption gratings and changing the auto-
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Fig. 6: Schematic representation of a dual phase interferometer as used in this study.
G1 in combination with G2 generates a directly resolvable fringe with period pf .
(Adapted and Modified from [46])

correlation length of a given setup poses a fair number of challenges. As recent as 2017
Kagias et al. demonstrated an alternative by employing of two phase gratings instead
to perform absorption, DPC and tunable dark-field imaging[47]. The source directly
illuminates the first phase grating G1, which leads to formation of a Talbot carpet. The
resulting intensity pattern hits G2, generating a large pitch fringe modulation at the
detector plane. This fringe’s pitch pf can be designed such that it can be resolved directly
without any aliasing effects by the detector in use. Generally speaking the G1 and G2

need to heave slightly different periods to generate a large pitch fringe at the detector
plane. However, by operating in a cone beam geometry one can use identical gratings
and employ the resulting geometric magnification to achieve this period difference. In
case of identical grating periods p = p1 = p2 of the two phase gratings, the fringe period
pf is given by

pf =
Lp

2d
. (10)

The resolved fringe can then be used to quantify absorption, DPC and dark-field signal
either via phase stepping of G2 or analysis of the raw fringe directly. In either case, the
detector must be able to resolve the fringe directly.

Such a dual phase setup brings with it a number of advantages. First, no absorption
gratings are required in its operation, providing a much higher dose efficiency. The
auto-correlation length

ξDP =
λL1d

p1L
(11)
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can easily be adapted by changing the inter-grating distance d between G1 and G2

allowing for tunable dark-field imaging and operation close to a parallel beam geome-
try further simplifies image evaluation as almost no change in geometric magnification
occurs. A schematic representation of a dual phase setup is given in Fig. 6.

Aim of this thesis

Dark-field imaging of human lungs is a promising, X-Ray based technique to improve
diagnostic performance of respiratory disease especially in case of early onset diagnostics
without raising the effective dose in a significant level. First clinical trials done by
Pfeiffer et al. establish the working principle in humans subjects and demonstrate the
methods strengths with respect to its sensitivity towards changes in the unresolved
microstructure of the lung tissue. Although dark-field imaging of the lung as been
under investigation for close to ten years by now, to the best of our knowledge, no
detailed investigation regarding the behavior of the lung’s dark-field signal with respect
to variation of the auto-correlation length ξ has been undertaken. Only a few distinct
values have been reported[14,15]. The experiments and data analysis contained in this
thesis were performed with the aim to establish the means to cleanly handle, inflate
and image fresh porcine lungs over a wide range of auto-correlation lengths using three
different imaging setups. Starting point was a preexisting wide-field-of-view grating
interferometry setup and a theoretical study of lungs and their anatomy. Preliminary
handling and inflation tests were performed to assess the required needs. These results
were the starting point to design a vacuum chamber allowing for lung inflation which was
used in all subsequent imaging procedures. It formed the foundation for scanning lungs at
multiple auto-correlation lengths on two Talbot-Lau GI and on a recently installed dual-
phase interferometer generating the data to characterize Σ(ξ) of porcine lungs, estimate
the size of structure contributing to Σ(ξ) as well as allowing to estimate a working
ξ-range for an interferometer capable of handling lungs of human proportions.

Materials and Methods

Sample Materials

Porcine Lungs

Fresh porcine lungs were ordered through the veterinary department and obtained di-
rectly from the slaughterhouse of Zurich, Switzerland. As the pigs in question were
destined to be slaughtered regardless of our study, no further ethics approval was nec-
essary. In Switzerland, lungs fall into the category ”K1” and are thus considered ”risk

22



materials”. Materials of category ”K1” are banned from entering the food-cycle and
have to be burned. This was ensured by disposing the samples at the cadaver collec-
tion facility after experiments, provided by each municipality in Switzerland. Over the
course of this study approximately 14 porcine lungs have been acquired and used for
experimenting and imaging.

PMMA Microspheres

Six PMMA (Polymethylmethacrylat) microspheres samples were obtained from Co-
spheric LLC (Santa Barbara, California 93160, USA) containing microspheres with var-
ious size ranges as following: 20 µm to 27 µm, 45 µm to 53 µm, 63 µm to 75 µm, 180 µm
to 212 µm, 225 µm to 300 µm and 425 µm to 500 µm. These sizes were chosen such, that
they clearly cover the size of alveolar structures in lungs. PMMA microspheres can
pose a health risk if they come in contact with eyes, are ingested, inhaled or otherwise
introduced to the body. The spheres were generally stored inside a sealed box while
contained in individual airtight glass vials.

While these micro-sphere samples possess a comparable microstructure as the one found
in lungs, though clearly much more isotropic, they differ from lungs in a major aspect.
The spheres effectively represent the inversed material-phase of the lungs, as the spheres
are made of PMMA and the spaces in between are filled with air. In lungs, however, the
alveoli are filled with air and the surrounding spaces are filled with tissue. To correct for
that inverse nature of the material-phases a ideal spherical packing order was assumed
for the PMMA-microspheres with an average packing density of 0.74. The R values of
the PMMA microspheres were thus multiplied by a correction factor of 2.84 to correct
for the additional absorption, allowing for direct comparison.

Lung Preparation and Inflation

Lungs in humans and in pigs get inflated by a negative pressure surrounding them and
forcing the air through the trachea into the lungs. It is as well possible to inflate them
by applying a pressure to the trachea and sealing major holes to maintain a constant
positive pressure inside the airways. For either case, a tight seal to the trachea is required
and thus the preparation of the lungs was the same regardless of inflation method.

After obtaining the lungs (including the larynx still connected to the trachea) from the
local slaughterhouse in the morning, they were washed on the outside with water and
inspected for visible damage. Most lungs displayed minor or major cuts/injuries resulting
from the butchering process providing an escape way for air if pressurized. Subsequently,
the trachea was severed about halfway between the larynx and the tracheal bifurcation.
Depending on the condition of the lungs, either the whole lungs were used or the more
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Fig. 7: Schematic representation of the configurations used to inflate porcine lungs. A)
By applying a positive pressure . B) By pulling a vacuum surrounding the lungs.
1: Air pump used to over/under pressurize the volume; 2: Absolute pressure
sensor; 3: Air-tight container allow for establishing a vacuum around the lungs;
4: Open container in which the lungs were placed; 5: the pig lungs; 6: A valve
used to regulate the effective pressure.

damaged side was cut off directly at the primary bronchi. The open airway was then
sealed by means of a clamp providing a tight seal needed for inflation.

A tight seal to the trachea was achieved by inserting a plastic tube of 8/6 mm diameter
into the trachea and fixing it with three zip ties around the outside. Commercial tracheal
tubes were examined for this purpose as well but did not provide any advantage over
the simpler and more efficient plastic tube.

Inflation by Pressurizing the Airways

For inflation via pressurization of the airways, the tracheal tube was connected to a pump
and a pressure of ca. +0.03 mbar was applied in a controlled manner via a open valve
and a absolute pressure sensor (PCR 280, Pfeiffer Vacuum GmbH, Asslar, Germany).
The lungs were then placed in a plastic container to allow for imaging. This method was
employed early on to get a good understanding on the lungs and how to handle them.
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Inflation by Surrounding Vacuum

Fig. 8: The inflation chamber. The orange-brown Kapton foil is used to seal the chamber
along the beam axis achieving minimal beam interaction.

Under in vivo conditions the lungs get inflated by a reduced surrounding pressure forcing
the air into the lungs. To allow for inflation by a surrounding vacuum an air-tight
container was constructed which allows for imaging without affecting the image. Inspired
by [48], such a vacuum chamber was designed and built in-house and is shown in Fig. 8. It
allows to mount the lungs fitted with the tracheal tube into the chamber, and connecting
it to the surrounding atmosphere via the inlet in the chamber’s lid. Once the lid was
sealed and secured a vacuum was applied by means of an external pump. The pressure
was monitored via an absolute pressure sensor (PCR 280, Pfeiffer Vacuum GmbH, Asslar,
Germany) and controlled via a valve. To provide minimal interaction with the beam,
windows were introduced along the imaging axis and sealed with 0.075 mm thick Kapton
foil (Dupont, Wilmington, DE, USA) which was securely glued to the frame with Araldite
Standard two-component glue (Huntsman Corp., The Woodlands, TX, USA).
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Fig. 9: Mounting of a left porcine lung for imaging. Left: The right main bronchus is
seal of by a clamp (green). Center: The lung is fixed to the lid of the vacuum
chamber with zip ties. The tube is securely fixed into the trachea and connected
to the inlet in the lid. Right: The left porcine lung inflated inside the vacuum
chamber at -30 mbar.

Imaging

Three different imaging setups were used during this study. Two classical Talbot-Lau
grating interferometer (TLGI) and a dual-phase interferometer which in combination
provided access to auto-correlation lengths in a range between 77 nm and 5.2 µm.

Inverse Geometry Setup

This setup was a wide-field-of-view cone beam grating interferometer with inverse ge-
ometry. While conventional grating interferometer have their G1 grating closer to G2

than to G0 an inverse geometry requires exactly the opposite. Practically speaking,
an inverse geometry setup can be seen as a conventional geometry with inversed beam
direction. The design energy was 46 keV. The total length of the setup was 996 mm,
G0, G1 and G2 were placed at 100 mm, 388 mm and 983 mm, respectively. All distance
are referenced to the position of the focal spot as 0 mm. The distances correspond to
the first Talbot order. The X-Ray source used was a Comet MXR-225HP/11 (Comet
Group, Flamatt, CH). It has a focal spot size of 0.4 mm2 run with 70 kVp at 10 mA and
the conical photon field fully covered the sensitive area of the detector

The absorption gratings G0 and G2 were produced by means of the LIGA process by
Micro Works (Karlsruhe, DE) out of gold on a graphite substrate. G1 was produced by
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Fig. 10: The three setups used during this work. The conceptual sketches are not to scale
and only intended for illustrative purposes. A) The inverse geometry Talbot-
Lau GI. B) The symmetric geometry Talbo-Lau GI. C) The dual-phase GI. 1:
The X-Ray source; 2: The sample position in the beam (variable in A & B); 3:
The detector; 4: Aluminium plate (3 mm) for filtering the beam.
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means of etching a silicon substrate. To accommodate the conical beam geometry the
gratings were bent along the vertical axis after fabrication to ensure perpendicularity to
the incoming photons across the entire field of view. The gratings are specified in detail
in Table 2. G0 was stepped by a P-841.6 piezoelectric-motor (Physik Instrumente GmbH
& Co. KG, Karlsruhe, DE) with an accuracy in the order of ∼ 1 nm. With step sizes
in the order of 0.8 µm used for G0, this was considered to be sufficiently accurate. The
sample stage is positioned in between G1 and G2 and consisted of a vertical axis and a
mounting stage capable of hosting a variety of different sample containers. The vertical
axis additionally allowed for vertical scanning by stitching to increase the field of view in
vertical direction. To allow for multiple auto-correlation lengths (ξ1), the entire sample
stage was moved along the beam axis between the two gratings, resulting in a range of
possible auto-correlations lengths ξ1 ∈ [0.66 − 1.36] µm. Note, that this process affects
the geometric magnification of the sample due to the conical beam geometry, which in
turn affects the effective resolution. In this setup, magnifications between 1x and 2.5x
resulted.

For detection behind G2 a prototype detector by the name Santis (Dectris, Baden-
Daettwil, CH) was used. This detector is a direct-conversion photon-counting device
with Cadmium Telluride (CdTe) as active medium for detection. It has an intrinsic
resolution of 256 x 3096 isotropic 75 µm pixels. Furthermore, it features a dual energy
photon counter with adjustable energy thresholds. This allows to vary the bandwidth of
X-Rays contributing to the measurement (from near monochromatic to full spectrum).

Gratings Absorption I
(G0)

Phase
(G1)

Absorption II
(G2)

Material Gold — Gold
Substrate Graphite etched Silicon Graphite
Period / [µm] 4.8 6.47 9.92
Lamella Height / [µm] 150 59 150
Duty Cycle 0.5 0.5 0.5
Dimensions (L×W) /
[mm×mm]

45× 10 80× 17 80× 40

Table 2: Specifications of all three gratings (G0, G1, G2) used in the inverse geometry
setup.

Symmetric Geometry Setup

The second setup was a wide-field-of-view cone beam grating interferometer with sym-
metric geometry. Symmetric geometries place G1 exactly in the center between G0 and
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Gratings Absorption I
(G0)

Phase
(G1)

Absorption II
(G2)

Material Gold — Gold
Substrate Graphite etched Silicon Graphite
Period / [µm] 4.2 4.2 4.2
Lamella Height / [µm] 180 60 180
Duty Cycle 0.5 0.5 0.5
Dimensions (L×W) /
[mm×mm]

80× 60 203× 75 80× 60

Table 3: Specifications of all three gratings (G0, G1, G2) used in the symmetric geometry
setup.

G2 and have the advantage that they are the shortest for a given period p1 of G1. Addi-
tionally, G0 and G2 have the same period p0 = p2 and the same production techniques
can be used, streamlining the process. The design energy of the symmetric setup was
46 keV and total length was 1636 mm. G0, G1 and G2 were placed at 100 mm, 818 mm
and 1636 mm, respectively. G0 and G2 are made of gold on a graphite substrate while
G1 is made from etched silicon. The absorption gratings were again produced by Micro
Works (Karlsruhe, DE) and the phase grating was produced in house. All gratings are
specified in detail in Table 3. The same source (Comet MXR-225HP/11, Comet Group,
Flamatt, CH) as well as the same detector (Santis Prototype, Dectris, Baden-Daettwil,
CH) as in the inverse geometry setup were used and consistently run with 70 kVp at
10 mA. The distances correspond to the fifth Talbot order. By using three identical G2

next to each other and the extra-wide G1 a total field of view of ca. 240 mm × 15 mm
was achieved.

Dual-Phase Setup

The dual-phase setup used in this work had a total length of 2800 mm while also being
of symmetric geometry, such that the source to G1 distance resulted in 1400 mm. The
inter-grating distance d was possible to adjust via a linear stage, on which G1 was
mounted, in steps of 1 mm. The sample was placed between G2 and the detector. First,
the same detector as in the other two interferometer (Santis Prototype, Dectris, Baden-
Daettwil, CH) was used with a resolution of 75 µm and the ability to for dual-energy
thresholds (for details see Inverse Geometry Setup). To increase the range of accessible
auto-correlation lengths (e.g. being able to resolve higher pitched fringes) the CdTe
detector was exchanged for a CCD camera (SCX:4300, Teledyne Princeton Instruments,
Trenton, New Jersey, USA) with an isotropic 24 µm pixel size. It features an intrinsic
resolution of 2084 x 2084 pixels providing a field of view of 120× 120 mm. As scintillator
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material, Gadox (Gd2O2S:Tb3+) was used with a peak sensitivity at 17 keV while the
design energy of this dual-phase interferometer is 30 keV. The source used for the dual-
phase setup was a Hamamatsu L10101 (Hamamatsu Photonics, Hamamatsu, Japan)
consistently run with 70 kVp at 200 µA.

Gratings Phase I
(G1)

Phase II
(G2)

Material — —
Substrate etched Silicon etched Silicon
Period / [µm] 1.2 1.2
Lamella Height / [µm] 40 40
Duty Cycle 0.5 0.5
Dimensions (L×W) /
[mm×mm]

75× 75 75× 75

Table 4: Specifications of both phase gratings (G1, G2) used in the dual-phase setup.

The identical phase gratings (G1, G2) were produced in-house by Zhitian Shi by means of
Silicon etching. As this setup was operated close to parallel beam geometry, no bending
of the gratings was required. The gratings are specified in detail in Table 4.

Timeline and Imaging Protocol

All lungs used in this study were collected around 8 am in the morning, transported to
the lab, prepared and imaged on the same day. Preparation took roughly 1.5 h, allowing
to start imaging around 11 am. The imaging process, depending on the requirements,
took up to maximal 9 h. The vacuum chamber ensured consistency over these prolonged
imaging procedures in terms of pressure, humidity and location.

Measurement at a single auto-correlation length on the TLGI adhered to the following
protocol: To enlarge the field of view, vertical scanning and stitching was used. For each
slice, five phase-steps with an exposure time of 5 s were taken leading to 25 s per slice.
Flat-field images were recorded pre- and post- sample scanning and averaged before
used for flat-field corrections according to Eq.9. Each vertical slice was signal-retrieved
individually and stitched in post processing for each contrast channel. On the dual-phase
GI an exposure time of 20 s was used and a flat-field image was only taken at the start
of the measurement. It was operated only in single-shot mode.

Inflated porcine lungs were imaged in parallel with non-inflated porcine lung tissue and
multiple tubes of PMMA spheres, fitted into the same field of view. A representative
configuration used for imaging is shown in Fig. 11.
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This configuration was imaged at auto-correlation lengths between 0.8 µm to 3.6 µm, as
the size of the vacuum chamber put a limit to the accessible range on the symmetric
Talbot-Lau GI. The PMMA spheres and a piece of non-inflated lung tissue, however, were
imaged on the full range available providing additional data points at auto-correlation
lengths between 3.6 µm to 5.2 µm. Fig. 12 to 16 show the image results of inflated lung
scans at ξ = 0.8, 1.99 and 3.64 µm. At these three auto-correlation lengths, scans making
use of the full vertical range were performed, taking 22 vertical slices in steps of 10 mm.
At all other positions along the beam axis, in between those three, a reduced field of
view (FOV) was scanned, using 8 vertical slices. The red line in Fig. 12 indicates the
upper limit of the reduced FOV scans. Vertical slices were signal retrieved and stitched
during post-processing, returning large FOV images as shown in Fig. 12 to 16. The same
regions of interest were evaluated at each auto-correlation length. They are indicated
by colored circles in Fig.12 to 14 and correspond to the colors used later on in Fig.
17 & 18, where detailed results of the dark-field measurements done on the symmetric
Talbot-Lau GI are presented.

Data Analysis and Statistics

All data analysis, image processing and statistics has been performed in Python 3.8
under Anaconda 1.10.0. Several packages and modules were used for Python, including
but not limited to matplotlib[49], numpy and scipy[50].

Results

The process to retrieve quantitative dark-field images of inflated porcine lungs can be
divided into two main phases. First, the means to acquire, handle/prepare, inflate and
image porcine lungs had to be established. Afterwards a series of porcine lungs was
imaged in a repeatable manner on the conventional Talbot-Lau interferometer as well as
on the dual-phase interferometer. Details on the inflation methodology and setup can
be found in Lung Preparation and Inflation.

Imaging on the Symmetric Talbot-Lau GI

The final data presented in this thesis results from two different specimen of porcine
lungs which to the best of our knowledge were healthy and representative of adult pigs.
They were imaged by using the designated vacuum chamber with a negative pressure
of −30 mbar acting on them. It was found that initial inflation requires lower pressures
(down to −60 mbar) than usually present under in-vivo conditions. Once the lungs
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Fig. 11: Point of View from G2 of the symmetric TLGI into the vacuum chamber. A)
Apical segment of the inflated left porcine lung. B) A piece of non-inflated
porcine lung tissue. C, D, E) Falcon tubes containing PMMA spheres of 425 to
500, 180 to 212 and 20 to 27 µm, respectively. F) A M4 steel screw (4 mm in
diameter) as reference marker.

appeared completely inflated, the pressure was readily reduced to physiological levels
and the lungs were left idly for 1 h at −30 mbar to arrive at a steady-state of inflation.
Falcon tubes containing PMMA spheres were imaged alongside the porcine lungs as
reference samples of comparable feature size. Fig. 11 shows the sample configuration
used for imaging.

The retrieved absorption images in Fig. 12 nicely highlight the internal organization of
the lung’s airways. Furthermore, no difference in terms of absorption can be seen for
the Falcon tubes containing different PMMA spheres, as expected. The dark-field im-
ages in Fig. 13 demonstrate several things: First, it is apparent that at auto-correlation
lengths between 0.8 µm to 3.6 µm our setup allowed to capture the effect of small an-
gle scattering by the lung tissue as well as by all three PMMA sphere samples. One
can see a clear increase in dark-field signal with an increase in auto-correlation length,
again, as expected. Second, the differences in the dark-field signal between the different
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PMMA spheres highlights not only the strength of dark-field contrast in terms of pro-
viding information about the unresolved micro-structure of a sample but simultaneously
allows to characterize an approximate feature size of porcine lungs generally contribut-
ing to the dark-field signal. Finally, the dark-field images show dominant repeating
patterns, increasing proportionally with the auto-correlation length. It was found that
these patterns originate in the shape of the X-Ray wavefront under flat-field conditions
(see Fig. 15) and can practically be attributed to the saturation of the signal as fur-
ther explained in The Manifestation of Signal Saturation. Normalizing the dark-field
(Σ) images by dividing through the corresponding absorption (Γ) returns the thickness
independent R-values/image.

R =
Σ

Γ
=
− ln( V

V0
)

− ln( I
I0

)
=
εt

µt
=
ε

µ
, (12)

where µ is the linear attenuation coefficient and ε is the dark-field extinction coefficient
defined analogously. Under normal conditions (e.g no saturation) it allows for direct
comparison of the dark-field signal between samples of different thicknesses t, effectively
representing a t independent scattering power of a give sample material at a given auto-
correlation length. One expects an increase in R by increasing the auto-correlation
length, same as for the dark-field. In Fig. 14 a consistent increase in R from left to right
is only observed for the thinnest areas of the lungs (edges and apical ends) as well as for
the PMMA spheres, due to dominating saturation effects.
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The Manifestation of Signal Saturation

Phenomenologically speaking, the saturation of the dark-field signal can be easily un-
derstood by the following example: Assume you are taking a classical absorption image
of an object, for example a steel plate, with the aim to determine its thickness. Under
suitable conditions you will be able to detect plenty of photons with your detector on
the other side of the object according to the Lambert-Beer law. Let’s now go ahead and
increase the objects thickness. The absorption will increase and therefore your photon
counts on the detector will decrease. The estimated thickness will go up. From a certain
thickness on on-wards, however, the detected photon counts won’t be high enough to
distinguish them from noise inherent to your measurement. At this point the only thing
you can infer from your measurement is, that the plate is thicker than a specific maximal
thickness.

Fig. 15: The wavefront as recorded under flat field conditions. Top: The Intensity pro-
file - visible structures result from the Cadmium Telluride crystals used in the
detector. Center: The phase profile. Bottom: The visibility profile - the vari-
ations of the visibility seen here over the complete field of view reappear in a
reconstructed dark-field image if the signal saturates.
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Things behave quite similarly in terms of the dark-field signal. A sample scatters, leading
to visibility loss. If we continuously increase the thickness of the sample, the visibility
decreases until it is close to, but never truly zero - in the given context it means that the
fringe of our interferometer blur’s by such a degree, that we can no longer differentiate
between pure noise and actual signal. Instead of increasing the sample’s thickness, we
can increase the auto-correlation length ξ analogously which makes the whole setup more
sensitive towards the dark-field signal. This will be true as long as we are operating in
a regime where ξ << Dtrue with Dtrue being the true feature size in a sample. This was
certainly the case for all measurements performed during this study. As such, the same
sample will lead to more signal and eventually saturation before the peak in dark-field
signal is reached.

This is why we observed the repeating patterns in the dark-field images (see Fig. 13) and
subsequently in the R images (see Fig. 14). As the calculation of the dark-field signal
uses the flat field visibility V0 at its foundation, it is bound to reappear once the visibility
reaches its minimal value VNoise

Σ = − ln

(
VNoise
V0

)
. (13)

Looking at a single pixel of our image, the detected counts of incoming X-Rays follows
Poisson’s statistics

P (n;µ) =
µne−µ

n!
, (14)

where µ equals the mean value and n is the number of occurrences. It can be shown
that σ =

√
µ, allowing to easily calculate the standard deviation of our photon counts.

The visibility is commonly defined as

V =
Imax − Imin
Imax + Imin

(15)

and in case of a complete loss of visibility (aka maximal scattering) should amount to
zero for which the dark-field signal is effectively no longer defined due to its logarithmic
nature. In practice, V will never equal zero but the phase-stepping curve will be defined
by noise rather than by the desired interference pattern. If we can no longer differentiate
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reliably between Imin and Imax the signal is saturated. We can formulate a saturation
score

SSat =
2
√
Imax

Imax − Imin
, (16)

allowing us to assign each pixel a saturation value. Theoretically, if the score exceeds 1
the pixel is saturated. In practice, the effect of saturation manifests itself earlier and in
this study an empirical threshold of 0.78 was used for classification of pixels as saturated.
The saturation map of the measurements shown in Fig. 12 to 14 is shown in Fig. 16.
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The Dark-Field Signal as a Function of the Auto-Correlation
Length

All scans combined, a total of 41 and 26 measurements were collected for each PMMA
sphere sample and each porcine lung sample, respectively. Fig. 17 & 18 show those
measurement series in detail, corresponding to the indicated ROIs in Fig. 17. Values
considered saturated by their saturation score are marked with red edges. Measurements
of the PMMA spheres have been corrected for the inverted material phases by a factor
of 2.84. In case of the dark-field signal, the respective sample thickness is a major factor,
as such they are reported here in mm H2O equivalents. All PMMA sphere measurement
series were recorded at 4.8 mm H2O equivalent thickness. The series ’Lung inflated 1’ and
’Lung inflated 2’ were recorded at 2 and 4.4 mm H2O equivalent thickness, respectively.
The series ’Lung empty 1’ and ’Lung empty 2’ were recorded at 7.6 and 4.6 mm H2O
equivalent thickness, respectively. These values are additionally indicated in Fig. 17.
While in Fig. 17 comparison of the different series is difficult, exactly due to differences
in sample thickness, the R values in Fig. 18 directly allow for it (see Eq. 12). For
measurements done on the symmetric Talbot-Lau GI a general increase of the dark-field
and R values can be observed with an increasing auto-correlation length. Simultaneously,
an decrease in the slope is seen in series affected by saturation. Most notably it can be
seen on the example of the 20 µm to 27 µm PMMA spheres displaying strong asymptotic
behavior as they saturate. The non-saturated measurement series of inflated porcine
lungs places itself close but below the 180 µm to 212 µm PMMA spheres validating the
expected behavior in terms of relevant feature size. Additionally, a strong similarity in
terms of the overall behavior between the PMMA spheres and the lungs is observed over
the entire range of auto-correlations lengths. While non-inflated lungs generally produce
lower dark-field signal than their inflated counter parts, it is found that the two series of
non-inflated lungs mostly do not agree. Literature values for comparison from Ludwig
et al. 2019 are indicated in Fig. 17 & 18 in red[14].

41



F
ig

.
17

:
A

ll
d
ar

k
-fi

el
d

si
gn

al
m

ea
su

re
m

en
ts

p
lo

tt
ed

ag
ai

n
st

th
e

au
to

-c
or

re
la

ti
on

le
n
gt

h
at

w
h
ic

h
th

ey
w

er
e

re
co

rd
ed

.
F

or
th

e
b

en
efi

t
of

a
b

et
te

r
ov

er
v
ie

w
,

th
e

m
ea

su
re

m
en

t
se

ri
es

w
er

e
se

p
ar

at
ed

.
L

ef
t:

A
ll

m
ea

su
re

m
en

ts
ob

ta
in

ed
fr

om
th

e
P

M
M

A
sp

h
er

es
as

w
el

l
as

th
e

n
on

-s
at

u
ra

ti
n
g

se
ri

es
of

in
fl
at

ed
p

or
ci

n
e

lu
n
gs

.
R

ig
ht

:
A

ll
m

ea
su

re
m

en
ts

ob
ta

in
ed

fr
om

p
or

ci
n
e

lu
n
g

ti
ss

u
e

(i
n
fl
at

ed
an

d
n
ot

)
as

w
el

l
as

th
e

se
ri

es
of

th
e

18
0

µm
to

21
2

µm
P

M
M

A
sp

h
er

es
fo

r
co

m
p
ar

is
on

.
B

ei
ge

b
ac

k
gr

ou
n
d

m
ar

k
s

th
e

ra
n
ge

of
th

e
d
u
al

-p
h
as

e
in

te
rf

er
om

et
er

.

42



F
ig

.
18

:
A

ll
R

va
lu

e
m

ea
su

re
m

en
ts

p
lo

tt
ed

ag
ai

n
st

th
e

au
to

-c
or

re
la

ti
on

le
n
gt

h
at

w
h
ic

h
th

ey
w

er
e

re
co

rd
ed

.
F

or
th

e
b

en
efi

t
of

a
b

et
te

r
ov

er
v
ie

w
,

th
e

m
ea

su
re

m
en

t
se

ri
es

w
er

e
se

p
ar

at
ed

.
L

ef
t:

A
ll

m
ea

su
re

m
en

ts
ob

ta
in

ed
fr

om
th

e
P

M
M

A
sp

h
er

es
as

w
el

l
as

th
e

n
on

-s
at

u
ra

ti
n
g

se
ri

es
of

in
fl
at

ed
p

or
ci

n
e

lu
n
gs

.
R

ig
ht

:
A

ll
m

ea
su

re
m

en
ts

ob
ta

in
ed

fr
om

p
or

ci
n
e

lu
n
g

ti
ss

u
e

(i
n
fl
at

ed
an

d
n
ot

)
as

w
el

l
as

th
e

se
ri

es
of

th
e

18
0

µm
to

21
2

µm
P

M
M

A
sp

h
er

es
fo

r
co

m
p
ar

is
on

.
A

ll
P

M
M

A
sp

h
er

e
m

ea
su

re
m

en
ts

w
er

e
co

rr
ec

te
d

b
y

a
fa

ct
or

of
2.

84
d
u
e

to
th

e
in

ve
rt

ed
ai

r/
m

at
er

ia
l

ra
ti

on
.

B
ei

ge
b
ac

k
gr

ou
n
d

m
ar

k
s

th
e

ra
n
ge

of
th

e
d
u
al

-p
h
as

e
in

te
rf

er
om

et
er

.

43



Optimal Auto-Correlation Length for Human Lungs

With a high sensitivity setup towards small angle scattering, the dark-field signal can
quickly saturate, as shown here. It is therefore most relevant to be able to estimate the
maximal sample thickness yielding non-saturated dark-field signal.

Fig. 19 shows the decay of the visibility V in the sample towards VNoise = 0.0062 deter-
mined by fitting V = V0 · e−kξ +VNoise to the data points of smallest PMMS spheres, the
inflated porcine lungs and the non-inflated porcine lungs measured on the symmetric
Talbot-Lau GI. In case V = VNoise the dark-field signal is completely saturated.

Fig. 19: The visibility of three samples (20 µm to 27 µm PMMA spheres, inflated and
non-inflated lung tissue) against the auto-correlation length at which they were
recorded. V = V0exp(−kξ) + VNoise was fitted towards the three series and
returned VNoise = 0.0062.

For further computations the measurement series ’Lung Inflated 1’ is used which was
evaluated at 2 mm H2O thickness equivalent at the lung’s apex. The density of the lower
lung during inspiration has been shown to be ρL = 0.154 g/cm3[51] The mass attenuation
coefficient of lung tissue (LT) at 46 keV has been reported to be µLT = 0.24 g/cm2[52].
Based on the definition of the three contrast channels given in Eq. 9 and the maximal
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dark-field signal obtainable before saturation

Σmax = − ln

(
VNoise
V0

)
, (17)

it follows that

Σmax

R(ξ)
= Γ = ln

(
A0

A1

)
. (18)

By inserting A1 = A0e
−µLT ρLtmax and solve for tmax we arrive at

tmax =
Σmax

R(ξ)
· 1

µLTρL
, (19)

where tmax is the maximal sample thickness before saturation and R(ξ) is the R-value
of material in question at the auto-correlation length ξ. For large R(ξ), tmax will tend
towards tSample as can be shown by additionally inserting

R(ξ) =
Σmax

Γ
, (20)

into Eq. 19.

Fig. 20 shows the corresponding values of tmax for the series ’Lung Inflated 1’. The max-
imal dark-field signal used was Σmax = 2.095 based on VNoise = 0.0062 and the flat field
visibility in the corresponding region of interest. The theoretical shift of tmax(ξ, VNoise)
as reaction to multiple different values for VNoise are indicate by dashed lines, effectively
representing lower/higher dose.

The maximal traversed path for X-Rays within lung tissue in a posterior-anterior imaging
orientation in humans was estimated to be roughly tmax = 20 cm based on open accessible
human chest CT scans[53] and is indicated in Fig. 20 by the black dashed line. The blue
area indicates the range of ξ = (0, 0.73] µm that allows for imaging healthy human lungs
in an inflated state without encountering saturation effects. Pathologies only lead to a
decrease in dark-field signal and as such operating close to ξmax is reasonable. Minimal
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visibility VNoise directly depends on photon counts and as such is proportional to
√
texp,

with texp being the exposure time and assuming Poisson statistics.

Fig. 20: The maximal lung thickness possible to image at a given auto-correlation length
without encountering saturation of the dark-field signal according to Eq. 19.
Measurements indicated in orange were taken at VNoise = 0.0062. Lines for
various different V

′
Noise are indicated.
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Imaging on the Dual-Phase Interferometer

Fig. 21: The raw fringe as generated by the dual-phase interferometer and recorded
with a 24 µm CCD camera. Left: The flat field fringe. Right: The fringe in
combination with a vial containing 20 µm to 27 µm PMMA spheres. The flat
field visibility was 6 % and the exposure time 20 s.

Fig. 21 shows the complete field of view of the dual-phase interferometer as achieved
with the 24 µm CCD camera. On the left the raw flat field image is show while on the
right a raw sample scan of a vial containing 20 µm to 27 µm PMMA spheres can be seen.
In both cases, the fringe was directly resolved without phase-stepping. These images
were taken at the minimal inter-grating distance possible of d = 4.5 mm equating to an
auto-correlation length of ca. ξDP = 0.077 µm expected to produce a maximal fringe
period pf equal to ca. 400 µm. With a pixel size of 24 µm a minimal fringe period of
96 µm can be resolved reliably, according Nyquist’s sampling theorem (ξDP = 0.3 µm).
Fig. 22 shows a zoomed-in part of the raw sample scan on top and the line profile along
the indicated red line below. Although the fringe is clearly visible in this image, it does
not show the expected sinusoidal behavior. Instead, the fringe appears to consist of two
frequencies resulting in an alternating beating pattern of minor and major peaks with
a period of ca. 405 µm. The alternating beating pattern is clearly visible in the green
line profile (Fig. 22 Bottom). The blue part of the line profile further shows the effect of
the PMMA sphere sample on the fringe. It demonstrates the expected attenuation as
well as amplitude dampening due to small angle scattering. All PMMA sphere samples
as well as inflated porcine lungs were imaged on the dual-phase setup at inter-grating
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Fig. 22: Top: A close up view of the fringe at the edge of the vial containing 20 µm to
27 µm PMMA spheres. Bottom: The line profile along the indicated red line.
Note how the regularity of the fringe is persistent across the entire line profile
marked in red but interaction with the sample attenuates, shifts and blurs the
fringe. The unexpected beating effect with major and minor peaks is well seen
at the edge to the vial.

distances of d = 4.5, 7, 12.5 and 17.5 mm. The same non-sinusoidal fringe behavior was
found for all measurements. Flat field visibility was 6 %.

As the dual-phase setup can be operated in single-shot mode as well as with phase-
stepping the faster single-shot method was chosen. As the fringe no longer adhered to
a sinusoidal pattern, an alternative model was required for adequate signal retrieval on
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the raw fringe data. It was found that a model consisting of two sine functions

Ii(x) = A0 + C1sin(ω1x+ ϕ1) + C2sin(ω2x+ ϕ2) with i = f, s (21)

matched the observed fringe well, with ω2 = ω1/2. While linearization for efficient
fitting is still possible, obtaining simple formulas for minimal and maximal values of
the resulting fringe Ii(x) for visibility calculations, proved challenging. It was therefore
decided to follow an alternative approach for signal evaluation.

Blurring of the flat field interference pattern If by small angle scattering can be under-
stood as a convolution of the fringe with a Gaussian function. By convolution of the
model given in (8) with said Gaussian

g(x, σ) =
1√

2πσ2
e−

(x−µ)2

2σ2 , (22)

and using (15) as well as the definition of the dark-field signal Σ given in (9), it can be
shown that

Σ ∝ σ2. (23)

Based on this, the idea was to fit (21) to the flat field fringe in a first step and obtain
the parameters A0, C1 and C2 which are not affected by the blurring. In a second step,
fitting

I(x, σ)s = Ii(x) ∗ g(x, σ) (24)

would then return σ allowing for quantification of the dark-field signal. It is directly
possible to introduce parameters accounting for absorption and phase-shift as well and
returning all three contrast channels simultaneously, as a result of the fit. The implemen-
tation of this convolutional approach to signal quantification in dual-phase GI proved
cumbersome, calling for a more efficient and direct way to analyze the images.

The final solution which was used for signal retrieval based on a single image is described
in the following and is based on Fourier analysis. Using a single line-profile of the image
over a few pixel perpendicular to the fringe’s direction (as shown in Fig. 22 bottom)
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as signal function s(x), it is readily possible to calculate the Fourier spectrum of said
signal. This can be done for the flat as well as for sample signal. The complex Fourier
spectrum

Fi(ω) = (Fsi)(ω) =
1√
2π

∫ ∞
−∞

si(x)e−iωx dx with i = f, s (25)

provides all information necessary to calculate the absorption, phase as well as dark-field
signal. The three contrast channels can be retrieved by

Γ = − ln

(
Fs(0)

Ff (0)

)
, Σ = − ln

(
Fs(ωfringe)/Fs(0)

Ff (ωfringe)/Ff (0)

)

∆ϕ = tan−1
(

Im(Fs(ωfringe))

Re(Fs(ωfringe))

)
− tan−1

(
Im(Ff (ωfringe))

Re(Ff (ωfringe))

)
.

(26)

This was found to be the most practical and most reliable method. Fig. 23 shows all
three retrieved contrast channels as well as the R-image resulting from the combina-
tion of dark-field and absorption for 20 µm to 27 µm PMMA spheres at ξ = 0.077 µm.
The corresponding measurements for inflated porcine lungs are shown in Fig. 24. The
absorption and phase images look as expected: In Fig. 23 absorption clearly indicates
the presence of spheres in the vial and phase highlights the edges of the vial clearly. In
Fig. 24, absorption shows the imaged part of the inflated lungs including some airway-
structures. The phase image of the porcine lungs segment is mostly noise and artifacts
as no clear, sharp edges are present in the lung. Although the presence of dark-field and
R signal agrees with the location of the sample as indicated by the absorption image, the
images show a gradient of the mean signal strength from left to right. While present in
either case (PMMA & lungs) it is more dominantly visible in case of the porcine lungs.

Fig. 25 shows the R-values of measurements done on the dual-phase interferometer of
all three PMMA spheres investigated as well as the inflated porcine lungs. While the
signal of all PMMA spheres is strongly decreasing with an increasing auto-correlation
length the signal of the inflated porcine lungs increases slightly. This is in clear contrast
to any results found on a classical TLGI, as spheres and lungs do not agree with each
other in terms of their trends. Additionally, the 425 µm to 500 µm and 180 µm to 212 µm
spheres are hardly distinguishable from each other based on the dual-phase data, while
the 20 µm to 27 µm spheres still produce a clearly higher dark-field signal.
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Fig. 23: The results of Fourier Analysis based signal retrieval from a single-shot mea-
surement on the dual-phase interferometer of 20 µm to 27 µm PMMA spheres
at ξ = 0.077 µm. Clockwise from Top Left: The absorption, the dark-field, the
phase and the resulting R image. PMMA spheres were imaged with 70 kVp
at 200 µA with an exposure time of 20 s. Note how the area of low attenua-
tion above the spheres (empty glass vial) lights up in the R image. This can
be attributed to a paper sticker on the outside of the vial or beam hardening
effects.
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Fig. 24: The results of Fourier Analysis based signal retrieval from a single-shot measure-
ment on the dual-phase interferometer of inflated porcine lungs at ξ = 0.077 µm.
Clockwise from Top Left: The absorption, the dark-field, the phase and the re-
sulting R image. Inflated porcine lungs were imaged with 70 kVp at 200 µA with
an exposure time of 20 s. Notably, no saturation was observed on the dual-phase
system but still a gradient in the R image from the edge towards the center of
the lungs is observed.
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Fig. 25: The results obtained from the dual-phase interferometer for PMMA spheres
and inflated porcine lungs. The retrieved values not only defy expectations in
terms of trends but as well in relative magnitude as the inflated lung’s signal
remains high while the PMMA sphere’s signal drops rapidly.
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Discussion

Porcine Lungs as a Substitute

Based on the most common farm animals used today which are slaughtered on a regular
basis, pigs are the closest to human in terms of size and structure. While porcine lungs
show slightly different anatomical features in terms of number and placement of lung
lobes, compared to human lungs, they are generally a good stand-in and have been
used extensively in translational medicine over the past decades[54]. While measuring a
representative average alveolar size is in itself a caveat rich undertaking[55], additional
shrinking effects due to histological sample processing and the native elasticity of lung
tissue complicate qualitative analysis even further.[18,56]. Generally, alveolar size in pig
and humans is considered comparable while porcine lungs might show slightly smaller
features[57]. The study supports these findings as the thickness corrected dark-field signal
R of inflated porcine lungs is found to be slightly lower than for PMMA Spheres with a
size range of 180 µm to 212 µm (see Fig. 18).

The means to obtain, handle, inflate and image human-sized lungs have been established
in this study. While inflating lungs by applying a positive pressure works extremely well,
we deemed it important to replicate the manner of ventilation as found in the human
and porcine body. Establishing a negative pressure surrounding the lungs came with
a few additional challenges but proved valuable as the container simultaneously acted
as a stable sample holder allowing for almost interaction-free imaging inspired by [48].
Compared to direct pressurization of the lungs, inflation by vacuum requires various
additional seals and tight connections, however, no complete seal was required and in
fact was not achieved as the lungs obtained from the slaughter house displayed minor
(and sometimes major) injuries and cuts. A valve connecting the under-pressurized
volume to the surrounding allowed to regulate the pressure difference readily to the
desired level, while keeping the vacuum pump running at all times. As the lungs were
contained in a closed container with almost no air-circulation their surface did not dry-
up, keeping them humid also over longer imaging sessions. While -30 mbar was the
maintained idle pressure representing normal in vivo conditions[18], the range of pressures
during inspiration in vivo is quite large, ranging from -1 to -100 mbar, mostly depending
on the level of stress and the overall health of the respiratory system. Furthermore,
it was not possible to judge the level of inflation directly but proper recruitment of
alveoli was assumed after letting the lungs settle for 1 hour at -30 mbar. While this
is a limitation of this study, direct verification of the inflation is not possible without
damaging the lungs and as such affecting the pressure/inflation levels, rendering the task
void. Faster and likely increased recruitment of collapsed alveoli could be achieved by
periodically cycling through phases of inspiration and expiration, effectively simulating
a breathing cycle, with increased pressures before imaging, as it is done in humans
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suffering from respiratory distress syndrome[58]. This helps redistributing the surfactant
faster in collapsed airways leading to faster and more complete inflation but also poses
the risk of mechanical ventilation-induced damage.

While the presented system here reliably inflates the lungs and maintains a constant
pressure comparable to in vivo conditions, it lacks distinct features present in the human
body. Most notably the lack of a volume-confining structure acting against the lung’s
expansion similar to the human rib-cage and its musculature as well as the lack of the
heart and any circulatory effects. Biederer et al. showed the construction of a thorax
phantom based on porcine organs, capable of displaying a working breathing cycle as
well as perfusion[48]. For future investigations towards clinical applicability a similar
system might be required. Whether it is easier to construct such a thorax-phantom or
to work with porcine bodies remains to be seen.

All in all, porcine lungs provide a valid, readily obtainable model for pre-clinical lung
research directly comparable to human lungs. Inflation can readily be achieved by
positive as well as negative pressures as has been shown here. Our results further confirm
the expected feature size slightly above 200 µm by comparison to PMMA spheres on the
basis of their thickness corrected dark-field signal. Future investigations might require a
more extensive preparative approach, representing the in vivo conditions more closely.

The Dark-Field Signal of Porcine Lungs

It has repeatedly been shown in literature as well as in this work, that lungs are suitable
for dark-field imaging due to their inherent porous structure[12–14,59,60]. Still, no study
investigated as to which features of the lung’s anatomy actually generates the detected
dark-field signal. While it would be erroneous to assume that only one distinct struc-
tural aspect causes small angle scattering, it is most relevant to narrow down the range
of contributing feature-sizes with respect to signal interpretation. Only an ab initio ap-
proach could explain this in full detail allowing to control each aspect of the sample and
beam interaction, however, for complex structures this a most challenging endeavor. By
imaging samples with a well-defined structure, as was done here, it is possible to narrow
down the responsible feature size by comparison. PMMA spheres of 20 µm to 27 µm lead
to the strongest dark-field signal, quickly saturating it as well. Similarly PMMA spheres
of 180 µm to 212 µm and 425 µm to 500 µm generate proportionally less signal. It has
been shown here, that the the R values of inflated porcine lungs can be found close but
below the 180 µm to 212 µm but clearly above the 425 µm to 500 µm PMMA spheres
suggesting a feature size of above 200 µm. This agrees nicely with reported values of
alveolar diameters in literature[18] of ca. 250 µm supporting the assumption that it actu-
ally is the terminal alveolar structure which responsible for the dark-field signal. Note
that for comparison of lung structures with PMMA spheres a correction of the R-value
by a factor 2.84 was necessary based on the inverted matter/air ratio, assuming optimal
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sphere packing. While alveolar shape is clearly distinct from spheres and often described
as ’polygonal’, it likely is a valid assumption that PMMA spheres arrange themselves
close to optimal sphere packing geometry. As such, correction of the different absorp-
tion behaviors on this basis, allows for direct comparison of the PMMA sphere’s and the
lung’s R values. The overall similarity in behavior of the dark field signal between the
lungs and the PMMA spheres is an additional benefit. As such, PMMA spheres are a
suitable stand-in for lung samples. As various sized spheres are obtainable, it should be
possible to find a size of PMMA spheres that directly agrees with measurements taken
from lungs - inflated, non-inflated, healthy as well as pathological (e.g emphysematous).
The ability to mix different sizes, creating anisotropic samples provides for even more
possibilities. Finally, with the prospects of a future clinical imaging system, PMMA
spheres likely lend themselves for the design of a calibration and validation phantom.

Furthermore, our data shows that non-inflated lungs generally scatter less than inflated
ones. Without any pressure applied to the airways, they collapse leading to significant
loss of air-tissues interfaces which are essential for the generation of the dark-field signal.
Conspicuously, the two series of non-inflated lungs don’t agree as well as the two series
of inflated lungs (see Fig. 18). This is not too surprising. Non-inflated lung tissue was
recorded in parallel to the inflated ones in form of a cut-out cube of lung tissue. No
attention was paid at the time of preparation that the two tissue samples originate at
the same location of the lungs and both have been frozen for some time before imaging.
During the image process (which took up to 9 hours) the samples quickly thawed, leading
to a loss of liquid, as is commonly experienced with frozen meat. It is therefore suspected
that also the micro-structures of the tissue were increasingly subjected to an excess of
liquid, which likely influenced the recorded signal. Nevertheless, we do report detectable
dark-field signal also for non-inflated lungs. This is most relevant as in a future clinical
scenario, not all patients will be capable of breath holding nor will they be necessarily
healthy. As such, depending on the state of inspiration the level of dark-field signal
changes.

This study’s results further demonstrates the behavior of the dark-field signal of inflated
porcine lungs over a wide range of auto-correlation lengths, filling in gaps of a previously
sparse data set. Previous to this work, well defined dark-field signal for inflated lungs
was reported by Ludwig et al. in 2019 at three distinct auto-correlation lengths (see
Fig. 17 & 18), measured in a lung-heart phantom on three different Talbot-Lau GI[14].
The auto-correlation lengths presented were ξL19 = 0.62, 1.14, 1.31 µm The range of
auto-correlation lengths presented in this thesis reached from 0.8 µm to 3.64 µm with an
average sample density of 7.8 µm−1 clearly exceeding previously reported results. While
the lungs clearly produced signal at all sampled auto-correlation lengths, the upper range
sampled, quickly lead to saturation effects which have not been discussed before with
regard to lung imaging. This demonstrates that maximized sensitivity towards small
angle scattering can quickly result in destruction of the signals information content as the
interference pattern is no longer distinguishable from pure noise. Obtaining unsaturated
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signal even for auto-correlation lengths above 2 µm is feasible by reducing the sample’s
thickness. Looking at the published values from Ludwig et al. in Fig. 17, it is clear
that these measurements were taken at a much higher sample thickness - estimated at
tL19 = 20 cm lung thickness based on the absorption image - explaining the higher dark-
field values. In the R-plot (see Fig. 18) the lowest value corresponds nicely to the values
presented here, however, at ξL19 = 1.14 and 1.31 µm the literature values are significantly
lower. With a pure dark-field signal of ΣL19 = 1.94 and 1.98 these values likely suffer
from saturation, leading to an understatement of the true dark-field signal. Comparing
this to the maximal lung thickness given in Fig. 20, reinforces this suspicion, as with a
lung sample of 20 cm saturation occurs already at ξ = 0.73 µm - assuming a comparable
Vnoise .

In 2018, Vignero et al. [61] estimated that if human lungs had the same structure
as murine lungs, 2 cm sample thickness would suffice to saturated the signal based on a
TLGI with ξ ≈ 1 µm. However, they concluded that due to a factor of ca. 5 times larger
alveolar structures in humans compared to murine lungs, sensible dark-field signal should
be retrievable. They estimated the dark-field signal for humans lungs as a function of the
sample thickness between 0 and 20 cm. For the equivalent thickness of 2 mm H2O, they
arrive at Σ = 0.16. Compared to the measured results presented here Σ(1 µm) ≈ 0.3
these results seem to be underestimated. However, as our measurements were placed
specifically to avoid saturation effects, the apical location of the measurement could
have lead to a slightly higher result than in a central location. This due to the fact,
that the alveolar density is higher in the lower lungs. On the other hand it has been
suggested that these local variations of alveolar density can be neglected by ”factoring
in the effects of alveolar compression due to the pleural pressure gradient at the base of
the lung in vivo and at functional residual capacity”[62], concluding that the estimate
from Vignero et al. was indeed too low.

Finally, it is reported here, that on the basis of our measurement a maximal sample thick-
ness can be estimated for a given auto-correlation length. Assuming a maximal lung
thickness in an anterior-posterior (AP) orientation of 20 cm, a maximal auto-correlation
length of ξmax = 0.73 µm results, as indicated in Fig. 20. For practical applications,
operating at the maximal level of detectable visibility loss is not recommended as satu-
ration effects already influence the results before reaching the threshold. As a next step,
the limitations of clinical acceptable dose should be defined on the basis of which VNoise
can either be estimated or measured. In combination with the data shown in Fig. 20, it
is possible to estimate an auto-correlation length capable of handling human sized lungs
without exposing the patient to higher dose levels than conventional radiography does
under current clinical standards.

The data presented here has some limitations. First, imaging of inflated porcine lungs
in a vacuum chamber is efficient and relatively easy to setup in a lab-environment, but
it does not represent the in vivo conditions directly and it is hard to judge the inflation
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levels of the lungs. An entire porcine carcass might provide a more complete picture
but is simultaneously exponentially more effort to obtain, handle and accommodate. In
the current state of the setups used here, it would certainly exceed the possibilities of
the facility. Secondly, porcine lungs are close to, but not identical with human lungs.
Slight differences in terms of macro- as well as micro-structure are present. A validation
study using an excised human lung could further validate the findings shown here and
allow to push towards a more complex phantom. Whether further investigations should
be porcine based or human based has to be considered carefully.

In summary, parallel imaging of inflated porcine lungs and PMMA spheres of comparable
size allowed to reinforce the hypothesis that indeed the alveoli and alveolar ducts are
responsible for the dark-field signal. As such, changes observed with the progression of
pathological changes in the dark-field signal of the lung (as reported here [12, 60]) can
effectively be attributed to a loss of alveolar structures rather than the general loss in
lung tissue. Dark-field and R values over a wide range of auto-correlation lengths are
provided for inflated and non-inflated lungs for a first time and on their basis a maximal
auto-correlation length, capable of handling human sized lungs in an AP orientations,
is estimated. Effects of different dose levels on the optimal auto-correlation length are
indicated.

Signal Saturation - The Drawback of Maximizing Dark-Field
Sensitivity

Signal saturation in dark-field imaging is an expected effect. Once the noise level surpass
the visibility of the phase stepping curve, no reasonable retrieval of the dark-field signal
is possible. As dark-field imaging relies on the visibility loss caused by the sample due
to small angle scattering, the imaging setup has to be designed in a way, such that it is
capable of handling the intended sample without saturation. It is therefore not a general
advantage to maximize the system’s sensitivity. While technically true, that saturation
could be reduced by an increased exposure time, this is mostly impractical as

SSat ∝
1
√
texp

, (27)

where texp is exposure time and assuming constant photon flux.

In 2014, Strobel et al. reported that the dark-field signal of hard spheres stabilizes at
Σ = σt once the threshold of ξ = d is exceeded, where σ is the scattering cross section
of the system, t the sample thickness and d the diameter of the spheres under inves-
tigation[63]. This stabilizing effect, however, is not observable in our measurements, as
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the maximal auto-correlation length ξ reached was 5.2 µm, coming short of the smallest
spheres diameter by a factor of 5. In our case, the asymptotic tendency, best seen in
the 20 µm to 27 µm PMMA spheres, towards a constant dark-field signal can clearly
be attributed towards signal saturation. Making the level of saturation accessible by
defining a saturation score (Eq.16 & Fig.16), possible to quantify for each pixel, further
confirms this notion. While in this study an empirical threshold for Ssat of 0.78 was
used to classify individual measurements regarding their saturation, a more in-depth in-
vestigation would be necessary to identify the optimal threshold. Furthermore, it needs
to be added that the assumption of Poisson statistics only holds for photon-counting
detectors such as the one used on the inverse and the symmetric TLGI. CCD cameras,
in context of this work only used in combination with the dual-phase interferometer, do
not only display noise following Poisson’s statistics (Shot noise) but additionally higher
levels of dark noise and read noise are present. However, in this work, saturation was
no problem while working on the dual-phase setup as it was only possible to work at
rather small auto-correlation lengths, therefore being less susceptible to visibility loss
and saturation.

Inspired by the correction of dark noise in case of CCD cameras

Γ = − ln

(
Is − Idark
If − Idark

)
, (28)

a correction of the dark-field signal could be used employing VNoise

Σ = − ln

(
Vs − VNoise
Vf − VNoise

)
. (29)

By correcting dark-field values according to Eq. 29, no plateauing effect should be ob-
served as seen in Fig. 17 & 18. Instead, the dark-field signal would increase further
towards infinity corresponding to infinite visibility loss. For future evaluations of the
dark-field signal, this should be considered as a viable option to improve the data qual-
ity.

A Dual-Phase Interferometer for Lung Imaging

This study tried to demonstrate the capability of a dual-phase interferometer to image
porcine lungs and reference samples. While the fringe does not demonstrate a sinusoidal
behavior, as was expected, operation in single shot mode was still possible by employing
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Fourier analysis for signal retrieval. The method used for signal retrieval up to this
point was based on linearly fitting a sine function to the obtained fringe/phase-stepping
curve (see Eq. 8). Attempts to retrieve the signal based on a convolutional model, while
theoretical feasible, proved cumbersome and inefficient in its implementation due to the
repeated need of curve fitting. Evaluation based on Fourier analysis not only proved to
be simpler but exceedingly more efficient highlighting its advantages. The underlying
reason for the non-sinusoidal wavefront can only be suspected, however, the following
aspects likely contributed to it. For one, we are not working with a monochromatic beam,
which certainly will introduce artifacts to interference pattern. It is reminded here, that
the design energy was 30 keV while the used CCD works best at 17 keV. Additionally,
the setup’s cone beam geometry in combination with an offset of the detector from
the central beam axis will affect the effective duty cycle of the gratings subsequently
affecting the interference pattern. Additionally, it was realized, that the grating-stage
did not provide a optimal perpendicularity of G1 to G2, leading to a slight shift in fringe
period pf across the field of view. The observed gradient in the dark-field and R images
in Fig. 23 & 24 might be partly attributable to this local change in auto-correlation
length as well as the cone beam geometry. It is not clear at this stage what the true
reason for the displayed behavior is, however, likely it is a combination of the factors
mentioned here.

Nevertheless, PMMA spheres as well as inflated porcine lungs were imaged on the dual-
phase interferometer and evaluated as mentioned above.

It was found that various sizes of PMMA spheres (20 to 27, 180 to 212 and 425 to 500 µm)
as well as porcine lung generate a detectable visibility loss with ξ ∈ [0.077, 0.301]µm
on our dual-phase setup. However, contrary to all our expectations, the dark-field signal
strictly decreases with an increasing auto-correlation length for all PMMA samples.
The magnitude of the R values is also higher for all measured samples, than what was
expected based on the measurements performed on the TLGIs. In light of the trend-wise
similarities of PMMA spheres and all lung samples on the TLGIs, further similarities
were expected at lower auto-correlation lengths as well. However, this expectation was
not confirmed as can clearly be seen in Fig. 25. Furthermore, the apparent gradient
observed in the dark-field and R images further feed the suspicion that there is an
inherent problem with the measurements taken on the dual-phase interferometer. While
the recorded values of the dual-phase interferometer are clearly not trustworthy and
a rework of the setups configuration might already improve the results, the following
paragraphs will try to outline some possible effects contributing to the observed values
here.

Beam hardening effects occur when working with poly-chromatic sources and cause
visibility reduction even in the absence of small angle scattering. While changing the
position of the sample along the beam axis in a Talbot-Lau GI affects the magnifications,
it does not affect the overall geometry of the interferometer. As such, beam hardening
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effects are constant in all measurements performed with the same sample on the same
TLGI. In case of the dual-phase interferometer though, a change of the inter-grating
distance (aka. the auto-correlation length) effectively changes the geometry of the setup
and as such its spectral acceptance and with it the influence of beam hardening. In
2020, Pandeshwar et al. developed the theoretical frame work to account for these beam
hardening effects in dual-phase interferometers and demonstrated how such effects could
be corrected[46]. In their publication, they show results from two micro-sphere powders
with 0.26 and 1.7 µm diameter, behaving drastically different over the same range of auto-
correlation lengths, confirming and correcting their results based on their frame work.
These results demonstrate, that even a small change in feature size, can have major
impacts on the behavior of the dark-field as a function of the auto-correlation length.
Comparing our measurement to their uncorrected ones - even though the feature size
is wildly different - shows that a decrease in dark-field signal with increasing ξ might
be explained to some degree by their model as an effect of beam hardening due to the
spectral acceptance of the interferometer. It is therefore suggested, that simultaneously
to improve the setups configuration, an improvement in data processing is required,
eventually correcting for beam hardening effects due to the spectral acceptance of the
interferometer.

For all samples (PMMA & lung) it was ensured that the region of interest, placed in
the image, was located at the same place, ensuring constant sample thickness. While
this ensures comparability of the dual-phase data points in Fig. 25, the sample itself will
cause additional beam hardening effects.

While a gradient is found in the dark-field as well as in the R images of PMMA spheres
as well porcine lungs, it is more dominant in case of the lungs and clearly coincides
with an increase in sample thickness. The change in sample thickness will cause ad-
ditional beam hardening. The thickness can be judged from the absorption image in
Fig. 24. Beam hardening causes an underestimation of the visibility, inversely leading
to an overestimation of the dark-field signal. It is therefore suspected that while an
inherent gradient is already present due to improper alignment of the two gratings, it
is additionally reinforced in the porcine lung images due to beam hardening. Beam
hardening due to the sample cannot be eliminated while working with poly-chromatic
sources, it can be mitigated by filtering the beam before the sample.

Lastly, operation of the setup with an exposure time of 20 s resulting in 40mAs might not
provide sufficient statistics in combination with the beam hardening as proportionally a
larger amount of the detected counts result from energies above 30 keV. This will give
a wrong estimation of the visibility and therefore affect the dark-field signal. Longer
exposure times might therefore improve the measurements. Due to a lack of time it
was sadly not possible to investigated the outlined improvements here to achieve more
promising results from dual-phase interferometer.
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The possibility of using a dual-phase interferometer for lung imaging in humans is intrigu-
ing for several reasons. Without the need of any absorption gratings after the patient
(G2-less), a dose reduction of up to 50 % can be achieved compared to a conventional
Talbot-Lau grating interferometer, benefitting the patient as well as the applicability
of the method in a clinical setting. The lack of G2 further decreases the cost of the
setup drastically. In a conventional Talbot-Lau GI G2 needs to cover the whole width
of the human thorax to allow for proper imaging. As this is currently only feasible for a
small and wide field of view (FOV) by combining multiple gratings, vertical scanning is
required to image an entire human sized thorax[12,13]. As no analyzer grating is needed
on a dual-phase setup at all, this significantly lowers its costs. Furthermore, the method
still allows for retrieving all three contrast channels (Γ,∆φ and Σ). The challenge will
be to design a dual-phase interferometer generating a fringe large enough that allows
working with commercially available, large-FOV detectors. The flexibility of the dual-
phase setup in terms of auto-correlation length adds an additional benefit to the system.
While both emphysema and fibrosis lead to a general loss in the dark-field signal due to
a loss of tissue-air interfaces, it is not possible to distinguish between the two directly
based on a single measurement. Taphorn et al. demonstrated on a Talbot-Lau setup,
the advantages of dual-energy grating interferometry using a spectral detector, allowing
for differentiation between destruction and densification of lung tissue[15]. So far, inves-
tigations of dark-field imaging mostly neglect the fact that quantitative information of
the scattering structure can be obtained via the specific length scale sensitivity defined
by the auto-correlation length of a given setup. Therefore, a dual-phase interferometer
could be employed to differentiate between destruction and densification of lung tissue
by employing multiple auto-correlation lengths, analogously to Taphorn et al. This is a
clear advantage over a classical TLGI, where a change of the auto-correlation length in
a clinical setting is most impractical. However, as can be seen from the results presented
here in a preliminary manner, detailed investigations on how to overcome spectral and
beam hardening effects are required before a conclusive interpretation of these results
can be provided. Luckily, one effect not further complicating matters, is signal satura-
tion, which was not observed in any of the dual-phase measurements, as the fringe was
always clearly visible.

In conclusion, it was not possible to demonstrate that lungs provide sufficient dark-field
signal to be detected on a dual-phase interferometer. This due to suspected spectral
and beam hardening effects overshadowing the true dark-field signal. Careful consider-
ation and eventual correction of these effects are required to provide quantitative and
comparable results for future investigations. Different methods for signal retrieval were
experimented with as the fringe did not adhere to a simple sinusoidal pattern. It was
concluded that Fourier analysis is the most reliable and efficient way to do so, allowing
for retrieval without an underlying model for the interference pattern. The advantages
of a dual-phase interferometer over a classical TLGI are manifold with respect to clinical
applications - higher dose effectiveness, lower costs and the hypothesized possibility to
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differentiate between different pathologies being the key ones - but at this stage further
investigation towards the understanding of the basic dynamics at play in a dual-phase
interferometer are required before its applicability for clinical purposes can be judged.

Conclusion

The means to inflate and image porcine lungs in a repeatable manner were established.
Inflation by surrounding vacuum, while slightly more complicated and effort-rich, pro-
vides reliable results and reproduces the conditions present in vivo to a reasonable degree.
Based on the symmetric Talbot-Lau grating interferometer, porcine lungs (inflated and
non-inflated) were measured at a wide range of auto-correlation lengths characterizing
their behavior. Reference samples in form of PMMA spheres with different diameters
were measured in parallel. It was found that PMMA spheres are a viable option to
simulate healthy as well as pathological lungs, depending on their diameter and might
lend themselves for the design of a future lung phantom. Furthermore, these measure-
ments allowed to narrow down the dominant feature size contributing to the dark-field
signal of lungs to slightly above 200 µm. A maximal auto-correlation length, capable
of handling human lungs in an AP orientation was estimated to be at ξmax = 0.73 µm
with VNoise = 0.0062. Effects of varying dose levels have been indicated and allow to
estimate ξmax while working under clinical dose limitations.

While it was possible to resolve the fringe of the dual-phase interferometer directly
and a reliable method for signal retrieval in the single-shot mode was decided upon, it
was not possible to conclusively demonstrate if the system is sensitive towards scattering
caused by alveolar structures due to strong spectral and beam-hardening effects. Further
investigations to deepen the understanding of the dual-phase system are required to
draw such conclusions. While in theory the advantages of a dual-phase setup are a
big incentive, it remains to be determined whether they carry over to eventual clinical
applications.

Dark-field imaging of lungs is a powerful technique but further investigation into the
underlying dynamics are required, especially when working with a dual-phase interfer-
ometer - whether it can outperform the conventional and competing methods remains
to be seen.
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