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Why doctors like images 1.1

1.1 Why doctors like images
Visual perception is one of our most sophisticated abilities and one we almost constantly rely on
for navigating and understanding the environment surrounding us. Our visual system processes
the light that reaches our retina into images in real time, creating a vibrant perceptual experience.
Humans are also masters at identifying patterns and extracting information from complex images,
in an exceptionally speedy way. It is not surprising that common sayings go along the lines of a
picture says more than a thousand words or that seeing is believing. This is valid also for medical
examinations; visual inspection is a prime form of medical assessment, and it still is one of a
doctor’s primary tools. With the introduction of new technologies, medicine has moved towards
more quantitative practices such as measuring temperature or chemical analysis of body fluids.
Nevertheless, producing images of the human body has always been a primary focus of medical
innovation, arguably because of the familiarity with the visual inspection that images offer.
Imaging technologies have revolutionized the medical practice in the past three centuries, with
inventions such as microscopy and x-ray imaging revealing biological features invisible to the
human eye. In general, medical imaging is based on physical fields originating from or interacting
with the human body. Examples include acoustic emission (ultrasound imaging), electromagnetic
radiation (x-ray computed tomography), magnetic fields (magnetic resonance imaging) and
radioactive decay (positron emission tomography). There is a trade-off between resolution and
field-of-view (FOV), as shown in Figure 1.1. Based on the interaction of light and tissue, optical
imaging shows a typical resolution in the order of 1-20 µm, which is ideal to visualize cells and
differentiate types of tissue. However, light experiences strong attenuation in biological tissues
caused by scattering and absorption, limiting its use to the most superficial layers of the organs
that are easily accessible, e.g., the skin and the mouth.

Figure 1.1 | Trade-off between resolution and field-of-view
The graph summarizes the range of the most common imaging techniques. MPM: multiphoton
microscopy, OCT: optical coherence tomography, NIRF: near-infrared fluorescence imaging, x-ray
CT: x-ray computed tomography, PA: photoacoustics imaging, US: ultrasound imaging, MRI: magnetic
resonance imaging, PET: positron emission tomography. In orange hues the molecular imaging
techniques, in blue hues the morphological imaging ones.
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1.2 Looking inside the human body: endoscopes

1

Endoscopes (from Greek èndon, “inside,” and skopê, “to see”) are devices comprising a tube and
an optical system built to visualize internal organs and cavities. The history of endoscopy is tightly
intertwined with the concept of minimally invasive procedures that can be dated back to the start
of modern medicine, with Hippocrates being one of the first advocates of the idea [1]. Minimal
invasion relates to all the techniques that aim at reducing pain, recovery times and discomfort
during and after the operation. Endoscopes are instrumental to surgical operations by allowing
the surgeons to navigate their tools through small incisions or cavities during minimally invasive
procedures. Moreover, endoscopes can also be inserted through existing orifices, making it
possible to browse through the lumen of internal organs to visualize the organ surface for
diagnostic purposes. These devices often feature a working channel that allows inserting tools
such as miniaturized forceps that snap a small piece of tissue from a suspected area (biopsy).
Nowadays, hospitals often have a dedicated endoscopy unit, with specialists trained to use these
instruments to visualize tissue and take diagnostic biopsies from a patient, for example from the
gastrointestinal and pulmonary tracts. The evolution of endoscopic technology benefited from the
development of high-quality lenses, powerful light sources, and sensitive detectors. The first
endoscopes were developed in early 19th century Europe and were rigid tubes with a system of
lenses that would relay the image from the distal to the proximal end (i.e., from patient to surgeon
side). The invention of optical fiber bundles in the 20th century facilitated a breakthrough,
producing the first flexible endoscopes. Nowadays, commercial endoscopes are flexible units with
a high-resolution camera at the distal end. Nevertheles, recent developments regarding imaging
through multimode fibers may in the future allow pixelation-free imaging through miniaturized
endoscopes with camera at the distal end.
The history of the technical development of endoscopes is explained in more detail in section 2.6.
In recent decades, endoscopy evolved to integrate more advanced imaging techniques that reveal
additional information from the examined tissue, for example, autofluorescence and narrow band
imaging. All these methods are limited to visualize the surface of the lumen while obtaining its
cross-sectional structure would provide valuable diagnostic information. Ultrasound (US)
endoscopes for imaging the arteries are now commonly used to predict the risk of atherosclerotic
plaques rupturing. US imaging has a resolution of a few tens of µm at best, preventing the
assessment of the status of the mucosal layers of the lumen. Optical imaging can overcome this
limitation in resolution by using depth sectioning methods for obtaining 3D images.

1.3 Optical coherence tomography for imaging lung diseases
Optical coherence tomography (OCT) uses interferometry for depth-sectioning the portion of
illuminated tissue at high speed and resolution. Scanning the OCT beam over the tissue surface
yields a multidimensional image. A detailed explanation of the functioning of OCT can be found
in section 2.2. Typically, OCT uses near-infrared light to reduce the attenuation due to scattering,
but it is still limited to about 1-2 mm penetration depth; OCT endoscopes are devices based on a
single mode optical fiber that allows obtaining a cross-sectional image by scanning the beam
across the lumen of a tubular organ. Miniaturized OCT endoscopes have been developed for
cardiovascular imaging, providing three-dimensional imaging of arteries with ~10 µm resolution,
~1-2 mm imaging depth along segments of several centimeters. Despite the limited penetration
depth of OCT light, this is sufficient to completely visualize crucial parts of tubular organs such as
the mucosa, which is where many diseases initiate. At the time of writing, OCT endoscopes are
commercially available only for cardiovascular and esophageal imaging, while there is a scarcity of
endoscopes designed for pulmonary imaging.
The lung is the organ that allows humans (among many other terrestrial animals) to breathe. The
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When OCT is not enough: targeted near-infrared fluorescence imaging 1.4

lung is a spongy-like organ formed by an intricated tree of small tubules, called bronchioles, whose
purpose is to provide air to the alveoli. The alveoli are tiny sacs in which gas exchange between
air and blood takes place, allowing to oxygenate the blood. The lungs are subjected to many
diseases that severely affect the quality of life, e.g., asthma, or are life-threatening, e.g., cancer.
Lung diseases can affect the whole organ, or be confined to a small area.
The diseases that affect the whole lung are suited to be studied with OCT endoscopes because
an assessment made from a single location is valid for the whole organ. In particular, polarization
sensitive OCT (PS-OCT) is of interest because it can highlight the presence of fiber-like structures
in the tissue by measuring its birefringence. PS-OCT works by probing the tissue with light at
different polarization states and measuring the time delay accumulated between them while
propagating through a segment of birefringent material. Designing, building and demonstrating
a PS-OCT endoscopic setup represents a large part of this thesis.

1.4 When OCT is not enough: targeted near‐infrared
fluorescence imaging
Conditions that only marginally affect the structure or birefringence properties of the tissue are
not easy to visualize with OCT or PS-OCT. Cancer is among these. Methods that specifically
highlight the presence of a particular cell type are preferable. In the past decade, personalized
medicine approaches attracted considerable interest because they promise to bring therapeutic
efficacy by using treatment tailored to a specific patient. Immunotherapies for cancer treatment
are one example of such techniques, where antibodies are used to either trigger the body’s
immune system against the disease or to specifically deliver a drug or cancer-killing agent directly
to the tumor. Despite the attractive promise, these techniques often fail in providing therapeutic
aid even with careful phenotyping of the tumor. Visualizing if an antibody specifically binds to the
tumor is of great help to understand more of the underlying binding dynamics; for example,
labeling the antibody with a radioactive tracer, injecting a small dose in the patient and taking a
PET scan of the body (immuno-PET). While immuno-PET allows imaging with a large field of view,
this method has limited spatial resolution, about 5 mm, which prevents visualizing the binding
within a tumor in sufficient detail. Optical methods once again can overcome this limitation. In this
case, instead of a PET tracer, the antibody can be labeled with a fluorescent molecule (immunofluorescence). The injected compound binds specifically to its target receptors, allowing to
visualize the heterogeneity of the tumor and possibly understand more about the interaction of
the antibody with a particular type of cancer. However, both PET and immuno-fluorescence do not
reconstruct the structure of the examined sample. To this end, PET is often combined with a
computed tomography (CT) or a magnetic resonance imaging (MRI) scan that allows overlapping
the molecular information from the PET to the three-dimensional tomography obtained with CT
or MRI.
The optical equivalent of these techniques is OCT. The combination of immuno-fluorescence and
OCT allows obtaining molecular and structural information of a sample with a ~10 µm spatial
resolution, an improvement of about one hundred fold over PET-CT and PET-MRI. To offer a
penetration depth that matches that of OCT, detecting fluorescent emission in the infrared range
is ideal. Antibody-mediated near infrared fluorescence imaging (immuno-NIRF) is attracting
considerable interest from clinicians for studying antibody-cancer interaction in high detail in vivo,
albeit typically lacking depth sectioning ability due to miniaturization and imaging time concerns.
Moreover, by using different fluorescent dyes, antibody-antigen interaction can be studied, which
is altogether impossible with nuclear imaging techniques.

6

1

Chapter 1 | Introduction

1.5 The outline of this thesis

1

A theoretical background to the working principles of OCT and immuno-NIRF is presented in
Chapter 2. An overview of the historical evolution of endoscopy is followed by a review of
endoscopic methods for OCT and fluorescence imaging, which concludes the chapter.
Chapter 3 shows the first use of a motorized PS-OCT endoscope in vivo in animal lungs. Intensity
OCT cross sections, and images of the cumulative phase retardation induced by the tissue
birefringence are presented. The polarization mode dispersion (PMD) caused by the optical fiber
in the system is quantified. The setup described in this chapter served as the workhorse of this
doctoral thesis, being featured in all the chapters and also in publications not included in this
thesis.
Chapter 4 shows the use of an improved motorized PS-OCT endoscope in vivo in humans, for
imaging patients with asthma. An innovative metric to visualize the consistency in the alignment
of the fiber bundles in the tissue was developed and applied for the first time on endoscopic data.
Furthermore, an advanced algorithm that compensates the effect of PMD in an endoscopic PSOCT system is presented, together with images of depth-resolved tissue birefringence. This
chapter also presents phase-resolved images of blood flow, obtained with a dedicated procedure
that compensates the tissue bulk motion. Finally, it is shown that attenuation coefficient crosssectional images improve the visualization of the airway wall structures compared to traditional
OCT images.
The combination of immuno-fluorescence and OCT in a single setup is the subject of Chapter 5.
A setup based on optical fibers allowed to efficiently collect the weak fluorescent signal from the
sample while obtaining high-quality OCT images at the same time. A handheld scanner was used
to produce high-quality immuno-fluorescence and OCT images from human cancer grown in a
mouse model. A motorized endoscope based on the design of the PS-OCT endoscope was
assembled and demonstrated on the same mouse model. Its clinically-approved design would
facilitate the transition towards its use in humans. It is important to mention that the antibodies
used in this study are clinically approved while the near-infrared fluorescent dye is considered safe
for clinical use.
PS-OCT can be used to visualize any tissue that presents form birefringence, such as collagen in
the skin. For example, an abnormal collagen growth occurs during scarring of damaged skin areas.
Studying burn wound scars in vivo in human patients has been the objective of Chapter 6. The
results show a good agreement between the birefringence of the measured area and the
organization of collagen visualized by the histological slides, suggesting that PS-OCT could be
valuable as a non-invasive tool to assess the evolution of a scar over time, and to quantify the
organization of collagen in the skin.
Finally, Chapter 7 relates the main chapter to one another, comments on the knowledge acquired
through this doctoral work, mentions other projects that were developed during the work but are
not part of this thesis as independent chapters and discusses future perspectives for the
techniques discussed in this thesis.
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2.1 Introduction
Optical imaging in the near infrared takes advantage of the good penetration depth into turbid
media of light in this range. Since scattering due to particles decreases with increasing wavelength
and absorption due to the presence of water increases with longer wavelengths, near infrared
constitutes an ideal window for imaging of biological tissues.
This chapter provides a theoretical background to the working principles of the techniques used
in this thesis: OCT and NIRF. In particular, Fourier domain OCT is explained in detail, together with
extentions of OCT such as attenuation coefficient imaging, dynamic OCT and PS-OCT.

2.2 Interferometry
The occurrence of interference is an elegant way to demonstrate the wave-like nature of a physical
phenomenon. In his famous double-slit experiment, Thomas Young used interference as a
demonstration of the wave-like properties of light. When light from a monochromatic point source
propagates through two closely-placed slits and hits a screen, it projects an alternating pattern of
bright and dark lines. This regular pattern corresponds to the regular occurrence of maxima and
minima of interference, i.e., constructive and destructive interference: light is exhibiting its wavelike properties. The pattern depends on the difference in path lengths experienced by the two
waves hitting a particular location on the screen. If the two waves are perfectly in phase, fully
constructive interference occurs, and a line with an intensity equal to twice the sum of the waves’
intensity is projected. When two waves are π out of phase, destructive interference takes place,
resulting in a dark line. The occurrence of fringes is entirely determined by the wavelength, the
slits separation and their distance from the screen.
Another famous experiment that makes use of interference is the Michelson-Morley experiment,
which demonstrated the absence of luminal aether, challenging the consensus of the time [2]. In a
Michelson interferometer, light from a single monochromatic source is split into two arms via a
beam splitter. The light in each arm is reflected into the beamsplitter by two mirrors placed
perpendicularly to the beam. The optical path length difference (OPD) between the two arms
determines the degree the interference. Translating one of the two arms modulates the measured
intensity with a periodicity corresponding to the wavelength of the light.
Since with visible light a full interferometric fringe develops over a range of ~500 nm, one could
obtain very precise displacement measurements by tracking the phase of the modulation at the
detector. For example, interferometry is at the core of the experiments VIRGO and LIGO, which
observed gravitational waves for the first time by measuring their effect on the mirrors’
displacements.
Interferometry is deeply connected to the concept of coherence. A light beam is coherent when
there is a fixed phase relationship between the oscillating electric fields describing the beam.
There are two types of coherence: temporal and spatial. A beam with high temporal coherence
will have highly predictable characteristics over time for a particular location. Temporal coherence
relates to the ability of two waves to interfere with each other when there is a relative delay
between them. Perfectly monochromatic light has an infinite temporal coherence, meaning that
two overlapping waves can interfere at any OPD. On the contrary, polychromatic light (often called
broadband- or white light) has a limited coherence time because the different wavelengths spread
increasingly out-of-phase with accumulated time delay. A Michelson interferometer (see Figure
2.1) can be used to measure the temporal coherence of a light beam by increasing the OPD
between the arms until no interference modulations are observable. The coherence time defines
the time delay range in which interference occurs. Since the objective of an interferometer is to
measure OPDs, the term coherence length is often used, which is obtained by multiplying the
coherence time by the phase velocity of the radiation in the medium. In light of this, it can be
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noticed that interferometry measures time delays, because the OPD is directly proportional to the
time delay accumulated between the two beams.
Spatial coherence is, on the other hand, linked to the spatial characteristic of the light beam at a
given time point. High spatial coherence occurs when the electric fields have a fixed phase
relationship across the beam, i.e., electric fields at different locations are highly correlated. High
spatial coherence is needed to obtain a high beam quality, which is often required to obtain
diffraction-limited operation.
Laser beams can have both high temporal and spatial coherence and are therefore ideal light
sources for interferometric applications.

Low coherence interferometry
When using broadband light, the range of OPD over which interference occurs is limited because
the temporal coherence of the beam is limited. Radiation with this characteristic is said to have
low-coherence.
Low-coherence interferometry (LCI) is a ranging technique that exploits low-coherence to restrict
the range of OPD over which interference occurs purposely. This technique has been used in the
‘70s and ‘80s for sensing applications, allowing sensor multiplexing and accurate study of optical
assemblies [3-5]. Adolf Fercher and colleagues at the University of Vienna recognized the value of
the same concept for life sciences in the late ’80s, using LCI to measure the axial length of human
eyes [6, 7].
The fundamental principle of LCI can be explained by using a Michelson interferometer
configuration (see Figure 2.1) in which light from a low-coherence source (e.g., a superluminescent
diode with sizeable spectral bandwidth) is split into a sample and reference arm.

Figure 2.1 | Schematic of an optical fiber-based LCI system
(a) An optical fiber 2x2 coupler splits light from a white light source into a reference and sample arm. The mirror
in the reference arm scans the sample axially. The light reflected by the reference and sample arm is recombined
in the coupler where interference occurs. The detector registers the interferometric signal. (b) Simulation of the
signal generated by an LCI system. The fringe burst is caused by the interference of the partial refelctors in the
sample arm with the reference arm. (c) A Fourier transform of the LCI interference signal retrieves the reflectivity
and position of the reflectors in the sample arm.
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In its most straightforward implementation, both arms of the interferometer feature a single
reflective element (e.g., a mirror) from which the light propagates back to the beam splitter and
interferes. Light is eventually detected as photocurrent generated by a detector placed in the
fourth arm. When the OPD between the sample and reference arm is within the coherence length
of the light source, interference between the oscillating electric fields of the two beams occurs. By
translating the reference arm mirror, a sequence of fringes in the measured photocurrent is
observed (called fringe burst), as shown in Figure 2.1b. The full-width-at-half-maximum (FWHM) of
the fringes intensity envelope over depth represents the coherence length of the light source. The
ability of LCI of limiting the spatial measurement range is called coherence gating. The sequence
of maxima and minima of the measured intensity

as a function of the OPD is completely

determined from the knowledge of the wavenumbers k composing the light beam and the OPD,
called z.
In formula:
(2.1)
where is the detector sensitivity,
and

is the spectral envelope of the intensity of the light source,

are the intensity reflectivity of the reference and sample arm, respectively. The OPD
is a function of the position of the reflectors in the reference arm and sample,

and

respectively. In this case, the time component of the oscillatory waves is omitted because the
oscillation period of a light wave is several orders of magnitude shorter than typical integration
time of a detector and therefore only the average intensity over time is measured.
By replacing the mirror in the sample arm with a more complex sample made of multiple partially
reflecting surfaces located at different depths (see Figure 2.1a,c), the same procedure can be
followed to measure the field reflectivity

of a particular depth location

in the sample.

LCI is what distinguishes OCT from the other microscopy techniques, namely performing
interferometric ranging measurements to noninvasively resolve the field reflectivity of a sample as
a function of depth [8]. Rearranging equation (2.1) to account for the multiple reflectors in the
sample arm, the following equation is obtained:

(2.2)

Where

represents the intensity reflectivity of each reflector in the sample arm and

its

position. The first summand of the right-side of the equation is often called the “constant” or “DC”
term, and it represents the photocurrent generated by the reflectivity of the reference and sample
reflectors, independent of spatial location. Typically, this is the largest component of the
photocurrent.
The second summand is called the cross-correlation term, and it arises from the interference
between the light reflected by the reference arm and each of the reflectors in the sample arm. This
component depends on both the wavenumber k and the relative distance between the mirrors.
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The fact that this term is proportional to the field reflectivity of the two arms represents a crucial
feature of OCT; the weak reflections coming from a biological sample can be amplified by
interference with intense reference arm light. Retrieving this component is the goal of most OCT
system configurations.
The last component is often referred to as the autocorrelation term, and it originates from the
interference of the reflectors in the sample arm with each other. This is generally considered
detrimental to retrieval of the reflectivity depth-profile of the sample because these interference
terms are indistinguishable from the cross-correlation term, with the notable exception of
common-path OCT design, for which the desired signal is this term. Since the magnitude of this
component wholly depends on sample reflectivity, its effect can be mitigated by tuning the power
in the reference arm.
The amplitude of the spectral modulation caused by a particular reflector (visibility) is proportional
to the field reflectivity

of the object. By plotting the field reflectivity of each reflector over

depth, a depth scan of the sample is created (called A-scan or A-line). This strategy allowed Fercher
et al. to measure intraocular distances in vivo [7].
Current LCI and OCT interferometers are predominantly based on optical fibers because the use
of fiber splitters/couplers dramatically simplifies recombination of reference and sample arm into
a single optical path. Moreover, optical fibers enable compact, robust, and lightweight optical
systems. A drawback of optical fibers is polarization fading, which is the attenuatation of the
interferometric signal when the polarization states of the interfering waves are not identical. Since
light polarization is affected when propagating through optical fibers, it often occurs that two
waves originating from the same source but not sharing the same optical path have different
polarization states and therefore a weaker (or even null) interferometric signal is measured. In fiberbased OCT systems, polarization fading is usually prevented by installing polarization controllers
and orienting them by maximizing the visibility of the interferometric signal. Importantly for the
scope of this thesis, optical fibers allow fabricating endoscopes to investigate internal organs.

Fourier Domain Optical Coherence Tomography
Frequency domain interferometry performs LCI in the spectral domain, meaning that the
interferometric signal is registered as a function of wavelength. The idea was already explored in
the ‘70s [9], but it experienced more widespread adoption when Fourier analysis of the
interferograms was proposed [10]. Even though Fourier-domain OCT (FD-OCT) was developed
after time-domain OCT (TD-OCT), it is presented in this thesis first because seeing the relation
between wavenumber and depth sectioning is more straightforward. FD-OCT retrieves the depthprofile

of a sample by Fourier transform of the interference photocurrent measured as a

function of wavenumber. There are two main approaches to achieve this: dispersing wavenumbers
spatially by use of a grating and a line camera, which is called spectral-domain OCT (SD-OCT), or
varying the wavenumber over time with a swept source laser (SS-OCT) also known as optical
frequency domain imaging (OFDI). A diagram representing typical fiber-based configurations of
each method can be found in Figure 2.2. The two methods are in principle equivalent although
each presents some practical advantages.
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Figure 2.2 | Diagram of fiber-based FD-OCT modalities
(a) Schematic of an SD-OCT system. Light from a broadband source is split into a reference and a sample arm
by a single-mode fiber coupler. The reference arm mirror is in a fixed position. The light beam is scanned over
the sample surface by a set of X and Y scanners. The interferometric signal is spatially distributed over separated
detection bands by a spectrograph and detected by a line camera. (b) Schematic of an SS-OCT system. A 1x2
fiber coupler splits the light from an SS laser into a reference and sample arm. The light in the transmission
delay line of the reference arm is fixed in position and it recombines with the light reflected by the sample in
the final 2x2 coupler. This configuration allows homodyne balanced detection.

Since equation (2.2) is modulated in wavenumber space, both methods require that wavenumber
sampling is performed linearly. For SD-OCT systems, most spectrometers disperse the light
linearly in wavelength. Therefore the interferograms need to be resampled with a wavelength-towavenumber linearization curve [11]. In SS-OCT, designing a laser source that sweeps the
wavenumber linearly over time is challenging, and therefore a clever solution is to sample the light
source with a Mach-Zehnder interferometer (MZI) with an appropriate OPD between the arms [12].
The MZI creates a photocurrent modulation with periodicity directly proportional to the
wavenumber variation. In general, the time separation between zero-crossings of the modulation
is not constant in time along the sweep, while each modulation is evenly separated in wavenumber
space. Using the MZI signal as a sampling clock for the OCT photodetector effectively linearizes
the wavenumber sampling. The last resource is to numerically resample the non-linearly acquired
data by using a reference reflection in the sample arm.
Figure 2.3 presents a simulation of the process of obtaining information about a sample with a
typical FD-OCT system. In this simulation, the intensity reflected by the reference arm is 345
stronger than the one reflected by the sample arm, as exemplified by Figure 2.3a. The sum of the
spectral envelope of the reference and sample arm intensity represents the DC term of equation
(2.2). When a path length difference is introduced, and the two signals interfere, a modulation
appears on top of the DC term. This modulation can be called the AC component, which is the
term carrying interferometric information. SS-OCT systems require balanced detection to remove
the DC component and therefore reduce relative intensity noise. Balanced detection removes also
the common AC component, making SS-OCT systems not suitable for common path interrogation
schemes. The DC component is also often removed during the processing steps of the SD-OCT
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signal, by subtracting a prerecorded spectrum of the light source. The leftover AC component can
be seen in Figure 2.3c, while the frequency spectrum obtained via Fourier transform of the AC
signal can be seen in Figure 2.3d.
The sample reflectivity profile

of equation (2.2) is resolved by inverse Fourier transform of

the measured photocurrent

2

Figure 2.3 | Simulation of FD-OCT system signals, using typical specifications of 1310 nm based FD-OCT
systems
(a) A Gaussian-shaped source spectrum as reflected by the reference arm and a typical weakly scattering
medium in the sample arm (in blue and orange respectively). In this simulation, the ratio of the intensity of the
two is 345. (b) Modulation of the detected spectrum due to interference between reference and sample arm.
Due to the high reference arm reflectivity, the sample arm power is strongly amplified and made visible as
modulation of the DC spectrum. (c) A plot of the interference spectrum when the source spectral envelope is
removed from the measured spectrum (b). Balanced detection is required in SS-OCT systems to reduce the
influence of relative intensity noise. (d) The power spectrum of the Fourier transform of the spectrum in c).
Three peaks from partial reflectors located at increasing depths with different reflectivity are now easily
distinguishable.
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The Fourier transform pair

and

defines the change of

coordinates from the spectral to the space domain. The desired A-scan is contained in the depthresolved photocurrent. In formulas:

(2.3)

where

represents the Fourier transform of

denotes convolution, and is the Dirac

delta function.
Carrying out the convolutions and exploiting the sifting property of the delta function, which
“selects” portions of the frequency spectrum obtained via the Fourier transform, yields a more
straightforward expression[8]:

(2.4)

This formulation reveals the presence of the desired field reflectivity after applying some
modifications.
First, the path length is expressed relative to the reference arm, which defines the zero delay point:
the location in the sample for which the optical path length of the sample arm matches that one
of the reference arm.
Secondly, an identical depth scan appears mirrored about the zero delay point. In FD-OCT, this
effect is called complex conjugate artifact, and it arises from the necessity of the detected
spectrum to be real (as only real quantities are physical measurables). Since the measured
spectrum is real, the inverse Fourier transform must be a Hermitian symmetric; the condition is
satisfied only when the complex conjugates are identical and real. This can be intuitively
understood: imagine two reflectors whose OPD relative to the reference arm is identical in
modulus, but opposite in sign. They would create modulations with the same frequency,
indistinguishable from the Fourier transform of the measured real quantity. Typically, the length of
the delay line in the reference arm is selected to keep the image on one side of the zero delay
point, while minimizing the reflections from the optical system that would be visible on the other
side. However, if the sample arm features optical elements located near the sample (as it is often
the case for endoscopic systems), spurious signals due to backreflections of the elements might
appear in the OCT image and obscure part of the sample. A solution to this issue is to obtain a
quadrature detection of the interferograms to objectively identify positive and negative delays [13,
14].
Thirdly, due to the round trip nature of a typical OCT measurement, all measured OPD will be
twice the physical thickness of the sample, once adjusted for the refractive index. In OCT it is
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appropriate to use the group refractive index to obtain the physical thickness of the sample, due
to the broadband nature of the light source [15].
The final two considerations are distinctive to OCT. Each reflector appears broadened by
convolution with
which defines the PSF in depth (i.e., the depth resolution), which can be
improved by broadening the spectral width of the illumination source

Finally, the sample

reflectivity is coupled with the large homodyne factor given by the (controllable) reference arm

2

reflectivity

Because of this, the weak signal originating from the sample can be strongly

amplified by designing a system with high reference arm light intensity. In this lies the sensitivity
advantage of OCT compared to other microscopy techniques.

Time domain Optical Coherence Tomography
LCI provided the foundation for time-domain OCT (TD-OCT), which was demonstrated for the first
time in 1991 by the group of James G. Fujimoto at MIT [16]. Contrary to FD-OCT, the detection of
the light integrates the whole spectrum. Therefore the depth sectioning is obtained by physically
translating the delay line in the reference arm to obtain a low-coherence interferometric
measurement from a small portion of the sample, as seen in Figure 2.4.

Figure 2.4 | Time domain OCT
(a) Diagram of a fiber-based TD-OCT system. The light source is split into a reference and a sample arm
by a 2x2 fiber splitter. The delay line in the reference arm allows scanning the sample in depth, while the
XY scanner produces the volumetric image by probing the sample surface with the beam. A photodiode
detects the interferometric signal which is then digitized by an acquisition card. (b) Simulation of TD-OCT
signal measured by the detector. From the envelope of the fringe burst, the reflectivity and position of the
reflectors in the samples can be retrieved. (c) The reflectivity associated with the partial reflectors
simulated in this example.
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When the OPD between a reflector in the sample and the position of the reference arm mirror is
within the coherence length of the light source, a fast modulation of the measured photocurrent
occurs, called fringe burst. Taking into consideration a light source with a Gaussian-shaped
spectrum, the photocurrent as a function of the position of the reference arm in depth is defined
as:

(2.5)

where S0 is the wavenumber-integrated spectrum of the source. Similar to equation (2.2) the first
term is the DC term while the second is the cross-correlation term, while the autocorrelation term
has been omitted. Once again, the objective of TD-OCT is to retrieve the depth-resolved
reflectivity profile

of the sample from the cross-correlation term. The cosine modulation of

the photocurrent is a function of the central wavenumber k0 and the reference-sample reflector
OPD: by demodulating it as a function of

one obtains the desired A-scan. Since in practice

varies as a function of time due to the scanning delay line, the induced carrier modulation provides
a convenient frequency to perform lock-in detection and effectively remove the DC term. The
exponential term denotes the coherence gating determined by the spectral bandwidth ∆k of the
light source.

Sensitivity advantage of FD‐OCT
Although two previous publications suggested it [17, 18], the sensitivity advantage of FD-OCT
systems over TD-OCT ones was not widely recognized until 2003 when three publications [19-21]
demonstrated it theoretically and experimentally. FD-OCT allows a sensitivity improvement over
TD-OCT in the order of hundreds of times and results in significantly faster imaging speed with
uncompromised image quality, which effectively ensured the success of OCT as a viable
commercial imaging technique. Virtually all OCT systems currently used in labs throughout the
world are FD-OCT systems.
The fundamental advantage of FD-OCT is in managing the noise by spectrally distributing it over
separate detection bands, instead of integrating it over the whole spectral bandwidth as it is done
in TD-OCT.
In an OCT system, there are several sources of noise, predominantly: detector noise, shot noise
and relative intensity noise (RIN). The variance of these noise contributions are independent and
therefore add up linearly [22].
Detector noise is the noise present when the detector is not illuminated, and therefore it does not
depend on the light beam power. Detector noise for a camera-based system is composed of
readout noise and dark noise, while for a pin diode-based system it is dominated by the thermal
fluctuations in the transimpedence amplifier.
Shot noise arises from the fundamental random fluctuations in the arrival time of the photons on
the detector. It follows a Poissonian distribution, which implies that the signal variance, and
therefore noise power, scales linearly with the signal intensity. Shot noise is a white type of noise,
meaning that it has a uniform frequency content.
RIN arises from random fluctuations in the light intensity over time. Its variance scales quadratically
with the beam intensity, and it is dependent on the beam temporal coherence and the integration
time. This component is intrinsically present in thermal sources while it is generally smaller in laser
sources.
While shot noise is inevitable because it is inherent to the quantized nature of light, the influence
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of RIN can be mitigated by adjusting the reference arm power reaching the detector and the
integration time appropriately. Regardless of the acquisition configuration, the objective of a welldesigned OCT system is to reach shot noise limited detection, which guarantees an optimal SNR.
In a nutshell, the sensitivity advantage of FD-OCT lies in its ability to reduce the noise contributing
to the signal. In TD-OCT the signal is generated by the integration of all wavelengths interfering
on the detector. Each wavelength generates a carrier electronic frequency proportional to the
scanning speed of the reference arm mirror. The detection bandwidth of a detector has therefore
to cover the electronic bandwidth of the whole spectrum. In an ideal situation, shot noise is the
main noise contributor, so shot-noise limited operation is assumed. Since shot noise is a white type
of noise, the variance of one particular wavelength also appears on the detection frequencies
associated with all other wavelengths. Conversely, in any FD-OCT type of systems, the shot noise
of one spectral component is constrained to that component, effectively improving the SNR of the
measurement by reducing the contributing noise.
A thorough derivation of the intensity advantage of FD-OCT over TD-OCT can be found in [20,
23], which results in a comparison of the SNR of the two methods. The SNR of an FD-OCT system
is proportional to the SNR of a TD-OCT, scaled by a factor representing the number of
independent detection bands in an FD-OCT system (independent lines in a spectrograph grating
or independent wavelengths during the sweep of a laser).
(2.6)
Considering that M, which represents the number of independent wavelengths in the
spectrograph grating of an SD-OCT system and the number of samples acquired sequentially in
time in an SS-OCT system, is in the order of ~1000, an improvement in SNR in the range of 500
times follows. In practice, this is used to speed up acquisition time; FD-OCT allowed to obtain
images with equal SNR as TD-OCT but acquired at a rate that is hundreds of times faster.
The theoretical result shown above considered only shot-noise-limited OCT systems, which is a
condition that is met only with an accurate design of the system. For SD-OCT systems, due to the
relatively long acquisition time compared to the coherence time of each detection band, this
condition is met by choosing the appropriate reference arm power. For SS-OCT, despite the use
of lasers which have less thermal noise than the thermal sources used in SD-OCT, the prevalence
of RIN noise is considerable due to the short integration time of each linewidth [22]. Therefore, a
popular solution is to use a balanced detection scheme which significantly reduces the DC
component of the detected signal, allowing shot noise limited detection.
Currently, standard commercially available FD-OCT systems have an A-line rate of 30-200 kHz,
easily allowing video-rate cross-sectional imaging. Recent developments in swept source lasers
technology enabled reaching several-MHz A-line scan rate, allowing video-rate volumetric imaging
[24, 25] and endoscopic scans over cm-range in less than a second [26]. Due to the narrow
instantaneous linewidth, SS-OCT allows extremely long coherence lengths, recently approaching
the order of tens of cm [27, 28] and is less prone to fringe washout due to the sample axial motion
compared to SD-OCT [29]. Moreover, due to the use of point detectors, performing detection of
the orthogonal polarization components of the light is more easily achieved with SS-OCT,
compared with SD-OCT where careful alignment of two independent spectrometers would be
needed. Currently, SS-OCT is the modality of choice for research purposes for spectral ranges
>1000 nm, while SD-OCT has widespread use for commercial ophthalmic systems due to the
availability of affordable silicon and CMOS detection arrays and lack of 800 nm based SS lasers.
Since SS-OCT allows higher imaging speed and imaging depth and simplifies the construction of
a PS-OCT system, the setup developed for this thesis made use of an SS laser.
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2.3 Extending contrast in optical coherence tomography
Detecting blood flow with OCT
OCT-Angiography (OCTA) is the most common functional extension of OCT, with ophthalmic
OCTA systems now commercially available. Visualizing (micro-)vasculature has great diagnostic
value for a multitude of conditions, including inflammation and cancer. There is extensive literature
about methods for extracting angiographic information from OCT images [30, 31]. The
fundamental principle is that a scatterer, e.g., an erythrocyte, moving across the OCT beam affects
the measured interference pattern. Some methods make use of only OCT intensity images (e.g.,
speckle variance), only phase information (e.g., phase difference and phase variance), or the full
complex measurement (e.g., signal decorrelation). Commerical devices are aimed at visualizing
the presence and morphology of the blood vessels in the tissue, while considerable research
efforts are put towards quantifying blood flow. For the purpose of this thesis, measuring the phase
difference between OCT scans separated in time is called dynamic OCT (DOCT).
The effective velocity that can be measured with a DOCT measurement is the velocity component
parallel to the direction of the OCT beam, as exemplified in the diagram of Figure 2.5. The
perpendicular component, the “horizontal” velocity, does not induce a phase shift between
measurements, but it increases the variance of the phase difference. The axial velocity is related
to the absolute velocity of the scatterer via the angle between the probing OCT beam and the
blood vessel (assuming that the scatterer is moving along the vessel).

Figure 2.5 | Dynamic OCT
Diagram of a DOCT measurement. An OCT beam is illuminating a blood vessel oriented at an angle
with respect to the beam in the z axis. The OCT beam probes an erythrocyte moving with velocity v.

In Chapter 4, a method based on phase difference between consecutive interferograms is used to
retrieve flow information through endoscopic OCT measurement. The method is based on the fact
that when a moving object backscatters OCT light, the fringe associated with the scatterer location
experiences a phase shift between two measurements separated in time. In the literature, this is
often called a Doppler shift, although it is not a Doppler shift of the photon’s frequency, but rather
an interferogram shift due to the change of scatterer location.
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Assuming an OCT measurement sampled linearly in wavenumber (k) domain, the interference
at a given point in time (t) can be described as [8]:
spectrum

(2.7)

2

Where

is the envelope of the spectrum of the source.

depth location

and

is the reflectivity of a scatterer at the

the reflectivity of the reference arm. The position over time

scatterer moving in a constant flow with axial velocity

of a

can be described as:
(2.8)

Without loss of generality,

can be assumed to simplify the notation. The position of the

scatterer at

can be called

Substituting

in equation (2.7) and rearranging one obtains:

(2.9)

With

showing that the modulation of the signal over time is different for each

wavenumber. The objective of a DOCT setup is to retrieve the phase shift
interferograms separated in time. The phase shift amounts to

with

between

being the time

difference between the measurements. is typically a multiple of the measurement integration
time, which in the case of a swept source OCT system corresponds to a fraction of the inverse of
the laser sweep rate. The phase difference can be retrieved after Fourier analysis of the spectra,
producing the phase difference for a particular modulation frequency (equivalently, a particular
depth location). The measured phase difference

can be related to the observed velocity of the

scatterer by:

(2.10)
Where is the central wavelength of the OCT laser bandwidth and n the refractive index of the
medium. If the angle between the OCT beam and the blood vessel is retrieved from the
topography, then the absolute velocity of the scatterer can be calculated using

The

range of velocities that can be measured with this technique is limited by the phase noise and the
sampling frequency. The maximum measurable velocity corresponds to a phase shift of
The
minimum measurable velocity depends on the scanning modality. When measuring the phase
difference between adjacent A-lines of a B-scan, the phase noise is proportional to the
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fundamental SNR-limited phase noise

of the OCT system and the phase noise

caused by

the partial overlap of the scanning beam between consecutive measurements. The OCT system
fundamental noise is [32]:
(2.11)

The phase noise induced by the beam displacement between consecutive A-scans during a
rotation of the OCT endoscope depends on the angular displacement of the beam between
adjacent A-lines and the angular

width of the beam in the focus.

The two noise components add independently to yield the total phase noise, adapted from [32]:
(2.12)
The total phase noise determines the minimum detectable velocity:

(2.13)
As a side note, to visualize blood vessels with slower blood flow, such as small capillaries, one
would need to increase the integration time of an OCT A-line or to revisit the same location with
a larger time interval, as demonstrated in [33, 34].

Attenuation coefficient
When a light beam propagates through a medium, its intensity exponentially diminishes with the
traveled distance because photons are scattered and absorbed. The attenuation coefficient of a
material is the quantity that determines the rate at which this process happens. Analogously, one
can define the absorption coefficient µa and the scattering coefficient µs, and their combination
yields the attenuation coefficient µ, namely µ=µa+µs. In OCT, the detected photons are mostly
those that have experienced a single backscattering event, because of the confocal
illumination/detection geometry and the interferometric gating. There have been several studies
aimed at determining the attenuation coefficient from OCT depth profile measurements, with the
main objective of specifically distinguishing different tissues, in particular, different atherosclerotic
plaques types [35-40].
The intensity I(z) of an OCT beam backscattered from a depth z into a medium decays as
(2.14)
where is the intensity of the beam at the surface, µ the attenuation coefficient of the tissue, and
2z the path length covered in the tissue due to the typical OCT epi-detection scheme. By plotting
an OCT depth-profile on a semilog scale, one can retrieve µ by fitting a linear curve to the profile.
In formulas:
(2.15)
This derivation assumes a constant attenuation coefficient for the probed depth and therefore only
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provides bulk information over the volume surveyed by a depth scan. In a different derivation by
Vermeer et al. [41], it was shown that the depth-resolved attenuation coefficient µ(z) can be
extracted starting from the differential equation of the Lambert-Beer’s law
(2.16)

2

Here, Y(z) is the irradiance of the OCT beam at a given depth and dz an infinitesimal depth
increment. Y(z) is linearly related to the intensity of the OCT measurement I(z). By integration of
this equation, one can find an explicit formulation for µ(z), omitted here for brevity. The derived
expression for µ(z) can be modified into a discretized version for direct implementation to an OCT
measurement[41]:

(2.17)

where i indicates a depth pixel location in the measured OCT depth profile, ∆z represents the
distance between two pixels in the depth profile and D the depth range of the measurement. This
equation was used in Chapter 4 to obtain attenuation coefficient images of the periphery of the
lungs, improving the visualization of tissue structures by correcting some artifacts present in
traditional intensity OCT images.
Retrieving quantitative attenuation coefficient information is not straightforward, because it
requires compensation of the chromatic dispersion and the signal roll-off, and most importantly,
precise knowledge of the PSF of the OCT beam in the tissue [38, 42, 43].

Polarization sensitive OCT
PS-OCT can measure depth-resolved optical polarization properties of a tissue, such as
birefringence and depolarization. A material exhibits birefringence when light propagating
through it experiences small refractive index differences depending on the light polarization state.
This property can be measured by probing the tissue with light at different polarization states and
measuring the time delay accumulated between the two over a certain distance. The regular lattice
of atoms in crystal structures exhibits intrinsic birefringence, as seen in the typical example of
Icelandic spar crystals. The fibrotic structures present in many types of tissue cause the light
polarized along the fibers’ orientation to propagate faster than light polarized across, a
phenomenon called form birefringence. Examples of such tissues are muscle tissue, collagen
fibers, and nerve fibers.
Birefringence of a material is characterized by an optic axis, which defines the orientation for which
its optical behavior is insensitive to rotation of the sample. Light polarized perpendicular to this
direction will experience a refractive index ns while light polarized parallel to it will experience a
different refractive index np. This causes a delay between the two polarization components of a
light beam propagating through the material. The birefringence magnitude ∆n is defined by the
difference in refractive index for light polarized parallel and perpendicular the optic axis:
(2.18)
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The refractive index difference can be measured by PS-OCT as a phase difference

between

two orthogonal polarization components, which corresponds to a time delay accumulated over a
propagation distance ∆z:

(2.19)
where λc is the central wavenumber of the OCT beam and the factor 2 accounts for the doublepass of light in the sample.
Diattenuation is another property of materials that affects the light polarization. The attenuation
coefficient of a material with such property depends on the polarization state of the light probing
it. In practice, biological materials do not show strong diattenuation [44].

Figure 2.6 | Birefringence and PS-OCT
(a) Representation of form birefringence induced by fiber-like structures oriented along the vertical axis.
(b) Schematic of a SS-based PS-OCT system. The polarization controllers (PC) are used to adapt the
polarization state of the light in the fibers. P and S polarization components are split into two separate
detectors. J in, Jout, and Js are the Jones matrices associated with the fiber optic system and sample.

Jones calculus is a formalism that describes polarized light and the polarization effects of media.
A limitation of Jones calculus is that it can only treat fully polarized light, compared to the ability
of Stokes-Mueller calculus to describe partially polarized light. However, since only the shared
polarization state components of two light beams interfere, the fringes measured with OCT always
correspond to fully polarized light, making Jones calculus an adequate tool for treating OCT
signals. A Jones vector is a complex two-dimensional vector which describes the polarization state
of a light beam by defining the complex amplitude of its electric field in the two spatial dimensions
across its propagation direction [45]. A Jones matrix J defines the polarization properties of an
object and determines the transformation of the incoming Jones vector E into the outgoing Jones
vector E’. In formulas:

(2.20)

where Ex and Ey are the complex amplitudes of the electric field of the light beam projected on
the two dimensions orthogonal to the propagation direction. For example, let’s consider two
sample locations at depths z1 and z2, located ∆z apart.
The Jones vector E(z2) associated with location z2 is the effect of the sample Jones matrix Js(∆z)
transforming the input vector E(z1):
(2.21)
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Which can be used to determine Js(∆z) from a measurement of the input and output fields:
(2.22)
Decomposing Js(∆z) into its eigenvalues and eigenvectors allows retrieving the birefringence and
can be found by determining the
diattenuation properties of the sample. The eigenvectors

2

trace T and the determinant D of the matrix Js(∆z).

(2.23)

From the eigenvectors, the phase retardation

between polarization components induced by

the birefringence of the sample can be calculated by:

(2.24)

The Jones matrix of a series of optical elements is equal to the products of the individual Jones
matrices of the elements

This feature can be used to model a complex optical system

by its parts by defining a separate Jones matrix for each component.
In the case of optical fiber-based PS-OCT, this strategy can be used to model the path that the
light takes into three separate Jones matrices accounting for the fiber-path from the laser source
to the sample surface (Jin in Figure 2.6b), the double-pass in sample itself (Js), and finally the fiberpath from the sample surface to the detectors (Jout). Single-mode optical fibers can be modeled as
generic linear retarders.
The first implementations of PS-OCT were based on bulk-optics TD-OCT setups [46, 47], which
had obvious limitations in acquisition speed. Spectral domain PS-OCT systems have the
disadvantage that it is cumbersome to obtain an identical wavenumber mapping on two separate
spectrometers for polarization diversity detection.
Over the years, the interest shifted towards optical fiber based SS-OCT systems because they are
advantageous in terms of speed, alignment, and versatility. Nevertheless, single-mode optical
fibers pose challenges to PS-OCT because light traveling through them experiences changes to
its polarization state during propagation. These changes are due to birefringence induced by nonuniform geometry of the fiber core and mechanical stresses such as bending and twisting.
However, through polarization diversity detection and multiplexing schemes and appropriate
algorithms, it has been demonstrated that it is possible to circumvent fiber birefringence and
extract polarization information from biological samples investigated with fiber-based PS-OCT
systems [32, 44, 48]. A variation of these algorithms is more extensively described in Chapter 3,
Chapter 4 and Chapter 6 to retrieve the birefringence of lung airways and skin scarred by burn
wounds, using a custom made PS-OCT endoscope and a handheld scanner, respectively.
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2.4 Near‐infrared fluorescence imaging
Fluorescence is a type of luminescence in which a substance absorbs light and re-emits it at a
different wavelength. For example, the absorption of the incident radiation causes an electron in
the outer orbitals of a fluorescent molecule to jump to a higher energy level. The electron then
relaxes to the lower vibrational level of the excited state, and finally decays to a lower electronic
state by emitting a photon. As such, the energy of the emitted photon is typically lower than that
of the incident one. Several physical quantities characterize a fluorescent process. The quantum
yield defines the efficiency of the process, i.e., how many photons are emitted per absorbed
photons. The fluorescence lifetime defines the average time the electrons spend in the excited
state, before emission of a photon, or in other words, the average time interval between
absorption and emission of a photon. This property is used in fluorescence lifetime imaging to
identify a fluorescent species in a sample by its characteristic lifetime, which is typically in the order
of 0.5 to 20 ns. The likelihood of a fluorescence process to occur also depends on the relative
orientation of the electrical dipole of a molecule and the polarization state of the light exciting it.
This likelihood defines the fluorescence anisotropy. Arguably, the most important properties of a
fluorescent substance are its absorption and emission spectra, examples of which are shown in
Figure 2.7b. These quantities define the relative probability of a photon with a particular
wavelength to be absorbed or emitted by the substance. The shape of these spectra (plotted as
intensity vs. wavelength) often mirrors each other because of two reasons: the energy landscape
of the vibrational states of the ground and excited states are similar and because the transition
usually happens from the ground level of each electronic state. The wavelength shift between the
excitation and emission peaks is called Stokes shift, and for most molecules it is positive: some
energy is dissipated as heat in the excited vibrational states, so the wavelength of the emitted
photon is longer than that of the absorbed one. The spectra can shift depending on the local
environment surrounding the fluorophore because the electric charges dissolved in the medium
affect the electronic levels of the fluorophore. Since a small fraction of the photons illuminating a
sample are absorbed by the target molecule, and an even smaller part excites the molecule and
leads to fluorescent decay, detecting fluorescent emission often requires highly sensitive
instruments. Essentially, a fluorescence imager consists of an illumination source, optical filters
matching the spectral properties of the fluorophore, and a sensitive detector. As seen in the
example of Figure 2.7a, a first bandpass filter (BP) selects a certain bandwidth of the white light, a
dichroic beam splitter (DBS) directs the light from the excitation source to the sample and
spectrally separates the emitted fluorescence, due to its longer wavelength. A second optical BP
filter further increases the sensitivity by rejecting undesired light.
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Figure 2.7 | Typical fluorescence setup and absorption-emission spectra
(a) Light from a white light source (WL) is collimated by a lens (L) and then filtered by a bandpass filter (BP) to
select the desired spectral excitation band. A dichroic beam splitter (DBS) reflects the light to a lens that
focuses the light on the sample. The isotropically generated fluorescence is collected by the same lens,
crossing the DBS and the emission bandpass filter (BP) before being focused onto the detector by a lens.
(b) Normalized absorption and emission spectra of a 500 nM solution of IRDye800CW, measured with a
spectrometer. The shoulder on the shorter wavelength side of the absorption spectrum is due to non-radiative
absorption that does not lead to fluorescence emission.

Since its discovery, fluorescence has been a popular method to reveal the presence of a structure
or molecule of interest in a sample. For example, a molecule that selectively binds to the target
can be labeled with a fluorescent substance. Delivering the fluorescently labeled molecule to a
sample allows highlighting the presence of the target in the sample.
Several molecules naturally present in biological samples are fluorescent. A sample containing
such molecules is said to exhibit autofluorescence, which is often an undesired effect because the
autofluorescence emission spectrum might overlap with that of the injected label. However, if the
sample autofluorescence originates from a specific molecule, it can also be used to highlight the
presence of that molecule in the sample without exogenous labels.
Since most biological molecules are fluorescently active in the visible range, a strategy to increase
sensitivity by avoiding autofluorescence is to use a molecule that emits near infrared fluorescence
(NIRF). Moreover, infrared light has lower energy than visible light, so that the photon flux on the
sample can be safely increased without thermal and chemical damages. Finally, infrared light
experiences reduced scattering and absorption in turbid media, and therefore penetrates deeper
in a sample, allowing to reach up to a few cm deep into a biological sample. For these reasons,
several (near-)infrared light emitting fluorophores have been developed in the past years [49]. The
ideal NIRF fluorophore has high brightness, spectral properties in the infrared range, very low
toxicity, and the possibility to chemically link it to other molecules for targeting specific sites [50].
Toxicity, in particular, has hindered the use of fluorescence in medicine, with only a handful of
fluorophores currently being allowed for clinical use (Indocyanine green, methylene blue, and
fluorescein). The cyanine fluorophore IRdye800CW has attracted interested in the past years
because of its clinically compatible properties: good brightness, ability to conjugate it to
antibodies, and low toxicity [51]. Its excitation peak (see Figure 2.7b) is around 780 nm, while its
emission peak is around 800 nm, placing it in a spectral region with low autofluorescence. It is
currently being used in several clinical trials aimed at the specific detection of tumors in vivo, for
example for tumor margin delineation during surgery. Even though it has not reached clinical use
clearance yet, it is expected that it will be approved within the coming few years. Its approval would
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enable a plethora of methods for antibody-mediated targeted imaging, albeit hindered by the
high cost of a clinical dose of monoclonal antibodies (currently ~1000 $/dose). A promising class
of fluorescent agents is represented by zwitterionic molecules [52], which can be designed to
operate in the NIR range and to specifically target a receptor’s site without the mediation of an
antibody.

2.5 Immunofluorescence
Antibodies are proteins that can selectively bind to a receptor present in a cell or on a cell
membrane. The largest part of an antibody is common to all antibodies of certain class while the
morphology of a small variable portion allows to specifically dock onto (part of) the antigen, in a
way metaphorically illustrated as a key/lock mechanism. After binding, the functionality of the
receptor is affected to the point that it can be significantly altered or even completely inhibited.
Antibody-assisted therapy (immunotherapy) is a technique that exploits these properties and has
gained considerable interest, in particular for cancer treatment [53-55]. There are several
immunotherapy strategies, which act in different ways, for example stimulating the body’s immune
response to attack cancer cells. Binding to cell membrane receptors alters the signaling of the cell,
possibly changing its functionality to an extent lethal for the cell. In a “Trojan horse” configuration,
an antibody can deliver a cytotoxic drug inside a specific cell type, killing it without affecting
healthy cells. Another option is to inject antibodies labeled with radioactive nuclei, which can kill
the cells in their vicinity by emitting ionizing radiation following the decay.
To verify that a newly developed antibody binds to the desired target, one can label it with a
nuclear imaging radionuclide, such as a positron emission tomography (PET) tracer. With PET, a
whole-body scan can be produced, revealing the ability of an antibody to target a tumor mass.
Instead of a radioactive nuclide, one can use similar chemical reactions to bind an antibody with a
fluorescent molecule instead. This enables tumor-targeted fluorescence imaging, which provides
much higher resolution compared to nuclear imaging. Here is the main advantage of in vivo
immunofluorescence: the ability to visualize features at the scale of the tumor microenvironment,
which potentially allows predicting and assessing the response of a tumor to therapy. Moreover,
by labeling different antibodies with spectrally- or lifetime- separated fluorophores, it is possible
to visualize more complex processes, such as protein-ligand interactions during an immune
response.
The use of immunofluorescence based on a NIRF molecule (immuno-NIRF) is the subject of
Chapter 5, where immuno-NIRF is combined with OCT to reveal molecular and structural
information of the tumor microenvironment.

28

2

Chapter 2 | Technical review of near-infrared optical imaging

2

Figure 2.8 | Representation of an antibody
Most part (solid black and vertically-striped segments) of the molecule is common to all antibodies of a certain
class, while a small part (solid white and horizontally-striped segments) of the molecule is variable. The variable
part allows for docking onto the receptor’s site (the antigen) specifically. A fluorescent molecule can be
chemically linked to the antibody, allowing to detect its presence (here represented by the circle with wavy
pattern).

2.6 Endoscopes
Visual inspection has always been and still is, a prime form of medical assessment — scattering
and absorption of light limits visual investigation to the external organs or to easily accessible
orifices. Light-based imaging devices suffer from the same limitations. Endoscopes (from Greek
èndon, “inside,” and skopê, “to see”) are devices that allow inspecting inside one’s body.
Endoscopy is often fundamental during surgical operations and for diagnosing patients.
Nowadays, many hospitals feature dedicated areas for performing endoscopic procedures. The
first endoscopes consisted of rigid tubes with a lens system that would relay the image from the
organ to the eye of the observer. Imaging with this kind of endoscopes is limited to easily
accessible organs such as the mouth, or minimally invasive procedures in which a rigid endoscope
is inserted, for example, in the abdominal cavity after performing a small incision [1]. The
development of optical fiber bundles in the 1950s enabled to engineer flexible endoscopes [56]
that could be used in harder-to-reach organs, e.g., the lungs. However, fiber bundle based
endoscopes suffer from image pixelation because the total number of fibers, which corresponds
to pixels in the final image, is at best in the order of a few tens of thousands. Optical fibers are also
used to deliver light for illumination of the lumen. Film-based cameras were integrated at the distal
end of flexible gastroscopes already in the ’60s to provide high-quality images, with the drawback
that the images could not be displayed in real time because the film had to be developed [57].
First reaching the market in the early ’90s, modern, flexible endoscopes use a high-resolution
digital microcamera placed at the tip of the endoscope, which provides real-time imaging.
These endoscopes can perform several kinds of wide-field imaging at video-rate: white-light
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imaging provides true-color images and is the most popular, narrow-band imaging highlights the
blood vessels in the mucosa, autofluorescence imaging reveals the presence of naturally occurring
fluorophores [58]. Recently, near-infrared fluorescence endoscopes have been specially designed
for defining the margin of cancerous lesions targeted by fluorescently labeled antibodies during
surgical operations [59-61].

2

Figure 2.9 | Use of a bronchoscope for the examination of human lungs.
The bronchsocope is inserted trough the mouth and directed to the bronchi of the patient. Image acquired
from Wikipedia with permission of the author under license Creative Commons Attribution-Share Alike 4.0
International with ticket #2014090410014061.

Optical coherence tomography endoscopes
Camera-based endoscopes have limited resolution because they do not reject out-of-focus light
and do not provide three-dimensional imaging. Conversely, OCT endoscopes can overcome these
limitations. Since OCT is a confocal technique, single-mode fibers are commonly employed and
to reach multidimensional imaging the beam has to be scanned over a surface. Generally, OCT
endoscopes are either forward viewing or lateral viewing [62]. The former is suitable for organs
with non-tubular shape, e.g., the bladder or the brain. This kind of endoscopes typically features a
MEMS mirror at the distal end [63, 64] or fiber mounted on a piezo-electric scanner [65]. Lateral
viewing endoscopes, which are appropriate for organs with a lumen such as airways and arteries,
have two beam steering modalities: proximal and distal. Proximal scanning employs a rotary
junction to couple the stationary part (the imaging system) with the rotating part (the endoscope)
[66-74]. Conversely, distal scanning features a rotating mirror at the far end of the endoscope,
effectively scanning the light circumferentially in a lighthouse-like fashion [75-78]. Distal scanning
permits unparalleled scanning speeds [26, 78-80], potentially reduces non-uniform rotational
distortions [81] and, compared to proximal scanning, facilitates phase-sensitive measurements
such as DOCT [82, 83] and PS-OCT [84]. These endoscopes have various shapes and size to adapt
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to the organ to investigate, from small and flexible endoscopes for cardiovascular imaging, balloon
or tethered capsule endoscopes for esophagus imaging, to endoscopes inserted through the
working channel of, e.g., a bronchoscope, augmenting its imaging ability in the human lungs.

OCT‐fluorescence endoscopes

2

OCT and fluorescence imaging have been combined in a single endoscope for the first time in
2004 [85], but more compact implementations have been achieved by using dual-clad optical fibers
(DCF) [86]. DCF-based OCT-fluorescence platforms have particularly benefited from the
development of DCF couplers that deliver the OCT and fluorescence excitation light with very low
transmission losses while efficiently extract the fluorescence emission [87-89]. DCF based, dual
OCT-fluorescence endoscopes have been demonstrated with scanning based on rotary junctions
[90-96] and distal scanning [97, 98]. Distal scanning has the advantage of avoiding the rotating-tostationary fiber optical coupling. This way, keeping the cladding and core signals separated is
more easily achieved, which could improve the signal-to-noise ratio.
A problem common to both kind of scanning systems is the focal shift between OCT and
fluorescence light due to the chromatic aberration of the refractive components of the endoscope.
A major limitation of OCT-fluorescence endoscopic systems is the lack of depth sectioning ability.
Due to the small size of these units, confocal depth sectioning via mechanical scanning is typically
not possible. A proposed technique is self-interference fluorescence microscopy (SIFM), which
uses SMFs to collect the fluorescence signal and allowing to retrieve the depth location of a
fluorophore via an interferometric measurement [99, 100]. However, the use of SMFs greatly
increases scanning time.

Motor for distally scanning endoscope
The endoscopes presented in this thesis make use of an alternated current-driven motor (AC
motor) integrated at their tip. The motors have a diameter of 1 mm and were either purchased
from Kinetron B.V. (Tilburg, the Netherlands) or self-assembled at the mechanical workshop of the
VU University (by Dirck van Iperen). The motor is made of a permanent magnet with a central axle
that is held in place by two conically shaped rubies and is free to rotate. A housing connects the
two rubies and has grooves to accommodate the wires forming the coils. The rotation is enabled
by two coils, each formed by a single copper wire wrapped around the motor housing. We found
that a double coil significantly increases the torque of the motor, making the motor rotation more
reliable. The AC currents were provided by a custom-made driver built by the electronic workshop
of the VU University that was electronically synchronized to the optical imaging system. The two
currents provided are two sinusoidal voltage signals with a frequency corresponding to the desired
rotation speed and a π/2 phase shift between them.

Distally scanning OCT endoscope optical design
Endoscopes typically feature miniaturized optical components at their tip, such as a microlens or
a graded index lens (GRIN lens). GRIN lenses offer higher refractive power when compared with
microlenses of the same diameter, and are a common choice for smaller endoscopes. A
commercially available GRIN lens with a pitch of 0.25 produces a collimated beam when an fiber
is directly glued onto one of its facets. If a spacer (typically a coreless fiber) of appropriate length
is placed between the fiber and the GRIN lens, a focused beam with the desired qualities can be
produced. GRIN lenses can also be customized to have a different pitch that would focus the beam
at a desired distance from the facet. The endoscope described in this thesis had a customized
GRIN lens, with a focal length of 1.5 mm, assembled to focus about 0.5 mm in the tissue. A
micromirror mounted on the motor axle allowed to produce B-scans. A 1 m long tubing made of
PEEK polymer was glued onto the GRIN lens holder to increase the sturdiness and resistance to
sharp bends of the endoscope. A schematic of the endoscope can be seen in Figure 2.10a while a
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cross section of the motor can be seen in Figure 2.10b.

Figure 2.10 | Distally scanning OCT endoscope
(a) Diagram of the distally scanning endoscope, shown in its longitudinal cross-section. A single-mode fiber
(solid black line) is glued on an angle-polished GRIN lens. A tube made of PEEK polymer tubing encases the
fiber to increase the sturdiness of the endoscope. The GRIN lens focuses the light that is reflected by a
micromirror onto the tissue. The mirror is mounted on a miniaturized AC motor, manufactured with two
independent copper wires (dashed black line) coiled around a magnet (marked by its north and south poles,
N and S). The red arrow indicates the rotation of the motor. (b) Schematic of the motor. The copper wires
(dashed black lines) are double wound around the length of the motor housing, which contains a magnet that
is free to rotate around its axle, held in place by bearings.

The backreflections of OCT radiation inside the endoscope have to be minimized to avoid
detector saturation, preferably to lower than -60 dB of the incident beam intensity. If a
backreflection occurs at a location within an OCT depth range from the zero-delay point of the
interferometer, the backreflection will create a coherent signal which appears in the image,
compromising its quality. 1310 nm OCT has a typical sensitivity of 120 dB and therefore even
weak reflections within the depth range will be amplified by interference with the reference arm.
A possible solution in this situation is to set the zero-delay of the interferometer deep in the
tissue instead of within the endoscope sheath as usual, to prevent shadowing artifacts caused by
the extra lines.
In an endoscope, backreflections commonly occur at the lens-to-air or air-to-sheath interface,
and they can be reduced significantly by preventing the beam from hitting the surface
perpendicularly, by angle-polishing the lens surface or using a non 45° oriented mirror. With
some swept-source based OCT systems (in particular MEMS-based laser, such as the ones from
Axsun Inc.), even backreflections occurring further away than a coherence length from the zerodelay point can give rise to partially-coherent interference because of the phenomenon known
as coherence-revival. A common solution is to “displace” these backreflections away from the
coherence window, but only incoherent addition to the signal (which is then removed by the
balanced detection as DC component).
With 1310 nm based OCT, a commonly achievable imaging depth in biological tissue is about
1.5 mm, and it is, therefore, recommended to aim at an endoscope working distance of 0.5 mm
from the outer sheath, with a Rayleigh range of about 0.25 mm, to obtain good signal over the
depth range.
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In vivo PS‐OCT of animal lungs
With characterization
of polarization distortions

Abstract
A polarization sensitive endoscopic optical coherence tomography (PS-OCT) system with a
motorized distal scanning endoscope is demonstrated. It employs a passive polarization delay unit
to multiplex two orthogonal probing polarization states in depth and a polarization diverse
detection unit to detect interference signal in two orthogonal polarization channels. Per depth
location, four electro-magnetic field components are measured that can be represented in a
complex 2x2 field matrix. A Jones matrix of the sample is derived, and the sample birefringence is
extracted by eigenvalue decomposition. The condition of balanced detection and the polarization
mode dispersion are quantified. A complex field averaging method based on the alignment of
randomly pointing field phasors is developed to reduce speckle noise. The variation of the
polarization states incident on the tissue due to the circular scanning and endoscope sheath
birefringence is investigated. With this system, we demonstrated imaging of ex vivo chicken
muscle, in vivo pig lung and ex vivo human lung specimens.

Based on: Jianan Li, Fabio Feroldi, Joop de Lange, Johannes M. A. Daniels, Katrien Grünberg and Johannes F. de Boer;
“Polarization sensitive optical frequency domain imaging system for endobronchial imaging”; Optics Express 23(3),
3390‐3402 (2015).
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3.1 Introduction
Optical coherence tomography (OCT) is an optical imaging technique which can acquire noninvasive high resolution cross sectional images in real time [16]. OCT imaging has been proven
particularly effective for clinical diagnosis in ophthalmology [101]. The combination of OCT and
endoscopy, namely endoscopic OCT, is a significant leap that broadens the application of OCT to
hollow organs [67, 102, 103]. The recent development of endoscopic OCT towards smaller, faster
and functional [77, 79, 104-108] and multimodal systems [94, 98, 109-111], further provides clinicians
with improved contrast for more comprehensive and accurate diagnosis.
Polarization sensitive OCT (PS-OCT) is an extension of conventional OCT that in addition to tissue
structure can image tissue birefringence to provide extra tissue specifying information, making it
a promising functional extension of conventional OCT [48, 112-119]. Endoscope based PS-OCT
[120] is a relatively new area which encounters several challenges. One notable issue is how to
mitigate the polarization state changes when light travels through an optical fiber in the rapidly
scanning endoscope [121].
In this chapter, we demonstrate a polarization sensitive endoscopic OCT system with a distal
scanning miniature endoscope. Structural and Jones matrix based phase retardation images are
acquired of ex vivo chicken sample, in vivo pig lung and ex vivo human lung specimens. Technical
issues such as complex field averaging and polarization state stability are also discussed in depth.

3.2 Materials and methods
Experimental setup overview

Figure 3.1 | Illustration of the PS-OCT setup
A swept-source laser is sampled by a fiber Bragg grating (FBG), which acts as a trigger for the system. A MachZehnder-like interferometer with transmission reference arm and a sample arm with a PDU and a circulator (C).
The PDU introduces a delay between P and S polarization separated by a polarizing beam splitter. Two
polarization controllers allow the imaging optimization procedure. A polarization diversity detection module
(PDDM) allows separate balanced detection of orthogonal components of the polarization state.

The diagram of the endoscopic PS-OCT system is shown in Figure 3.1. A 99/1 coupler is added
between the swept source (Axsun Technologies Inc., 1310nm 50kHz) and the interferometer to
split a tiny portion of light to the fiber Bragg grating (FBG, O/E land Inc.). The FBG reflects at 1266
nm, providing a phase stable A-line trigger to the data acquisition card (Alazar Technologies Inc.,
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ATS9350). A passive polarization delay unit (PDU) similar to those reported by [122, 123] is added
to the sample arm to multiplex two orthogonal incident polarization states in depth. With such
multiplexing, the effective imaging range is 2.5 mm, coming from the fact that the 5 mm ranging
depth is multiplexed over two polarization states. We employed single mode fiber (SMF28)
throughout the system. The fiber length in the reference arm and the sample arm are matched
within 1 centimeter range to minimize chromatic dispersion. The length of optical fiber and the
electrical cable of the k-clock signal were carefully matched to eliminate the dispersion caused by
the combination of a different propagation delay to the data acquisition board of these signals
and the non-linear wavenumber sweep.
The bulk-optic polarization diverse detection unit is replaced by a compact polarization-diversity
receiver module (Finisar Corp., Sunnyvale, CA, USA). The unit splits the reference and sample arm
light into orthogonal components before interfering the sample and reference arm light. The
orthogonal interference channels are coupled into graded index multi-mode fibers (GI-50) to
minimize the insertion loss [124, 125]. The wavelength-dependent splitting ratio of the micro-optic
assembly is low, allowing for balanced-detection at relative high reference arm powers (Figure 3.2).
A similar unit has been reported by Lee et al. [126] for fixing the variation of OCT image intensity
due to the change of polarization states during imaging.
We quantified the flatness of the balanced spectra by a dimensionless ratio r. For each detector:

(3.1)

Where angled brackets denote averaging over wavelength,
optical power difference after the balanced receiver, and

is the wavelength dependent
is the sum of the averaged power

received by the two input leads of the balanced receiver during the wavelength sweep of the 50%
duty cycle. Since the power of the backscattered light in the sample arm is far lower than the power
of the light in the reference arm,

is completely dominated by the reference arm power (1.7

mW). For the horizontal (H) and vertical (V) detectors, the ratio r was 0.005 and 0.004, respectively.
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Figure 3.2 | Balanced spectra of reference arm input
Vertical axis: Balanced power at the receiver. Green trace: spectrum acquired by the horizontal (H) channel;
Magenta trace: spectrum acquired by the vertical (V) channel.

It has been demonstrated that polarization mode dispersion (PMD), i.e., the difference in the
propagation characteristics of light waves with different polarization states, can cause blurring of
the OCT structural image and can lead to significant artifacts in birefringence images [127-129].
Moreover, the so-called second order PMD has wavelength dependence [130]. The optical
circulator is a known cause of PMD [128], thus we converted the reference arm from reflection-type
to transmission-type to eliminate one circulator. We evaluated the PMD in the system by
monitoring the evolution of the Stokes vector as a function of wavelength [128] for a simple
reflector. The angle spanned by the trace of the Stokes vector in the Poincare sphere is jointly
determined by the differential group delay (DGD)

and bandwidth of the source

as:
(3.2)

is related to wavelength sweep range

through:

Accordingly, the DGD is:
(3.3)
With a Thorlabs CIR1310 optical fiber circulator in the sample arm, we measured approximately
(Figure 3.3), resulting in a DGD of
to a broadening of the interference peak

(roundtrip). This quantity corresponds
with n the refractive index of water

and the factor 2 accounting for the roundtrip. This is smaller than the nominal depth resolution of
the system, which was measured to be 15.6 µm (FWHM) in the air, giving 11.7µm in tissue (n=1.33).
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Zhang and Villiger introduced a 0.087 ps DGD to study the effect of DGD on polarization sensitive
imaging [128, 129], and concluded that a PMD smaller than the axial resolution was not a serious
issue. Therefore PMD correction [128] or mitigation [131] was not included.

3

Figure 3.3 | Trace of the polarization state of the PS-OCT sweep
Stokes vector representation of the evolution of a reflected state from the sample arm as a function of
wavelength, rendered through open access MatLab code [132]. Blue trace: state 1; Red trace: state 2.

The procedure for calibrating the polarization controllers prior to imaging was as follows:
1. Control the polarization controller in the reference arm to equalize the power received by
detector H and V;
2. Connect the endoscope into the sample arm, control the polarization controller before the PDU
to equalize the power going into the two orthogonal incident states. Here the peak height of the
reflection on the endoscope surface is a good reference.
The PS-OCT setup provides a total of four electric fields, the two multiplexed states mapped on
the two detection channels (H1,2and V1,2), are recorded for each sampling point.
The motorized distal scanning miniature endoscope is identical to the one described in [77] where
different versions are available for animal and human use. A home-made motor driver drives the
scanning at 3120 rpm, i.e., the B-scan rate is 52 fps.

Complex field averaging
To reduce speckle noise and improve the output of the polarization sensitive measurement, we
explored a complex electric field averaging technique. Several averaging methods have been
suggested previously, either on Jones matrices or Stokes vector, or other parameters that relate
to birefringence [99, 133-136]. A difficulty lying at the core of field averaging techniques is the socalled global phase [134, 137, 138], which comprises the randomness of multiple sources of phase
instability. Such sources include phase fluctuation in the reference and sample arms and the fact
that photon scattering happens at arbitrary locations within the axial resolution, giving the
reflected field an arbitrary phase. Recently we derived the exact form of the global phase for the
determinant of the complex Jones matrix; however, the global phase determined from the
determinant of the complex Jones matrix suffers from a π-ambiguity which needs further treatment
[138]. Therefore, we developed an averaging approach where the field components are treated as
phasors. The sum of the four complex field components of each pixel is aligned with the positive
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real axis before averaging. The angle

of the phasor sum H1+H2+V1+V2 is determined as:

(3.4)

while the complex field components

and

are aligned by multiplying with

Figure 3.4

illustrates the concept of this method. Birefringence changes the relative angle between the field
components, and therefore a key precondition is that the birefringence only slowly changes the
relative phase angles among these complex field components over the averaging area, which is
generally valid. After the alignment, the same field components of the Jones matrix of neighboring
pixels share similar phase angles. A field averaging relatively local in both the axial and lateral
direction can be performed to improve the SNR of the measured fields.

Figure 3.4 | Diagram of field phasor alignment represented in complex space
For each sampling point, there is a field matrix E consisting of four field phasors. (a) The neighboring points
have similar relative phase angles between these phasors, though global phase adds random rotation on all
of them. (b) By aligning the vector sum of the four phasors to the positive real axis, the neighboring phasors
are aligned correspondingly. The colored arrows represent field phasors. The dashed arrow represents the
vector sum of the four phasors.

The ability to average field components provides more flexibility, later on, e.g., to have a higher
degree of averaging for the surface of the tissue to achieve a more reliable reference surface state
for the tissue birefringence calculation.
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Figure 3.5 | Graphic representation of the absolute phase of each field
Absolute phases of H1+H2+V1+V2 components of a B-scan measurement, before (a) and after (b) phasor
alignment. The grayscale ranges from -π to +π. It can clearly be seen that before the alignment the phases are
totally random while after the alignment the phases have only slow variation due to the tissue birefringence.

To demonstrate the effect of global phase correction the phasor method was applied to a
measurement of fresh chicken. Figure 3.5 shows images of the phase angle of the four electric
phasors before and after applying the global phase correction. It is seen that after the alignment
the global randomness of the phases is eliminated, leaving only the effect of tissue birefringence.
The phasor sum alignment approach is similar to the ones proposed by Yasuno [134] and Braaf
[99], except that we do not define a moving kernel and not choose a reference pixel with highest
SNR. The alignment is applied at once to all pixels.

Image processing algorithm
The data from horizontal (H) and vertical (V) detectors are processed frame by frame. The mean
trace of 960 A-lines composing a single frame is firstly subtracted from each trace to remove DC
background and fixed pattern noise and a cosine tapered window is applied. To compensate for
chromatic dispersion, the required phase function was determined from the reflection signal on
the surface of the endoscope sheath beforehand and applied here. The 1024 points trace is then
lengthened to 4096 points by zero padding and Fourier transformed into an A-line. The positive
frequency part of the A-line is divided in the middle to separate the two incident polarization
states. Since this does not guarantee pixel-to-pixel alignment of the two states, a cross correlation
is applied to calculate the mismatch and a circular shift is applied to the second field to correct the
mismatch. The surfaces of the endoscope sheath are searched based on their geometrical feature.
Then the random phase correction and field averaging as described above were implemented.
To determine the round trip retardation of the tissue, we use the Jones formalism that has been
widely used [139]. The incident field matrix
described by the total Jones matrix

evolves to

as

Thus,

Here

roundtrip sample Jones matrix for signal scattered at a depth of z.

and

is the

are inbound and

outbound system Jones matrices. It is obvious that at the surface of the sample
Therefore,
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matrices,

has

the

same

eigenvalues

as

denoted

as

and

Sample

birefringence can be determined from the eigenvalues as
The surface of the endoscope is chosen as the reference surface to determine electric fields at the
surface of the sample. 6x6 points field averaging is applied for the whole image, while 10x6 points
averaging (lateral x axial) is applied for the reference surface. The structural OCT image is
processed with the determinant method described earlier in [138] for better SNR, plus a 4x4
median filter to reduce speckle noise.

3

Change of polarization state incident on the tissue
With the polarization sensitive detection unit and the above stated sample surface referencing
method, we expect that the change in incident polarization state during imaging is not an issue
for both the intensity image and the birefringence image. Nevertheless, we quantified the changes
of the surface polarization state to compare it with the proximal scanning endoscope [140]. For
both the inner and outer surfaces of the endoscope sheath, the Stokes parameters Q, U, and V of
the two incident states are recorded for a full B-scan. The results are shown in Figure 3.6.

Figure 3.6 | Stokes parameters and Poincare sphere representation of polarization states reflected by the
endoscope sheath
Measured Stokes parameters and trace of Stokes vectors for a whole B-scan (960 A-lines) for Fresnel reflection
signals on the inner (a) and outer (b) surface of the sheath. Blue trace: PDU state 1; red trace: PDU state 2.

The surface polarization states for the inner and outer surface of the endoscope sheath differed
significantly. First of all, the fiber in the sample arm is static during scanning (see Figure 3.7).
Therefore, the polarization state changes with respect to the inner surface reflection must be
attributed to birefringence changes that are caused by the change of the orientation of the
reflective mirror mounted on the motor. The phase shift between the two polarization states
reflected from a metallic surface is a well-known effect [141]. The amount of phase shift depends
on the complex refractive index of the surface substrate of the mirror, the incident angle of the
beam, and the relative angle of the polarization plane with reference to the mirror. The maximum
difference of the phase shifts occurs when the beam is incident at 45 degree, which approximates
the situation in our endoscope. However, the azimuthal scanning of the mirror constantly alters the
relative angle of the two polarization planes for the beam coming out of the GRIN. Consequently,
a variation emerges for the polarization states measured at the inner surface of the endoscope
sheath. For the outer surface of the sheath, a certain amount of birefringence of the Pebax material
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must be added into the model, together with the above stated phase shift resulting in a variation
that draws a bigger loop on the Poincare sphere.

3
Figure 3.7 | Schematic diagram of the optics of the endoscope.
For simplicity, accessorial holders and motor wires are not shown. Polarization state changes occur
predominantly at A: reflection on a metallic mirror; and B: propagation in Pebax sheath. S is represents the
South pole of the motor magnet while N the North pole.

For endoscopic imaging the outer surface of the sheath usually is in contact with the tissue, causing
refractive index matching condition. Therefore the Fresnel reflection from the outer surface is
usually weaker than that from the inner surface. This could be a practical reason for using the inner
surface as the reference surface for determining tissue birefringence [136]. However, as it can be
seen above, the endoscope sheath itself can have considerable birefringence. Accordingly, using
the inner surface risks from introducing artifacts to the tissue retardation measurement. The use of
the outer surface will not suffer from the endoscope sheath birefringence. Moreover, we
empirically measured 40 dB and 36 dB SNR at the inner and outer surfaces in one of our experiment
where the endoscope closely contacted with human bronchus tissue, which suggests the SNR
difference is not crucial. Hence, we always choose the outer surface as the reference surface,
combined with field averaging to improve the SNR of the surface polarization states.
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3.3 Results
Before carrying out an animal test, we first verified the system by imaging a fresh chicken sample.
The sample was covered by cling film and wrapped around the endoscope. It contains both
muscles and tendons. Figure 3.8 shows the intensity image and phase retardation images with and
without prior complex field averaging. It can be observed that the averaging does reduce the
speckle noise and improve the visibility of the image. The averaging procedure was implemented
in all subsequent images.

3

Figure 3.8 | PS-OCT images of ex vivo chicken muscle and tendon
(a) OCT intensity image; (b) phase retardation image without field averaging; (c) phase retardation image with
field averaging. For the phase retardation images, the grayscale ranges from -π to +π. The motor wires block
the position between 5 o'clock and 6 o'clock.

An in vivo imaging test with a live pig was then conducted (Figure 3.9). The entire system was built
in a mobile cart and transported to the animal operation room. The pig was anesthetized and
imaged by bronchoscopy. The OCT endoscope was inserted through the biopsy channel of the
bronchoscope and images were acquired with manual pull-back at a speed of approximately 1
mm/s. A layered structure, which mainly consists of the layers of epithelium, lamina propria,
cartilage and submucosa, can be visualized on the structural OCT image. Meanwhile, the phase
retardation image indicates regions with strong birefringence.
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Figure 3.9 | PS-OCT image of in vivo pig bronchus
(a) OCT intensity image; (b) phase retardation image. The motor wires block the position between 9 o'clock
and 10 o'clock. EP: epithelium, LP: lamina propria, SM: submucosa, CA: cartilage. IS/OS: Inner/Outer surface
of the endoscope sheath.

The images acquired in ex vivo human bronchi specimen provide similar information (Figure 3.10).
For this test, the system was transported to the autopsy room in the university hospital. The
endoscope reserved for human research was used. Lung specimens were obtained from a 67-year
old female with no recorded lung diseases. Several specimens were imaged on site. The manual
pull-back speed was also about 1 mm/s. To further understand the structural image and pinpoint
the tissue that exhibits strong birefringence, histology is necessary, which was not available for the
imaged section.

Figure 3.10 | PS-OCT image of ex vivo human bronchus
(a) OCT intensity image; (b) phase retardation image. Left: structural image. The position between 5 o’clock
and 6 o’clock is blocked by the motor wires.
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3.4 Conclusion
In this chapter, a polarization sensitive OCT system with a distal scanning endoscopic endoscope
is demonstrated. Technical aspects including balanced detection, polarization mode dispersion,
and variation of incident polarization states are characterized. To reduce speckle noise and
improve the quality of phase retardation measurement, a complex field averaging approach was
adopted. This approach is relatively simple and takes effect globally for the whole data set.
Biological samples such as ex vivo chicken, in vivo pig bronchus and ex vivo human lung
specimens, are scanned for both structural and phase retardation images. The phase retardation
images show correspondence, indicating strong birefringence exits in certain layers in bronchus
tissue. To understand such correspondence in depth, further investigation with histology
correlation is needed. Nevertheless, we believe that endoscopic PS-OCT will open up a new route
in image based diagnosis of lung disease.
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Abstract
Remodeling of tissue, such as airway smooth muscle (ASM) and extracellular matrix, is considered a key feature
of airways disease. No clinically accepted diagnostic method is currently available to assess airway remodeling
or the effect of treatment modalities such as bronchial thermoplasty in asthma, other than invasive airway
biopsies. Optical coherence tomography (OCT) generates cross-sectional, near-histological images of airway
segments and enables identification and quantification of airway wall layers based on light scattering properties
only. In this study, we used a custom motorized OCT probe that combines standard and polarization sensitive
OCT (PS-OCT) to visualize birefringent tissue in vivo in the airway wall of a patient with severe asthma in a
minimally invasive manner. We used Optic Axis Uniformity (OAxU) to highlight the presence of uniformly
arranged fiber-like tissue, helping visualizing the abundance of ASM and connective tissue structures.
Attenuation coefficient images of the airways are presented for the first time, showing superior architectural
contrast compared to standard OCT images. A novel segmentation algorithm was developed to detect the
surface of the endoscope sheath and the surface of the tissue. PS-OCT is an innovative imaging technique that
holds promise to assess airway remodeling including ASM and connective tissue in a minimally invasive, realtime manner.

Based on: Fabio Feroldi, Joy Willemse, Valentina Davidoiu, Maximilian G.O. Graefe, Dirck van Iperen, Annika
W.M. Goorsenberg, Jouke T. Annema, Johannes M.A. Daniels, Peter I. Bonta, and Johannes F. de Boer; “In
vivo multifunctional optical coherence tomography at the periphery of the lungs”; Biomedical Optics Express
10 (6), 3070-3091 (2019).
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4.1 Introduction
Over the past two decades, optical coherence tomography (OCT) has become a widely adopted
optical imaging technique in ophthalmology, cardiology, gastroenterology, and dermatology
[142]. Interventional pulmonology has not yet experienced widespread adoption of the technique.
Several experimental research groups have demonstrated imaging of the airways in a clinical
setting with small to medium-size cohorts. In particular, OCT has been used to investigate lung
cancer [143-146], which is revealed in OCT images by the loss of the usual layered structure of the
airway wall. Long-ranging anatomic-OCT has been developed to measure the diameter of the
upper airways and assess respiratory issues such as sleep apnea [147-149]. OCT has attracted
particular interest for the study of airway wall remodeling which is a crucial feature of chronic airway
diseases [150, 151]. Notably, Adams et al. showed that polarization-sensitive OCT (PS-OCT) can
reveal the presence of airway smooth muscle (ASM) in the airway wall, suggesting that it may be a
valuable tool for assessing tissue remodeling in asthma patients [152, 153]. Other studies
augmented the imaging capabilities of OCT by demonstrating OCT and autofluorescence based
angiography [93, 154, 155], while others used PS-OCT to highlight the presence of fibrosis [119]
and collagen [84]. OCT is attracting interest for the study of lung diseases due to the ability to
acquire high-resolution cross-sectional images during minimally invasive procedures [156].
In this chapter, we demonstrate a multifunctional OCT platform that provides novel information
on the airway wall using intensity, attenuation coefficient (AC), dynamic OCT (DOCT), and PS-OCT
images with a distally scanning catheter in vivo, in humans. A novel automated segmentation
algorithm based on the degree of polarization uniformity (DOPU) and intensity OCT images is
presented. An algorithm to compensate for polarization mode dispersion (PMD) in catheter-based
images improving PS-OCT imaging is described. A metric called optic axis uniformity (OAxU) is
presented for highlighting fiber-like structures. The setup is demonstrated by the acquisition of
images of the airways, scanning from distal to proximal, of a severe asthma patient that was
scheduled for a recently-developed endoscopic severe asthma treatment called bronchial
thermoplasty [157-159]. In this context, OCT, and in particular PS-OCT, seems to be a promising
modality for minimally-invasive assessment of airway remodeling (e.g., ASM and collagen content)
and the impact of bronchial thermoplasty on the airway wall structure [160].

4.2 Methods
PS‐OCT imaging system
Figure 4.1a shows the diagram of the imaging system, which has been described in Chapter 3.
Light from a swept-source laser with a central wavelength of 1310 nm, bandwidth of 90 nm, and a
sweep rate of 50 kHz (Axsun Inc., Billerica MA, USA) is split into a sample and reference arm of a
modified Mach-Zehnder interferometer. In the sample arm, a polarization delay unit (PDU) creates
two depth-encoded polarization states, orthogonal in the reference frame of the lab [161]. A
circulator relays the OCT light from the PDU to the catheter and finally to the polarization diversity
detection module (PDDM). The transmission reference arm configuration avoids the use of a
second circulator, which is known to exhibit considerable polarization distortions [131]. A fiberbased PDDM (Finisar Corp., Sunnyvale, CA, USA) recombines the sample and reference arm and
splits the orthogonal polarization components into four output leads for balanced detection,
synchronized by an optical A-line trigger and a built-in k-clock.

Distally scanning OCT endoscope and disinfection procedure
Figure 4.1b-c present a drawing of the catheter used in this study that has a distally-scanning
design, similar to the one presented by Li et al. [84]. A single mode fiber was angle-cleaved at 8º
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and glued to a 0.5 mm diameter custom GRIN lens with both facets polished at 8º and a working
distance of 1.5 mm (GRINTECH GmbH, Jena, Germany). An alternating current micromotor, with
a diameter of 1 mm, was built in-house with double wound 90 µm diameter copper wire coils
around the motor housing. A micromagnet with an axle running through its longitudinal axis is
encapsulated in the motor housing. The axle is held in place by two bearings that are part of the
housing, allowing the magnet to rotate freely inside the housing. The alternated current running
though the wires induces a variable magnetic field that actuates the magnet by aligning its poles
to the field, in turn causing the rotation of the magnet-axle construct. The doubled wound coil
increased the torque on the magnet compared to our earlier implementation [84] and resulted in
a more reliable rotation. A 300 µm wide reflective microprism (Edmund Optics, Barrington NJ,
USA) was glued on the motor axis to reflect the light to the tissue. The microprism was glued at an
angle of 48º to avoid specular backreflections from the catheter sheath, which would saturate the
detectors. The axial resolution of the OCT system is 12 µm in tissue (assuming a refractive index of
1.4). The full-width-at-half-maximum spot size of the beam exiting the catheter is 13 µm.
The multifunctional OCT catheter was designed and constructed to be reused several times. The
hygiene requirements for pulmonology equipment are less stringent than, e.g., cardiovascular
catheters, and therefore disinfection of the catheters suffices for use in the lungs, compared to
sterilization and single-use required for imaging arteries. The outer sheath was medical grade
pebax (PEBAX 7033 SA 01 MED, Arkema, Colombes Cedex, France). Tubing made of a semi-rigid
polymer (Peek) was used to protect the optical fiber inside the sheath and provide sturdiness. The
catheter was filled with a clinically compatible polymer (PDMS) to fix fiber, wires and the GRIN lens
in place, and to further increase the sturdiness, improving maneuverability and resistance to
damages. The outer diameter of the catheter was 1.35 mm over the full length of 120 cm. A
technician and hygienist of the Amsterdam University Medical Center inspected and approved the
OCT catheter. After every use, the catheter was cleaned with a mixture of water and soap, wiped
with an ethanol-wet gauze, and finally disinfected by a standard washing device for bronchoscopes
(WD 440, Wassenburg Medical B.V., Dodewaard, The Netherlands), after being placed in a metal
wire basket.
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Figure 4.1 | Diagram of the PS-OCT imaging system, motorized OCT endoscope, and custom micromotor
(a) Diagram od the PS-OCT system. Light from a swept source laser is sampled by a fiber Bragg grating (FBG)
to provide an A-line trigger. The light is split into the two arms of a Mach-Zehnder interferometer made of a
reference arm with a transmission delay line and a sample arm containing a PDU that introduces a delay
between P and S polarization states. A circulator (C) redirects the light to the endoscope, inserted in the lungs
through the working channel of a standard bronchoscope. Light from the sample arm interferes with the
reference arm light in a monolithic polarization diversity detection module (PDDM), which separates the light
into orthogonal polarization components (P and S) on separate balanced detectors. PCs are polarization
controllers. (b) A schematic of the OCT endoscope, a Peek tubing holds the single-mode fiber glued to the
GRIN lens in place. The focused light is directed to the tissue by a 48º angled mirror mounted on the axle of a
micromotor. The rotation of the motor creates a circumferential scan that allows reconstructing an OCT B-scan.
S and N represent the magnetic poles of the magnet placed at the core of the AC motor. (c) cross-section of
the custom micromotor. Two electrical wires are double-wound around the housing of the motor, which
contains a free-to-rotate magnet with an axle held in place by two conical bearings. (d) photo of the endoscope
tip. (e) zoom-in of the endoscope tip. The copper wire that was double-wound on the motor is visible. The
distance between markers is 1 mm.

DOPU calculation
In an interferometer, only the common polarization component of reference and sample arm
interfere, meaning that the measured fringes always correspond to fully polarized light. When light
propagates through birefringent or scattering media, its polarization state changes. DOPU is a
metric that measures the uniformity of the reflected polarization state in a portion of space. Several
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algorithms have been developed to calculate DOPU [162-165], with one of the most commonly
used being:
(4.1)

4

where I is the intensity of the OCT backscattering at a certain location in the cross-sectional scan,
and Q, U, and V its Stokes vector component obtained from the measured electric fields. The
brackets indicate spatial averaging, over a kernel, sized 3x7 pixels (axially and azimuthally,
corresponding to 21 µm and 2.63°), which has the effect of blurring the image. The DOPU was
calculated for each depth-multiplexed polarization state independently, and the two results were
averaged to obtain the DOPU used in the following steps.
In this chapter, DOPU was not found to carry significant diagnostic information, but it revealed to
be an ideal starting point for segmenting the inner surface of the OCT endoscope. Moreover, it
provided a straightforward method to identify locations associated with the presence of alveoli.
These structures have peculiar characteristics, namely increased backscattering at the tissue-to-air
interfaces due to non-matching refractive index and weak backscattering due to the absence of
scatterers within the alveoli. The DOPU in these areas is lower because of the increased
contribution of noise in the low scattering areas. As demonstrated in Figure 4.2f, the areas within
the orange and the cyan rectangles have similar OCT intensity. However, the corresponding DOPU
image in Figure 4.2c shows a considerably lower DOPU for the area in the orange rectangle, due
to the presence of alveoli. A threshold value of DOPU of 0.7 was empirically found to isolate the
alveoli from the image. This step was particularly useful to facilitate the retrieval of PMD
compensation parameters, which relies on the presence of uniformly arranged fiber-like structures
and the exclusion of areas subject to depolarization.

Segmentation of OCT endoscopic images
We developed a robust 3D automated algorithm to precisely segment the inner and outer edges
of the endoscope sheath, the motor wires, and the surface of the airway lumen using both DOPU
and intensity images. We used the segmented features to enable the PMD compensation and to
improve the display of the cross sectional images.
The segmentation routine used Dijkstra’s algorithm [23], which finds the shortest path linking
nodes in a graph by searching the minimum value among the eight nodes neighboring a node.
The graph was constructed starting from a DOPU or an intensity image, in both cases a cross
section presented in polar coordinates.
Due to the blurring effect of the spatial averaging kernel, the catheter sheath structure appears as
a continuous feature in DOPU images, which facilitates the detection of the inner edge of the
catheter sheath. To find the inner edge of the catheter sheath in the first B-scan (n = 1), a 50 pixel
thick region-of-interest (ROI) of the DOPU image is set by manual input of the upper boundary
chosen by visual inspection. The ROI of the nth DOPU image is obtained by selecting a region
extending 15 pixels upwards and downwards from the OCT catheter inner sheath edge from the
nth-1 image.
In order to segment the inner edge of the catheter sheath, we computed the y-directional gradient
of the DOPU image, where y- direction is defined as the depth direction. Secondly, we apply the
shortest path search algorithm on the 50-pixel ROI of the y-directional gradient of the DOPU image
where the catheter sheath inner surface is expected to be. To find the shortest path, the gradient
image is transformed into a graph. The algorithm adds two extra nodes with zero cost before the
first and after the last A-line of each image. These additional nodes act as a source and sink of the
graph, therefore avoiding the manual endpoints selection. Once the minimum cost path is
computed, the path is retrieved in the image domain, effectively segmenting the feature.
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Once the inner edge of the catheter sheath is segmented, the bundled motor wires (which feed
current to the motor placed at the tip of the catheter) can be localized by summing the DOPU
values between the inner sheath surface (blue line in Figure 4.2c) and the top edge of the image.
The maximum value of this integral gives an approximation to the motor wire center location. The
wire edges are then localized by finding the leftmost and rightmost local maxima of the DOPU
integral image in a window of 300 pixels around the wire center location.
The outer edge of the catheter sheath and the upper surface of the lungs are not segmented using
DOPU images because of excessive blurring. Instead, intensity images are used in the second part
of the algorithm to exploit the full resolution of the images. The outer edge of the catheter sheath
is found by selecting an ROI in the intensity image, which extends 30 pixels below the inner sheath
surface (see Figure 4.2d). The boundary of the outer edge of the catheter sheath is detected by
using Dijkstra’s algorithm on the gradient of the ROI of the intensity image. To find the tissue
boundary, an ROI in the intensity images is selected, starting from one pixel below the outer
surface of the catheter until the end of the imaging range. This ROI is normalized between its
minimum and the maximum values. Subsequently, this ROI is denoised by applying an isotropic
total variation (TV) algorithm [166], with a regularization parameter set to 50% of the ROI’s standard
deviation. Afterward, the denoised ROI is converted into a binary image using a threshold of 0.45.
From each binary image, areas which contain zeros smaller than 50 pixels are set to ones. Finally,
the lung boundaries were segmented by finding the first non-zero value from the top of the binary
image for each A-line (see Figure 4.2f). Examples of segmentation from three B-scans along the
pullback are shown in Figure 4.2g-i, from distal to proximal locations. In Figure 4.2g the lung tissue
is almost always adherent to the outer catheter sheath, with some mucus visible next to the wires.
Figure 4.2h shows a frame from the middle of the pullback, where the lumen is larger than the
endoscope, and therefore the tissue appears detached. Some mucus is visible next to the wires,
but the tissue is nonetheless correctly segmented. Figure 4.2i displays a B-scan from the end of
the pullback where the lumen is larger than the OCT imaging range, and therefore it is not visible,
apart for a faint aliased image.
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Figure 4.2 | Demonstration of the segmentation algorithm on OCT cross-sections shown in polar coordinates
(a) Manual selection of the window for the first frame of the volume. The top boundary is chosen by visual
inspection of the DOPU image of the first frame (cyan rectangle). (b) The area is isolated, and the inner sheath
surface is segmented with a graph-based shortest path algorithm. (c) Segmentation of the inner sheath surface.
The motor wires are detected from the integral of the DOPU image between the top edge of the image and
the inner sheath surface (blue line). (d) A binary mask was obtained by selecting the pixels comprised between
5 and 35 pixels below the inner sheath. (e) Segmentation of the outer sheath. (f) The area above the segmented
outer sheath and behind the wires is ignored and the segmentation algorithm to find the lung surface is applied.
(g-i) Examples of segmentation of OCT B-scans taken from different locations along the volume. The solid
orange rectangle and the dashed cyan rectangle in c and f show areas associated with alveoli and submucosa,
respectively.

Algorithm for PMD compensation in endoscopic PS‐OCT images
The polarization distortions induced by optical fibers are detrimental to PS-OCT imaging. Some
publications over the past few years have been directed to mitigate [131] or correct [99, 128] PMD,
which is caused by dispersion of the polarization state of the light when propagating through an
optical fiber. PMD is particularly noticeable because of the broadband nature of OCT light, the
considerable length of fibers involved in endoscopic imaging systems and the use of circulators,
which are known for exhibiting strong PMD [131]. In this chapter, we use an adaptation of a PMD
compensation algorithm developed for ophthalmic imaging by Braaf et al. [99]. Before the
application of the PMD compensation algorithm, the spectra were corrected for chromatic
dispersion, and a Hann window was applied. The autocorrelation of a B-scan was calculated as
where S(k) represents the measured interferograms. This operation was averaged
over the whole cross-section, yielding two peaks, one at zero frequency and one at the frequency
corresponding to the depth delay ∆d between the depth encoded polarization states introduced
by the PDU [167]. The depth delay ∆d was determined with subpixel accuracy by determining the
center of mass of the autocorrelation peak. To precisely align the electrical fields corresponding
to the depth-multiplexed polarization states, a phase ramp with slope -2π·∆d was applied to a copy
of the interferograms. Both copies of the spectra were then translated to depth domain via Fourier
transformation and roll-off compensated. The top half of each matrix contained the electric fields
corresponding to the depth encoded polarization states. DOPU and intensity images were
produced and used to segment the inner and outer surfaces of the catheter sheath, and the wires
location. The PMD compensation algorithm was carried out in the Jones formalism.
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The first step of the PMD compensation algorithm is finding a unique calibration region, used to
determine the PMD-induced distortions caused by the imaging system and correct for them in all
the B-scans of the acquired volume. Three B-scans separated in time by 100 frames were selected
from the second half (more proximal part) of each C-scan, because the distal region contained
more alveoli, which are depolarizing. From each of these B-scans, three consecutive 100 A-lineswide regions were selected starting from the edge of the motor wires’ shadow, yielding 9 regions.
The region with the highest quality parameter (described below) was chosen as the PMD
calibration region for the whole C-scan.
Analogous to Braaf et al. [99], the detected E-field

can be modeled in Jones formalism as

follows:
(4.2)
with Ein the polarization state exiting the laser source,

the Jones-matrix for the optical path from
the Jones-matrix of the

the laser to the GRIN lens facet inside the catheter,
rotating mirror with angular position θ inside the catheter,
plastic sheath,

the round-trip sample matrix and

the Jones-matrix for the catheter

the matrix representing the optical path

from the GRIN lens facet to the detectors.
As introduced in Ref. [99], the PMD-compensation is performed in two steps. The algorithm is
summarized in Figure 4.3. The first step aims at the elimination of the matrix

The four

complex depth-domain signals (two orthogonal polarization detectors and two depth-multiplexed
polarization states) of each region are translated back to the wavenumber domain. Each spectrum
is binned into 15 overlapping Gaussian-shaped bins and each Fourier-transformed to depth
domain. The electric fields corresponding to the previously segmented catheter sheath outer
surface were selected for each bin, yielding
whole wavenumber-spectrum,

By interpolating the 15

over the

was obtained, which is modeled as:

(4.3)

Here, the matrix [1,0;0,-1] represents the surface reflection at the catheter outer wall (or as in Ref.
[99] the sample surface reflection). The influence of the mirror rotation is causing the surface state
to change periodically and induces phase wrapping of the surface state at specific locations in the
B-scan. Since the surface state was calculated over three adjacent segments of 100 A-lines, the
surface state

from a segment which did not show any phase wrapping was chosen. The

inverse of the obtained
matrix

is multiplied to the field measured from the sample to eliminate the

:
(4.4)

where the reflection matrix and the matrix

were included in the matrix

It is noteworthy

that the matrices surrounding Js are canceling only for the same location on the catheter sheath,
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which was approximately achieved by limiting the analysis to a segment of 100 adjacent A-lines
(corresponding to 37.5° of prism rotation). The left side of equation (4.4) becomes the identity
matrix when the field Eout(k) corresponds to the surface of the sample, which was required by the
PMD compensation algorithm [99].
In the second step of the PMD compensation, an additional correction matrix
through eigendecomposition [99] and applied together with

is derived

to the spectra of an evaluation

B-scan according to the equation in Figure 4.3. Modeling the optical fibers as pure retarders
(therefore assuming negligible diattenuation), their Jones matrices are unitary and belong to the
SU(2) group. Therefore, the matrix on the left side of the equation (4.4) and the inner matrix

of

the right side of the same equation share the same eigenvalues. Eigendecomposing the left side

4

of the equation allows reconstructing the birefringence properties of
The local phase retardation image obtained through the algorithm explained in section 4.2.6 was
then calculated, and only for pixels with a DOPU higher than 0.7 the local phase retardation values
were plotted in a histogram. A quality parameter QP was calculated as the ratio between the height
and full-width-at-half-maximum (FWHM) of the histogram peak. In the experimental data, most
tissue pixels represent non-birefringent tissue. Therefore the FWHM is mostly dominated by the
noise floor of the local birefringence in tissue. Consequently, QP increases when the retardation
noise floor is reduced, increasing the SNR of the birefringence images, which is the objective of
the algorithm. QP was measured for each PMD compensation region, and the region that showed
the highest QP was chosen to correct the PMD in the whole C-scan.

Figure 4.3 | Flow chart of the PMD compensation algorithm
The boxes in green represent operations in the wavenumber domain, while the boxes in blue operations in
depth-domain. The orange boxes represent Fast Fourier Transforms (FFT). All the operations were performed
in post processing.

Stokes formalism‐based birefringence extraction
While the PMD compensation algorithm described in paragraph 4.2.5 is based on Jones formalism,
the birefringence properties have been extracted using Mueller-Stokes formalism. Villiger et al.
[168] pointed out that Mueller matrices and Stokes vectors allow easier spatial averaging because
they are real quantities. Despite being able to obtain equivalent results, Jones-based algorithms
require proper management of the global phase for spatially averaging the complex Jones vectors
and matrices. Instead of converting the measured Jones vectors into Stokes vectors, we combined
the four measured complex components in a 2x2 matrix and converted it into a Mueller
measurement matrix, also called Jones-Mueller matrix. First, the polarization properties of a
segment of tissue are isolated from the ones of the rest of the tissue and the PS-OCT system by
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multiplying a Jones-Mueller matrix
from location
matrix of location z, yielding the matrix M:

to the inverse of the Jones-Mueller
(4.5)

The phase retardation is then extracted from the differential Mueller matrix m. Assuming that the
the differential Mueller matrix can be calculated
sample is homogeneous over a small depth
as the matrix logarithm of the Mueller matrix. To speed up the calculations, the matrix logarithm
was computed using an approximation [168]:
(4.6)

where I is the 4x4 identity matrix.
Azzam [169] showed that the birefringence around the Q, U, and V axes is represented by a subset
of the off-diagonal elements of the differential Mueller matrix in a first-order approximation:

(4.7)

where the first and second number indices indicate row and columns of the matrix . The major
advantage of this algorithm is that its output is a 3D vector whose direction represents the
orientation of the sample optic axis in Poincare space while its magnitude
corresponds to the amount of phase retardation induced by the sample. The local retardation was
measured over a distance of 55.8 µm in tissue (assuming a refractive index of 1.4). The local
retardation (birefringence) images are displayed in the range [0 1] radians to maximize the contrast,
, corresponding to [0
according to

0.51]°/µm in birefringence units according to:

or

[0 2.5∙10-3]

where n is the medium refractive index and λ0 the central wavelength

of the OCT beam.

Quantifying optic axis uniformity
The optic axis (OA) orientation of a birefringence sample can be determined with PS-OCT. The
round-trip nature of the measurement restricts the measurement to the QU plane of the Poincare
sphere. However, due to the birefringence of the fibers, the measured sample optic axes appear
on a tilted plane on the Poincare sphere. Rotating this plane back on the QU plane introduces a π
ambiguity because two equivalent rotations bring the optic axes plane to the QU-plane, implying
that generally only the relative OA orientation is shown [44]. Tissue that is arranged in a fiber-like
structure, e.g., collagen and muscle, typically exhibits form birefringence. If the fibers are oriented
in the same direction, the OA will show consistent orientation throughout the sample. In this
chapter, we used a simple metric that evaluates the uniformity of the sample OA [170], previously
described in a similar form by Yamanari et al. [171]. The OA orientation was determined from the
direction of the real three-dimensional vector extracted as in 4.2.6. By evaluating the spatial
uniformity of the normalized vectors over a small portion of the sample, the optic axis uniformity
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(OAxU) was extracted as:

(4.8)

where

and are the components of the vector

length of the vector

4

along the Poincare space axes and is the

while the angular brackets represent spatial averaging over a small volume.

Using this definition restricts the values of OAxU between 0 and 1. Determining the OA orientation
is particularly useful for highlighting areas of a sample with uniformly arranged fiber-like structures,
as pointed out by Adams et al. [152], so we suggest that OAxU could be an intuitive metric to
achieve this goal. Moreover, catheter-based PS-OCT systems require to account for the varying
polarization state impinging on the tissue throughout the catheter rotation, which complicates
retrieval of the OA orientation [153, 172, 173]. By choosing an appropriately sized averaging kernel,
a constant sampling polarization state can be assumed, circumventing the management of the
rotating surface polarization state. In this case, OAxU was calculated over a two-dimensional
spatial kernel sized 4x18pixels, corresponding to 26 µm in depth and 7˚ along the azimuthal
direction.

DOCT based on adjacent A‐line phase difference
DOCT is a popular method to highlight the presence of blood flow in OCT images. DOCT
measures the phase difference between interferograms acquired from the same location at
different points in time. Scatterers that have moved in that period create a phase shift of the
reflected field from that location. This method requires high phase stability to measure flow in
small blood vessels. In the case of endoscopic OCT, the preceding pivoting point and non-uniform
rotational distortions (NURD) introduce artificial axial and lateral motion, in turn leading to phase
jitter. These effects are strong in proximal scanning catheters, but there are nonetheless examples
of DOCT with such devices [154, 174]. To this end, distally scanning catheters are more suitable,
and examples of angiographic images produced with micromotor-based catheters have been
shown [83, 175].
To extract DOCT images, we corrected for the phase jitter in the axial direction of the images. In
our algorithm, the first step was combining the four measured fields into one by adding the
complex fields [137]. In the second step, each A-line
was multiplied with the complex conjugate
of its adjacent A-line, where denotes the angular location throughout the motor rotation.
After applying a binary mask to exclude low-SNR regions, the complex signals along the zdirection were coherently added for each angular location. In formula:
(4.9)
This method is equivalent to creating a weighted average of the phase because vectors (phasors)
with greater magnitude contribute more to the sum. The phase component of the phasor sum
was subtracted from each axial location of the complex phase-difference signal
compensating for bulk motion [34, 176]. Spatial averaging of the resulting fields was obtained by
convoluting the complex fields with a Gaussian kernel sized twice the optical resolution in both
dimensions.
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In formula:
(4.10)
This process guarantees a low noise floor in the phase-difference image. Finally, the square of the
of the signal was Gaussian filtered with a kernel size of twice the
phase component
resolution. A threshold of 0.63 rad was chosen to display the phase difference data as a binary
image overlapped with the PS-OCT images.

AC calculation
Images based on the depth-resolved AC of the tissue were produced to improve the interpretation
of images. Since the optical energy is not fully dissipated in the tissue and we did not incorporate
correction for beam shape and focus position [177-179], the AC images were used for qualitative
evaluation only. The calculation was based on the algorithm developed by Vermeer et al. [41],
which uses chromatic dispersion corrected and roll-off compensated intensity OCT images in
linear scale. According to equation 18 in Ref. [41], the AC µi of each depth location i is estimated
by dividing the intensity of each depth pixel I by the sum of the intensities of the pixels
underneath:

(4.11)

where ∆z is the distance between two consecutive depth pixels and the factor 2 accounts for the
double pass of the light into the tissue. Finally, the AC image was produced by taking the base-10
logarithm of the data and displaying them in an inverted greyscale ranging from 10-1.8 to 102.7 mm1
(45 dB range).

Imaging protocol patient criteria
This severe asthma patient participated in the TASMA trial (trial.gov number NCT02225392),. The
Ethics committee of the hospital approved the protocol. During bronchoscopy, OCT imaging was
performed in two basal segments of the right lower lobe. In short, after advancing the tip of a
therapeutic bronchoscope until the segmental airways, the OCT-catheter was inserted through the
working channel with an inner diameter of 2.8 mm (Olympus, Tokyo, Japan). After that, the OCT
catheter was advanced to the pleura and subsequently retracted by a manual slow-pull technique
for image acquisition. The slow pullback was repeated once over the same length of approximately
10 cm to create two image datasets of the same area.

Examples of histology of human airway wall
Human airway histological slides were obtained from patients that were scheduled for lobectomy
because of non-small cell lung cancer (Ethics approved; NL51605.018.14). Ex-vivo non-diseased
airways were dissected, sectioned and analyzed. Human airway histology sections are shown here
as a comparison for the (PS-)OCT images presented in the next section. 5 µm-thick histological
sections were stained with two different stains: hematoxylin and eosin (H&E) and ASM-specific
desmin. Figure 4.4a-b show an example of each type of staining. The main histological features of
human airways are distinguishable in H&E staining (Figure 4.4a), such as epithelium (cyan arrow),
basement membrane (grey arrow), lamina propria (pink arrow), and smooth muscle (blue arrow).
The red arrow in Figure 4.4a indicates a piece of cartilage. Desmin staining locates ASM, which
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appears as brown-colored parts of Figure 4.4b. The main histological features can also be
identified in OCT cross-sections acquired in vivo from a human bronchiole, as shown by Figure
4.4c-d, which present a traditional OCT intensity image and the AC image of the same frame.

4

Figure 4.4 | An example of histology of a human bronchus compared with cross sections acquired in vivo with
our OCT endoscope
(a) A) H&E staining of an airway cross section. (b) Desmin staining of an airway cross section. (c) OCT intensity
image acquired in vivo from a bronchiole of a severe asthma patient (not the same patient from which the
histological slides were obtained). (d) AC image of the same cross-section. In all images, the arrows indicate
the main histological features of the airway: epithelium (Ep.), basal membrane (BM), lamina propria (LP), airway
smooth muscle (ASM), and cartilage (Cart.). The scale bar in the histological images is 500 µm. The distance
between the dotted markers in the OCT images is 200 µm in tissue.
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4.3 Results
We acquired two pullbacks from two different segments of the right segmental bronchus (RB) of a
human lung, in vivo. First, traditional OCT images are compared to AC images to show the
potential of AC for artifacts-corrected structural imaging. Then, phase retardation and OAxU
images are compared to intensity and AC images to show the added benefit of PS-OCT imaging
for highlighting fiber-like structures in the lungs. The DOCT signal is added to the PS-OCT to help
to identify blood vessels. The images produced with the OCT catheter are shown in cartesian
coordinates to represent the actual geometry of the airway wall.

Comparison of OCT intensity images and AC images
The AC images calculated according to the method explained in section 4.2.9 provide a different
representation of the same information in typical OCT intensity images. In this section, OCT
intensity images are compared with AC images to show improved architectural contrast displayed
by AC images. Both types of images are shown on a logarithmic scale, with a -55 dB dynamic range
for the OCT intensity and [10-1.8 102.7] mm-1 for the AC images (dynamic range of 45 dB). The AC
units are not quantitative since the corrections of the catheter optical properties were not included.
InFigure 4.5, two frames from one of the pullbacks in the patient are shown. The OCT intensity
images suffer from artifacts caused by a non-uniform spatial distribution of tissue types with
different optical properties. The AC image shows superior contrast for deeper structures. A piece
of cartilage, indicated by the red arrows in Figure 4.5a,b, is more clearly visible in the AC images
because of the corrected shadowing artifacts and improved contrast between tissue layers by the
display of the local scattering properties. The generally improved contrast in AC images can be
appreciated from frame 197 to frame 259 of video 1.
In Figure 4.5c, what seems to be tissue with low attenuation causes some parts of the OCT image
to have a high intensity, as indicated by the light blue arrows. Since AC images display local
attenuation or scattering density, these artifacts disappear, as indicated by the light blue arrows in
Figure 4.5d. The tissue in the superficial areas indicated by the same arrows resemble folded
epithelial layers, typical of relaxed bronchioles, as shown in histological slides such as the ones of
Figure 4.4. It is noteworthy that these structures are almost indistinguishable in the intensity OCT
image (Figure 4.5c). These examples of folded epithelial layers are apparent in video 1 from frame
490 to frame 560 in the top half of the image.
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Figure 4.5 | Comparison of OCT intensity images and AC images extracted with the depth-resolved AC method
In all figures, the green circles represent the inner and outer edge of the plastic catheter sheath. The white area
on the right half of the images masks the area of tissue not optically accessible due to the presence of the
copper wires feeding current to the motor, obtained from the segmentation algorithm. The thin white lines are
A-lines excluded due to saturation of the photodetectors. (a,c) OCT intensity image of a frame along the in vivo
pullback in a patient with chronic asthma. (b,d) AC image of the same cross-section. The red arrows in a) indicate
artifacts that are partially obscuring a piece of cartilages, corrected by the AC calculation in b). The light blue
arrows in c) and d) point at areas where epithelial folds are present but only visible in the AC images. The
greyscale is [0 -55] dB for the OCT intensity images in a) and c), and [10-1.8 102.7] mm-1 for the AC images in b)
and d). The distance between the dotted green markers is 200 µm in tissue.

PS‐OCT and DOCT in vivo imaging of pulmonary airways
The retrieved PS-OCT show several features that are not visible in the OCT or AC images. Some
of these features are particularly striking in the OAxU images, which highlight the presence of
fibers oriented consistently in a small portion of tissue. Histological cross-sectional images of
airway walls reveal the presence of several types of tissue with fiber-like properties, such as ASM
and connective tissue layering the cartilage (see Figure 4.4). ASM is expected to show high OAxU
because of its consistently-oriented fibers. Cartilage is surrounded by a layer of connective tissue,
the perichondrium, which suggests that its presence will appear in retardation images as a ring of
high birefringence.
In this section, we present several exemplary frames from the OCT volumes, which are available as
supplementary material.
Figure 4.6and Figure 4.7 show two frames of the volume obtained in vivo from location RB8. The
blue arrows in Figure 4.6c,d indicate a layer of tissue with strong birefringence and high OA
uniformity, located about 200 µm from the lumen surface. The layer probably corresponds to ASM.
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The blue arrows in Figure 4.6a,b point at the same area in the intensity and AC images, but
delineating the same structures is significantly more difficult. However, the ASM layer seems to
show a reduced scattering coefficient and to be surrounded by two thin highly scattering layers,
visible in Figure 4.6b. The alveoli at the black arrow location in Figure 4.6a,b appear as lowscattering areas. The orange arrows point at large blood vessels, clearly visible from the strong
DOCT signal, which appears in red in Figure 4.6c,d

4

Figure 4.6 | Example of a cross section from a distal location along the in vivo pullback in RB8..
(a) Intensity OCT B-scan. (b) Corresponding AC image. (c) Birefringence-induced local phase retardation image
of the same frame. In red the DOCT signal. (d) OAxU of the same frame. The black arrows indicate alveoli. The
blue arrows point to a superficial birefringent layer, probably associated with the presence of ASM, which is
visible in the birefringence images, and more prominently visible in the OAxU images. In all images, the orange
arrows indicate a blood vessel. The green circles represent the edges of the plastic catheter sheath, as found
by the segmentation algorithm. The white area on the top left side of the images masks the area of tissue not
optically accessible due to the presence of the copper wires feeding current to the motor, while the thin white
lines are A-lines excluded due to saturation of the photodetectors. The intensity images have a greyscale
dynamic range of 55 dB, the AC images are shown on a logarithmic scale of [10-1.8 102.7] mm-1, the birefringence
images are shown between [0 4.0]°/µm, the greyscale range of OAxU images is [0 1], while the DOCT signal is
shown as a binary image above a threshold of 0.63 rad. The distance between the dotted green markers is 200
µm in tissue.

Figure 4.7 presents a proximal frame along the pullback in RB8, the same presented in Figure 4.4.
The red arrows in Figure 4.7 indicate two pieces of cartilage. These structures are lined by a layer
with high birefringence and OA uniformity (the perichondrium), as clearly visible in Figure 4.7c,d.
This layer is also more scattering than the content of the cartilage, as shown in Figure 4.7b. The
blue arrows indicate a layer which probably represents ASM, while the orange ones a blood vessel.
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Figure 4.7 | Example of a cross section from a proximal location along the in vivo pullback in RB8
(a) Intensity OCT B-scan. (b) Corresponding AC image. (c) Birefringence-induced phase retardation image of
the same frame. In red the DOCT signal. (d) OAxU of the same frame. The red arrows point at two large pieces
of cartilage, with their perichondrium appearing as a ring-like structure. The blue arrows point to a birefringent
layer, probably associated with the presence of ASM, which is visible in the birefringence images, and more
prominently visible in the OAxU images. In all images, the orange arrows indicate blood vessels, while the green
circles represent the edges of the plastic catheter sheath, as found by the segmentation algorithm. The white
area on the top left side of the images masks the area of tissue not optically accessible due to the presence of
the copper wires feeding current to the motor. The intensity images have a greyscale dynamic range of 55 dB,
the AC images are shown on a logarithmic scale of [10-1.8 102.7] mm-1, the birefringence images are shown
between [0 4.0]°/µm, the greyscale range of OAxU images is [0 1], while the DOCT signal is shown as a binary
image above a threshold of 0.63 rad. The distance between the dotted green markers is 200 µm in tissueue.

Figure 4.8 and Figure 4.9 show two frames of a pullback from a bronchiole located in RB9. Once
again, the PS-OCT images reveal several layers that are not easily discernible in the intensity OCT
and AC images. For example, the blue arrows indicate a contiguous birefringent layer, associated
with ASM, extending for a large part of the airway wall. The ASM layer appears surrounded by a
highly scattering thin lining in the AC image (Figure 4.8b). The dashed green arrows point at a
weakly birefringent superficial layer, possibly associated with the presence of elastin in the mucosa.
The red arrows indicate a piece of cartilage.
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Figure 4.8 | Example of a cross section from a distal location along the in vivo pullback in RB9
(a) Intensity OCT B-scan. (b) Corresponding AC image. (c) Birefringence-induced phase retardation image of
the same frame. In red the DOCT signal. (d) OAxU of the same frame. The solid red arrows point at a piece of
cartilage. The blue arrows indicate ASM, while the dashed green arrows a superficial birefringent structure of
unknown origin. In this frame, no blood flow was detected by our phase-resolved algorithm. In all images, the
green circles represent the edges of the plastic catheter sheath, as found by the segmentation algorithm. The
white area on the right side of the images masks the area of tissue not optically accessible due to the presence
of the copper wires feeding current to the motor. The intensity images have a greyscale dynamic range of 55
dB, the AC images are shown on a logarithmic scale of [10-1.8 102.7] mm-1, the birefringence images are shown
between [0 4]°/µm, the greyscale of OAxU images is [0 1], while the DOCT signal is shown as a binary image
above a threshold of 0.63 rad. The distance between the dotted green markers is 200 µm in tissue.

Two pieces of cartilage, whose perichondrium show the characteristic ring-like structure in the PSOCT images, are visible in Figure 4.9, indicated by the red arrows. The OAxU image once again
helps in highlighting an extended layer with high OA uniformity and birefringence, associated with
ASM and indicated by the blue arrows. The dashed green arrows point at a weakly birefringent
layer in the mucosa. A blood vessel is visible in the top left quadrant of the images.
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Figure 4.9 | Example of a cross section from a proximal location along the in vivo pullback in RB9
(a) Intensity OCT B-scan. (b) Corresponding AC image. (c) Birefringence-induced phase retardation image of
the same frame. In red the DOCT signal. (d) OAxU of the same frame. The red arrows indicate two pieces of
cartilage, while the blue arrows ASM. The dashed green lines highlight the presence of a shallow birefringent
layer of uncertain origin. A blood vessel is visible in the top left quadrant of the image. In all images, the green
circles represent the edges of the plastic catheter sheath, as found by the segmentation algorithm. The white
area on the right side of the images masks the area of tissue not optically accessible due to the presence of the
copper wires feeding current to the motor. The intensity images have a greyscale dynamic range of 55 dB, the
AC images are shown on a logarithmic scale of [10-1.8 102.7] mm-1, the birefringence images are shown between
[0 4]°/µm, the greyscale of OAxU images is [0 1], while the DOCT signal is shown as a binary image above a
threshold of 0.63 rad. The distance between the dotted green markers is 200 µm in tissue.
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4.4 Discussion
In this chapter, a reusable motorized OCT catheter was used for the first time to acquire in vivo
data from the peripheral bronchi of a human lung. Two volumes were acquired from a severe
asthma patient that underwent a baseline bronchoscopy before bronchial thermoplasty. Several
types of OCT contrast were extracted from the data, namely: OCT intensity images, AC images,
DOCT, and PS-OCT, showing both phase birefringence and OAxU images.
For the first time, AC images were used in airway lumens to correct for artifacts in the traditional
OCT images arising from the non-uniform distribution of scatterers across the lumen. Although
initially difficult to interpret due to their novelty, AC images provide superior contrast of the lung
airways compared to intensity images. In particular, epithelial folds are often only visible in the AC
images. Structures in deep locations are more prominent in AC images, which show alveoli and
cartilage with higher contrast compared to traditional OCT images, suggesting that AC images
might be a better method to show tissue structure in OCT images of the airways. Moreover,
corrected AC images might offer an additional foundation for discriminating different types of
tissue based on their attenuation properties.
The PS-OCT images highlight the presence of several layers of tissue in the airway wall, which are
not easily distinguishable in the structural OCT images. A metric that highlights the presence of
uniformly oriented birefringent tissue in a small portion of tissue, OAxU, was used for the first time
to delineate layers of ASM and connective tissue in the airway lumen, which can be analyzed in
more detail in the birefringence images. As already pointed by Adams et al. [152], identifying the
OA orientations provides a more robust way of highlighting the presence of ASM, compared to
birefringence images. OAxU simplifies this goal by circumventing the need of complex algorithms
that compensate for the rotation of the motor (or of the catheter in case of proximal scanning
setups) to find the absolute OA orientation, which was the objective of three recent publications
[153, 172, 173]. Since tissue remodeling affects the ASM in the airway wall, OAxU might be a
straightforward method to assess the effect of bronchial thermoplasty. Nevertheless, the OAxU
images require further investigation to improve the interpretation of this feature-rich modality.
Local phase retardation images add information by providing a measurement related to the
density of the fiber-like structures in the image.
The DOCT signal reveals large blood vessels close to the airway wall. The NURD of the OCT
catheter hampers the detection sensitivity of slow blood flow with DOCT. Good quality
angiography of the human airways has been shown exploiting blood autofluorescence [93, 180]. If
angiography is hypothesized to have diagnostic value for asthma, fluorescence detection could be
integrated into the OCT catheter using double-clad fibers as shown in [181].
Precise segmentation of the inner and outer surfaces of the catheter is crucial for performing the
PMD and axial bulk motion compensation algorithms presented in this work, therefore improving
the quality and reliability of the PS-OCT and DOCT images. Moreover, the segmentation allows
removing parts of the image that could be distracting, such as the area within the catheter sheath
and the area of tissue obstructed by the wires.
In conclusion, the setup and the algorithms demonstrated in this chapter further support the
suggestion that multifunctional OCT, and in particular PS-OCT, is an adequate tool in terms of
specificity, resolution, and field-of-view for the study of tissue remodeling in human airways. PSOCT imaging might qualify as a high-resolution real-time imaging technique to assess airway wall
tissue remodeling in chronic airways diseases, including asthma.
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for structural and molecular imaging
of tumors

Abstract
With the emergence of immunotherapies for cancer treatment, there is a rising clinical need to visualize the
tumor microenvironment (TME) non-invasively in detail, which could be crucial to predict the efficacy of therapy.
Nuclear imaging techniques enable whole-body imaging but lack the required spatial resolution. Conversely,
near-infrared immunofluorescence (immuno-NIRF) can reveal tumor cells and other cell subsets in the TME by
targeting the expression of specific membrane receptor with fluorescently labeled monoclonal antibodies
(mAb). Optical coherence tomography (OCT) provides three-dimensional morphological imaging of tissues
without exogenous contrast agents. The combination of the two allows molecular and structural contrast at a
resolution of ~15 µm, allowing to locate specifically a cell-type target with immuno-NIRF and to reveal the threedimensional architectural context with OCT. For the first time, combined immuno-NIRF and OCT of a tumor is
demonstrated in situ in a xenograft mouse model of human colorectal cancer, targeted by a clinically-safe
fluorescent mAb, revealing unprecedented details of the TME. A handheld scanner for ex vivo examination and
an endoscope designed for imaging bronchioles in vivo are presented. This technique promises to complement
nuclear imaging for diagnosing cancer invasiveness, precisely determining tumor margins, and studying the
biodistribution of newly developed antibodies in high detail.
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5.1 Introduction
Over the past two decades, immunotherapy has attracted interest as a potentially revolutionary
technique in cancer treatment. There are several immunotherapy strategies, for example, using
monoclonal antibodies (mAbs) to stimulate the body’s immune response to attack the cancerous
cells [53], inhibiting tumor growth by blocking receptors or growth factors with mAbs [182], or even
specifically deliver cytotoxic drugs to cancer cells with antibody-drug conjugates [183, 184]. To
predict treatment outcome or monitor treatment success, imaging techniques showing the
biodistribution of these mAbs in vivo are needed. In particular, assessing the degree of
heterogeneity of the tumor microenvironment (TME) and the interaction between immune cells
and tumor cells have been suggested as a prognostic marker [185]. Non-invasively diagnosing the
infiltration of a tumor into the mucosa and submucosa could be achieved by molecular imaging
using mAbs, therefore avoiding taking biopsies. Moreover, identification of the tumor margin and
real-time tumor specific imaging would help in image-guided surgery.
One approach is radioactively labeling the antibody and following its distribution with positron
emission tomography (PET) or single-photon emission computed tomography (SPECT). The
combination with morphological imaging provided by computed tomography (CT) or magnetic
resonance imaging (MRI) is particularly powerful because it allows the identification of the
anatomical location targeted by a mAb and provides the architectural context at a whole body
level. The limited spatial resolution of around 5 mm of PET and SPECT, however, does not permit
studying the TME in sufficient detail and to accurately define tumor margins, tumor invasiveness,
and the cellular composition of tumors. Moreover, PET and SPECT have a scan time of about 1
hour, prohibiting real time imaging for image-aided surgery. Finally, only one marker at a time can
be tracked with nuclear imaging. Optical techniques can overcome these limitations, such as
fluorescence imaging, which typically have a resolution in the order of microns, allowing imaging
at the (sub-)cellular level, have a typical scan time of a few seconds to minutes and allow imaging
multiple mAbs by using spectrally separated fluorophores. Although the penetration depth of light
in tissue is limited, most tumors originate at the epithelial layers of organs and are therefore in the
large majority of cases accessible through endoscopic imaging. Labeling mAbs with fluorescent
molecules for targeted imaging has been demonstrated in the early ’90s [186-188] and has gained
new interest for in vivo imaging with the development of conjugation-suitable near infrared
fluorophores [189-192].
Tumors in the lumen walls of organs such as colon, esophagus, and lungs, are accessible by
purposely-designed endoscopes. Technical advancements facilitated the progress towards
increasingly compact endoscopic optical coherence tomography (OCT)-fluorescence systems [85,
86, 90-92, 94-97, 193], in particular, the development of highly efficient double-clad fiber couplers
[87, 89]. To date, only two studies have combined OCT and immuno-fluorescence in an endoscopic
platform, but in both cases, the experiments were performed on excised tissue only. Liang et al.
[98] stained aorta tissue sections from rabbits with atherosclerosis with Annexin-Cy5.5 (excitation
peak 675 nm), which allowed identification of necrotic and inflamed regions. Scolaro et al. [194]
imaged excised mouse liver incubated with an EpCAM antibody conjugated to Alexa Fluor 488
(490 nm excitation peak), allowing identification of epithelial cells specifically. Several drawbacks
in using visible-region wavelengths were identified, including limited penetration depth,
conspicuous tissue autofluorescence [49], and reduced permitted illumination fluence. Most
importantly, none of these dyes is in the process of being translated into clinical use [195].
Compared to fluorophores in the visible range, excitation/emission peaks of IRDye800CW in the
near-infrared region (780/805 nm) ensure increased penetration depth due to reduced scattering,
and higher signal-to-background ratio due to the low autofluorescence of practically all tissues in
this spectral region [49].
In this chapter, we present in situ near-infrared immuno-fluorescence (immuno-NIRF) combined

72

5

Chapter 5 | Combined OCT and immuno-NIRF for structural and molecular imaging of tumors

5

with Optical Coherence Tomography (OCT) using a mouse model bearing human colon cancer.
We also present a galvo-based scanner for tumor ex vivo examination and an endoscope designed
to reach the human lung periphery in vivo. With its ~15 µm resolution, immuno-NIRF has the
potential to provide microscopic molecular contrast of the TME. OCT provides three-dimensional
structure at ~15 µm spatial resolution without additional exogenous contrast agents [16]. ImmunoNIRF and OCT complement each other by visualizing molecular contrast within the surrounding
tissue architectural context, in analogy to PET-CT or PET-MRI. The mAb labetuzumab, labeled with
a near-infrared fluorescent molecule and the PET isotope zirconium-89, provides whole molecular
body and local imaging by targeting the carcinoembryonic antigen (CEA), which is abundantly
expressed by colorectal cancer cells. The compound was administered intravenously in live mice
three days before imaging, for optimal targeting of the cancer cells. We used the near-infrared
cyanine fluorophore IRDye800CW because of its low toxicity, good brightness, and, most
importantly, the possibility of conjugating it inertly to antibodies [51]. Recently, IRDye800CW has
been the object of several clinical trials focused on intraoperative imaging [50, 59, 196-199],
showing its potential for clinical applications.

5.2 Materials and methods
We developed and assembled a custom-built optical setup and endoscopic scanner designed for
in vivo imaging in clinical and preclinical settings. In a virtually all-fiber implementation, the system
efficiently combined and separated OCT and NIRF signals using a double-clad fiber coupler.
Similar designs have shown the combination of OCT with fluorescence imaging [86, 90-92, 94, 95,
97, 193], laser tissue coagulation [200], near-infrared spectroscopy [111], and hyperspectral
imaging [201]. The design is versatile in the sense that it can be adapted to detect spectrally
separated fluorophores simultaneously, retrieve the tissue autofluorescence, or implement other
techniques such as white light spectroscopy.

Optical setup
A diagram of the combined OCT and NIRF setup is presented in Figure 5.1. Two scanning
interfaces were developed, a galvo-based “handheld” scanner and an endoscope designed for
imaging lung airways. The use of optical fibers ensures stable optical alignment and easy switching
between the handheld scanner and the endoscope. The OCT setup is based on a swept source
laser (Axsun Inc., Billerica MA, USA) centered at 1310 nm with a 90 nm bandwidth and 50 kHz
sweep rate. A single wavelength of the sweep reflected from a fiber Bragg grating (FBG) functions
as a main trigger for the whole system, synchronizing the OCT and NIRF data acquisition to the
scanners. A 90/10 beam splitter directs the light into two arms of a Mach-Zehnder interferometer
which features a circulator in the sample arm for increased sensitivity, and a spectrally-flat
polarization diversity detection unit (PDDM1310, Finisar Corp., Sunnyvale, CA, USA) for optimal
balanced detection. The signals from the balanced detectors (PDB430AC, Thorlabs Inc., Newton,
NJ, USA) are digitized by a high-speed acquisition card (ATS9350, Alazar Tech. Inc., Pointe-Claire,
Canada). The OCT system is combined with the excitation source for fluorescence via an SMF-28
fiber-based wavelength division multiplexer (WD6513A, Thorlabs Inc., Newton, NJ, USA), to
maximize 1310 nm throughput, at the cost of slight multimodal operation at the NIRF excitation
wavelength. In the NIRF system, light from a single mode diode laser (780CW Thorlabs Inc., NJ,
USA) passes through a cleanup filter (FF01-769/41-25, Semrock Inc. Rochester, NY, USA) before
being combined with the OCT light. The two signals are incorporated into the single mode core
of a double clad coupler (DC1300LEFA Castor Optics, Thorlabs Inc., Newton, NJ, USA). Singlemode illumination is necessary for OCT, and it simultaneously provides a focused excitation beam
for better imaging resolution of the fluorescence. The light is delivered to the sample via one of
the two scanning devices, either the DCF based endoscope or the ‘handheld’ scanner. The light
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scattered back from the sample is collected by both the single mode core and the inner cladding
of the DCF fiber. Being an interferometric technique, OCT requires single spatial mode detection,
and the DCF coupler ensures that the single-mode core light is not mixed with the cladding light
and efficiently transmitted (insertion loss <0.5 dB) between the input and output ports.
On the other hand, NIRF is an incoherent technique. Therefore it benefits from increased collection
efficiency by the large 105 µm diameter and 0.2 NA of the first cladding. The DCF coupler extracts
about 65% of the cladding light through the 200 µm multimode fiber port. After removing
undesired radiation (BLP830RE, cut-on wavelength 832.5 nm, Semrock Inc. Rochester, NY, USA
and FESH0900, cut-off wavelength 895.5 nm, Thorlabs Inc., Newton, NJ, USA) the light is coupled
into another 200 µm multimode fiber with a light-tight jacket to reduce collection of the ambient
light, finally reaching a single-photon avalanche photodetector (SPAD) set in photon counting
mode. The SPAD (SPCM-NIR, Excelitas Technologies GmbH, Wiesbaden, Germany) has a dark
count rate of 250 count-per-second and a maximum count-rate of 40 106 cps, with a detection
efficiency of 68% at 800 nm. The output of the SPAD is a series of TTL pulses that are recorded by
an acquisition module (PCIe 6259, National Instruments, Austin, TX, USA) and shown in real time
together with the OCT B-scans (cross-sections).

Figure 5.1 | Diagram of the combined OCT and NIRF optical system.
The optical system combines a single-mode fiber-based swept-source 1310 nm OCT setup with an all-fiber
fluorescence system based on continuous wave (CW) excitation at 780 nm. The OCT system is based on a
modified Mach-Zehnder interferometer that features a circulator (C) in the sample arm for increased sensitivity
and a polarization diversity detection module (PDDM) that splits the interference signals into S and P
polarizations before balanced detection. FBG: Fiber Bragg Grating, PC: Polarization Controller, DAQ: Data
Acquisition Card. An SMF-28 based wavelength division multiplexer (WDM) combines the OCT light with the
fluorescence excitation light of a bandpass filtered (BP) CW laser (780 nm). A double-clad fiber (DCF) coupler
delivers the light to the sample and ensures that the backscattered OCT light travels back to the interferometer
through its single-mode core.
Conversely, the collected cladding light is extracted into a multimode fiber (MM), filtered by a short-pass filter
(SP) and a long-pass filter (LP) to select the emission band of the fluorophore, and finally detected by a single
photon avalanche photodiode (SPAD). The DCF coupler can be connected to either an endoscope (i) for
imaging internal organs or a galvo-based scanner (ii) to image ex vivo samples or externally accessible organs.
The imaging endoscope features a micromotor at the tip to scan the beam circumferentially. The galvo-based
“handheld” scanner is composed of a reflective collimator to minimize focal shifts between the different
wavelengths, an X-Y galvo scanner pair, and an objective to deliver the light to and collect the light from the
sample.
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OCT‐NIRF endoscope design
We developed the DCF-based endoscope in-house, building on the design of a motorized singlemode fiber OCT endoscope described earlier [77, 84]. A diagram and pictures of the endoscope
are shown in Figure 5.2. We glued a DCF pigtail (SM-9/105/125-20A Nufern Inc., East Granby CT,
USA) to a GRIN lens (GRINTECH GmbH, Jena, Germany), angle-polished to minimize back
reflections. A 300 µm prism (Edmund Optics Inc., Barrington, NJ, USA) with an aluminum reflection
layer was glued to the axle of a 1-mm diameter micro motor assembled in-house. The angle of
incidence of the beam on the Pebax endoscope sheath (Arkema, Colombes Cedex, France)
throughout the rotation was designed to be always larger than 98˚ to minimize back reflections
detrimental to OCT imaging. The AC motor was actuated with two pi/2 shifted sinusoidal waves
at 52 Hz, provided by a custom built endoscope driver synchronized to the rest of the system
through the optical trigger of the OCT system.

5

Figure 5.2 | Diagram and picture of the combined OCT and NIRF endoscope.
(a) Schematic representation of the DCF-based endoscope. A GRIN lens focuses the light that is transmitted by
the single-mode core and scanned circularly by a motorized micromirror. The backscattered light is collected
by both the single-mode core and the inner cladding of the DCF. (b) Photo of the tip of the endoscope. The
distance between markers on the ruler is 1 mm.

OCT‐NIRF galvo‐based scanner
We developed a compact scanner that includes three main elements: a reflective collimator
(RC04APC-P01, Thorlabs Inc. Newton NJ, USA), a set of dual-axis galvo scanning mirrors (GVS002,
Thorlabs Inc. Newton NJ, USA), and a broadband telecentric optical objective (LSM03BB, Thorlabs
Inc. Newton NJ, USA). The benefit of using a reflective collimator over a lens is the reduction of
the focal shift between NIRF (800nm) and OCT (1300 nm) excitation, to the measured value of ~40
µm. The optical objective was chosen with an antireflection coating optimized for the 800 nm
region because the C-coating (optimized for the 1300 nm region) strongly absorbs the 780 nm
radiation. This choice comes at the cost of a noticeable absorption of the 1310 nm OCT radiation,
with a transmission loss of about 1 dB.

Characterization of photoluminescence in DCF silica fibers
The excitation light traveling through the single-mode core of the DCF generates
photoluminescence that radiates isotropically, allowing the large-NA cladding of the fiber to
collect part of it and guide it back to the SPAD detector. The photoluminescence spectrum was
measured by placing the facet of the multimode fiber of the DCF coupler in the focal plane of a
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Raman microscope with the same NA (Renishaw plc, Wotton-under-Edge, UK) while exciting the
fiber core with 1 mW of 780 nm light. The necessity of proper optical filtering of the background
was already pointed out by Wang et al. [202]. After characterization of the photoluminescence
spectrum, we used a longpass filter with a cut-on wavelength of 832.5 nm, which reduced the NIRF
signal but improved the signal-to-noise ratio (SNR) because of the diminished background. The
magnitude of this radiation increases with the length of fiber involved. We measured this
relationship by illuminating the fiber core with constant power and sequentially removing 10 cm
long segments of DCF. Because of the DCF coupler design, only the photoluminescence created
by the segment of DCF from the coupling region to the output port of the coupler is collected by
the MM fiber.

Characterization of NIRF detection limit and SNR
To demonstrate that avoiding the photoluminescence emitted by the silica fibers is crucial for
improving the signal-to-noise ratio, we measured solutions of IRDye800CW of increasing
concentration with two different filter settings. Based on the emission spectrum of IRDye800CW
(see Figure 5.3a), a long pass filter with cut-on wavelength at 805 nm (BLP785R, Semrock Inc.
Rochester, NY, USA) integrates most of the IRDye800CW emission, while also collecting a
significant amount of photoluminescence. In comparison, a long pass filter with a cut-on
wavelength of 832.5 nm (BLP830RE, Semrock Inc. Rochester, NY, USA) integrates about one-sixth
of the emitted fluorescence but allows significantly less photoluminescence to be detected. In
both cases, a shortpass filter with 895.5 nm cut-off wavelength was used to reject the OCT light
effectively. We compared these filter settings by imaging serum solutions of IRDye800CWto
closely mimic the spectral characteristic of the dye in a real situation. For the galvo-based scanner,
we placed the focal spot of the objective about 0.5 mm below the surface of the solution and
scanned the mirrors over an area of 1x1 mm2. We varied the concentration between 0.3 nM and 30
nM, with an excitation power of 575 ± 5 µW. The endoscope was inserted in a sealed glass capillary
(1.5 mm internal diameter (ID), 1.9 mm outer diameter (OD)) to avoid contamination of the
endoscope and the motor was actuated at the imaging scan rate of 52 rotations/sec. The
concentration range was 10 nM to 1 µM, with an excitation power of 175 µW for the narrow band
filter combination (832.5 – 895.5nm), and 62 µW for the broadband filter combination (805 895.5nm). The excitation power for the broadband filter was reduced to avoid saturation of the
detector. For both scanners, 100,000 consecutive measurements with an individual integration
time of 20 µs were taken. The SNR in dB was defined as

(5.1)

where S is the average measured intensity in counts-per-second from the fluorescent solution, B
is the average measured intensity of a blank solution at the same power setting and its standard
deviation.

NIRF imaging resolution
Even though the first cladding of the DCF detects fluorescence, the NIRF optical resolution is
largely determined by the point-spread-function (PSF) of the beam originating from the single
mode core of the DCF. Indeed, only the molecules present in the volume illuminated by the singlemode core will fluoresce. Because of the different geometry of light illumination and collection in
the two scanners, the PSF of the NIRF signal was determined with two different phantoms. For the
endoscope, the PSF was measured by scanning a sparse suspension of fluorescent beads (Ex/Em
wavelength 715/755 nm, diameter 0.1 µm, F8799, Thermo Fischer, Waltham, MA, USA) in a viscous
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solution (polyethylene glycol-glycerol-water with ratio 50:10:40). A sealed transparent capillary
glass (ID 1.5 mm, OD 1.9 mm) was inserted in the suspension to function as a guide for the
endoscope, preventing it from coming in direct contact with the beads. The motor of the
endoscope was actuated at normal speed (52 fps), and the endoscope was pulled back through
the capillary at a speed of 0.2 mm/s to guarantee even sampling density in the two dimensions.
The PSF of several isolated beads in the NIRF image was measured by fitting a two-dimensional
Gaussian distribution, yielding an average PSF of 15 µm. For the galvo-based scanner, the
resolution of the NIRF channel was measured by imaging a fluorescent USAF target (#57-855,
Edmund Optics Ltd. UK, York, UK). The smallest feature that can be resolved was in element 1 of
group 5, corresponding to a full-width-at-half-maximum of 22.3 µm. The FWHM of the beam PSF
in the focus generated by the objective is specified to be 18 µm, but the core of the DCF does not
guarantee single-mode operation for the NIRF excitation wavelength preventing reaching the
theoretical PSF.

5

Animal Model
Three mice (age, 8-10 weeks; body weight, 22-28 gram; Envigo, Horst, The Netherlands) were
injected intraperitoneally (i.p.) in the pelvis with human colon cancer cells. Mice were kept in sterile
surroundings at 24°C and 60% humidity with standardized light/dark cycle and access to food and
water ad libitum.
Cell line: LS174T colon cancer cells (ATCC® CL-188™) were cultured in Dulbecco’s modified
Eagle's medium (DMEM Lonza BE12-709F, supplemented with 1% L-glutamine (Lonza BE17-605E)
and 10% fetal bovine serum (FBS; Gibco 10270) at 37 °C, 5% CO2. Two weeks before imaging, the
mice were anesthetized with inhalation anesthetics (isoflurane 2–2.5% and oxygen 0.45 volume %)
after which 1x106 cells in 300 µL culture medium without FBS were i.p. injected. After imaging with
PET-CT and with wide-field fluorescence imager, mice were sacrificed, and tumor tissue was
rapidly excised for further imaging. The freshly excised tumors were not fixed.
Animal experiments were performed according to the criteria and guidelines of European
Community Council Directive 2010/63/EU for laboratory animal care and the Dutch Law on animal
experimentation. The local committee of the Amsterdam University Medical Center approved the
experimental animal protocol.

Tracer synthesis and PET‐CT imaging
Labetuzumab is a complementarity-determining region (CDR)-grafted (humanized) CEA-specific
(CEACAM5) immunoglobulin G1 subclass monoclonal antibody that was kindly provided by Dr.
D.M. Goldenberg, Immunomedics, Inc. (Morris Plains, NJ) [203]. The compound [89Zr]Zrlabetuzumab-IRDye800CW was synthesized as described previously [51], with a radiochemical
purity > 95%. Mice were anesthetized using inhalation anesthetics (isoflurane 2–2.5% and oxygen
0.45 volume %) and injected retro-orbitally with 100 µg of compound (dose 1 MBq, injection
volume 100 µL). Three days after injection, the mice were placed on the integrated heating bed of
a PET-CT (Mediso nanoPET-CT, Budapest, Hungary) while monitoring respiratory function. A
computed tomography (CT) scan was performed for 6 min, followed by a PET scan of 60 min. PET
data were normalized, and corrected for scattering, randomization, attenuation, decay and dead
time. After that, mice were placed in a wide-field NIR fluorescence imager (In-Vivo Xtreme Imager,
Bruker, Leiderdorp, The Netherlands) with excitation and emission filters of 760 nm and 830 nm,
respectively for NIR fluorescence imaging for 5 sec. After imaging, the mice were sacrificed, and
all visible tumor lesions were taken out for ex vivo wide-field NIR fluorescence imaging.
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Optical imaging of human colorectal tumors in a xenograft mouse model
After imaging the mice in the PET-CT scanner and the wide-field NIR fluorescence imager, they
were sacrificed. After that, a small incision in the skin was made to insert the endoscope for
imaging. In this mouse xenograft model, the tumor masses spread across the peritoneum and
were not growing inside the lumen of a specific organ. While scanning with the endoscope, the
NIRF signal served as a reliable and fast guide, exhibiting a good signal-to-background ratio when
a tumor was in its proximity. Once a suspicious location was identified, the endoscope was pulled
back at a constant speed of 0.2 mm/s with a linear translation stage (A-LSQ150B, Zaber
Technologies Inc. Vancouver, BC, Canada) and about one thousand B-scans at a rate of 52 fps (960
A-lines per B-scan) were acquired. The acquired NIRF data were shown in real time in an en face
(coronal) image of the scanned area, giving immediate feedback.
Moreover, OCT B-scans were displayed continuously at video rate. After the acquisition of several
volumes, skin and peritoneum were cut open and the galvo scanner head was positioned above
the belly. The fast axis galvo mirror was run continuously providing video rate 1D NIRF and OCT
B-scans, which are particularly useful to position the focus at an optimal depth in the tissue. Also
in this instance, the NIRF signal was used as a navigation tool, thanks to its high specificity to tumor
locations. Once an interesting location was identified, full OCT C-scan (1000 B-scans of 1000 Alines) and 2D NIRF images (1000x1000 pixels) were acquired simultaneously. A live composition of
a NIRF en face image was displayed to give immediate feedback on the image quality. In this
chapter, the images are shown in inverted order with respect to the chronological acquisition
order, first the galvo scanner images of an excised tumor, then in situ galvo scanner images, finally
an endoscopic scan.

OCT‐NIRF data acquisition and image reconstruction
The measurements were performed in a regular room but with the ceiling lights off and blinded
windows. First, a background measurement for the NIRF and a reference arm-only measurement
for the OCT were taken. The incident power on the sample was measured before every scan. For
the endoscope, the incident power was 0.67 mW for the 780 nm NIRF excitation and 10 mW for
the 1310 nm OCT. For the galvo-based scanner, the incident power of the NIRF excitation band
was 1.0 mW and 9 mW for the OCT, due to the sub-optimal antireflection coating of the objective
we used. The raw OCT spectra were acquired equally sampled in k-space and Fourier transformed
to create A-lines as described previously [176], with the B-scans eventually displayed with a 55 dB
dynamic range. We chose to show the images in inverted grayscale because it improves the
visualization of lower-SNR details. The fluorescence raw data were converted into counts-persecond, and the factory-provided correction curve for the non-linear response of the SPAD was
applied. The data were displayed in grayscale en face images, with the lower bound of the
grayscale being the background and the upper bound 0.8 times the highest count rate of the
image, to maximize the dynamic range. Finally, we displayed the cross-sectional OCT B-scans with
the co-registered one-dimensional NIRF along the scanning axis to facilitate the identification of
the tumor lesions in the OCT images.

Automatic OCT B‐scan segmentation
A novel method based on shortest path search algorithm [204] was developed, using intensity OCT
B-scans in a rectangular format without advanced denoising procedures. After computing an
integral image and blurring it with a 12-by-12 average Gaussian filter, a vertical gradient (gz) was
calculated. Based on the vertical gradient, a cost function was determined as
(6.1)
Our algorithm was initialized automatically by adding two extra nodes with zero cost before the
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first and after the last A-line of each B-scan, acting as a source and sink of the graph. Finally, the
shortest path search to find the minimum cost path among its eight neighboring pixels was applied
and the air-to-tissue boundary was found. To precisely find the outer surface of the endoscope
sheath, two iterations were necessary. In some situations the tumor protruded considerably along
the axial dimension with respect to the rest of the tissue, causing the segmentation algorithm to
fail. Therefore, each B-scan was divided into subsections representing either tumor or other
tissues, using the tissue-to-tumor boundary determined by segmenting the en face NIRF image
with the Chen-Vese method [205]. Each subsection was segmented separately and then merged
to cover the whole B-scan.

5.3 Results
Characterization of photoluminescence in DCF silica fibers

5

The fluorescence excitation light propagating in a glass fiber generates photoluminescence,
increasing the background and reducing the SNR of NIRF. Figure 5.3(a) shows the
photoluminescence generated by 780 nm light propagating through a passive silica DCF
(Nufern SM-9/105/125-20A). From the spectrum shape, and the fact that it shifts with the
excitation wavelength (data not shown) we deduce that the main source of fiber
photoluminescence in this spectral region is Raman scattering. Its magnitude was
comparable to the fluorescence signal collected from the sample and therefore severely
affected the SNR. The intensity of the Raman radiation, normalized by the optical power,
increased linearly with the length of DCF, as shown in Figure 5.3(b). Noticeably, a weighted
linear fit of the data

does

not intercept the origin of the axes, meaning that a residual background signal occurred in
the DCF coupler. It is noteworthy that the distal scanning design of our endoscope would
allow placing a DCF coupler near the tip, therefore dramatically reducing the segment of
DCF giving rise to Raman background.

Figure 5.3 | Characterization of luminescence in silica optical fibers
(a) The 780 nm laser excitation linewidth (solid blue), the spectrum of the photoluminescence in silica DCF
fiber (dashed-dotted blue), and the emission spectrum of [89Zr]Zr-labetuzumab-IRDye800CW (dotted
blue) are shown on a normalized intensity scale. In orange the transmission curves of the optical filters;
BLP785R (dashed orange), BLP830RE longpass filter (dashed-dotted orange), and shortpass filter SH900
(solid orange). (b) The measured intensity of the photoluminescence for DCF segments of increasing
length (blue dots), normalized by the injected optical power, versus a linear-model weighted fitted line
(solid orange line). The error bars are not shown because they are too small to be visible).
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Determination of NIRF detection limit and SNR
We assessed the performance of the system by determining its sensitivity. The endoscope
exhibited significantly higher Raman background, due to the longer segment of DCF
involved: about 250 cm compared to about 30 cm for the handheld scanner.
Figure 5.4 shows that the narrow band filter ensures an SNR that is 3 dB better than with the
broadband filter for the galvo scanner, and 2 dB for the endoscope system. The figure also
shows the detection limit for the setup (defined as 3 dB SNR), namely about 0.3 nM for the
galvo scanner and about 10 nM for the endoscope.

5

Figure 5.4 | Log-log plot of the NIRF setup SNR.
(a) SNR of NIRF with the galvo-based scanner in the range 0.3 nM to 30 nM, shown on a logarithmic
scale. (b) NIRF SNR of the endoscope, in the range 10 nM to 1 µM, shown on a logarithmic scale. The
green dots represent the measurements done with filter BLP830RE, while the orange dots the ones
done with filter BLP785R. The narrowband filter BLP830RE ensures a higher signal-to-noise ratio for both
scanners, over the whole range of concentrations.

Galvo‐based scanner imaging
The immuno-NIRF-OCT images are presented in reverse order with respect to the chronological
acquisition order, to introduce them in comparison with the state-of-the-art whole-body imaging
tools. First in vivo PET-CT and wide-field NIR fluorescence images of one of the mice in the study
are presented (Figure 5.5a and Figure 5.5b, respectively). After sacrificing the mouse, the large
tumor visible in the center of the peritoneal cavity was excised and imaged with the wide-field NIR
fluorescence imager (Figure 5.5c) and successively with our galvo-based probe (Figure 5.5d), from
the opposite side because of the opposite geometry of the two scanners. The galvo-based NIRF
image is a collage of three adjacent scans. Although simultaneously acquired, OCT images are not
shown here to focus on the comparison with wide-field NIRF. In Figure 5.5e shows a magnification
of the marked red square in Figure 5.5d, which reveals the high level of detail that can be resolved
with our imaging system. The white areas (low concentration of mAb) are assumed to be segments
of connective tissue (stroma). The radioactivity of the excised tumor was measured with a
calibrated gamma counter, yielding a value of about 36.0 % injected dose/g. Using the molecular
weight of the compound (~151·103 g/mol) and the dose (100 µg) this value can be converted into
molar concentration, obtaining an average value of ~240 nM.
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Figure 5.5 | Comparison of wide-field imaging methods with semi-confocal immuno-NIRF
(a) PET-CT image of a mouse bearing LS174T colon cancer xenografts i.p. (b) A wide-field NIR fluorescence
image of the same mouse showing the accumulation of [89Zr]Zr-labetuzumab-IRDye800CW i.p. The
greyscale range is [5.0–12]∙106 photons/s∙mm2. (c) The large tumor visible in images (a) and (b) was excised
and imaged again ex vivo with the wide-field NIR fluorescence imager. The color-scale range is [4.2–58]∙106
photons/s∙mm2. (i.e., fluorescence background and maximum value). (d) The same excised tumor imaged
with our custom NIRF scanner. The tumor was imaged from the opposite side with respect to the wide-field
NIR fluorescence imager. The grayscale ranges from the background count rate to 0.8 times the maximum
count rate of the image, in numbers: [1.8–21.6]∙106 photons/s. (e) Zoomed-in view of the area marked by
the red square in (d) showing heterogeneity of the tumor. The connective tissue appears as white (lowfluorescence) areas. The greyscale range is [1.8–21.6]∙106 photons/s. All scale bars are 500 µm.

Figure 5.6 shows NIRF and OCT images acquired in situ in the mouse peritoneum, before
surgically extracting the tumors. The tumor was found by examining the surface of the exposed
belly with the handheld scanner. Figure 5.6a shows the en face NIRF image, while Figure 5.6b
shows the corresponding en face OCT image, obtained by integrating the OCT C-scan in the
depth dimension. The tumor was located next to the liver, which is visible on the left-hand side
of the images a) and b). The orange contour indicates the boundaries of the tumor based on
the NIRF image. Four examples of cross-sectional OCT images are shown in images Figure
5.6c-f, which correspond to the locations marked by the black lines in Figure 5.6b. The OCT Bscans show that the tumor protruded significantly from the liver and that the scattering
properties of the two structures are markedly different. For example, Figure 5.6c shows that
the liver structure is very homogenous, with only a blood vessel visible, indicated by the arrow.
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Figure 5.6 | Examples of in situ imaging with immuno-NIRF and OCT
(a) En face (coronal) NIRF image of a tumor located next to the liver of the mouse, which is visible on
the left side of the image. The tumor is delineated by the orange contour, segmented with a Chen-Vese
algorithm, which was used to increase the precision of the OCT segmentation by isolating the tumor
portions from the B-scans. The greyscale range is [0.8–9.4]∙106 photons/s (i.e., fluorescence background
and 0.8 times the maximum value). (b) En face OCT projection obtained by integrating OCT intensity
over a depth of 880 µm starting from the tissue surface. The liver is visible on the left side of the image.
The tumor is delineated by the orange contour obtained from a). (c-f) 1-D NIRF and OCT cross sections
of the locations marked by the green lines in a) and the black lines in b). The liver structure is remarkably
different from the tumor, which shows a higher degree of heterogeneity. Another tissue that was not
labeled by the mAb is visible on the right side of image (f). The OCT greyscale dynamic range is 55 dB.
The tissue surface was segmented from the OCT B-scans with an automated algorithm, which separated
areas of the tumor from other tissues because the tumor protruded significantly from the rest of the
sample. Scale bars are 200 µm.

The NIRF and OCT en face images shown in Figure 5.7a and Figure 5.7b, respectively, show
another example of a tumor found in the exposed belly of another mouse. The tumor shows a
structure of several lobes, which can also be recognized in the OCT en face image. A selection of
OCT B-scans reveal the structure of the tissue surrounding the tumor, for example, fat cells are
visible on the right-hand side of Figure 5.7c-d. Because the tumors in this mouse model spread
throughout the peritoneum and, for example, do not grow inside the lumen of an organ, it is
difficult to identify the surrounding tissue.
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Figure 5.7 | In situ NIRF and OCT images of a tumor located on top of the spleen of one of the mice of the study
(a) NIRF image of a tumor mass, showing that tumors developed in several lobes. The tumor is delineated by
the orange contour, segmented with a Chen-Vese algorithm. The greyscale range is [2.2–26.0]∙106 photons/s
(i.e., fluorescence background and 0.8 times the maximum value). (b) En face (coronal) projection of the OCT
scan constructed by integrating the C-scan over a depth of 700 µm starting from the tissue surface. The orange
contour obtained from a) delineates the tumor. (c-f) 1-D NIRF and OCT B-scans corresponding to the locations
marked with the green lines in a) and black lines in b). The OCT greyscale dynamic range is 55 dB. Scale bars
are 100 µm.
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Endoscopic imaging
Figure 5.8a shows a NIRF scan of a tumor where the vertical dimension corresponds to a full
circumferential scan of the motor, while the horizontal dimension is the pullback direction, from
left to right. Figure 5.8b shows the corresponding OCT en face representation. A selection of OCT
B-Scans with their corresponding NIRF is shown in c-h, taken from several locations along the
pullback direction, marked by the black lines in (a) and (b). Since the tumors in this mouse model
developed randomly across the peritoneum, i.e., not in the lumen of a specific organ, it is difficult
to recognize the healthy tissue surrounding the tumor area because it lacks the usual layers found
in the lumen of tubular organs.

5

Figure 5.8 | Combined NIRF and OCT endoscopic images of a tumor located in the peritoneal cavity
(a) and (b) show NIRF and en face OCT images of the tumor, respectively, unwrapped along the circumference
of the endoscope. The NIRF greyscale range is [1.1–3.5]∙106 photons/s (i.e., fluorescence background and
maximum value). The en face OCT projection was obtained by integrating OCT intensity over a depth of 500
µm starting from the tissue surface. The vertical axis represents the circumference of the endoscope; the
horizontal axis represents the pullback direction over a distance of 5 mm, from left to the right. Scale bars 200
µm. The tumor is delineated by the orange contour obtained similarly to Fig. (7) and 8. Figures. (c-h) show cross
sectional images taken from sequential locations along the pullback, indicated by the vertical green lines in a)
and the black lines in b), from left to right. The inner circles show the one-dimensional NIRF data surrounded
by the OCT cross sections segmented starting from the endoscope outer sheath. The white wedge of each Bscan masks the area of tissue blocked by the electrical wires. The distance between markers 0.5 mm.

5.4 Discussion
To the best of our knowledge, this is the first demonstration of in situ immuno-NIRF imaging of
tumors at this scale, in combination with structural imaging. The current tools that can image the
biodistribution of monoclonal antibodies labeled with IRDye800CWare all based on wide-field
fluorescence [50, 59-61, 196, 197, 206]. Wide-field fluorescence allows video-rate intraoperative
imaging, but it does not provide structural information, and it is limited in resolution, preventing
the sharp delineation of tumor boundaries. Our proposed immuno-NIRF-OCT method can
overcome these limitations, providing high-resolution molecular imaging and structural
information on the surveyed tissue.
The NIRF images revealed a high degree of heterogeneity of the tumor masses in all the mice.
This is particularly striking when these images are compared with the PET and the wide-field NIR
fluorescence images of the same masses, which do not reveal a similar level of detail. For example,
Figure 5.5d shows tracks of very low accumulation of the mAbs, assumed to be segments of the
stroma. Figure 5.5e reveals in high detail heterogeneity of the fluorescence. Moreover, there are
sparse locations of high accumulation of mAbs that seem smaller than the resolution of our device,
suggesting that the signal originates from a small group of cells. Although the perceived
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heterogeneity could arise from a non-receptor-saturating dose, the cell line used in this xenograft
model is known to form highly heterogeneous tumors [207], and therefore a non-uniform
distribution of antibodies is expected, even at high doses. Importantly, NIRF imaging also allows
direct identification of the tumor mass in the OCT cross sections, for example, in Figure 5.6c-e.
OCT imaging provides the tissue architectural context that helps in further distinguishing the
various tissues and possibly gives information on the tumor infiltration in the mucosa and
submucosa.
We envision the introduction of immuno-NIRF-OCT imaging as an addition to the current
nuclear/fluorescence imaging and a firm step to come to “non-invasive in vivo
immunohistochemistry,” allowing to study tumor responses to newly developed
immunotherapeutic antibodies at a scale that is not otherwise accessible. It would also enable
longitudinal studies within the same patient since endoscopic immuno-NIRF-OCT has the
potential to reduce the necessity of biopsy sampling. This could be very beneficial to unveil the
mechanisms at the base of resistance to immunotherapy for particular subgroups of patients. Since
immuno-NIRF provides an excellent contrast, it could aid in the diagnosis, provided that a suitable
mAb target can be found. Moreover, it would be interesting to attach spectrally separated
fluorophores to various mAb or ligands, opening the possibility to visualize antibody-ligand and
cell-cell interactions, not achievable with nuclear imaging. The NIRF-OCT endoscope was
designed to be inserted through the working channel of commercial bronchoscopes and deployed
to the site of interest in the central or peripheral airways, as an addition to the standard procedure.
Due to its small size, another possible application of the endoscope is bile duct imaging.
Importantly, the detection sensitivity of our setup suggests that antibody concentrations
anticipated in a person injected with a micro-dose of immuno-imaging agents can be detected,
which is important to facilitate the path towards use in humans. For instance, by quantifying the
uptake of immuno-PET tracers in tumors, it is possible to estimate the local concentration of the
injected antibody in a tumor, in humans [208]. By injecting a micro-dose of mAbs (about 4.5 mg in
an adult human, the molecular weight of a typical fluorescently labeled mAb is ~151·103 g/mol), a
typical accumulation of 0.020 % injected dose/gram can be expected in a tumor, translating to an
average mAb-PET tracer concentration of about 6 nM in a tumor. The sensitivity of our endoscope
is close to this target while the one of the galvo-based scanner is well within. As for more
immediate clinical applications, this platform would also allow to delineate the tumor margins with
high accuracy and to laser-mark its boundaries. The added value of the structural imaging provided
by OCT in this context is multifold. For example, one could assess the stage of
progression/regression of the disease by visualizing the degree of penetration of the tumor into
the mucosa and submucosa. Importantly, OCT could provide a means to determine the optical
properties of the tissue, helping to quantify the absolute intensity of the NIRF signal and in turn,
the antibody uptake. Finally, OCT can resolve the microvasculature network in three dimensions,
without exogenous contrast agents, providing valuable information on the tumor activity [209].
As for technical considerations on the quality of the images, the immuno-NIRF images generated
with the galvo scanner are superior to the endoscope ones. One reason is the background noise
generated in the fiber is increased for the endoscope, since the length of DCF is about 250 cm for
the endoscope, compared to about 30 cm for the galvo-based scanner. Also, the insertion and
transmission losses of the NIRF excitation and collection are higher in the endoscope by about a
factor of two. The endoscope includes miniaturized optical elements such as the GRIN lens and
an aluminum-coated microprism, which has a reflectivity of only 75% at 800 nm. From our
simulations, it appears that the collection cone of the cladding is slightly overfilling the mirror,
giving a sub-optimal collection efficiency throughout the rotation. Finally, the chromatic aberration
induced by the GRIN lens causes the NIRF beam to focus about 175 µm more superficially than
the OCT, leading to suboptimal excitation fluence deeper in the tissue. The DCF fiber affects the
galvo scanner (30 cm DCF) and endoscope (250 cm DCF) OCT images. Coupling of the

85

Discussion 5.4

backscattered OCT light transported through the DCF cladding into the single mode core at the
junction between the DCF coupler and the SMF exhibits different behavior because of the different
length of DCF involved. In the galvo scanner case, this cross-talk creates a semi-coherent image
that appears as an echo above the confocal OCT images, because of the lower refractive index of
the cladding. For the endoscope, the cross talk prevents shot-noise-limited detection because of
increased radiation reaching the photodetectors, but it does not create an echo because it falls
out of the coherence length of the laser.
In conclusion, immuno-NIRF-OCT enables minimally invasive imaging of tumors with high
resolution, complementing nuclear imaging by providing high definition molecular and structural
images of the TME.
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PS‐OCT of burn wound scars

Abstract
Obtaining adequate information on scar characteristics is important for monitoring their evolution and the
effectiveness of clinical treatment. The aberrant type of collagen in scars may give rise to specific birefringent
properties, which can be determined using polarization-sensitive optical coherence tomography (PS-OCT). This
pilot study aimed to evaluate a method to quantify the birefringence of the scanned volume and correlate it
with the collagen density as measured from histological slides. Five human burn scars were measured in vivo
using a handheld probe and custom-made PS-OCT system. The local retardation caused by the tissue
birefringence was extracted using the Jones formalism. To compare the samples, histograms of birefringence
values of each volume were produced. After imaging, punch biopsies were harvested from the scar area of
interest and sent in for histological evaluation using Herovici polychrome staining. 2D en face maps showed
higher birefringence in scars compared to healthy skin. The Pearson’s correlation coefficient for the collagen
density as measured by histology versus the measured birefringence was calculated at r = 0.80 (p=0.105). In
conclusion, the custom-made PS-OCT system was capable of in vivo imaging and quantifying the birefringence
of human burn scars, and a non-significant correlation between PS-OCT birefringence and histological collagen
density was found.

Based on: Mariëlle E.H. Jaspers*, Fabio Feroldi*, Marcel Vlig, Johannes F. de Boer,
Paul P.M van Zuijlen; " In vivo polarization-sensitive optical coherence tomography of human burn scars:
birefringence quantification and correspondence with histologically determined collagen density";
Journal of Biomedical Optics 22(12), 121712 (2017).
*these authors contributed equally.
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Introduction 6.1

6.1 Introduction
Obtaining adequate information on scar characteristics is important for monitoring their evolution
and necessary to evaluate the effectiveness of clinical treatments [210, 211]. Most of the scar
characteristics that can be distinguished (e.g., thickness, relief, pliability and surface
area/contraction) are largely affected by the aberrant type of collagen that is present in scars [212214]. Accordingly, treatment modalities are considered to influence the scar’s morphometry (i.e.,
collagen), and therefore it would be desirable to have a non-invasive imaging device, providing
absolute structural information on collagen.
Optical coherence tomography (OCT) is a low coherence interferometric technique whose
potential for high-resolution imaging (1 to 20 µm) of biological tissue at depths of up to 2 mm has
been demonstrated in the last two decades [215, 216]. With polarization sensitive OCT (PS-OCT),
the polarimetric properties of a sample can be determined. For example, when light travels
through a birefringent sample its polarization state changes [217]. By quantifying this change, the
magnitude of the birefringence can be assessed, which can be used as a parameter for the
differentiation of tissue types. This technique has been used to study the morphology of normal
and diseased skin [218-220]. Furthermore, wound healing has been studied non-invasively by PSOCT, and in burns, pre-clinical studies were performed to detect collagen denaturation in the
dermal skin layer, which is a potential optical marker due to thermally induced conformational
changes [221, 222]. After that, PS-OCT was applied in vivo to two pediatric burn patients and
showed the vasculature and birefringence as parameters for characterizing burn wounds [223].
In burn scars, the large quantity of unidirectionally aligned collagen fibers in the dermis [224] may
give rise to strong birefringence, which seems, therefore, a suitable structure to characterize with
a PS-OCT system, as done by Gong et alia [225]. In their clinical study, a commercial PS-OCT
system equipped with a custom made scanner was used to quantify the birefringence of scarred
tissue, in vivo. Despite the accurate removal of the tissue vasculature, the single-incident
polarization state nature of the system poses the challenge that it could become aligned with the
tissue optic axis, impairing the determination of the birefringence. Moreover, they used the slope
of the cumulated phase retardation to produce 2D en face maps of the tissue birefringence, which
requires not trivial operations to account for possible phase wrapping. Other studies from the
same group have exploited different kinds of non-PS-OCT contrast to assess burn wounds and
scars, such as attenuation coefficient [226] and quantification of the diameter and density of the
tissue vasculature [227].
The purpose of this pilot study was to extend these previous results by comparing PS-OCT results
with histological collagen assessment. To do so, a handheld probe and custom-made PS-OCT
system were used, measuring human burn scars in vivo. We developed a method to determine the
overall volume birefringence, reducing a large amount of data to a single number, allowing to
compare it with collagen density as measured by histological analysis.

6.2 Materials and Methods
Study design and patients
An experimental pilot study was performed at the Department of Plastic, Reconstructive and Hand
Surgery of the Red Cross Hospital in Beverwijk, the Netherlands. To be eligible to participate in
this study, a subject must meet all of the following criteria: age ≥18 years, suffering from a
(hypertrophic) burn scar and scheduled for excision of the scar. The exclusion criteria were: a
language barrier and/or pregnancy. The latter was determined by a pregnancy test in all women
before scanning. The regional medical ethics committee approved the study protocol with
registration number M014-033 (NL46182.094.14). In total 5 patients were included and all patients
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gave written informed consent.

OCT Imaging System
To provide robust imaging in the clinical setting, a single mode fiber based PS-OCT setup was
used (Figure 1). The system has been extensively explained in Chapter 3. In brief, the system
consists of a 1310 nm swept source laser (Axsun Technologies Inc., Billerica MA, USA), an optical
trigger, balanced detectors (PDB430C, Thorlabs Inc., Newton, NJ, USA), and a high-speed digitizer
(ATS9350, Alazar Inc., Pointe-Claire, Canada). The interferometer features a polarization delay unit
(PDU) to depth-multiplex two orthogonal polarization states, a circulator in the sample arm to
maximize sensitivity, and a fiber based polarization-diversity detection module (PDDM).

6

Figure 6.1 | PS-OCT system with a handheld probe
The optical engine is the same in Chapter 3 and Chapter 4. The OCT endoscope was replaced by a handheld
scanner. FBG: fiber Bragg grating. PC: polarization controller. C: circulator. PDDM: polarization diversity
detection module.

The handheld device is composed of a collimator, two galvo scanning mirrors and an objective
(LSM03, Thorlabs Inc., Newton, New Jersey, USA) to focus the light on the skin, all enclosed in a
POM-C plastic housing and window of N-BK7 glass (Figure 2). A sterile plastic cover (equipment
cover 17587, Microtek Medical B.V., Zutphen, the Netherlands) covered the whole module when
operating the device on the patient. The galvo mirrors were driven by analog signals delivered by
a home-built controller, synchronized with the OCT acquisition trigger signal. The scanning region
ranged 3 mm x 3 mm, consisting of 250 cross-sectional images (in the x-z plane), each comprising
2000 A-lines sampled in k-space with 1024 points. The phase retardation between orthogonal
polarization states caused by the tissue birefringence was extracted from the data following the
Jones matrix formalism [228]. A coherent signal composition was used to enhance the signal-tonoise ratio and contrast of both the intensity and phase retardation images [84, 229].
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Figure 6.2 | Handheld PS-OCT scanner
(a) Handheld probe components. When in function, an optical fiber was connected to the collimator and –
together with the electronic cables for driving the galvo mirrors – inserted in an umbilical cord. (b) Typical clinical
use of the handheld probe. The sterile plastic sheet covered the whole device.

OCT processing
We chose to extract local retardation values because they represent the morphology of the tissue
birefringence and simplify its quantification [220]. We based our algorithm on an implementation
extensively described by Makita et alia [230]. First, we matched in depth the detected electric fields
for the orthogonally polarized depth encoded incident fields, yielding a total of four complex
signals (two per incident polarization state) per spatial location. The global phase of each spatial
location was calculated from the complex sum of its four field components and consequently
subtracted from each field. This operation aligned the components in complex space, allowing
efficient spatial averaging of the individual fields by a Gaussian-shaped averaging kernel with a
size of twice the system resolution (z-direction: 32 µm with FHWM 16µm, x-direction: 40 µm with
FHWM 20 µm).
The local phase retardation was determined by comparing the measured complex electric fields
resolved at a certain depth z with the ones measured at a depth z+∆z, with ∆z corresponding to a
distance of 49.3 µm, assuming a tissue refractive index of 1.43.
By assuming the optical fibers of the system are pure retarders and that the tissue diattenuation is
negligible, one can eliminate the influence of the system itself on the measurement [217]. The
equation that describes the transmission of the electric field in the sample eventually becomes
[217, 230]:
(5.2)
Where the bold letters indicate complex matrices. Eout(z) and Eout(z+∆z) are the Jones vectors
measured at depth z and z+∆z, respectively. Jout(z) represents the Jones matrix that models the
OCT system as a pure retarder from depth z of the sample to the detectors. JS(z, ∆z) represents
the Jones matrix of the sample between the locations z and z+∆z.
Thanks to the property of similar matrices, the left side of equation (5.2) shares the same
eigenvalues of the inner matrix of the right side. By determining the absolute phase difference of
the eigenvalues, one can extract the phase difference cumulated by the OCT signal between the
locations z and z+∆z. This operation was repeated for every location with an SNR > 5 dB, providing
a cross-sectional map of the round-trip local retardation of the tissue. Finally, we de-noised these
maps by applying a twice-the-resolution sized Gaussian-shaped averaging kernel.
To provide an absolute measurement of birefringence, we then converted the local phase
retardation values into birefringence (∆n), using:
(5.3)
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Where n is the refractive index of the material,

is the round-trip local phase retardation, and.

.is the central wavelength of the OCT system.
To summarize the data in more intuitive 2D maps for clinical evaluation, we calculated the median
birefringence of each A-line and plotted it in a 2D en face image (see Figure 6.4b,c, and Figure
6.5c,d).
To reach our goal of providing a birefringence assessment of the whole scanned tissue volume,
we determined all the birefringence values in the volume and processed them in a single histogram
(See see Figure 6.4d and Figure 6.5e). We retained only the values with a birefringence higher
than 0.18x10-3 because lower values were associated with situations of poor contact between the
tissue and the plastic cover, that still had a high SNR because of the scattering induced in the
ultrasonic gel. The median birefringence was used as a single quantitative number characterizing
the total tissue volume birefringence. We finally compared this metric with the collagen density as
determined by histological analysis.

Measurement procedure

6

Two researchers (MJ and FF) performed the OCT measurements on the same day as the scheduled
excision of the scar. Before imaging, the scar area of interest was marked using a permanent
marker. The probe was covered with the sterile plastic bag, a sterile gel was applied on the
patient’s scar, and subsequently, the probe was gently placed onto the scar. The acquisition time
of an OCT scan was approximately 60 s per scar. Hereafter, the patient’s adjacent healthy skin –
serving as a reference standard – was imaged. In total, we acquired ten OCT scans: five burn scars
and five adjacent controls. After imaging, a punch biopsy of 3 mm in diameter within the scar area
of interest was obtained. This sample was fixed in 4% paraformaldehyde and sent in for histological
evaluation. In addition to the scar biopsies, five healthy skin samples obtained from the Euro Tissue
Bank Beverwijk were measured, as it was found unethical to obtain skin biopsies from the patients’
healthy skin. These samples served as healthy biopsy controls. The healthy skin samples were
related to the anatomical location of the imaged scars.

Histological evaluation
After dehydration, samples were embedded in paraffin, cut perpendicular to the skin surface on a
microtome (5 μm sections), and mounted on glass slides. Of every sample, histology slices were
obtained from the middle part of the biopsy and used for Herovici polychrome staining to
differentiate between newly formed and mature collagen [231, 232]. Images were taken using a
digital camera (Nikon DS-Ri2, Nikon, Amsterdam, the Netherlands) mounted on an Axioskop40FL
microscope (Zeiss, Badhoevedorp, the Netherlands). Using digital image analysis software (NISElements 4.4, Nikon) we were able to select only mature collagen and discard other structures
(Figure 3). Using the Herovici stain, young collagen will color blue, while mature collagen will stain
red (as shown in the left panel of Figure 3.) To determine the mature collagen density, the image
was converted to a ratio view based on the Red-Green-Blue (RGB) color channels. The ratio
between the red and blue channel was visualized (center panel of Figure 3), after which a threshold
was set to select only the mature collagen by selecting the pixels with a red/blue ration greater
than 2. This threshold was overlaid on the original image to visualize the final result (right panel of
Figure 3). The collagen density analysis took place in a predefined square of 1500 x 500 μm2,
located at the top of the sample. The collagen density of the scars was expressed as the
percentage of the red surface within the predefined square.
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Figure 6.3 | Example of digital analysis on histopathological images
(a) Example of Herovici polychrome staining and digital image analysis (b) and (c) of scar case S-01. The digital
image analysis software only selects mature collagen (green) and discards other structures (black in the middle
image and purple in the right image).

6.3 Results
The general characteristics of all subjects included in this study are presented in Table 1. The
median scar age was 24 months, ranging from 6-30 months post-burn. The collagen density of the
scars, as determined by histological evaluation using Herovici staining, is also shown in Table 6.1,
as well as the scars’ birefringence as assessed by PS-OCT. The mean collagen density in the scars
was 47.1%, compared to 32.9% in the five healthy skin samples supplied by the Euro Tissue Bank.
Collagen Birefringence
Birefringence
Age of
Case/ Age of patient
Scar
density
scar
control
scar
gender
(years)
location
scar
Median ∆n
Median ∆n
(months)
S-01/F
S-02/F
S-03/F
S-04/F
S-05/M

26
52
52
25
34

30
6
29
7
24

Sternum
Axilla
Arm
Neck
Chin

67.8%
7.8%
44.7%
43.7%
71.3%

1.55·10-3
0.70·10-3
1.21·10-3
1.45·10-3
1.21·10-3

1.11·10-3
1.14·10-3
1.03·10-3
1.37·10-3
1.27·10-3

Table 6.1 | Patient and scar characteristics, collagen density percentages, and PS-OCT birefringence values
Note: the birefringence ∆n is dimensionless.

The OCT results of a 7-month-old hypertrophic burn scar in a 25-year-old female patient (S-04) are
shown in Figure 6.4. The scar was caused by a wood fire burn reaching up to the neck and face.
Figure 6.4b and Figure 6.4c show the 2D en face maps for the scar and the adjacent control region,
the latter indicated by the dotted circle. These maps show a distinction between the high
birefringence within the scar (yellow) and low birefringence in healthy skin (blue), accompanied
with some confined variation. The median scar birefringence, in this case, was 1.45 compared to
1.37 for the control region. The scar’s collagen density obtained by histological evaluation was
43.7%.
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Figure 6.4 | Birefringence and en face maps of included burn scar (S-04) and adjacent healthy skin
(a) Photograph of the area of interest. (b) and (c) en face birefringence maps of respective scar and healthy
skin. (d) Probability histogram of the birefringence of the whole volume for scar and healthy skin (i.e., control).

Figure 6.5 shows a 24-month-old hypertrophic burn scar of a 34-year-old Caucasian male patient
(S-05). The scar developed after severe facial burn injury caused by a gas explosion in 2013. PSOCT scans were performed in the outlined circular regions indicated in Figure 6.5a and Figure
6.5b. Figure 6.5c and Figure 6.5d depict the 2D en face maps for respectively the scar and control
region located in the neck. The birefringence is noticeably higher in the scar (yellow) than in healthy
skin (cyan and blue). The probability histogram in Figure 6.5e shows the same pattern as in case S04, a high peak at low birefringence values and slightly higher probability at high birefringence
values. The median scar birefringence was 1.21 compared to 1.26 for the control region in the neck.
In this case, the collagen density as determined by histological evaluation was 71.3%.
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Figure 6.5 | Birefringence and en face maps of included hypertrophic burn scar (S-05) and adjacent healthy
skin
(a) and (b) photographs of areas of interest. (c) and (d) en face birefringence maps of respective scar and
healthy skin. (e) Probability histogram of the birefringence of the whole volume for scar and healthy skin (i.e.,
control).

Figure 6.6 shows the collagen density as measured by histology in relation to the birefringence
values as measured by PS-OCT. The Pearson’s correlation coefficient was calculated at r = 0.80
with a p-value of 0.105 and a sample size of 5. The p-value is sample size dependent and can
decrease significantly with an increased sample size of similar observations. We expect that a
larger sample size will increase the significance of the correlation.
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Figure 6.6 | Plot of collagen density versus birefringence
Scatterplot of collagen density percentages determined by histological evaluation against birefringence
values as measured with PS-OCT.

6.4 Discussion
In this study, we demonstrated the use of a custom-made PS-OCT system for the assessment of
human burn scars in vivo in a clinical setting. Scar and healthy skin birefringence was quantified,
and after scar excision, biopsies were sent in for histological evaluation to correlate collagen
density with PS-OCT established birefringence.
In this pilot study, we focused on depiction of the dermis in particular (covering 1.5 mm in depth
beginning at the skin surface), since it is hypothesized that most of the birefringence (i.e., the rate
at which the polarization state of light changes) is caused by the amount of dermal collagen formed
during the proliferative phase of wound healing. On propagation through the epidermis, which is
only 50-150 μm, the polarization state shows little change and a lack of birefringence.
When considering the 2D en face maps, nearly all scars showed higher birefringence (yellow) than
adjacent healthy skin. However, the quantified birefringence values in scars were varying. In case
S-02, we observed a lower birefringence in the scar compared to the control area. A possible
explanation may be the age of this scar, which was 6 months, thereby reflecting a relatively
immature scar. When looking at details, the histological section of case S-02 shows granulocytes
or inflammatory cells in the predefined region interest, whereas the collagen bundles are situated
deeper in the biopsy sample (Figure 6.7). As a result, both the collagen density percentage and
birefringence value were low. Hence, it may be suggested that birefringence, as obtained with PSOCT, is more or less a reflection of scar formation.
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Figure 6.7 | Histological slides after Herovici staining
(a) Case S-05, (b) case S04 and (c) case S-02. Note that in case S-02, the predefined region of interest (yellow
rectangle of 1500 x 500 μm) is almost entirely covered by granulocytes or inflammatory cells (light purple). This
may be an explanation for the low percentage (7.8%) of collagen density found in this case. Scale bars: 500
μm.

Over the years, several measurement tools and scar scales have been developed to assess
hypertrophic scars [214, 233, 234]. In this way, scar evolution can be monitored, and the efficacy of
various treatment strategies could be evaluated. However, these tools or scar scales only define
the thickness/height or pliability of the scar, thereby providing an indirect measure of the amount
of dermal collagen. On the other hand, several detailed methods are available, thereby quantifying
collagen morphometry in terms of geometrical features such as bundle thickness and spacing, but
this includes invasive histological evaluations [235]. PS-OCT could potentially be used to monitor
scar collagen and collagen maturation in a detailed and non-invasive manner. Furthermore,
previous research also suggests conventional OCT to be useful to assess acute wound healing in
human skin by obtaining the mean grey scale value (MGV) (i.e., intensity level) [216, 236]. In these
studies, the MGV was significantly increased six weeks after wounding, and OCT assessed
architectural changes corresponded with the different phases of wound healing (i.e., inflammatory,
proliferative, and remodeling phase) as evaluated histologically, suggesting that conventional
OCT can assess the amount of fibrosis and monitor wound healing noninvasively.
It is challenging to align the OCT images with the histological slides exactly. Although the position
of the OCT probe can be marked on the patient, thereby ensuring that the direction of the B-scans
in the x-z plane can be traced back, it is rather difficult to mark the small biopsy sample and to cut
5 μm sections in the identical direction. Moreover, as the OCT probe was held by hand, slight
movements must have occurred during imaging, as well as small unintentional motions due to
respiration and pulsation. Solutions have been previously proposed, such as fixing the scan head
to the patient [237], yet, this may introduce additional patient discomfort. Furthermore, as the
collagen density varies among different anatomical areas [238], it seems best to interpret
birefringence values in relation to healthy skin, rather than absolute birefringence scar values. In
our study, we measured adjacent skin by PS-OCT, to minimize the influence of variation. Maybe
the exact contralateral area would even be more suitable, but in patients with extensive burn scars,
it is frequently challenging to find a control area, as most of the body surface area can be affected
by scarring. Therefore, we aimed to select an adjacent control area that reflected the anatomical
place of the scar best. Lastly, the imaging depth of OCT is limited to the most superficial 1.5 mm
of the scar, while the scar biopsies showed a dermal thickness of 3-4 mm. It is acknowledged that
the PS-OCT calculations are therefore not covering the entire scar. Nevertheless, as earlier
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emphasized, the superficial dermis appears to provide valuable information on the scar’s maturity.
In conclusion, we presented a method to quantify scar birefringence of the scanned volume and
correlate it with the collagen density as measured from histological slides. An association was
found between the birefringence values and collagen density (p=0.105) for a sample size of 5. We
expect the correlation to become statistically significant with an increase in the number of sampled
subjects. Future work has to be performed to be able to study human scar development over time,
thereby requiring multiple measurements and thus less time for data processing and interpretation
of each measurement. Based on this pilot study, PS-OCT could be a useful tool to apply in future
research or clinical practice, offering a new parameter containing information on scar collagen
density.
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7.1 Main themes of this thesis
The work presented in this thesis covers different optical methods for endoscopic imaging aimed
at clinical applications: PS-OCT, AC, DOCT, and combined immuno-NIRF-OCT. All these
techniques have the potential to be translated to clinical use, either for diagnostic or research
purposes. Moreover, all the presented methods can be combined in a single multifunctional
endoscopic unit, allowing to extract a plethora of information from the examined tissue.
In this chapter, a short recap of each method is followed by a discussion of its advantages and
limitations. Then, projects that were still ongoing at the time of writing or that fall out the scope of
this thesis are discussed, followed by a report of the collateral knowledge acquired during this
work. An overview of future projects and proposed solutions to the current issues concludes the
chapter.

PS‐OCT of the lungs and skin
This thesis is an addition to the line of work of PS-OCT, aimed at demonstrating the usefulness of
retrieving the birefringence properties of tissue for diagnostic purposes [32, 48, 99, 152, 163, 168,
225, 230, 239, 240]. In this work, PS-OCT was used to highlight birefringent structures such as
collagen and smooth muscle in the human airways, which has a potential diagnostic value for
chronic lung diseases that affect the mechanical and functional properties of the airways.
Highlighting the presence of fibrosis or the prevalence of smooth muscle in vivo at high resolution
is of interest because methods that can do this non-invasively are absent. As shown in Chapter 6,
PS-OCT can also be used to assess birefringence properties of the skin, which has historically been
one of the main organs studied with the technique [48, 223, 225, 241]. Here, the tissue
birefringence information was collected in histograms as a framework to compare the
birefringence of different samples, which might help in predicting a scar's healing process.
PS-OCT methods aim at retrieving the phase retardation between orthogonal polarization
components induced by the tissue birefringence. The first PS-OCT implementations extracted the
cumulative phase retardation relative to a reference surface, such as the upper layer of the imaged
tissue [48, 137, 242]. This method guarantees low phase noise because typically, the reference
surface has high SNR. At the same time it complicates image interpretation because one needs to
think in terms of the gradient of the cumulated phase retardation image to find the birefringence
of a particular segment of tissue. Obtaining the local retardation is useful because it calculates the
phase retardation between two locations separated by a small distance in depth, typically one to
ten times the depth resolution. The image thus obtained offers a much more intuitive view of the
tissue birefringence, especially when overlapped with the corresponding intensity OCT image that
provides the underlying tissue structure. This way, a better assessment can be performed by
including both scattering and birefringence properties of the tissue. However, the confidence of
the measurements obtained with local retardation methods may be reduced, especially in deeper
layers of tissue, which typically exhibit lower SNRs. Birefringence quantification expressed as a
differential of refractive index or as retardation per propagation distance in tissue allows to
compare birefringence values measured from other samples or different devices, as the values
become wavelength and thickness independent.
In addition, OAxU, a recently-developed method to highlight the presence of uniformly oriented
fiber-like structures [170] was suggested in Chapter 4 as a viable option for visualizing organized
fibrous structures in airway cross sections. It is hypothesized that the architecture of smooth muscle
presents uniformly oriented fibers, high birefringence, and low scattering. Combining these pieces
of information would be useful to automatically and quantitively highlight smooth muscle in crosssectional images. However, merging phase retardation, OAxU, and structural information in a
single image is not trivial. Using different colormaps for showing each piece of information raises
the risk of generating artifacts or not sufficiently representing some combinations, e.g., high
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birefringence and low scattering. Displaying the images one after the other in rapid succession is
helpful, by letting the viewer’s persistence of vision storing one of the two for mental comparison.
An even better way might perhaps be to split the image in half (or in quadrants), each showing a
different piece of information, and letting the viewer use the mouse cursor to display the
information all at once, but on different parts of the image. A similar methodology was proposed
by Prof. Erdmann for displaying images of paintings acquired with different techniques [243]. The
method can be computed on a Java platform for a single cross-section, but it is less straightforward
to implement on large stacks of images.

Additional OCT contrast: AC and DOCT

7

AC imaging has been explored as a means to extract quantitative information from the OCT signal
to characterize different tissue types based on their attenuation coefficient [38, 177]. Despite being
a desirable outcome, achieving reliable quantification is not trivial because careful modeling of the
optical properties of the imaging system and the scattering properties of the tissue are needed
[177]. Nevertheless, depth-resolved AC images offer an advantage regarding image interpretation
over traditional intensity OCT images. For example, the presence of air-filled pockets in lung
samples (alveoli) causes high refractive index contrast, leading to artifacts that appear as bright
dots in the intensity OCT images. In some circumstances, weakly scattering areas are adjacent to
highly scattering ones, which create distracting patterns of alternating high and low OCT intensity.
As shown in section 4.3.1, calculating the depth-resolved AC helps to correct these artifacts
providing images that are easier to interpret. I expect that non-quantitative AC images may
become popular for displaying tissue cross sections, replacing standard OCT images, because of
the similar dynamic range and the minimal loss of information (only one line at the bottom of a
cross section). Nevertheless, achieving quantitative characterization of the tissue AC is a desirable
outcome as it could provide a framework for diagnosing diseases. Obtaining absolute AC values
requires standardized ways of determining the system optical properties and accurate models of
light transport in the tissue, which are being researched [177, 178, 226, 244, 245].
Visualizing blood vessels and capillaries would have high clinical value for the diagnosis and
prognosis of many lung diseases such as asthma, chronic obstructive pulmonary disease, and lung
cancers. In this thesis, phase-resolved DOCT for angiographic purposes was demonstrated
through a motorized distally scanning endoscope. Obtaining high-quality angiographic images
with an OCT endoscope is very challenging. DOCT imaging is highly susceptible to phase jitter
due to either sample bulk motion or scanner instability, which need to be accurately compensated
[34]. An alternative method is exploiting the blood autofluorescence to highlight the blood vessels,
as demonstrated by Pahlevaninezhad et al. [180]. This approach is compatible with the NIRF-OCT
endoscope shown in Chapter 5 because blood autofluorescence occurs in a sufficiently separated
spectral band compared to light emitted by NIR dyes.

Combined immuno‐NIRF and OCT
Chapter 5 presents the first combination of immuno-NIRF and OCT for imaging cancer cells within
a tumor specifically and minimally-invasively. Although several setups that combine fluorescence
and OCT have already been demonstrated in clinical settings, fluorescence was mainly used to
extract the tissue autofluorescence, exhibited by some types of atherosclerotic plaques [202, 246],
or as a method to reveal the blood vessels in the pulmonary tract [93, 180]. However,
autofluorescence may not be a specific contrast because many chemical species naturally present
in human tissue exhibit fluorescence in the same (visible) range. Immuno-NIRF shows high
specificity when a fluorescently labeled antibody designed to target a receptor abundantly
expressed by a cell type is administered to a patient, because tissue autofluorescence is very weak
in the NIR range. The picture is completed by OCT, which provides the tissue architectural context,
helpful for navigating to an area of interest, optimizing the fluorescence image quality by reliably

103

Discussion and conclusion

determining when the probe is in contact with tisssue, and providing sensitivity to structural
changes occuring in the diseased tissue. Immuno-NIRF-OCT can be conceived as the optical
equivalent of PET-CT or PET-MRI, allowing physicians to visualize molecular and structural
information of a tumor at a resolution ~100 times better. OCT also can retrieve additional contrast
valuable for studying tumors, such as resolving the microvascular network without exogenous
contrast [209, 247] and measuring the tissue birefringence which can highlight the presence of
stroma [168].
A drawback of immuno-NIRF compared to label-free techniques is the need of administering a
dose of fluorescently-labeled antibodies, either by intravenous injection or by topical application,
which poses the risk of causing an adverse reaction in the patient and increases the cost of the
procedure. Nevertheless, many antibodies are routinely used in the clinic, and many more are
being developed for immunotherapy. The fluorescent dye used in this study, IRdye800CW, is
considered safe for clinical use and it will probably be clinically approved within the next few years.
An advantage of immuno-NIRF-OCT compared to PET-CT or PET-MRI is that the device is at least
ten times less expensive. Moreover, PET images require a more complex infrastructure; PET tracers
need to be produced with a cyclotron located nearby due of the limited half-life of the
radionuclides (ranging from ~20 minutes to ~3 days), while radiolabeling an antibody requires a
sophisticated laboratory with radioprotection standards and the ability to work with short-lived
radionuclides. On the other hand, labeling antibodies with fluorescent molecules demands a less
complex infrastructure, as radioactivity is not present and the molecules do not have a short halflife. Moreover, the labeled antibodies can be stored for a long time, allowing to produce a large
batch of molecules in bulk and using it over several months or even years, considerably reducing
the cost of the procedure.
From a technical standpoint, the addition of fluorescence imaging to the existing OCT
endoscopes was facilitated by the recent introduction of high-quality passive DCFs and of DCF
couplers (Thorlabs Inc. and Gould fiber Inc.) which allow integrating the two complementary
technologies. Immuno-NIRF-OCT devices could be a useful addition to the research tools that
clinicians have for studying tumors in detail, because of the unparalleled spatial resolution and the
image throughput nearing real time display, compared to nuclear imaging techniques. The tool
may be very valuable in the context of development of antibodies for immunotherapy, for which
visualizing changes in the tumor microenvironment following therapy is of value for determing the
efficacy of the treatment. Moreover, immuno-NIRF-OCT may be used to improve biopsy sampling
by identifying suspicious lesions or be used in minimally invasive surgery helping removing small
lesions that cannot be identified with the current clinical tools.
Due to the good spatial resolution, in addition to the specificity and sensitivity, an intuitive use of
an immuno-NIRF-OCT endoscope could be early detection of cancer. However, not all organs are
suitable for this application. For example, the lungs have an extended network of airways, which
would be virtually impossible to scan in a reasonable time, especially when lacking a target area
(tumors too small to be visible on CT scans). On the other hand, less architecturally complex
organs, e.g. the esophagus, can be entirely examined in a single pullback in about one minute,
allowing searching for small tumors near the surface of the whole organ. Nevertheless, an injection
or a topical application of fluorescent antibodies followed by an endoscopic procedure is required,
probably restricting the use of immuno-NIRF-OCT to people who were previously identified as
categories at risk. Moreover, such procedures would be performed on large cohorts only if
governments invest in screening programs for cancer of a particular organ. Therefore, I do not
expect immuno-NIRF-OCT to become a widespread tool for early detection of tumors.
Finally, a considerable advantage of using fluorescently labeled antibodies is the possibility of
labeling targets with spectrally separated fluorescent dyes, allowing to study antibody-antigen
interactions. Imaging multiple targets is not achievable with PET tracers because only photons of
one species are detected (the coincident 511 keV photons from the positron annihilation) and
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therefore different PET radionuclides are indistinguishable. This characteristic may provide
valuable opportunities for studying dynamic interactions in the tumor microenvironment and
therefore learn more about the development of tumors at a micro scale.

7.2 Other projects
As in any complex endeavor, many ideas are conceived, but not all are completed or even pursued.
In this section, three projects that were still ongoing at the time of writing or whose purpose is too
far from the scope of this thesis are discussed.

Ex vivo PS‐OCT of human lung tissue

7

For a more straightforward acceptance of endoscopic PS-OCT as a clinical tool for lung diseases,
a foundation connecting the current practice and the envisioned OCT-based method should be
built. One way of achieving this is to perform accurate ex vivo studies, where several histological
slides taken from known locations in a human lung sample are compared with the PS-OCT cross
sections acquired from the same place. Work in this direction has been done with OCT-only
images [70, 248, 249], while PS-OCT has been the object of only one study [152]. We started
working to the goal by obtaining freshly extracted human lungs from patients that underwent an
organ transplant. We acquired samples affected by different lung diseases, e.g., extrinsic-allergicalveolitis, idiopathic pulmonary fibrosis, and COPD but also “healthy” lungs (i.e., affected by a
disease that was constrained to a small location in one of the lobes).
Several ~5 cm3 segments of a diseased lung were excised and fixed to a polymer bed with needles.
The PS-OCT endoscope was inserted, and several hundreds of cross-sections were taken with a
motorized pullback over a distance of about 1.5 cm. Each sample contained about 4-5 airways of
suitable diameter. Two pullbacks were acquired per every bronchiole. After the data acquisition,
the tissue samples were marked with India ink to indicate the pullback direction, the sample
orientation, and the imaged airways. Each airway was then fixed in formalin, and 5 µm-thick
histological slides separated by 3 mm were obtained from all the imaged bronchioles. These slides
have been then carefully matched by eye to the PS-OCT cross sections using features such as
cartilage and the presence of blood vessels. Preliminary results suggest a good agreement
between the two methods but a further analysis should be directed towards highlighting the
presence of smooth muscle and fibrosis.

OCT and microindentation for extracting mechanical properties
Probing the mechanical properties of tissue for diagnostic purposes is a practice commonly used
by clinicians and patients alike (palpation). However, palpation does not provide quantitative
results and is therefore subjective. In the past decade, the ability of OCT of accurately measuring
small displacements has been exploited to retrieve the depth-resolved strain within a tissue in
reaction to an applied load [250, 251]. However, to extract mechanical properties such as Young’s
modulus, both strain and stress have to be measured. Recently, quantitative optical coherence
elastography (OCE) has been demonstrated by placing a polymeric layer of known mechanical
properties in between the tissue and a force actuator, allowing retrieving the applied force based
on the compression of the layer [252]. However, the stress was applied to a large area and inferring
the distribution of local stresses in the tissue required several assumptions. Ferrule-top indentation
is a technique pioneered by the Iannuzzi lab at the VU University Amsterdam that allows to
accurately measure the stress applied on a small area of the tissue surface [253-255] (with contact
radii as little as 1μm). We combined this technique with OCT on an integrated probe that allows
first to retrieve cross-sectional images with an OCT scan, then aim at a target location, and finally
measure the local mechanical properties by the ferrule-top nanoindentation technique. By
continuously acquiring A-scans during the indentation stroke, the strain within the sample can be
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retrieved by phase-difference measurements while the ferrule-top indenter measures the stress
applied at any moment. To do this, we integrated the indenter with the OCT workhorse in a novel
ferrule that accommodates optical fibers for each technique. We demonstrated the setup by
independently acquiring OCT depth-profiles of a polymeric phantom and then measuring local
mechanical properties on a targeted area, which resulted in a publication coauthored by the two
groups [256]. Simultaneous integration of indentation and phase-resolved OCT scans for absolute
mechanical properties measurement, which would offer proper quantitative OCE, have been
proven possible in a proof-of-concept study and is currently under development.

Novel double clad fiber based scanning laser ophthalmoscope
Measuring the blood oxygenation in small blood vessels of the retina would have significant
diagnostic value for several diseases, possibly allowing for early detection of elusive diseases such
as dementia. Small capillaries typically show anomalies in blood oxygenation earlier than large
vessels because of the low volume of blood contained.
A recent publication from our group [257] theoretically and experimentally demonstrated a
combination of wavelengths for optimal measurement of the oxygenation of capillaries. The
technique exploits the differences between the absorption spectra of oxygenated and
deoxygenated hemoglobin. All the optimal wavelengths are in the visible range, allowing to reach
only superficial capillaries because tissue scattering would not permit to reach deep locations. In
the retina, the blood vessels that perfuse the organ are sitting on top of a highly scattering layer
(the sclera), while the path from the cornea to the retina has very low absorption in the visible
range. The ratio of the backscattered intensity of different wavelengths allows extracting the blood
oxygenation. The model derived in [257] assumes narrow-band illumination, which, combined with
the need for high-intensity illumination due to the weak backscattering, restricts the choice to laser
illumination. Supercontinuum laser sources offer high flexibility regarding wavelength choice,
allowing to select multiple narrow bands (1-3 nm) from the white light source for simultaneous
illumination with good power density (~2 mW/nm), and therefore a commercial supercontinuum
source was used (NKT Photonics, Denmark).
In this project, I joined a colleague in the design and construction of a novel high-speed scanning
laser ophthalmoscope (SLO) based on a DCF coupler [258, 259]. The use of DCFs circumvents the
issue of precisely aligning the illumination and detection pinholes, typical of bulk optics SLOs. The
single mode core is used to illuminate the eye creating a small spot on the retina, while the first
cladding is used to collect the backscattered light efficiently. Moreover, the use of a DCF coupler
increases the optical power efficiency of the device, reducing the minimum losses to ~35 %,
compared to a minimum of ~75 % for bulk optics beam splitters. A drawback of the shared
illumination and detection pinhole for all wavelengths is the inability to correct for the longitudinal
chromatic aberration (LCA) of the eye by setting different vergences for each wavelength. The LCA
was compensated by placing a lens with opposite LCA with respect to that of the eye.
A benefit of using optical fibers is that other (semi-)confocal techniques can be easily added, such
as OCT or fluorescence imaging. OCT can provide information on the blood vessels, e.g., their
volume and possibly even quantifying the blood flow with DOCT [260]. Alternatively, fluoresceinbased angiography can provide a real time image of the blood vessels morphology. Conversely,
the oxygenation optical engine can be connected to a multimodal endoscopic scanner such as the
one demonstrated in Chapter 5, allowing to retrieve blood oxygenation of the pulmonary and
gastrointestinal tracts. Combining blood oxygenation to DOCT and immuno-NIRF images would
provide considerable functional information, gaining insight on the tumor development in a
minimally invasive manner. Moreover, oxygenation is a key parameter for the efficacy of cancer
therapies and it would therefore be very beneficial to keep track of during treatment.

106

7

Chapter 7 | Discussion and conclusion

7.3 Knowledge acquired from interdisciplinary research

7

Research is a continuous source of great learning opportunities in terms of science, but also gives
plenty of corollary lessons, especially when carried out within a multidisciplinary approach. In this
doctoral work, all the research was carried out in collaboration with clinicians or with medical
researchers. However, communication has been at times difficult because physicists and medicinetrained people speak a different language, scientifically speaking. The positive aspect is that
doctors are very interested in having more quantitative methods at their disposal. However, the
limitations and accuracy of a device have to be communicated clearly to avoid improper use or
incorrect expectations. Also, designing clinical test should always be done together, to make sure
that the groups fully share the research goals. Building a device becomes an easier process if the
clinical goal is evident from the beginning, providing a strong motivation to overcome the
technical difficulties.
As for more practical observations, bringing a novel device from the lab to the clinic is always an
exciting moment. However, often not enough attention is paid towards the final users of the
method (the clinicians) and its beneficiaries (the patients). For example, a device should be easy
to operate, with a simple software interface and ideally a minimal number of adjustments to be
made on the setup itself. Any tool should be easy to clean and to transport to and from the clinic.
A machine should also be acceptably quiet and friendly-looking to maintain a pleasant atmosphere
in the room since patients often already perceive a visit to the hospital as a stressful experience,
while performing experimental procedures alongisde the standard ones may stress the clinical
personnel. In my experience, the patients are often very interested in the machine itself, and they
appreciate a short tour and explanation of the device, which usually helps in reducing the tension
that builds up before the session. For experimental setups, it could be a good idea to make one
of the device’s walls transparent, so that patients and doctors alike can peek inside and get familiar
with the machine.
Nevertheless, the primary goal of an experimental setup is that it will work once in the clinic,
without access to tools that are available in the lab. Some troubleshooting tools may be integrated
into the device itself or brought alongside (e.g., an optical power meter, oscilloscope) but in
general minimal operations should be required to make the machine functional in the clinic.
It was already mentioned that optical fibers help significantly in building a reliable and robust
setup. However, optical fibers are fragile and proper training should be given to doctors and
nurses, especially the ones who will operate a fiber-based endoscope.
Optical fibers allow to combine different setups by connecting their fibers together. Therefore, it
is important to build each optical platform on different modules of standard size, with fibers
connecting the various “floors”, allowing to add or remove techniques as required by the study in
progress. Moreover, removing a damaged section of the setup for repair in the lab becomes an
easy task if it was built on a separate module.
Since electricity tests are carried out every time a new device enters a hospital, isolation
transformers are an ideal choice for building electrically safe equipment, and their presence is
always appreciated by technicians who scan the device for risks of shortcuts.
Hygiene should, of course, be a fundamental consideration for the design, especially for the part
that comes in contact with the patient. There are three levels of hygiene that can be attained,
increasing in thoroughness: cleaning, disinfecting, and sterilizing. While cleaning is almost always
necessary, the need for disinfection and sterilization depends on which body part the device
comes in contact with. Sometimes, single-use caps or covers can be used and thrown away after
the procedure, while in other situations it is the device itself that needs to undergo disinfection or
even sterilization. It is recommended to consult the hygiene specialist, nurses and physicians of
the local hospital early in the design of the device, helping to guide in the proper choice of shapes
and materials.
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7.4 Future directions and outlook
As with almost any experimental project, things often do not go as planned. A major technological
issue encountered has been the reliability of the micromotors in the endoscopes. Their compact
size (1 mm diameter) makes it very difficult to design and assemble. Moreover, since they are not
a widely available commercial product, obtaining the correct components and materials is
challenging. Recent advancements in the design, mainly the addition of loops of electric wire
around the magnet to increase the torque, allowed us to build motors that are more reliable, which
were used to obtain the images shown in Chapter 4. However, all the commercially available OCT
endoscopes use rotary joints instead of micromotors to achieve circumferential scanning. The
reason is that by using a rotary joint, the endoscope is made of cheaper components, allowing
them to be economical even for single use. Motorized endoscopes, on the other hand, require to
be reutilized many times to be financially viable. Nowadays, proximal scanning OCT endoscopes
have reached a good level of maturity, indicating that this could be the technology of choice also
for commercial OCT pulmonary imaging devices. However, proximal scanning endoscopes are not
as phase stable due to higher image distortions compared to distal scanning ones. Moreover,
cross-talk between core and cladding light at the rotary joint reduces the quality of OCT images
retrieved via a DCF based proximal scanning endoscope. Therefore, if distal scanning is necessary
for more advanced imaging modalities, more attention should be paid towards developing robust
scanning mechanisms.
The endoscopes demonstrated in this thesis were designed for use in small pulmonary airways.
However, other tubular organs affected by cancer are suitable for side viewing endoscopic
imaging, such as the colon or the esophagus. There is no one-size-fits-all endoscope, so the design
should consider the peculiarities of the organ, and it should fit in the current clinical practice. One
should ask questions such as: how should the endoscope be delivered to the site? How will it be
operated? What FOV should it have? What kind of informations should it retrieve?
Another thing to consider is that physicians are not used to seeing OCT images, therefore
introducing OCT images by comparing them with histological slides and training doctors to
interpret the images would help them embracing the new technology. The large number of images
in volumetric scans might make it difficult to extract valuable information in a timely manner.
Segmentation can help by eliminating non-useful parts of the images, or for highlighting parts that
have diagnostic value. Quick and robust segmentation methods are needed to process (ideally in
real-time) a large amount of data streamed by an OCT device. Artificial intelligence methods are
increasingly explored for this goal, for example training a deep learning network on a large amount
of manually segmented OCT images and then applying it on the new OCT tomograms to obtain
a speedy automated segmentation [261, 262].
Cross-sectional OCT images are still unfamiliar to pulmonologists, which are used to the
longitudinal cm-range FOV live videos produced by bronchoscopes. A possible yet challenging
idea would be to display the OCT images in a way that is easier to interpret for specialists used to
the bronchoscopy images — for example, merging the OCT images into the superficial
bronchoscopy ones. Another approach could be to coregister hyperspectral reflectance imaging
via the same OCT endoscope, which would allow reconstructing the appearance of the lumen
surface in the visible range, familiar to the physicians [201].
However, the value of OCT and PS-OCT for the assessment of asthma has to be thoroughly
demonstrated to stimulate its adoption as a routine clinical tool. Currently, the lungs of asthma
patients are rarely investigated with optical techniques because even minimally invasive
procedures, such as bronchoscopy, often cause intense coughing and increase the risk of
hemorrhages. However, a promising recently-developed severe asthma treatment called bronchial
thermoplasty, which applies heat to the airways lumen to stimulate tissue remodeling, is performed
with a bronchoscope, which might ease the path towards adoption of OCT for severe asthma
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assessment. Nevertheless, extensive clinical studies are needed, ideally by comparing PS-OCT
imaging of ex vivo specimens of asthmatic lungs with matching histological slides and other
asthma phenotyping parameters, as suggested in section 7.2.1.
Finding robust algorithms for PS-OCT is also a prerequisite for large cohorts studies. Currently,
extracting PS-OCT images from endoscopic data requires considerable postprocessing work, for
example, the selection of PMD compensation B-scans and the manual optimization of averaging
parameters explained in Chapter 4. Ideal algorithms should work unsupervised and should provide
results in real time. Since several complicated calculations, such as matrix inversions and
convolutions are required to extract the phase retardation and optic axis orientation of the tissue,
achieving real-time display is challenging. To this end, GPU accelerated processing could help in
parallelizing some of these calculations, which would be beneficial also for DOCT processing.
PS-OCT can also be combined with immuno-NIRF to provide additional diagnostic information,
such as the presence of stroma in the tumor and fibrosis induced in the tissue by cancer. However,
the DCF based endoscope presented in this thesis has still suboptimal fluorescence imaging
quality. Due to the considerable length of DCF used, the fiber native luminescence significantly
increases the background, reducing the fluorescence SNR. As mentioned in Chapter 5, a solution
to this problem is to reduce the length of DCF by bringing the DCF coupler inside the endoscope,
as close as possible to the scanning region. Also, a careful design of the micro-optics at the
endoscope tip is needed, optimizing for the collection of the fluorescence signal instead of the
OCT signal. An endoscope with higher fluorescence sensitivity would allow detecting smaller
traces of dye, in turn enabling to use low doses of antibodies, such as the microdoses commonly
used for immuno-PET imaging.
The current design of the DCF endoscope allows only to retrieve two-dimensional fluorescence
images, which integrate the distribution of the fluorescent dyes in depth. A method developed in
our group, self-interference fluorescence microscopy allows to retrieve the depth location of
fluorescent dyes by measuring the phase shift associated with the wavefront of the beam
propagating in the tissue [100, 263]. Since this method does not require mechanical depth
scanning and works with low NA optics, it can be integrated at the tip of a small endoscope. A
drawback of this technique is that it exploits interference and therefore needs confocal detection,
which severely diminishes the collection efficiency.
As for OCT imaging through a DCF fiber, the images shown in Chapter 5 are of subpar quality
when compared to the OCT images shown in Chapter 3 and Chapter 4. The cause is crosstalk
between core and cladding light occuring in the coupling area of the DCF coupler, and at the DCF
to SMF interface. Better coupler technology and splicing fibers could help to this end, possibly
constructing a DCF coupler with an SMF fiber as injection fiber.
The DCF endoscopes can be adapted for other applications, such as the already mentioned
oximetry and hyperspectral imaging. These techniques require the use of a supercontinuum
source, which typically provides white light in the range 400-2400 nm. Using such source would
also allow obtaining visible light OCT images, which reach ~1-2 µm axial resolution and possibly
carry valuable spectroscopic information. Moreover, white light sources provide high flexibility
regarding excitation wavelength for fluorescence, meaning that the excitation wavelength can be
tuned to the excitation peak of a dye and that multiple spectrally-separated fluorophores can be
imaged simultaneously with a single laser source. To this end, fluorescence lifetime imaging (FLIm)
is a promising candidate for separating the detection of dyes based on their lifetime specifications.
Fourier domain FLIm is a particularly suitable technique that allows distinguishing different dies
based on the phase shift between amplitude modulated excitation signal and the detected one.
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7.5 Conclusion
This thesis presents a custom endoscopic PS-OCT imaging system whose purpose is the diagnosis
of lung diseases in humans, in vivo. The system has been first demostrated with an in vivo animal
test and then translated to the clinic for imaging a patient with severe asthma. Several innovative
methods to extract information from the tissue are described. A novel segmentation algorithm
that delineates the endoscope and tissue surfaces was developed to correct for the system
distortions and to facilitate the visualization of the relevant part of the images. The PMD of the
system was characterized and corrected to improve the quality of the PS-OCT images. A metric
that visualizes uniformly arranged fiber-like structures in tissue (OAxU) was used for the first time
in tissue from the lung airway wall to highlight the presence of smooth muscle and cartilage. AC
images of the airway wall were produced for the first time, showing the potential of this method
to correct for artifacts present in traditional OCT images. The system and methods presented
suggest that PS-OCT may be the modality of choice to study tissue remodeling in vivo in the
human airways.
The PS-OCT system has also been used to study scars originated from burn wounds in humans, in
vivo. The results suggest a correlation between density of the collagen fibers in the tissue, as
measured from histological slides, and the amount of birefringence as measured by PS-OCT. This
correlation may be used to quantify the density of birefringent structures in tissue in other organs.
Nevertheless, (PS-)OCT is not able to specifically identify the presence of particular cell types in
the tissue. In this thesis, this shortcoming has been addressed by combining OCT with targeted
fluorescence, building a custom fluorescence detection module. Monoclonal antibodies labeled
with a fluorescent marker (immuno-NIRF) have been injected in a mouse model growing human
tumors. The antibodies, binding specifically to the cancer cells, allowed to reveal the heterogeneity
of the tumor microenvironment. In this context, OCT serves as a navigation tool towards an area
of interest and as an imaging tool that complements the immuno-NIRF images by showing the
presence of stroma, fatty cells and anomalies in the tissue structure, while potentially retrieveing
agiographic images without exogenous contrast. The results of this thesis suggest that immunoNIRF combined with OCT could be the modality of choice to study in situ the response of a tumor
to therapeutic antibodies in the tumor microenvironment, in turn leading to better understanding
of the mechanisms behind immunotherapy.
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In the past centuries, medicine has become more quantitative by including accurate tests of
measurable quantities (e.g., measuring temperature and chemical analysis of body fluids) to
diagnose and assess patients. Nevertheless, visual inspection is still and will probably always
be a prime form of medical assessment. Limited by scattering and absorption of light into
tissue, visual investigation can only provide information originating from the very first layers
of the human body. Allowing doctors to see within the human body in a minimally invasive
manner, medical imaging has revolutionized the medical practice with methods such as
magnetic resonance imaging (MRI) and X-ray computed tomography (CT) now being routine
exams in hospitals throughout the world.
Optical imaging (e.g., microscopy, photography) can reveal details in biological tissue with a
spatial resolution of 1-100 µm (about 10-100 times better than MRI and CT); however, it suffers
from the same limitations of visual inspection: an imaging depth limited by the scattering and
absorption of light in tissue. Endoscopes are medical devices formed by a tube and a lens
that circumvent this limitation by producing light-based images of internal organs accessed
through an orifice or a small incision.
Optical coherence tomography (OCT) is an interferometric optical imaging technique that
creates three-dimensional images of tissue based on its light scattering properties. The
functionality of OCT can be extended beyond its primary role of 3D tissue imaging, to, e.g.,
reveal blood flow, highlight birefringent structures, and measure the attenuation coefficient
of tissue. Polarization-sensitive OCT (PS-OCT) is an extension of OCT that measures how a
sample affects the light polarization state. Several types of tissue with fiber-like structures
(e.g., smooth muscle and collagen) exhibit form birefringence, which induces a time delay
between light propagating with different states of polarization. By measuring the time delay
accumulated between orthogonal polarization states during propagation in the tissue, it is
possible to reconstruct the tissue birefringence and therefore highlight the presence of
particular types of tissue in the sample. Dynamic OCT (DOCT) reveals the presence of blood
flow by determining nanometer-scale displacements of scatterers (in this case, red blood
cells) within the tissue between consecutive scans. Attenuation coefficient (AC) imaging has
been explored as a means to obtain quantitative information from OCT images by
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determining the light attenuation power of the examined tissue, which would allow to
highlight the presence of a tissue type specifically.
This thesis presents the development of a PS-OCT motorized endoscope for lung airway
imaging. The polarization mode dispersion (PMD) of the PS-OCT system is characterized and
compensated. A metric that highlights the presence of uniformly arranged fibers in the tissue
is used for the first time in lung tissue to reveal the presence of airway smooth muscle (ASM).
A novel segmentation algorithm is developed to precisely segment the surface of the
endoscope and of the airway lumen, which is needed for the PMD processing step and to
improve the visualization of the relevant portion of the images. Chapter 3 presents PS-OCT
images acquired in vivo from a porcine lung to demonstrate that the system is safe for clinical
use. Chapter 4 displays endoscopic airway images of a human patient who has severe asthma
to show the ability of PS-OCT of highlighting the presence of ASM in the airway wall, which
is a key parameter of tissue remodeling. Attenuation coefficient OCT images of the airway
wall are shown for the first time, correcting for artifacts present in traditional OCT images and
showing improved contrast for epithelial folds in the airway lumen and structures located
deep in the cross-sectional scans. DOCT images reveal the presence of blood flow in the
airway wall, potentially helping to diagnose the patient. The PS-OCT endoscopic system
promises to be an ideal tool to assess tissue remodeling in asthma patients in a minimally
invasive manner.
The PS-OCT setup has also been used to investigate scars caused by burn wounds on the
skin of five patients imaged with a custom handheld scanner, as shown in Chapter 6. The
quantification of the tissue birefringence correlates with the density of the collagen fibers
measured from histological slides of biopsies acquired from the same area, suggesting that
PS-OCT may be used to follow and predict the evolution of scarred tissue caused by burn
wounds.
Nevertheless, (PS-)OCT is not able to retrieve molecular information from tissue and is
therefore not able to specifically reveal the presence of a cell type of interest. With the
emergence of targeted tumor therapies, such as immunotherapies, there is an increasing
need of studying the tumor microenvironment in detail, to understand the mechanisms at
the base of the immune response. Targeted fluorescence, in the form of immuno-nearinfrared fluorescence (immuno-NIRF), can specifically highlight the presence of a particular
cell type by targeting its receptor with an antibody labeled with a fluorescent molecule.
In Chapter 5, a dedicated immuno-NIRF module has been combined with the OCT setup
using double-clad optical fibers (DCF) to retrieve molecular and architectural information
from biological tissue. Images of tumors obtained from a mouse model demonstrate the
ability of the immuno-NIRF-OCT system to perform imaging with a DCF-based handheld
scanner and with a custom DCF endoscope. The immuno-NIRF and OCT images reveal that
the tumor microenvironment is highly heterogeneous. Immuno-NIRF images show that the
cancer cells are non-uniformly distributed while OCT images show the presence of other
structures such as the stroma and fatty cells. The system allows studying the tumor
microenvironment at a resolution of about 10 µm, which is about 100 times better than the
current clinical practice, represented by positron emission tomography. This study suggests
that immuno-NIRF-OCT is an ideal tool to study in detail the microenvironment of tumors
located near the surface of the lumen of internal organs such as the esophagus or the lungs.
Finally, Chapter 7 presents an overview of the thesis and discusses future directions to
continue the work presented.
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