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Summary

He main purpose of this thesis is to find novel solutions for the characterization
of biological soft tissues by menas of optical imaging methods, with a focus
on the imaging of cardiovascular system. This aim has been achieved through

i) development, validation and first experimentation of a novel setup based on small
angle light scattering technique (SALS) for the in-vitro characterization of the fibrous
microstructure of biological tissues; ii) implementation of novel methods for the im-
provement of the performance of actual intravascular optical coherence tomography
(IVOCT) systems in terms of light penetration through the blood and signal acquisition
speed. For each single activity a deep study of the state of art of the technology has
been carried out.

Regarding the first activity, the development of the SALS system has been preceded by
an accurate study of the light propagation in fibrous media through the performance of
numerical simulations exploiting statistic Monte Carlo method. Such simulations have
been a powerful tool to verify the feasibility of the working process of the conceived
experimental setup that, soon after, has been designed, assembled, validated through
measurements on 3D-printed fibrous samples, and finally integrated into a biaxial test-
ing machine for the performance of real-time in-vitro opto-mechanical tests on healthy
and diseased aorta samples (affected of ascendic aortic thoracic aneurysm). Through
these tests, the system has been demonstrated to be able to characterize the gross fi-
bre dispersion and orientation of the investigated sample together with its mechanical
properties in real-time during biaxial testing.

As regarding to the second activity, it is based on previous works revealing that the use
of Orbital Angular Momentum technology applied to optical beams increases the beam
penetration capacity in turbid media (e.g. biological fluids/tissues) at a wavelength
range of 633 nm. This has been demonstrated by performing transmission measure-
ments. The aim of this activity is to demonstrated such effect at a wavelength range
of 1300 nm (typical of IVOCT systems) in human blood. To do so, two experimental
setups have been developed (wavelength range of 1300 nm) to perform both transmis-
sion and reflection tests on fluid biological-mimicking samples and blood respectively.
It has been demonstrated that the use of OAM technology could allow a deeper pene-

III



tration, also at a wavelength range of 1300 nm, in turbid media and human blood, than
the use of gaussian beams (conventionally used in IVOCT commercial systems) Hence,
the adoption of OAM in IVOCT systems could give the possibility of unprecedented
diagnosis of cardiovascular diseases. Last but not least, a specific axial scan system
based on the real-time optical spectrum Fourier transformation for IVOCT application
(working wavelength range of 1300 nm) has been developed and optimized. First, the
system has been experimentally assembled and tested in three different parameter con-
figurations in order to test its performance primarily in terms of acquisition speed and
then also in terms of depth range. Since signal distortions have been found to affect
the resolution of the systems using some parameter configurations, the system has been
simulated and characterized on VPIPhotonics (a dedicated software for electrical and
optical circuit design and characterization). Then, a calibration of the system’s com-
ponents has been performed and the optimal parameters of each electrical and optical
circuit component have been retrieved in order to find a good compromise between
spatial resolution, high frame rate, depth range. Through this work, it has been finally
demonstrated that this novel system applied to IVOCT could be able to increase the
signal acquisition speed of the axial scan system up to 1 MHz (the typical acquisition
speed of commercial systems is maximum 100 kHz).

These research activities have been carried out at BioCardioLab (BCL) of Heart Hos-
pital (Massa - MC) with the collaboration of TeCip (Institute of Communication, In-
formation and Perception Technologies) of Sant’ Anna School of advanced studies (SS-
SUP), in the context of the DIVINE (High speed 3D imaging of blood vessels based on
optical signal processing) project (funded project of SSSUP and FTGM - Fondazione
Toscana Gabriele Monasterio).
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Sommario

0 scopo principale di questo lavoro di tesi ¢ di trovare soluzioni inedite ed effi-
caci per la caratterizzazione di tessuti biologici soffici attraverso metodi ottici
di imaging, con particolare attenzione all’imaging del sistema cardiovascolare.
Questo scopo ¢ stato raggiungo attraverso i) sviluppo, validazione e prima sperimen-
tazione di un nuovo setup ottico basato sulla tecnica di Small Angle Light Scattering
(SALS) per la caratterizzazione in-vitro della microstruttura fibrosa di tessuti biologici;
ii) implementazione di metodi emergenti per il miglioramento delle performance degli
attuali sistemi di tomografia a coerenza ottica per applicazioni intravasculari (IVOCT)
in termini di penetrazione del fascio ottico attraverso il sangue e velocita di acquisi-
zione dei segnali. Per ogni attivita un primo attento studio dello stato dell’arte & stato
effettuato.
Per quanto riguarda la prima attivita, lo sviluppo del sistema SALS ¢ stato preceduto
da un accurato studio della propagazione della luce in mezzi fibrosi attraverso 1I’imple-
mentazione di simulazioni numeriche basate sul metodo statistico Monte Carlo. Queste
simulazioni sono state uno strumento potente per verificare la fattibilita del funziona-
mento del setup sperimentale ideato che, subito dopo, ¢ stato progettato, assemblato,
validato attraverso delle misure su campioni fibrosi stampati in 3D, e, infine, integrato
in una macchina biassiale per 1’esecuzione di test ottico-meccanici in real-time in-vitro
su campioni di aorta sani e malati (affetti da aneurisma toracico aortico ascendente).
Attraverso questi test, ¢ stato dimostrato che il sistema ¢ in grado di caratterizzare la
dispersione e 1’orientamento spaziale delle fibre interne al campione sotto esame, in-
sieme alle sue proprieta meccaniche, in real-time durante test biassiali.
Per quanto riguarda la seconda attivita svolta, ¢ basata su un precedente lavoro in cui
viene dimostrato che sfruttando la tecnologia dei cosiddetti momenti orbitali angolari
(OAM), un fascio di luce alla lunghezza d’onda di 633 nm riesce a penetrare pil in
profondita in un mezzo torbido. In particolare, ¢ stato sviluppato un setup sperimentale
per dimostrare questo fenomeno alla lunghezza d’onda di 1300 nm (tipica dei sistemi
IVOCT) effettuando misure sia in trasmissione che in riflessione, rispettivamente su
sospensioni di particelle atte a simulare fluidi biologici e su campioni di sangue uma-
no. E’ stato dimostrato che 1’uso della tecnologia OAM permette una pilt profonda
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penetrazione attraverso il sangue rispetto all’uso di fasci ottici gaussiani (convenzio-
nalmente adottati nei sistemi commerciali IVOCT), con la possibilita di migliorare la
dignosi delle malattie cardiovascolari. Ultimo, ma non per questo meno importante,
uno specifico sistema di scan assiale basato sulla cosiddetta real-time optical spectrum
Fourier transformation ¢ stato sviluppato. Per prima cosa, il sistema ¢ stato sviluppa-
to sperimentalmente e testato in diverse configurazione di parametri sia in termini di
velocita di acquisizione , che in termini di profondita di acquisizione del segnale. Da-
to che, in alcune configurazioni sono state riscontrate delle distorsioni nel segnale di
uscita responsabili del degradamento della risoluzione del sistema, il circuito ¢ stato si-
mulato in VPIPhotonics (un software per la progettazione e caratterizzazione di circuiti
elettrici ed ottici). Poi, ¢ stata effettuata una calibrazione dei vari componenti ottici ed
elettrici del circuito e 1 parametri ottimi relativi a ogni componente sono stati trovati al
fine di far funzionare correttamente il sistema ed eliminare, quindi, eventuali distorsio-
ni nei segnali di uscita che potessero degradare la risoluzione, mantenendo nello stesso
tempo una elevata velocita di acquisizione e un’accettabile range spaziale. Attraverso
questa attivita, ¢ stato infine dimostrato che questo nuovo circuito puo essere in grado
di aumentare drasticamente la velocita di acquisizione dei sistemi di scansione assiale
IVOCT fino a 1 MHz (la velocita di acquisizione tipica dei sistemi attualmente in com-
mercio ¢ 100 kHz).

Queste attivita di ricerca sono state effettuate presso il BioCardioLab (BCL) dell’Ospe-
dale del Cuore di Massa (MC) con la collaborazione dell’istituto TeCip (Istituto delle
tecnologie di comunicazione, informazione e percezione) della Scuola Superiore San-
t’Anna di Pisa (SSSUP), nel contesto del progetto DIVINE (High speed 3D imaging
of blood vessels based on optical signal processing) finanziato dalla Scuola Superiore
Sant’ Anna e dalla Fondazione Toscana Gabriele Monasterio.
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CHAPTER

Introduction

Medical imaging is the set of all the techniques and processes of creating visual repre-
sentation of not only the interior of a body for clinical analysis and medical intervention,
but also the morphology and the function of organs and tissues for their characteriza-
tion. Since the second half of the last century, the field of medical imaging has been
growing up in both clinical and research fields with the final purpose of improving the
quality of life of people through more accurate and advanced diagnosis of diseases. In
the last years, medical imaging has been having a big impact in surgery as well. Indeed,
the development of dedicated catheter-based imaging modalities for the in-vivo visu-
alization of organs and tissues in real-time is becoming critical in the field of robotic
surgery and surgical interventions involving internal organs [1-3]. Last but not least,
the development of imaging techniques for the in-vitro characterization of both healthy
and diseased biological tissues is becoming very important for a better understanding
of the internal structure of healthy and diseased tissues. The main purpose, in this re-
search field, is to better characterize the development of various pathologies and their
progression, investigating how they can affect the surrounding tissue structures in early
and advanced stages. The final aim is to find the main features that could bring to ad-
vanced and early diagnosis through in-vivo imaging investigations.

With the development of catheter-based modalities, in-vivo imaging of the cardiovascu-
lar system is becoming crucial for both the diagnosis of various cardiovascular patholo-
gies and the real-time guidance in cardiosurgical interventions. In particular, in the last
decades, interventional cardiology has been becoming an effective alternative to inva-
sive surgery for numerous congenital and acquired diseases, giving a big importance to
the development of powerful imaging modalities able to provide solutions not only for
diagnosis, but also prognosis, risk stratification and anatomical and functional assess-
ments [4]. In this scenario, the in-vitro characterization of soft tissue structures (e.g.

1



Chapter 1. Introduction

aorta wall, cardiac valves) in both healthy and diseased state through various imaging
technologies is acquiring an important role in clinical research and applications. In-
deed, studying the connection between the disease stages and the corresponding mor-
phological changes in the surrounding tissue structures could allow an improvement of
disease diagnosis and so, the possibility of early interventions and treatments.

To give some examples, an important research field is based on the atherosclerotic
plaque characterization. Atherosclerotic plaques are basically arterial occlusions char-
acterized by a core of extracellular lipid covered by a fibrous collagen cap. They
can cause local stenosis and the rupture of the fibrous core can arouse the formation
of a thrombus which can result in acute coronary syndromes and myocardial infarc-
tion. Therefore, it is important to distinguish vulnerable atherosclerotic plaques and
predict which one may rupture. This can be done with the help of advanced imag-
ing techniques. To date, imaging modalities capable of characterizing the structure of
atherosclerotic lesions are under development and deploy in order to better understand
the natural pathological history and finally detect the lesions with higher risk of rupture
in a more accurate way. This can be possible by involving different imaging modalities,
each one able to detect at least one of the three principle determinants of plaque’s vul-
nerability to rupture: thickness of the plaque’s fibrous cap, size and composition of the
plaque’s lipid core and eventual local inflammations [5]. Another important research
field is the characterization of aneurysm. Aneurysm is a cardiovascular pathology con-
sisting in the abnormal dilatation of a blood vessel. It can affect the abdominal aorta
(i.e. Abdominal Aorta Aneurysm-AAA), the ascending thoracic aorta (i.e. ascending
Thoracic Aorta Aneurysm-aTAA) or the arteries that supply the brain (i.e. cerebral
aneurysm). Aneurysms can be the complication of other cardiovascular pathologies
and need to be extirpate before the occurring of coronary rupture and dissection for
saving the life of the affected patients [6]. To do so, the characterization of aneurysm
for early diagnosis is of crucial matter and several imaging modalities are currently in-
volved in this clinical research scenario. In particular, since several studies revealed that
the progression of aneurysm involving the enlargement of the artery lumen affects the
artery wall by changing its structure, and consequently its mechanical properties [7, 8],
many imaging techniques able to accurately investigate the artery morphology and tis-
sue microstructure are being exploiting [9, 10].

Most of the imaging techniques for the in-vivo visualization of the cardiovascular sys-
tem are invasive because are catheter-based. One of the first catheter-based real-time
imaging techniques in cardiovascular field was developed by Bom et al. in 1971. While
a system for enabling transducer placement within coronary arteries was developed by
Yock et al. in 1988. These first systems are based on Ultrasound. This is why in-
travascular ultrasound imaging (IVUS) has been the pioneer technology in intravascu-
lar catheter-based imaging modalities and since then, it has been developed ever more.
To date, IVUS devices are capable of imaging the interior of artery with a spatial res-
olution of 100 ym. In the last years, novel catheter-based imaging modalities based
on other physical principles rather than ultrasounds have been spreading out in both
clinical field, for in-vivo imaging, and research field, for in-vitro characterization of
tissues [11].

For instance, intravascular magnetic resonance imaging (intravascular MRI) has been
recently developed for artery lumen and wall visualization [12], and atherosclerotic



plaque characterization [13, 14]. However, it is currently limited to the visualization of
large or superficial arteries. This is because as the distance of the external coil from the
artery increases the resolution progressively reduces due to a significant fall-off of the
signal to noise ratio [13]. Moreover, its long acquisition time represents a big limita-
tion for in-vivo patient evaluation [15]. Intravascular MRI has a resolution which ranges
from 300 to 160 pm which is still worse than the one of IVUS technique [11, 13, 15].
Cardiac computed tomography (CT) is another technology which is rapidly emerging
in cardiovascular imaging with the technological advances in multi-slice CT making
possible the imaging of vessels and bypass grafts non-invasively. The only big issue
remains the signal artifacts due to heart motion [16,17]. Multi-slice CT is capable of de-
tecting heart function with an higher accuracy compared to MRI [18, 19]. On the other
hand, many novel imaging techniques based on optical sources are spreading out for
clinical diagnosis and some of them are being revolutionary and competitive for both
in-vivo and in-vitro visualization of cardiovascular tissues for their accuracy. Indeed,
intravascular optical coherence tomography (IVOCT) is currently emerging as one of
the leading techniques for the diagnosis of coronary diseases, such as atherosclerotic
plaques, for its spatial resolution (i.e. 10 pm) which is ten times higher in compar-
ison of IVUS [5, 15,20]. Several optical imaging techniques are also emerging for
in-vitro characterization of tissue structure for their wide range of scales, resolutions
and sources of contrast, making them versatile for many applications [21].

This work focuses on optical techniques for the imaging of the cardiovascular system.
In particular, the main objectives are the investigation and validation of novel optical
technologies in order to better improve IVOCT performance and the development of a
novel optical setup for the in-vitro investigation of the microstructure of soft cardiovas-
cular tissues in both healthy and diseased states. The thesis is structured according to
the different chapters hereafter summarized:

e Chapter 2: within this chapter, a deep analysis of the state of art of the main
optical techniques for both in-vivo imaging for clinical use and in-vitro imaging
for the characterization of soft biological tissues is done. Among all the discussed
techniques, the ones involved and elaborated within the thesis are presented, i.e.
Small Angle Light Scattering (SALS) and OCT.

e Chapter 3: within this chapter, the development of a novel optical system based on
SALS imaging technique for the characterization of the fibrous soft tissue struc-
ture is presented. In the first paragraphs, physical principles and working process
of SALS technique are explained together with the state of art of the technology.
Then, an in-silico analysis based on Monte Carlo (MC) simulations of the prop-
agation of light in fibrous media is presented. The aim of these simulations is a
better understand of the physical phenomena laying behind SALS and the feasi-
bility of the conceived optical system. The in-silico analysis part is followed by
the second part of the chapter consisting in the development of the SALS system.
Here, all the system components are explained in detail and the first validation
test on 3D-printed fibrous samples is presented. The results from the validation
tests are then shown and compared with the corresponding in-silico simulations.
Finally, the first in-vitro tests on ex-vivo soft tissue samples are reported and dis-
cussed.



Chapter 1. Introduction

e Chapter 4: within this chapter, the first ever performance of reflection and trans-
mission tests in mimicking-tissue samples and blood samples with the employ of
both conventional Gaussian (G) and Laguerre-Gaussian (LG) beams based on or-
bital angular momentum (OAM) technology in the near-infrared region (i.e. wave-
length of 1300 nm) is presented. The main objective is to demonstrate that, with
the use of OAM technology, the light transmission through highly scattering media
(i.e. blood) increases and so, it could be potentially exploited for the improvement
of IVOCT technology in terms of signal penetration depth along the arteries. In
the first part of the chapter, the theory behind LG beams and OAM technology
is treated and the state of art of the technology is presented together with theo-
retical basis on light propagation in highly scattering turbid media. Afterwards,
the transmission and reflection tests that have been performed are respectively
reported from the development of the experimental setup to performance of the
measurements, and finally discussed.

e Chapter 5: within this last chapter, the development of a novel setup emulating
an IVOCT axial scan (A-scan) based on photonic technologies is presented. The
main objective is that the proposed A-scan setup allows the simultaneous data scan
and acquisition at unprecedented high speed (i.e. frame rates between 500 kHz
and 1 MHz) in the optical domain without post-processing of the system output
signal. It is possible by the exploitation of the real-time optical spectrum Fourier
transformation (RT-OSFT). This novel technology for IVOCT A-scan allows a
rapid imaging of the tissue under investigation and consequently a bigger amount
of analysed data in short time intervals and the decreases of image artifacts due to
the movement of the investigated tissues. First, the state of art of OCT technology
is presented together with a brief explanation of the actual OCT modalities and
the theory behind RT-OSFT. Then, the experimental development of the system
followed by its calibration and parameter optimization done through a dedicated
software (i.e. VPIPhotonics) is presented.

The thesis concludes with a chapter dedicated to a brief recap of the performed activities
highlighting their potentials and implications in both clinical and research fields, and
discussing about further related future works.



CHAPTER

State of the art of optical techniques for the
imaging of the cardiovascular system

2.1 State of the art of traditional techniques largely adopted in clinical
scenarios

Biomedical imaging techniques based on optical sources are being revolutionary in
clinical fields and are expected to have an unprecedented impact on prevention and
diagnosis of diseases. The main advantages of adopting optical solutions in medical
imaging are the following ones [22]:

e capability of giving both functional and structural information of tissue changes
with high spatial resolution and sensitivity;

e use of non-ionizing energy sources;
e employment of portable and low-cost equipment;
e capability of working in real-time;

e adaptability to microscopes and endoscopes for the acquisition of macroscopic
and microscopic information which make optical imaging devices versatile to al-
most all biomedical fields;

e capability of providing quantitative information.

All the above mentioned factors make optical imaging techniques potential means for
the improvement of cardiovascular diseases diagnosis through in-vivo intravascular
imaging. So far, numerous catheter-based techniques based on optical sources have
been investigated and developed for intravascular imaging. Each technique possesses
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Chapter 2. State of the art of optical techniques for the imaging of the cardiovascular
system

its own advantages and limitations.

Up to date, one of the technologies which has been mostly used in intravascular imag-
ing together with IVUS, is angioscopy. It allows the visualization of the surface colour
and superficial morphology of artery wall with the capability of identifying eventual
anomalies. Most of the angioscopic techniques are based on a light source which emits
white light (i.e. spectral window ranging from 400 nm to 780 nm) at high intensity
to illuminate the target objects through a fibre-optic catheter. Sometimes near-infrared
(NIR) optical sources are used, for example in modalities based on fluorescence (e.g.
NIR fluorescence angioscopy). The imaging catheter is flexible and contains a fibre
bundle with thousands of pixels. Then, a micro-CCD camera allows the construction
of coloured images of the investigated artery lumen [11]. For instance, the latest gen-
eration catheter currently in clinical use for angioscopy is characterized by a bundle of
6000 fibres, an outer diameter of 0.75 mm and a microlens with focused depth ranging
from 1 to 5 mm and providing a 70 degrees field of view [20].

From coloured angioscopic images, normal artery are glistening white. Changes or
blurs of this colour mean the presence of anomalies. Recent studies have proved
that intracoronary angioscopy is an accurate means for not only in-vivo localization of
atherosclerotic plaques, but also characterization of plaque vulnerability and eventual
presence of thrombus or endoluminal irregularities such as fissures, tears and ulcera-
tions. This is possible thanks to its high spatial resolution (i.e. 10 to 50 xm) images
acquired through fibre optics [11, 15,23]. For instance, clinical studies revealed that a
thrombus can appear as a white granular material if it is platelet-rich, while as a pro-
truding red irregular structure if it is fibrin/erythrocyte-rich [24]. Furthermore, the more
vulnerable atherosclerotic plaques appear yellow and the increased of the yellow inten-
sity has been demonstrated to be connected to an increase of likelihood of subsequent
coronary events (i.e. plaque rupture, thrombosis) [25-27]. Some clinical investigations
reported the successful use of angioscopy also for the macroscopic evaluation of both
neointimal coverage and local thrombus formation over stent struts [28—30]. Last but
not least, the fluorescence principle has been successfully applied in angioscopy (i.e.
NIR fluorescence angioscopy) for the guidance of surgical re-vascularization therapies
by exploiting the optical properties of a cyanine dye with absorbance and fluorescence
peak in the NIR region at about 800 nm (i.e. indocyanine green). The working princi-
ple of NIR fluorescence angioscopy consists of i) the intravascular injection of cyanine
dye in the area under investigation, ii) the subsequent fluorescent excitation through an
infrared laser source, and iii) the acquisition of the indocyanine fluoresced light. This
process allows the real-time data acquisition and visualization of the investigated vas-
culature [11]. Although this particular technique has been demonstrated to be effective
in bypass implantation procedures, a recent clinical study confirmed that farther inves-
tigations are needed to improve the accuracy in visualizing eventual graft problems in
patients who underwent bypass implantation [31].

To date, intracoronary angioscopy has been demonstrated to be crucial for gaining
insights into the pathophysiology of coronary lesions. Indeed, it is a clinical well-
established diagnostic technology for in-vivo intravascular imaging because of its high
sensitivity to detect thrombus and evaluate plaque pathological state. However, the
subjectivity of colour image interpretation has been largely criticized because it does
not give quantitative information and only relies on the doctor’s experience. Therefore,
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techniques based on colorimetry able to provide quantitative information are under in-
vestigation in order to better improve their accuracy and reliability [32]. Moreover, the
ability of visualizing only the luminal surface could not be sufficiently sensitive. In-
deed, the limited spatial resolution does not allow the visualization of the artery wall
microstructure which could be determinant for a better understanding and diagnosis of
early pathological states. This last limitation has been even confirmed by a study per-
forming a comparison with IVUS imaging which is the competitive in-vivo intravas-
cular modality widely used in clinical scenarios for cardiovascular disease diagnosis
together with angioscopy [20, 33]. But, the biggest limitation which is typical of an-
gioscopy and generally interests every intravascular catheter-based imaging modality
for in-vivo diagnosis employing optical sources, is the need to create a blood-free field
in the proximity of the region under investigation to assure the proper operation of the
device. In fact, the presence of blood would obscure the acquired images because of its
high absorption. The generation of a localized blood-free field in a vessel is currently
achieved in two ways: 1) by temporarily applying a proximal occluding balloon dur-
ing the acquisition time or ii) the use of a smaller catheter to continually flush saline
in front of the imaging probe to transiently displace blood. The first modality, if not
well-managed, could create serious complications such as coronary rupture, thrombo-
sis, dissection, or arrhythmia. The second modality is safer, but requires removal of
the guidewire before the acquisition of each angioscopic image [20]. Since this proce-
dure concerning the blood displacement in proximity of the catheter tip is necessary to
perform intravascular imaging through optical devices, it is a big issue which cannot
be completely solved. But at least, the probability of devastating complication arise
which could be caused by this procedure (i.e. coronary rupture, thrombosis, dissec-
tion, arrhythmia), can be considerably decreased by faster image acquisition speed and,
thus, smaller acquisition time. An optical technique which has been recently developed
and can overcome the issue of complication arise following blood displacement is in-
travascular OCT (IVOCT) thanks to its acquisition system which allows faster image
acquisition compared to other technologies largely adopted in clinical scenarios (i.e.
IVUS, angiography) [34].

IVOCT can be thought as the optics-based counterpart of IVUS. Indeed, it is an opti-
cal imaging technique which is based on the measurement of reflected echoes coming
from the investigated tissues. The difference is the nature of these echoes, i.e. light
waves for IVOCT, while acoustic waves for IVUS. The acquired backscattered light is
characterized by the optical echoes of the infrared light sent into the tissue through a
dedicated optical source and coming back to the photodetector. Therefore, the working
principles is analogous to the IVUS one, with the main difference consisting of the dif-
ferent signal nature. IVOCT systems are characterized by a superluminescent diode as
optical source of low coherent infrared light (i.e. wavelength of 1300 nm) and employ
interferometric techniques (i.e. Michelson interferometer) to determine the depth of the
reflector which is the target tissue (i.e. A-scan). The IVOCT catheter can rotate in or-
der to provide cross-sectional images of the vessel’s lumen (i.e. B-scan). The catheter
rotation is guaranteed by a stationary outer sheath and a rotating mirror in the inner
core. This design facilitates a pull-back of the imaging core [11, 20, 35]. Thanks to
its high resolution which ranges from 2 to 10 pm, OCT has been demonstrated to be
a very promising technique for an accurate visualization and superior characterization



Chapter 2. State of the art of optical techniques for the imaging of the cardiovascular
system

of artery wall anomalies (i.e. atherosclerotic plaques) compared to the other intravas-
cular imaging techniques largely diffuse in clinical use (i.e. IVUS and angioscopy).
Indeed, some ex-vivo studies have demonstrated that IVOCT technique is capable of
classifying atherosclerotic plaques more accurately [36—38], with high sensitivity and
specificity respectively of 92% and 94% for lipid-rich plaques, 95% and 100% for fibro-
calcific plaques, and 87% and 90% for fibrous plaques [39]. In clinical scenarios, the
safety and feasibility of IVOCT image wire systems has been demonstrated in patient
affected by acute coronary syndromes as well as myocardial infarction [40]. Indeed,
it has been able to successfully characterize culprit lesion morphology through in-vivo
investigations and assess restenosis after stenting [41,42]. Furthermore, new imaging
modalities integrated to IVOCT imaging systems such as polarization imaging, spec-
troscopy, Doppler imaging and elastography, could be able to provide more detailed
information not only about the macrostructure and composition of artery wall anoma-
lies (e.g. atherosclerotic plaques) but also about the biochemical and biomechanical
properties of the plaque core and the near-surrounding tissue [43,44].

2.1.1 Intravascular optical coherence tomography and its ultrasound counter-
part

Although IVOCT is a relatively novel imaging modality, it has been quickly spread out
in clinical intravascular imaging scenarios at expenses of its acoustic-based counterpart
(i.e. IVUS) thanks to its superior performance. As it can be seen from Table 2.1 [34],

Table 2.1: Comparison between physical and technical characteristics of IVOCT and IVUS

IVOCT IVUS
Energy source Near-infrared light | Ultrasound
Wavelength (micrometer) 1.3 35-80
Axial resolution (micrometer) from 15-20 to <1 100-200
Lateral resolution (micrometer) from 20-40 to <2 200-300
Frame rate (frames/s) from 15-20 to >100 30
Pull-back rate (mm/s) from 1-3 to >20 0.5-1
Max. scan diameter (mm) 7 15
Tissue penetration (mm) 1-2.5 10

traditional IVOCT systems offer a spatial resolution which is much higher compared to
that of IVUS systems. This characteristic is very critical and makes IVOCT a powerful
mean for more accurate and reliable diagnosis of intravascular diseases. As described
in Table 2.1, the spatial resolution, the frame rate and the pull-back rate lies respec-
tively within large ranges of values. Indeed, depending on the applied modality these
parameters can be drastically improved. The first OCT systems were based on the
Time-Domain technique which is characterized by axial and lateral resolution values
of 15-20 pm and 20-40 pm and frame-rate and pull-back values of 15-20 frames/s
and 1-3 mm/s. With the advent of the OCT systems based on the Fourier-Domain
technique the frame-rate and pull-back parameters have been improved to values >100
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frames/s and >20 mm/s respectively. This is the main reason why, nowadays, all the
commercial OCT systems used in intravascular imaging are based on Fourier-Domain
technique. This spectral OCT modality enables the fast 3D imaging of long coronary
tracts, with just a brief saline purge. Therefore, in this way, the necessity of using oc-
cluding balloons can be overcome and the danger of the consequently arise of acute
coronary problems can be highly limited [45]. Additionally, a novelty system which
has been developed thanks to the use of newer laser and an extended focus depth by
means of an axicon-type optical element, is £OCT. It can achieve very high axial and
lateral resolutions (i.e. <l pum and <2 pm respectively) resulting a powerful modality
for the imaging of cellular and subcellular structures, and for the study of inflammatory
processes at subcellular levels [46,47]. However, a considerable limitation of OCT
compared with IVUS is its poor penetration depth caused by the high scattering that
light experiences penetrating biological tissues, in particular blood. This can bring to
shadowing effects which can obscure deeper tissue regions and decrease contrast due
to light attenuation [21].

In summary, each modality possesses unique advantages that can compensate limita-
tions of other techniques. For instance, a potential synergism exists between IVOCT
and IVUS as their advantages are complementary. Indeed, the former one provides
higher resolution, while the latter one higher penetration depth. This is also the case
of specific modalities which can be adopted in both IVOCT and IVUS. Namely, spec-
troscopy can give biochemical information, while elastography biomechanical informa-
tion. To date, the optimal imaging modality for in-vivo intravascular imaging remains
undefined.

2.2 State of the art of emerging techniques for soft tissue structure
characterization

It is well established that the structure of soft tissues plays a crucial role in tissue func-
tions and behaviour in both healthy and diseased state. The development of accurate
techniques allowing biological tissue structure investigation is therefore necessary to
improve the observation and quantitative analysis of the physiological state and func-
tional behaviour of tissues for the development of more complete computational models
and a significant improvement of diagnostic capabilities. Optical techniques are ideal
for the analysis of tissue structure because they are versatile for several applications
thanks to their wide range of scales and resolutions. Furthermore, they are able to
make quantitative measurements by offering degrees of freedom beyond spatial varia-
tion, allowing a quantitative characterization of various metrics (e.g. molecular compo-
sition, fibre alignment and mechanical properties) through polarization-, wavelength-
and time-dependent measurements [21]. Hereafter, a discussion on various optical tech-
niques for the characterization of tissue structure is presented based on the specific
types of investigation.

2.2.1 Imaging for investigations of bulk constituent tissue structure

The most widespread optical imaging technique for in-vitro investigation of soft tissue
structure, which is considered one of the traditional standard together with other non-
optical techniques (i.e. MRI, CT and ultrasound imaging), is histology. It has been
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adopted for years and, to date, is largely used in the laboratories as a powerful tool
for understanding biological organisms. Histology is based on optical microscopy and
exploits a particular technique called bright-field microscopy. The working principle
consists in transmitting a light beam by means of a dedicated optical source to the in-
vestigated sample, which is typically positioned in a slide, and creating a “shadow” of
the image through the contrast provided by the light attenuation through the tissue sam-
ple. Since this method relies on the intrinsic absorption experienced by the light beam
traversing the sample, it often results in low contrast. Therefore, several methods of
contrast enhancement have been developed in order to make this technique more effec-
tive. For instance, methods such as phase contrast and differential interference contrast
have been investigated and finally demonstrated to be capable of imaging tissue struc-
ture more accurately by using different source of contrast [48]. Although bright-field
microscopy is able to identify different structures and chemical components within
tissues through the exploiting of several contrast mechanisms, the investigated tissue
sample needs to be fixed and physically sectioned in very thin slices. This is a big lim-
itation because leads to low scales for use, destruction of the native tissue and inability
to perform functional imaging [21].

A solution for the performance of large scale, non-destructive functional imaging is the
use of non-optical technique. However, they present much lower resolution and levels
of contrasts, and lack of tissue differentiation at microscale. Nowadays, many optical
imaging techniques are under development in clinical research field scenarios in order
to overcome the above mentioned limitations. Each of these novel techniques are char-
acterized by specific advantages which make them suitable for specific applications.
Some novel optical imaging techniques which are suitable for the investigation of bulk
constituent tissue structure and thus most closely mimic traditional histology, are con-
focal microscopy, non-linear techniques, and OCT. This last technique has already
been presented in the previous paragraph, with a focus on intravascular applications,
as a technique increasingly adopted in commercial systems for clinical use. But, it
is still under investigation and improvement in research scenarios as a potential mean
for highly accurate characterization of tissue structure at micrometre and even sub-
micrometre scale with the advent of OCT. These three optical techniques are charac-
terized by higher resolutions with respect to traditional histology and the main sources
of contrast are the interfaces between tissues. Indeed, tissue interfaces are character-
ized by a mismatch of refractive index which produces an increase of light scattering.
The scattered light is then acquired by the optical device and the image of the tissue
is built through a dedicated elaboration of the acquired backscattered optical signals.
Even if they are mostly used for in-vitro investigations, they are quickly emerging also
for in-vivo imaging in many clinical scenarios.

In particular, confocal microscopy is based on the confocal principle which is a method
that allows the acquisition of the reflected light exclusively coming from the focal plane.
It is used for a wide range of applications from imaging of dynamic processes in living
cells to accurate morphological analyses of tissues to co-localization of protein expres-
sion patterns [49-51]. The main benefits of this technique are the high axial resolution
which is of the order of 0.5-5 pm, and the capability of using intrinsic contrast coming
from both changes in refractive index and absorption within the investigated tissues.
Moreover, this technique can be paired with fluorescent-mode imaging, resulting in a
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powerful tool for the investigation of both tissue and cell structures [52-55].

The main drawbacks are the small penetration depth, which is typically some hundreds
of microns (e.g. 200-300 xm in human skin) and depends on the applied wavelength
(i.e. typically infrared and visible regions), and the long acquisition time due to the
point scan. Recently, faster scanning based on line scanning, rather than point scan-
ning, have been investigated in order to improve the acquisition time, but at some costs
of the image resolution [21,56,57].

On the other hand, non-linear microscopy is a set of techniques (i.e. two-photon mi-
croscopy, second harmonic generation) which have several advantages over linear re-
flectance (i.e. confocal microscopy). The most important advantage is the capability
of achieving deeper penetration depth into the biological tissues (i.e. up to 1 mm)
while maintaining sub-micrometre resolution [58]. Furthermore, such techniques re-
quire much less illumination power leading to less photobleaching to the sample and
the excitation wavelength is easily distinguished by the emission wavelengths leading
to an improvement of contrast [59, 60]. Typical drawbacks of non-linear microscopy
are some eventual loss in resolution while working in the near-infrared region due to
unexpected light diffraction phenomena occurring inside the tissue, limited imaging
depth for the imaging of deep structures (i.e. deeper than 1 mm from the surface)
without physical sectioning of sample and long acquisition time for large 3D data col-
lection [61, 62].

Finally, the technique that has been demonstrated to have better capabilities in terms of
resolution and contrast with respect to confocal reflectance and non-linear techniques,
is OCT. Indeed, as it has already been discussed in the previous paragraph, it allows
the imaging of tissue structure with micrometre resolution as well as the imaging of the
cellular microstructure with unprecedented sub-micrometre resolution and without the
need of sectioning thanks to the development of OCT.

2.2.2 Imaging for investigations of molecular tissue constituents

Recently, optical techniques have been also employed in the field of molecular imag-
ing. Indeed, novel optical imaging techniques able to investigate the molecular com-
position of biological tissues have been starting developing by means of spectroscopy
which is based on the acquisition of spectral signals directly coming from the investi-
gated tissue. Depending on the optical properties which is measured (i.e. absorption,
fluorescence, scattering) several spectroscopic modalities can be distinguished. The
employed optical source type varies depending on the physical phenomena to be mea-
sured [11,22]. Within the set of spectroscopic techniques, different imaging modalities
have been emerging.

Among them, diffuse reflectance/NIR spectroscopy is a technique which uses a broad
spectrum of wavelengths (i.e. from 700 to 2500 nm) as light source and measures the
bulk scattering and absorption of different tissue regions. The acquired spectrum has a
distinct trend of diffuse reflectance from the tissue across the broad wavelength spec-
trum, allowing the visualization of the specific absorption and scattering properties of
the tissue and thus the identification of the sample constituents [22, 63].

In a similar way, NIR fluorescence spectroscopy uses a laser source to send luminescent
emission and identify the properties of the illuminated tissue from the acquired fluo-
rescent spectrum. Basically, luminescent emission consists in photons which excite the
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tissue molecules to a higher energy level and the subsequent decay releases part of the
energy difference in the form of light. Through the acquired spectrum, the tissue can be
accurately characterized and its constituents can be differentiated, similarly to confocal
fluorescent microscopy but across a larger and more highly resolved spectrum [21, 64].
Raman scattering spectroscopy is another emerging spectroscopic technique which ex-
ploits a narrow-band light source for monitoring the shift in wavelength (i.e. inelastic
scattering) occurring when the incident photons interact with the tissue and lose/gain
energy. The acquired spectra are weak but a highly reliable identification of tissue con-
stituents can be done because individual molecules induce very specific trends in the
Raman scattering spectra [65].

These spectroscopic techniques are very suitable for the investigation of bulk local tis-
sue characteristics. They can achieve a lateral resolution on the order of 100 pm, while
the axial resolution results in an average of reflectance and fluorescence across the sam-
ple depth. The depth which can be achieved, depends on the probe design [21]. In the
cardiovascular field, the adaptation of such techniques to endoscopes for intravascu-
lar imaging is nowadays under clinical evaluation for commercial use. For instance,
some studies revealed that NIR spectroscopy is a potential modality for the characteri-
zation of atherosclerotic plaque composition thanks to an adequate signal-to-noise ratio
through the blood. However, the main limitation of NIR spectroscopy is that it does not
provide structural plaque information [11,66—68]

Regarding Raman spectroscopy, several studies regarding the characterization of artery
wall and atherosclerotic plaques have been performed. It has been demonstrated that
it is possible to retrieve clinically useful information about plaque composition with
the manipulation of the acquired spectra through dedicated spectrum modelling algo-
rithms [69, 70]. However, its adaptation to intravascular investigations is technically
more challenging than NIR spectroscopy because of the low intensity of the light scat-
tered by the artery wall and blood interference. To date, some studies have been per-
formed in order to overcome these issues [71].

A relatively young spectroscopic imaging technique which is very robust for tissue
differentiation in highly heterogeneous regions, is spatial frequency domain imaging
(SFDI). This technique includes a wide range of modalities which can employ a sin-
gle wavelength or a broadband source to structurally illuminate an entire planar field
and then reveal quantitative information about the scattering and absorption proper-
ties of the investigated sample through proper demodulation techniques applied to the
acquired spectra [72-74].

2.2.3 Imaging for investigations of fibrous soft tissue structure

Together with imaging of bulk tissue constituents and molecular composition of tissues,
another important set of optical imaging techniques is currently under development in
clinical research scenarios with the aim of characterizing the fibre alignment in soft
tissue structure. These techniques are often used together with specific biomechani-
cal tissue analysis which include the application of controlled mechanical stresses and
strains (i.e. axial/biaxial testing). In this context, the main developed techniques are
polarization imaging (PI) and small angle light scattering (SALS). Both techniques ex-
ploit visible lights for their investigations.

Regarding PI, it is a technique which exploits the orientation of the electromagnetic
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field propagating into the sample. This is possible because soft tissues contain cylin-
dric structures (i.e. fibres) which are birefringent and cause anisotropic scattering. This
phenomenon depends on the polarization of the incident light which influences the
amount of light that maintains its initial polarization while penetrating into the tissue.
The comparison between initial light polarization state and polarization of the amount
of light reflected/transmitted from the tissue, leads to a quantification of the structural
anisotropy and so, the fibre orientation within the investigated tissue [75,76]. Even if
PI can be used as a stand-alone imaging technique, in many studies it has been incor-
porated to other imaging modalities such as OCT, spectroscopy or SFDI [77-79].

On the other hand, SALS uses an unpolarized and low-power laser beam as light source.
Light traversing the tissue sample is both scattered and transmitted. Typically, the scat-
tered photons outside the sample characterize the SALS pattern which can be either
acquired by a photosensor (i.e. CCD camera) or a dedicated projection screen. The spa-
tial distribution of scattered light is an average of all the structured information within
the light beam envelope. From the acquired pattern the angular distribution of the con-
stitutive tissue fibres and therefore a quantification of the tissue structure anisotropy
can be obtained [80]. The lateral spatial resolution of this technique depends on the
raster step if a lateral scanning is applied to the sample, and the diameter of the beam
which travels through the depth of the sample. Axial resolution cannot be resolved.
Chemical clearing or histological sectioning could be sometimes needed if the sample
is not adequately translucent. Therefore, SALS technique fits well when damage to the
sample is a nonissue. SALS has been demonstrated to be a powerful tool in in-vitro
analysis for the development of constitutive tissue models and an effective complement
to mechanical testing of soft tissue with the building of their microstructure maps [21].

2.3 Summary

Optical imaging techniques are being successfully adopted in both clinical scenarios for
in-vivo imaging and research fields for a deep characterization of tissues aimed to give
information about their structure at micro- and macro- scale and molecular composi-
tion. In particular, in the field of in-vivo cardiovascular imaging, angioscopy represents
the traditional optical imaging standard together with IVOCT which is younger but, it
has been spreading out quickly for its high resolution and slowly substituting its Ultra-
sound counterpart (i.e. [IVUS) in several applications where a micrometer resolution is
required. In addition to angiography and IVOCT, several optical techniques are being
developing in research scenarios for deeper tissue characterization. Some of them have
also been adapting to endoscopes and are currently under clinical evaluation for in-vivo
intravascular investigations (i.e. NIR and Raman spectroscopy). The most important
aspects which need to be taken into account in order to evaluate if a technique is suitable
for a certain application, are:

e non-destructiveness: ability not to affect the sample in any way;
e resolution;
e scale: connected to the the quality of the resulting image;

e type of measurement: if it is quantitative or only qualitative;
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e the capability of performing functional imaging through fast data acquisition (i.e.
video rate).

There still does not exist a technique which excels in all the above listed factors. Each
technique has its own advantages and drawbacks, and each one is best suitable for a
specific range of applications. In Figure 2.1, an overview of the principal optical tech-

Histology Confocal microscopy Non-linear microscopy
N-D N-D N-D

FIl ¢
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OoCT SALS Spectroscopy
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SFDI Non-optical techniques
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Figure 2.1: Diagrams showing a comparison among non-optical and most common optical techniques
in terms of observing and characterizing biological tissues (N-D: non-destructiveness, R: resolution,
S: image scale, FI: functional imaging, Q: quantitative).

niques commonly used for tissue characterization based on their performance and com-
pared with non-optical techniques is shown [21]. From an analysis of the diagrams, the
set of optical techniques includes much more modalities in comparison to non-optical
techniques. This implies a better flexibility of the optical techniques in terms of fields of
application. Indeed, for each application, ranging from in-vivo imaging to in-vitro anal-
ysis of tissues, it can be found a corresponding suitable optical technique. For in-vivo
imaging applications, the most suitable techniques need to be totally non-destructive,
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therefore, the most eligible ones are OCT and spectroscopy. The former one, already
diffused in clinical use, combines non-destructiveness with high capability of functional
imaging and high quality images together with a good adaptation to catheter-based anal-
ysis for endoscopic/intravascular applications. The latter one is characterized by lower
resolutions and image scale with respect to OCT, but it is more suitable for quantitative
analysis. Its applicability to catheter-based application is still under study and develop-
ment. The integration of SFDI analysis to both OCT and spectroscopy can finally bring
to higher acquisition speeds and so higher functional imaging capabilities.

On the other hand, the rest of the techniques shown in the Figure 2.1 are best suitable
for tissue structure visualization. As already said, histology is the traditional standard
commonly used in laboratories. However, the sample needed to be sectioned for be-
ing analyzed, making histology accurate as much as destructive. That is why, in many
application where the sample sectioning and damaging is an issue, other more suitable
techniques can be used. For example, SALS does not require sample sectioning and
provide accurate quantitative analysis and maps and non-linear microscopy is to date
considered the most powerful technique in term of resolutions.

Finally, it can be said that each technique has its own characteristics which makes it
suitable for certain tissue investigations. Therefore, there is not an optimal technique
able to solve all the issues related to the imaging of tissue in the same time. For this rea-
son, recently, it has been proposed to use multi-modal techniques in order to overcome
problems related to tissue attenuation which is the main limitation affecting optical
techniques, such as the combination of ultrasound with optical signals typically used
for the measurements of mechanical properties of tissues (i.e. Photoacoustic tomogra-
phy, Brillouin microscopy) [21].
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CHAPTER

Development of a novel optical setup based on
small angle light scattering for the
characterization of soft biological tissue structure

3.1 Introduction

Fibrous structure plays an important role in the function and behavior of both healthy
and diseased biological tissues. For instance, structural changes in collagen and elastin
fibers are particularly important in biomechanical remodelling of many dense connec-
tive tissues which are composed of a dense extracellullar network of collagen and
elastin fibers embedded in a ground matrix. Thus, the quantification of fiber archi-
tecture is an important step in developing an understanding of the mechanics of planar
tissues in healthy and diseased state.

So far, numerous techniques have been developed for the investigation of the fibrous
structure of soft tissues. For instance, among the optical techniques dedicated to tissue
structure characterization, SALS allows the determination of collagen alignment in thin
slices of tissue such as heart valves, intestinal submucosa and engineered heart valve
tissue [81-83]. Other developed techniques able to investigate collagen fibre structures
include small angle X-ray scattering [84], elastic scattering spectroscopy [85] and mi-
croscopic elliptical polarimetry [86]. With these methods, an orientation fiber distribu-
tion can be found, which represents the contribution of all collagen fibers embedded in
the tissue. More detailed techniques to obtain information on the collagen organization
include some optical modalities whose principles have already been explained in the
previous chapter. They are confocal reflection laser scanning microscopy [87,88], auto-
fluorescence and second harmonic generation using multi-photon microscopy [89,90].
Among these techniques, SALS offers a relatively simple and inexpensive way to pro-
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vide semi-quantitative structural information about the localized arrangement of tissue
fibers on a macroscopic scale [91]. SALS working process consists on an incident light
beam which traverses a tissue sample interacting with some type of dielectric inhomo-
geneities. At each inhomogeneity border, part of the incident radiation is transmitted,
another part is reflected and depending on the type of analyzed tissue a portion of
radiation is absorbed. From a physical point of view, the incident laser light causes
oscillating dipoles, which in turn emit light at the same wavelength () of the incident
beam in all directions. So, at different points in space for each scattered wave, fictitious
light sources are created and interfere between each other. Finally, the portion of light
transmitted to the opposite surface of the sample is scattered outside the tissue and the
corresponding spot is acquired through a camera and analyzed. The objective of SALS
theory is to correlate the intensity of the scattered light measured at various angles
relative to the incident light to some physically meaningful quantity able to give infor-
mation about the structure and the isotropic or anisotropic nature of fibrous samples.
The low or high grade of anisotropy in a fibrous sample depends on the density and
characteristics of the embedded fibres. Traditional SALS techniques are only capable
of detecting structures that have dimensions within the order of the wavelength of the
incident light beam (i.e. A = 633 nm). Typically, the eccentricity and orientation of the
scattered light spot which is related to the amount of radiation that traverses the tissue
and is scattered outside in the opposite surface of the sample, gives information on the
dispersion and orientation of the embedded fibers. SALS imaging is best used when a
tissue-wide microstructure investigation is required and damage to the sample is a non-
issue. To date, SALS has been applied on soft tissues following uniaxial mechanical
testing or fixation under load to study the microstructure-derived mechanical properties
and characterize healthy or diseased tissues. In constitutive model development, SALS
is a powerful experimental complement to mechanical testing of soft tissues with the
direct inclusion of these microstructure maps. Several research groups have been using
SALS to map the gross fiber orientation of soft membrane connective tissue. However,
the device and analysis methods used in their studies require extensive manual inter-
vention and are unsuitable for large-scale fiber architectural mapping investigations.

In this work, an improved optical device based on SALS technique has been devel-
oped. It allows for rapid data acquisition, automated high spatial resolution speci-
men positioning, and new analysis methods suitable for real-time large-scale mapping
studies during mechanical biaxial test. The implementation of dedicated numerical
simulations and extensive validation experiments revealed that the optical device can
accurately measure fiber orientation for sample thicknesses higher than 1 mm to an
angular resolution of about 1 degree. To demonstrate and validate the new device’s
capabilities, structural validation measurements from 3D printed fibrous samples are
presented. Furthermore, customized in-silico simulations based on a Finite Element
Monte Carlo (FE-MC) algorithm have been implemented in order to better understand
the physical phenomena laying behind the propagation of light in fibrous media and
so, the working process of our novel optical system. Monte Carlo (MC) is a stochastic
modeling technique earlier used for radiation transport, which has been introduced for
light propagation. MC method for photon transport (e.g. light transmission) is used
for simulating how photons are scattered and absorbed within a certain medium. In-
deed, it describes the "random walk" of photons in a turbid medium (e.g. biological
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tissue) [92]. The MC method has been used to simulate light propagation in tissues for
a variety of biomedical applications such as near-infrared spectroscopy, diffuse optical
imaging, photoacoustic tomography and light-based therapies [93].

Finally, the SALS setup has been integrated in a customized biaxial testing machine,
already existing at our laboratory, in order to perform real-time tissue microstructure
characterization during biaxial test. In particular, a sample of porcine aorta and a sam-
ple of human aorta affected by ascendic thoracic aorta aneurysm (aTAA) have been
tested.

3.2 Theoretical background

3.2.1 Basics on light propagation in fibrous tissues

The interaction of light with a certain medium depends on its optical properties which
are a quantification of the physical phenomena occurring when the medium is traversed
by a light wave (i.e. absorption, reflection and scattering). For all those phenomena
each medium shows different behaviors depending on both its intrinsic optical proper-
ties and the wavelength of the incident radiation. The most relevant optical property
that causes light scattering is the refractive index (n). Indeed, light scattering can be
described as scattering by structures that have different refractive index from the sur-
rounding medium, or as scattering by a medium with a continuous but fluctuating re-
fractive index. Two types of scattering can exist. The Mie scattering which occurs when
the structure or refractive index fluctuations are bigger compared to the wavelength of
the incident light beam and, the Rayleigh scattering which, on the contrary, occurs
when the structure or refractive index fluctuations are smaller compared to the wave-
length. In case of soft biological fibrous tissues, light scattering is due to the different
refractive index of the embedded fibers, especially the collagen ones, with respect to
the surrounding isotropic environment (i.e. extracellular matrix). Since the dimensions
of collagen fibers (50-150 pm) are much bigger than the incident wavelength (typically
500-1300 nm in biomedical applications), Mie scattering occurs when light traverses
biological tissues. An important role is played also by the shape of the embedded fibers
which can be approximated to arrays of cylinders.

Besides the refractive index, the optical properties of a generic biological tissue sam-
ple are described in terms of absorption coefficient, ji, (mm™1), scattering coefficient,
s (mm™1), and scattering function, p(6,1)) (sr—1), where 0 is the deflection angle of
scatter and 1) is the azimuthal angle of scatter. In general, the definition of the scatter-
ing function is appropriate when describing light scattering in thin tissue samples. In
case of light scattering in a thick tissue sample, the scattering function is simplified to
an average coefficient called anisotropy coefficient (¢ = (cos#)). This is because in
a thick sample where the embedded fibers are randomly oriented and multiple scatter-
ing occurs, the ¢ angle dependence of scattering is averaged and hence ignored, and the
multiple scattering averages the angle 6 such that it can be described by g [94]. With the
purposes of characterizing biological tissues, their scattering properties can be defined
in terms of reduced scattering coefficient which depends on the scattering coefficient
(u5) and the anisotropy factor (g) through the following formula:

py = ps(1—g) (3.1)
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The reduced scattering coefficient also depends on the wavelength of the radiation trav-
elling into the medium, such dependence is described by the following equation:

i = ax [%] B (32)

or alternatively,

fy = a* [fRay (m) h + (fasie) * (W) _wa] (3.3)

where b is adimentional and is called "scattering power", a is equal to j, at a wave-
length of 500 nm and scales the wavelength-dependent term in both (3.2) and (3.3), fgay
and fy;;. are dimensionless values connected to Rayleigh and Mie scattering respectively
(i.e. faie = 1 — fray). Thus, in (3.2) and (3.3) both the Rayleigh and Mie scattering
contributions are taken into account for the calculation of the reduced scattering coef-
ficient. Based on the physical characteristics of the medium where light diffuses, one
component can dominate over the other one or vice versa, or also they can simultane-
ously exist with similar contributions [94].

Given a light beam of a certain wavelength traversing a biological fibrous tissue sam-
ple and then getting scattered outside, the shape of the corresponding scattered spot
depends on the wavelength and the characteristics of the sample such as the orienta-
tion and dispersion of the embedded collagen fibres. In particular, the eccentricity of
the spot can give a quantification of the isotropic or anisotropic grade of the sample
based on the circular or elliptical shape respectively. In case of anisotropy, the main
orientation angle of the fibers is calculated with respect to the major axis of the scat-
tered ellipsoid spot. Given a red light beam (A=633 nm, typical of SALS technique)
traversing a fibrous biological tissue, two cases can be distinguished based on the sam-
ple thickness. If the thickness is smaller than 700 ;m the dominant visible phenomenon
occurring within the sample can be approximated to Fraunhofer diffraction from an ar-
ray of cylinders [80]. In this case, the major axis of the scattered ellipse is perpendicular
to the preferential fiber direction so that a fiber with an angular orientation of ¢, scatters
light intensity to an angular orientation of ¢ + 7 (Figure 3.1a). On the contrary, if the
sample thickness is higher than 700 pm, scattering of light by multiple layers of fibrous
structures occurs and the phenomenon of Multiscattering of light, layer by layer, occurs
(Figure 3.1b). In this latter case, the major axis of the scattered ellipse is parallel to the
preferential fiber direction and the resulting scattered ellipse is larger due to the longer
optical path traversed by the light beam inside the tissue sample [95].

In this work, through the implemented in-silico FE-MC simulations and the results pro-
vided by the validation test on 3D printed fibrous samples, it has been demonstrated that
the new optical system based on SALS technology developed in this work provides an
accurate and reliable method for real-time quantification of the gross fiber structure of
samples having thickness higher than 700 pm. Its suitability for the opto-mechanical
characterization of thick fibrous biological tissues has been further assessed and proved
with in-vitro experimental measurements on healthy and aTAA aorta samples.
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Figure 3.1: Schematic of a) Fraunhofer diffraction and b) Multiscattering physical principles (thk:
sample thickness).

3.2.2 Theory behind simulations of light propagation in biological tissues

According to several studies based on the implementation of simulations of light propa-
gation in anisotropic media (e.g. fibrous biological tissues), the working flow can either
follows a deterministic or a probabilistic approach. Both approaches are explained in
detail in the following dedicated sections.

Isotropic and anisotropic diffusion theory

The deterministic approach to light propagation theory is based on the solutions of the
light diffusion equations which calculate the reflectance or the transmittance from a
multilayered and laterally infinitely extended slab having a certain thickness (/). The
equations can either be expressed in space or time domain. The formulation describing
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the light flux in time domain is the following [96-98]:

3 v v ¢
exp | — — — [U,C
P\ 4D,ct ~ 4Dyt "

3 i (<u "~ )eap (_%) — (u— za)ewp (—%))

(3.4)

nlw

(DD, D)~ (4mc)~

Ulz,y,t) =

Knowing the light flux and by exploiting the Fick’s law of radiative transfer [99], the
light reflectance and transmittance can be retrieved from equation (3.4). The definition
of the transmittance or the reflectance in (3.4) depends on the parameter u which is a
spatial coordinate along z-direction. Supposing that the height of the medium (along
z) is I, by setting u = 0 the relation R(x,y,t) = —U(x,y,t) defines the reflectance,
while, by setting u = 1., the relation T'(x,y,t) = U(z,y,t) defines the transmittance.
Regarding the other parameters of equation (3.4), c is the light speed in the investi-
gated medium which depends on the refractive index (n) of the medium itself, Dy, D,
and D, are the diffusion tensors which depends respectively on the effective scattering
coefficients along the three spatial directions (.1t "5, and 1) as following:

1
D, = — (3.5)
Hisa
1
D, =— (3.6)
Msy
1
Hsz
Finally, the parameters z;, and z,, are given by the following relationships:
Z1n = 2nl, + 4nz, + 2 (3.8)
21n = 2nl, + (4n — 2)z, — 2o (3.9
1
2(1+ R,
2% (L4 Reyy) (3.11)

3l (1 — Reysy)

where R,z is the fraction of photons which is internally diffusely reflected at the bound-
ary [99].
In spatial domain, the reflectance (R(x,y)) and the transmittance (7(x,y)) are solved by
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using the following formula [96]:

2 2

Ulz,y) ! i ( ) (x LY +(u—zln)2)0'5+\/_
ry)=——— w— 2y (u—2)? :
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X
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X 22 Qz (u_z n)2
b, b, T D
(3.12)
where, again as in the previous case, the reflectance is given by R(z,y) = —U(z,y),

setting u = 0 in equation (3.4), and the transmittance by T'(z,y) = U(z,y), setting
u=1,.

From both spatial domain and time domain representations (i.e. (3.4) and (3.12)), light
diffusion is isotropic if D, = D, = D, otherwise is anisotropic. Therefore, from this
relationship, since the diffusion tensor depends on the effective scattering coefficient ,
media where this coefficient is constant along all the spatial directions, are defined as
isotropic. But, this cannot be always true. Indeed, a medium is considered isotropic
also when its density and so, its optical properties (e.g. refractive index, scattering
coefficient) randomly varies. This random spatial variation implies a density statistics
of the properties of the medium which are independent on the direction of observation.
On the other hand, media characterized by optical properties which are not spatially
constant or whose variation is not random but depends on the observation point, are
anisotropic. Biological tissues can belong to both category (anisotropic or isotropic
media), because the refractive index and consequently the scattering properties can
change randomly or not with respect to a 3D spatial coordinates. This depends on the
type of tissue.

Monte Carlo method applied to light transport in media

The probabilistic approach to light propagation theory is based on the application of
MC algorithm. It is a category of computational methods which uses random number
generation for the propagation of photons in a stochastic manner. Due to its versatil-
ity, this method has been applied in different fields and for more than two decades it
has been largely used for simulating light transport in biological tissues [100,101]. MC
method is assumed as the gold standard to model light transport in tissues because it has
been demonstrated to be a flexible and rigorous solution to the problem of light trans-
port in highly scattering media possessing complex structures (e.g. biological tissues).
Indeed, many studies have highlighted the higher accuracy of MC method with respect
to the deterministic application of diffusion theory, in modeling light transmission and
reflection in fibrous-mimicking media [96,97,102].
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MC method is based on the initialization of a package constituted by a certain num-
ber of photons (i.e. usually around 10°) which propagates through the investigated
medium following a trajectory randomly defined step-by-step by a certain step-size and
two deflection angles [103, 104]. These three parameters are randomized according to
a stochastic parameter (£), whose values are within the range [0, 1], that is defined as
following [103]:

£ = /wp(x)dx (3.13)

where p(x) is a probability density function which defines the distribution of x over a
certain interval [a,b] such that:

b
/ p(r)dr =1 (3.14)

According to equation (3.13), for each step of the algorithm the step-size of a photon (s)
is calculated based on the sampling of the probability for the photon’s free path [103]:

p(s) = pexp(—pes), s € [0,00) (3.15)

where (11,) is the transport coefficient which is given by the sum of both absorption and
scattering contributions, p; = . + ps. By applying equation (3.13) the value of the
step-size, s, is retrieved as function of the random variable (£) and the mean transport
free path length (i) as following:

—{n(§)
et

(3.16)

S =

The deflection angle(f) and the azimuthal angle (v/) are calculated in a similar way. In
particular, for the deflection angle calculation, in case of Mie scattering of light, the
probability density function proposed by Henyey and Greenstein is exploited [103]:
(cos(6)) T G.17)
p(cos = , , T .
2(1 4 g2 — 29 cosh)?

where g is the anisotropy coefficient. It follows that, by applying again equation (3.15),
the deflection angle as function of £ and g is given by the following relationship:

cosf = 1+2—( L=g )2 #0 (3.18)
29 g 1—g+2¢¢ J '
cosf=26—-1,9g=0 (3.19)

For the azimuthal angle calculation, the probability density function is uniformly dis-
tributed within the range [0, 27| and so possesses a constant value equals to % By
applying equation (3.15), the azimuthal angle is given by the following formula as
function of & [103]:

Y = 27¢ (3.20)

The photons are injected orthogonally into the investigated medium and each one pos-
sesses a certain weight that is progressively updated at each step of the algorithm based
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on the phenomena which the photons undergo through the tissue, i.e. absorption and/or
scattering. So, known the photon weight at the i*" step of the process (w;), at the (i+1)"
step, the new weight assigned to the photons is:

s
Ha + 11

where a represents the fraction of scattered photons which transmits through the medium,
while 1 — a the fraction of absorbed photons. In case of refractive index mismatch, the
trajectory is updated according to the Snell’s law [104]:

(3.21)

Wi+1 = aAW;; a =

n; sin0; = n; sin 0, (3.22)

where 0; is the deflection angle which a certain photon hits the boundary with, 6, is the
transmission angle to be updated, while n; and n, are the indices of refraction of the
incident and transmitted medium respectively. On the other hand, the probability that a
photon is internally reflected is determined by the Fresnell reflection coefficient [104]:

1 | sin (6 —6,)% _0,)?
R(6) = s%n (0; 0t)2 n tan (6; Qt)2 (3.23)
2 |sin(0; +6;)° tan (6; + 6;)

If R(6;) > &, a photon is internally reflected, otherwise the photon exits the medium
[103, 104].

Summary

A deep study of light propagation in soft biological tissues has been conducted and,
in particular, the state of art of simulations based on the propagation of light through
fibrous media has been deeply investigated. From an accurate analysis of several pre-
vious works, the two ways to implement such simulations are: i) the implementation
of the deterministic approach by using the solution of the radiative transport equations
based on classic diffusion theory, and ii) the implementation of the stochastic approach
based on Monte Carlo methods. Finally, the latter approach has been chosen for the pur-
poses of this work. Indeed, some studies have demonstrated that in case of thin media
where the light source is placed very close to the plane of investigation of the light flu-
ence rate, the use of MC methods in the simulation of light propagation brings to much
more accurate results than the use of the solution of the diffusive equation [96,97,102].

3.3 In-silico simulation of light propagation in soft fibrous tissues

The FE-MC in-silico simulations implemented in this work, simulate the propagation
of light in fibrous media characterized by one or two fiber families. In this latter case,
the two fiber families differ in orientation and can have same or different number of
fibers (i.e. fiber density).

3.3.1 Matherials & Methods
Finite Element model

The numerical model considered for the simulations is based on a large number of pho-
tons (e.g. 10%) propagating through a fibrous in-silico sample. The incident photons
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work as a point light source. The codes, written in Matlab and C++, have been cus-
tomized starting from the work of Leino et al. [93]. Basically, the simulations are set up
by imposing a light source penetrating a three-dimensional block domain constituted
by an isotropic extracellular matrix (EM) with embedded fibers (EF) (Figure 3.2).

Light source

From 0.2 to 2 mm
x

4 mm

Figure 3.2: Summary scheme illustrating the geometry of the media simulated in the simulations. The
orientation angle ((«)) of the fibers is taking with respect to the x-axis. In case of two fiber families,
the families differ for orientation angle. So, in this specific case the medium is characterized by one
fiber family with oo = 0°.

The block has a square section with a 4 mm side and a thickness (thk) value defined
according to the different simulations. The fibers are organized in one or two families
identified by a main orientation angle («;) in the light-incidence plane, a fiber frac-
tional number (D;) and an overall fiber fractional density (p). The D; and p values are
respectively given by

N.
D; = —~ x 100 (3.24)
Ntot
and v
p=—E %100 (3.25)
VEM

where N; represents the number of fibers belonging to the i-th family, N, is the fiber to-
tal number, Vg, is the total volume of the block taken as the medium to be investigated,
and Vg is the volume of the fibres embedded within the medium. The tissue model
is defined according to its absorption (1) and scattering coefficients (u,), causing the
light energy decay. The p, and pu, coefficients are assumed to be equal in the whole
domain and their values are set according to the characteristic soft tissue range [94,105]
(tta = 0.01mm ™! and 1y = 0.28mm ') The optical differences between the EF and the
EM domain were modeled in terms of their scattering anisotropy (g) and their refrac-
tive index (n), which are the main responsible for the modification of the light spot. By
assuming that the anisotropy of the specimen is completely given by the fibers, the EF
are assumed to be characterized by forward scattering (¢ = 0.8) while the EM domain
will produce an isotropic response (g = 0) [106]. Concerning the n parameters, the EM
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was assumed to contain the majority of water within the tissue (ngy; = Nyater = 1.36),
while the EF were assumed as the dry component (ngpr = 1.46) [92]. The domains
were discretized by using a dedicated custom algorithm to generate a tetrahedral mesh
and customize the fiber D; and «; parameters, as exemplified in Figure 3.3.

a=90° a, =0°

a,=90°

Refractive index

I 1 |
1 1.2 1.4 1.6 1.8 2
Matrix Fibers

Figure 3.3: Cross-sections of the 3D refractive index structures referred to two of the in-silico media
built and tested through the FE-MC developed program.

The fibers were modeled as cylindrical structures with a diameter of 50 pm. The light
stimulus was modeled as a point source with a photon numerosity of 10° particles. For
all the simulations, the numerical solution was obtained by adopting a Monte Carlo
method for the photon transport and random scattering through a media, by using and
customizing a state of art method explained in detail below.

Monte Carlo algorithm

Regarding the implementation of the used stochastic approach to light diffusion, in
Figure 3.4 the flowchart of the implemented MC algorithm [93] is shown. At the be-
ginning, it is characterized by the generation of a photon package, which represents the
light source, and is placed at the center of the upper face of the sample. The weight
assigned to the photon package is an index of the amount of photon and its initial value
is unitary (i.e. wy = 1). After the photon initialization, the program enters in the main
loop which ends as soon as the medium has been entirely traversed by the simulated
beam along its thickness. Within the loop, a random scattering length is assigned to
the photons, that is affected by the total attenuation coefficient (;17) and so, by both
the absorption and scattering coefficients as expressed in equation (3.15). However, the
scattering coefficient taken into account for the simulations is about thirty times higher
than the absorption one. That makes the absorption coefficient negligible in the update
of the photon package. Therefore, at each step, the weight is reduced by a factor of
exp(—prs) with s given by equation (3.16), and the photons move along a straight line
to the interface of the next element or anyway to a next position as long as the current
generated scattering length is valid. If the scattering coefficient is not constant along
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Figure 3.4: Schematic of the flowchart of the MC algorithm adopted for the simulation of light propa-

gation in fibrous soft tissue.

the path, the changes are taking into account by properly scaling the remaining length
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by a factor of:
,usC’urr/,usNemt (326)

where fi,c.,, 18 the scattering coefficient of the element which the photons are propagat-
ing through, while pi.y.,, 18 the scattering coefficient of the element which the photons
are entering. If a change of refractive index occurs along the path, photons undergo
Fresnell reflection and are transmitted to the next elements with a properly modified
propagation direction. As soon as the photon package propagates the assigned distance,
a new scattering event occurs and, thus, a new direction is assigned to the photons ac-
cording to equations (3.17), (3.18) and (3.19) and a new scattering length is generated.
The photon package terminates ((i.e. photon weight typically less than 10~?)) at the
end of the main loop of the simulation which includes the computation domain and
the surviving roulette which randomly influences the weight of the package at the end
of each iteration. Such procedure is performed in order to avoid the computation of
excessively long paths with a low influence on the final results. The main result of the
simulations are 2D and 3D light fluence rate and exitance distribution (respectively ®
and J) maps. For each element of the mesh, the fluence rate at a generic element i is
retrieved through the following formula:

W;

where w; is the weight of the photon absorbed into the element i, N is the number of
photons, V; is the volume of the element i and p,; 1s the absorption coefficient of the
element i. While, the exitance at a generic element i is calculated in the following way:

wy

h=NA

(3.28)

where A; is the area of the element i.

The final result of each FE-MC simulation implemented for each structural model is a
3D map of the photon fluence rate. Thus, for each step along the depth of the medium
a 2D isocurve map of the photon fluence rate is retrieved and plotted. The shape of
the resulting fluence rate isocurves are then analyzed through a dedicated segmentation
algorithm in order to retrieve information on the inner sample structure in terms of fiber
orientation and dispersion.

Light spot analysis and structural models

By means of the described MC program the isocurve fluence rate maps of the light
transmitted through a determined surface at a generic depth i of the medium are gener-
ated and, by means of an edge-detection segmentation algorithm, the isocurves of the
maps are fitted in such a way to generate the corresponding scattered light spot. This
can be a circle or an ellipse with a certain eccentricity depending on the structure and
1-5

the optical properties of the medium. In particular, the eccentricity (£ = - 7
where a and b denote the elliptical major and minor pattern axes, respectively) and ori-
entation of the resulting spot are calculated. The applied segmentation algorithm allows
the study of the variation of the resulting spot eccentricity as function of the thickness

and density of the sample, and the resulting spot orientation as index of preferential
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Table 3.1: Geometrical parameters related to the structure of the simulated in-silico samples. «; and
« are the orientation angles of the first and second fiber family respectively. D; and D, are the fiber
fractional number of the two fiber families respectively

Model 87 (0%, D] D2
| 0° - 100 | -
2 90° - 100 | -
3 0° | 90° | 50 | 50
4 0° | -90° | 80 | 20

direction of the embedded fibres which are responsible for refractive index mismatches
through the medium.

e A first set of simulations (S;) was imposed to investigate the influence of fiber
distribution on the light diffraction of SALS. In particular, the maps of the light
fluence rate of the scattered spot at the bottom surface of each embedded structure
listed in Table 3.1 have been computed. To identify both the Fraunhofer diffraction
and Multiscattering phenomena, the different o; combinations were evaluated for
both low (0.2 mm) and high thickness (1.3 mm) specimens characterized by a
constant value of p (i.e. 26%). For each simulation, the results were post processed
in order to obtain the isocurve fluence rate maps at the specimen side opposite to
the light source. The isocurves were fitted according to an elliptical pattern to
evaluate the corresponding ellipses eccentricity (E) and orientation angle (¢).

e A second set of simulations (S;) was imposed to achieve a deeper insight on the
influence of specimen thickness on the light scattering. In particular, the thickness
of the specimen was varied from a minimum of 0.2 mm to a maximum of 2 mm
with a constant step of 0.1 mm. The value of p was kept constant at 26%. A single
fiber family was included within the domain with o; = 0°. The E parameter re-
sulting from the fluence pattern analysis was calculated according to the different
thickness values.

e A third set of simulations (S3;) was imposed to investigate the combined effect
of thickness and fiber density modifications on the fluence pattern in the Multi-
scattering conditions for SALS. The thickness range was chosen to guarantee the
dominance of the Multiscattering phenomena, with a minimum of 1 mm up to a
maximum of 2 mm through a constant step of 0.1 mm. The value of p was varied
between 0.5% up to 26%. A single fiber family was included within the domain
with o; = 0°. The E parameter resulting from the fluence pattern analysis was
calculated according to the different thickness and density values. Additionally,
the values were averaged along the specimen thickness to isolate the effect of the
p variations.

e Lastly, a fourth set of simulations (S4) was imposed to highlight the influence of
different densities of the fiber families within the same specimen always remaining
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in the Multiscattering regime. To achieve this, the p and thickness parameters
were kept constant at 26% and 1.3 mm respectively. Two fiber families were
included within the domain with a; » = 0°/90° and the density parameters D, »
were varied. In particular, the density balance was modified by starting from the
extreme anisotropic case of D1 = 100% and Dy = 0% to the isotropic Dy = 50%
and Dy = 50%, with gradual percentage steps of 7.1%.

The simulation conditions of sets S;, S, and S; are all summarized in Table 3.2.

Table 3.2: Optical properties of the simulated in-silico media.

Set | o Q) D, D, P thk

Sy | 0° - 100% - 26% 0.2-2 mm
S, | 0° - 100% - 0.5%-26% | 0.2-2 mm
Sz | 0° | 90° | 100-50% | 0%-50% 26% 1.3 mm

3.3.2 Results

The fluence maps resulting from the first set of simulations (S;) of light propagation
through the four embedded fiber structure models listed in Table 3.1, are shown in Fig-
ure 3.5. For each model, the fluence map of the Multiscattering phenomenon, which

Table 3.3: Table summarizing the E and the ¢ parameters resulting from the S; simulations at different
fiber distributions and thickness values.

Case thk 0.2 mm thk 1.3 mm
aqp D, E o E ¢
0° 100% 0.79 89.4° 0.92 0.7°
90° 100% 0.80 0.3° 0.91 88.9°

0°790° | 50%-50% | 0.31 | isotropic | 0.27 | isotropic
0°/90° | 80%-20% | 0.65 89.7° 0.78 0.32°

occurs when the thickness of the fibrous sample is higher than 700 pm (i.e. simulated
sample thickness of 1.3 mm), is presented together with the Fraunhofer diffraction phe-
nomenon, which occurs when the thickness of the fibrous sample is smaller than 700
pm (i.e. simulated sample thickness of 0.2 mm). The corresponding E and ¢ values are
reported in Table 3.3. It is possible to highlight that the specimen exhibiting the lowest
eccentricity values is from the a; o = 0°/90° case, regardless of the thickness. In this
case, the pattern resulted in a quasi-circular light spot (isotropic), consequently the ¢
parameter was considered as meaningless. On the other hand, the maximum of E was
encountered for specimens with high fiber alignment like the a; = 0° and oy = 90°
(i.e. Model 1 and Model 2 in Table 3.1).

Regarding the S, set, the scattered spot eccentricity variation as a function of sample
thickness was successfully evaluated. The results are presented in Figure 3.6a. The ec-
centricity trend reveals a transition region (0.6 mm < thk < 1 mm) between the Fraun-
hofer diffraction region and the Multiscattering region, in which the light spot shape
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I

Normalized Light Fluence rate

0 il

Figure 3.5: Isocurve fluence maps from simulation set S;: oy = 0%,a1 = 90°, a12 = 0°/90° and
D4 5 = 50%/50%, a1,2 = 0°/90° and D1 5 = 80%/20%.

changes and the two phenomena eventually overlap.

The results from S; set, revealing the eccentricity variation as a function of both spec-
imen thickness and fiber density, are shown in Figure 3.6b and Table 3.4. The three-
dimensional plot (Figure 3.6b) reveals that wide ranges of E (from a minimum of 0.22
up to a maximum of 0.95) can be reached by varying the thickness and the fiber density
of the specimen. The sample which is taken into account is characterized by an internal
fiber structure that corresponds to model 1 in Table 3.1 (i.e. one fibre family oriented
at 0°).

Furthermore, from the eccentricity data shown in Figure 3.6b, an analysis based on the
first and second order statistics has been done taking into account the data eccentricity
arrays varying as function of the fiber density for each considered thickness (i.e. 1, 1.1,
1.2,13,14,1.5,1.6,1.7, 1.8, 1.9 and 2 mm). The mean and the standard deviation
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Figure 3.6: a)Eccentricity (E) resulting from simulation set S, as a function of specimen thickness. The
three main zones are depicted: Fraunhofer diffraction region, Transient region and Multiscattering
region; b) Results from simulation set S3: 3D plot of spot eccentricity as a function of both specimen
thickness and fiber density.

calculated for each considered array of E data (along the sample thickness), are listed
in Table 3.4.

The results from the fourth and last investigation (S4) are shown in Figure 3.7. The
structure initially involved, corresponds to model 1 in Table 3.1. Thus, one fiber family
oriented along one direction is embedded in the medium (i.e. one fiber family oriented
along 0°). Then, the number of fibers oriented at 90°, and so perpendicular to the al-
ready existing fiber family, is progressively increased. The increase of fibers along 90°
stops when the density of such fiber family (i.e. oriented at 90°) equals the density of
the other one (i.e. oriented at 0°). The final structure corresponds to model 3 of Table
3.1, so the final eccentricity value is supposed to be very small (i.e. at least smaller
than 0.5). In the plot, the eccentricity values related to the light spot scattered at the
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Table 3.4: Mean and standard deviation related to the eccentricity data arrays calculated for each
considered thickness (i.e. 1, 1.1, 1.2, 1.3, 1.4, 1.5, 1.6, 1.7, 1.8, 1.9 and 2 mm) as function of density
of fibres aligned along 0°. The symbol std states for standard deviation.

Fiber density (%) | Eccentricity (mean =+ std)
0.5 0.2686 = 0.1102
1 0.3376 £ 0.0902
1.5 0.4364 4+ 0.0736
2 0.4867 4+ 0.0744
2.5 0.5474 4+ 0.0720
3 0.6362 4+ 0.0521
5 0.6962 £ 0.0563
7 0.7981 £+ 0.0391
14 0.8926 £ 0.0255
26 0.9453 £+ 0.0205
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Figure 3.7: Results from simulation set Sy in terms of eccentricity variation as a function of different
D,;/D; values.

bottom surface of the sample are reported as function of the density ratio D;/D, which
is related to the fiber density of each family.

33



Chapter 3. Development of a novel optical setup based on small angle light scattering
for the characterization of soft biological tissue structure

3.3.3 Discussion

Collagen fibers are the main responsible for the anisotropic mechanical behavior of
fibrous soft biological tissues such as artery wall. It is through collagen characteriza-
tion that it is possible to retrieve important tissue properties which bring to a better
comprehension of the healthy and pathological states. The results from the in-silico
simulations implemented in this work and their further manipulations, revealed the ef-
fects of light propagation through fibrous media, such as soft biological tissues, and
the corresponding influence according to different factors like the specimen thickness,
the fiber density and the grade of anisotropy which is given by the amount and disper-
sion of the embedded fibers, and their spatial orientation. With the sets of simulations
implemented in this work, it is demonstrated that the grade of anisotropy can be quali-
tatively assessed by analyzing the light spot propagating through the entire sample and
then scattered outside for different range of thicknesses. The simulations from the S,
set demonstrated the effect of specimen thickness on the light scattering of specimens
with different fiber distributions. Figure 3.5 gives an overview of the light spot shape
for the different sample inner structures listed in Table 3.1. It was demonstrated that it
was always possible to acquire information concerning the distribution of fibers within
the simulated specimen, regardless of the tissue thickness. As already reported in pre-
vious studies [82, 107], the light spot obtained from SALS irradiation of specimens at
0.2 mm thickness produces orientation angles perpendicular to the resultant fiber direc-
tion and high eccentricity values for the anisotropic cases, according to the Fraunhofer
diffraction theory. This phenomenon is for example proved by the 90° specimen with
0.2 mm thickness, revealing E and ¢ equal to 0.80 and 0.3°, respectively (Figure 3.5
and Table 3.3). In opposition with this behavior, the specimen with perpendicular fiber
families having the same density (almost isotropic) with 0.2 mm thickness exhibits an
eccentricity of 0.31. Concerning the 1.3 mm thickness specimens, the Multiscattering
effect is instead predominant for the SALS irradiation. It is interesting to highlight
the reported ¢ values, as apparently a relationship with the orientation angles from the
Fraunhofer diffraction exists. Indeed, as demonstrated from previous works [95, 108],
the calculated orientation angle values are in line with the Multiscattering theory. That
is, the ¢ values from the 1.3 mm thickness specimens correspond to the direction paral-
lel to the fiber resultant angle. This trend is confirmed by the shift of about 90° between
the ¢ values from the simulations of the 0.2 mm and 1.3 mm thicknesses, as reported in
Table 3.3. The numerical values confirm the existence of both the phenomena of Mul-
tiscattering and Fraunhofer diffraction and its correct simulation. Moreover, results
from simulation set S, offered a deeper insight of the effect of specimen thickness.
The trend from Figure 3.6a revealed the existence of different zones, as the eccentric-
ity value encountered modifications with the variation of the thickness. For thk below
0.6 mm, Fraunhofer diffraction was dominant, and eccentricity values were high and
in line with the anisotropy of the simulated specimen. Between 0.6 mm and 1 mm,
there is a transient region where both the Multiscattering and Fraunhofer diffraction
phenomena occur. In this transition region, eccentricity values rapidly fall causing a
lack of measurement accuracy as it was demonstrated also in some SALS studies from
literature [109]. The E values demonstrate that the SALS irradiation for specimens with
thicknesses falling within this transition range will produce unreliable patterns. Starting
from 1 mm, Multiscattering effect becomes dominant, and the eccentricity encounters

34



3.3. In-silico simulation of light propagation in soft fibrous tissues

a second rising, allowing again an evaluation of the simulated specimen anisotropy. So,
summarizing the findings from the S, set of simulations, as a light beam traverses a fi-
brous medium three main regions can be distinguished based on the medium thickness:

e Fraunhofer diffraction region (i.e. sample thickness smaller than 600 pm): the
light spot scattered outside the medium is small, the spot eccentricity is a reliable
index for a qualitative measure of the spatial anisotropy. In case of anisotropy,
the spot has the major axis perpendicular to the preferential fiber direction, as
Fraunhofer diffraction is the predominant phenomenon;

e Transient region (i.e. sample thickness between 600 pym and 1 mm): the light
spot becomes larger and the eccentricity values are not reliable in assessing the
spatial anisotropy of the medium because the phenomenon of light scattering from
multiple layers (i.e. Multiscattering) starts occurring. However, the optical path
traversed by the beam through the sample is still too short to allow the light to
diffuse predominantly along the preferential fiber direction. The unreliability of
the eccentricity values in assessing the anisotropy of the sample is given by the
fact that the two physical phenomena overlap.

e Multiscattering region (i.e. sample thickness higher than 1 mm): the light spot
becomes much larger because of the longer optical path traversed by the beam, and
the spot eccentricity becomes again a reliable index for a qualitative measure of
the spatial anisotropy. In case of anisotropy, the spot has the major axis parallel to
the preferential fibre direction, as Multiscattering is the predominant phenomenon.

Additionally, the results from simulation set S; demonstrate the effect of fiber density
on the SALS spot. From Figure 3.6b, it is possible to compare the influence of the
p parameter against the specimen thk. In Figure 3.8a and Figure 3.8b, the trends are
clearly visible. The results showed that the scattered spot eccentricity rises by increas-
ing the fiber density, as expected [110], given the increased contribution of the fibers on
the light scattering. It is also worth to highlight the saturation effect occurring beyond
20% (Figure 3.8). It appears clear from an analysis of Table 3.4 and Figure 3.8 that, for
sparse fiber distributions at low p values, the resulting eccentricity value does not permit
a clear evaluation of the specimen status. Indeed, the variation of eccentricity values
around a mean values increases as p decreases. The simulated trend also demonstrates
that, beyond density value of about 20%, the thickness minimally influences the SALS
spot eccentricity. This observation confirms that, under the assumption of a dense fiber
matrix, the distribution can be individuated through SALS irradiation regardless of the
thickness and the Fraunhofer diffraction — Multiscattering phenomena.

An additional confirmation is provided by the results of last simulation set S4. Figure
3.7 clearly reports the SALS spot behavior as the fibers orientations are redistributed in
a thick specimen. The E value falls from a high value (close to 1) to a value of 0.27,
corresponding to the correct isotropy assumption given by the 50% - 50% symmetric
case.
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thk in the Multiscattering region.

3.4 SALS system

3.4.1 SALS platform development

Hardware and software modules

A specific custom setup based on SALS technique has been developed and integrated
into a mechanical machine for uniaxial/biaxial testing previously developed at Biocar-
diolab. A schematic of the hardware part of the entire opto-machanical setup with a
focus on the optical components, is given in Figure 3.10. The SALS system is based
on an optical table on which a flexible structure, composed of two vertical rails and
an horizontal one, is positioned. The horizontal rail can translate along the vertical
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rails fixed on an alluminium breadboard. An HeNe laser source (unpolarized light at
A=633 nm and power=5 mW) is placed on the horizontal rail, while a fourth small rail,
which is 30 cm long, is attached at the end of the horizontal one and holds a broadband
dielectric mirror and an achromatic doublets (i.e. focusing length = 150 mm and work-
ing wavelength between 400 and 700 nm) which is a particular focusing lens having
a structure that prevents chromatic dispersion of light within the working wavelength
range. The focusing lens and the length of the rails where the optical components are
held and can shift along, are disposed in such a way to take into account the final size
of the focused light spot at the tissue upper surface, as pointed out in the schematic in
Figure 3.9. In particular, the distances between each element and between focusing lens
and tissue sample are set in such a way to generate a light spot focused on the sample
with a diameter ranging from 90 to 100 gm. This is the traditional spot size used in
most of scientific work based on SALS investigations. Distances between the optical

S - f

Focusing lens

Figure 3.9: Schematic of the focusing of a spherical Gaussian beam.

components have been computed by exploiting the following equation which is derived
from the theory of the focusing of a spherical Gaussian beam [111]:

wy = W / (3.29)

Vsl = 1)? + 22

where wy’ is the focused beam diameter, wy is the initial beam waist, s is the distance be-
tween laser and focusing lens, f is the focusing length of the lens and zg is the Rayleigh
length which is a value that describes the curvature of the laser beam. For a better
understand of the parameters appearing in equation (3.29), in Figure 3.9 a schematic
drawing of the focusing of a Gaussian beam is shown.
Finally, a CCD camera module (resolution 0.03mm/pixel) completes the hardware part
of the SALS setup. As it is shown in the schematic in Figure 3.10, the sample is placed
perpendicular to the direction of the laser beam. In particular, it is usually placed on the
holders of the biaxial testing machine which ensure that the sample is rightly perpen-
dicular to the beam. Below the sample, the CCD camera is placed in order to acquire
the light spot scattered outside the bottom surface of the sample. The post-processing
of the acquired images of the light spot is performed by a dedicated software.
Regarding the software part, it is devoted to acquire in real-time the images of the light
spot from the CCD camera and process them. In particular, data acquisition is obtained
through a real-time processor (NI cDAQ-9132) and a custom LabView application was
developed in order to control it, read the acquired data and through an integrated Mat-
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Figure 3.10: Schematic of the developed SALS setup integrated into the already existing biaxial testing
machine aimed to perform opto-mechanical characterization of tissues. On the bottom right of the
figure, some specifics of the SALS setup are schematically shown.
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lab code, calculate the main parameters that are needed for SALS investigation of the
sample structure. Thus, given an image of a light spot, the software computes in real-
time:

e the eccentricity (F) through the formula:
ismajor Tisminor )2
N e

Aimsmajor

e the orientation angle («) of the ellipse from which the sample fiber preferential
direction can be retrieved. The calculation of « properly changes based on the
thickness of the sample under investigation as highlighted in the in-silico simula-
tions that have been previously performed.

3.4.2 SALS platform validation

First, the new developed optical system has been validated. The validation of the optical

+20°

+45° [45°, -45°]

Figure 3.11: 3D printed polymeric specimens with different infill angles (+20°, [+20°,-20°], +45° and
[+45°,-45°]) for the validation test on the SALS setup.

system has been carried out through the analysis of 3D-printed fibrous samples having
different inner structure and thickness of 1.3 mm, thus falling within the Multiscatter-
ing region. The samples have been designed with CAD and printed using thermoplastic
polyurethane (TPU). In Figure 3.11 the four different fibrous structures taken into ac-
count for each 3D-printed TPU sample are shown. Regarding the structure having two
fibre families, it is important to point out that the families have the same fiber density.

The validation test consists on the SALS investigation of each single sample. Typically,
the sample is positioned perpendicular to the direction of the laser beam, which is fo-
cused on the upper surface. The CCD camera acquires the light spot scattered from the
opposite surface and the software part of the system computes the eccentricity of the

39



Chapter 3. Development of a novel optical setup based on small angle light scattering
for the characterization of soft biological tissue structure

+20° [+20°, -20°]

+45° [45°, -45°]

Figure 3.12: SALS validation test on the four 3D-printed TPU samples.

Table 3.5: Eccentricity and orientation angle values resulted from the validation test for each investi-
gated structure.

Sample | Spot orientation angle () | Eccentricity (E)
+20° 20.5° 0.72
+20° 2° 0.66
+45° 44.24° 0.7
+45° 1sotropic 0.31

spot and its spatial orientation in real-time. In Figure 3.12 the scattered spot resulted
from the SALS validation investigation of each polymeric sample is shown and in Ta-
ble 3.4 the corresponding values of eccentricity and orientation angle are listed. From
the results of the validation test, it was demonstrated that the developed optical sys-
tem is able to retrieve information on the inner structure of fibrous samples in terms of
spatial anisotropy and thus, fiber dispersion. Indeed, from the eccentricity values, the
samples having one fiber family (i.e. oriented at +20° and +45°) or two fiber families
not perpendicular between each other (i.e. [+20°, -20°]) resulted spatially anisotropic
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(i.e. eccentricity values higher than 0.5/0.6). While the sample with two fiber fami-
lies perpendicular between each other results isotropic (i.e. eccentricity values smaller
than 0.5), as it was expected. Furthermore, the orientation angle values of the acquired
scattered spots computed by the software, have been demonstrated to be reliable, with
an accuracy error between 0.5° and 2°. In particular, for the structures with only one
fiber family oriented at 20° and 45° the error is respectively 0.5 and 0.76° (less than
1° in both cases). For the structure with two fiber families oriented at 20° and -20°,
the error is 2°. Indeed, the expected spot orientation angle would have been the average
between the two fiber orientation angle, i.e. 0°. Regarding the structure with perpendic-
ular fiber families, it behaves as a spatially isotropic medium, as expected. Indeed, the
eccentricity of the corresponding scattered spot is smaller than 0.5 and the spot can be
approximated to a perfect circumference which consequently does not have a specific
spatial orientation.

ISO = 800 ISO = 6400

2

a7 at+90°

Figure 3.13: Light fluence through the TPU sample with fibers oriented at 45° captured by varying the
1SO filters of the CCD camera.

Last but not least, by varying the ISO filters (i.e. from 800 to 6400) of the CCD camera
devoted to acquire the light spot scattered outside the sample during SALS investiga-
tions, it has been observed that light first propagates along a direction which is ap-
proximately perpendicular to preferential fiber orientation, and then starts propagating
parallel the fiber preferential direction.

This finding confirms the in-silico simulations. In Figure 3.13, the 3D printed sample
with geometry structure made of one fiber family oriented at o = 45° is taken into ac-
count. It can be noted that by setting low ISO filter values in the CCD camera, the light
propagation in the first layers of the sample can be depicted. Indeed, the light prop-
agates along « + 7 through the first layer of the sample (i.e. Fraunhofer diffraction).
Then, by setting higher ISO values, the spot tends to grow (i.e. Transient region where
the overlapping of Fraunhofer diffraction and Multiscattering occurs), until it starts ori-
enting along o when the light propagates through a sufficient number of fibrous layers
(i.e. Multiscattering). Therefore, the light propagation trends predicted by the light
fluence maps resulting from the FE-MC simulations (Figure 3.6a) are experimentally
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confirmed by the findings obtained from the validation test of the developed optical
system.

3.4.3 In-vitro test on biological samples

After the validation of the system, opto-mechanical investigations on biological sam-
ples have been carried out through the integration of both the hardware and software
parts of the optical setup into the biaxial testing machine. A fresh specimens of porcine

X

\ ‘}\ |

P —#
|

Figure 3.14: Opto-mechanical setup ready for the performance of the in-vitro tests; the biological sam-
ple is clamped through the grippers of the biaxial machine and positioned perpendicular to the fo-
cused light beam.

aorta, assumed as the healthy sample, and a sample of aorta affected by ascendic tho-
racic aorta aneurysm (aTAA) have been tested. The first tissue sample has been har-
vested from a frozen porcine heart, exhibiting a thickness of 1.8 mm. While, the aTAA
sample has been harvested from a patient who underwent surgical procedure, exhibit-
ing a thickness of 1.7 mm. Both the tissues have been cut to obtain square specimens
with 30x30 mm dimensions, so that they could be positioned on the biaxial machine
through some dedicated pneumatic grippers (Figure 3.14) connected to 4 linear screw
drives (Festo) actuated by 4 servomotors (Kollmorgen), granting a displacement accu-
racy within the 0.1 mm range.

Regarding the mechanical part of the test, five different tension ratios Ty : 7, (i.e. 1:1,
1:0.5, 1:0.75, 0.5:1) have been imposed, where Ty is the tension applied along the cir-
cumferential direction of the sample and, T, the tension applied along the longitudinal
direction. Regarding the optical part, the ISO filters of the CCD camera have been set
to detect the Multiscattering pattern (i.e. 8000). Figure 3.14 shows the hardware part
of the opto-mechanical setup just before the performance of the in-vitro tests on the bi-
ological samples. For both samples, the biaxial test is performed for each tension ratio
together with the optical analysis. The calculation of the eccentricity and orientation
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Figure 3.15: Results of the in-vitro opto-mechanical test performed on a) the healthy sample and b) the
aTAA sample.
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angle is calculated in real-time during each biaxial procedure and finally the variation
of the light spot eccentricity calculated in percentage is retrieved along the duration of
each measurement.

In Figure 3.15, the outcome of the in-vitro opto-mechanical tests performed on both
healthy and aTA A biological samples are shown. Regarding the healthy sample (Figure
3.15a), the scattered spot is an ellipse directed along the longitudinal direction which
the majority of fibers lays along, as expected and also confirmed by histology (Figure
3.16). The optical results from the opto-mechanical test show a high capability of fiber

| SALS

Figure 3.16: SALS analysis confirmed by the hystological investigation of the porcine aorta sample, the
preferential direction of the inner fibers lies along the circunferential direction.

rearrangement in all the tested load conditions. The preferential fiber orientation («v)
experiences a variation which is around 2.5° at its highest values, and shows a con-
tinuous trend for all the imposed tension ratio. For what concern the variation of the
scattered spot eccentricity which is a measure of the fiber dispersion inside the sample,
for higher tension along the circumferential direction (i.e. tension ratio equals to 1:0.5
and 1:0.75), it tends to increase. This means that the embedded fibers are progressively
rearranged and, it basically happens along the direction where the tension is higher,
as expected. This mechanism results in a progressively increase of number of fibers
directed along the circumferential direction and so an increase of the spot eccentric-
ity. If the tension ratio is 1:1, the eccentricity variation is smaller because of the fiber
recruitment process along the longitudinal direction as well. However, this values are
positive because the recruitment along the circumferential direction is still more effi-
cient and so affects a larger number of fibers with respect to the fiber recruitment along
the longitudinal direction. For higher applied tension along the longitudinal direction
(i.e. tension ratio equals to 0.5:1 and 0.75:1), the eccentricity variation values tend to
decrease, meaning that the sample is trying to recruit as many fiber as possible along
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the direction where the tension is higher (i.e. direction parallel to the minor axis of the
ellipse), thus the eccentricity progressively decreases.

Regarding the aTAA sample, the ellipse along the circumferential direction is less pro-
nounced with respect to the healthy tissue because the inner fibers are much more dis-
persed into the sample volume bringing to a modification of the mechanical behavior
of the tissue as result of the aTAA pathology. The trends of the eccentricity variation,
by varying the tension ratio, are very similar to the healthy case. However, the angle
variations results very discontinuous in both initial values and trend shown during all
the tested biaxial tension ratios. It means that fiber recruitment process in the aTAA
sample does not work as good as in the healthy one, as expected.

3.5 Conclusive remarks

In this chapter, the development of an optical setup based on SALS technique for the
characterization of the inner structure of fibrous soft tissues, preceded by the develop-
ment and performance of FE-MC simulations for a better understand of the theoretical
concept behind the propagation of light in thick fibrous media, has been reported. In
the first stage involving the in-silico simulations, it has been verified that the analysis
of a light spot resulting from a light beam which propagates through a fibrous medium
and then is scattered outside, can provide information about the dispersion of the em-
bedded fibers. In particular, the grade of anisotropy of the medium can be qualitatively
assessed and, in case of a high spatial anisotropy along one direction (i.e. high number
of fibers having the same spatial orientation), the preferential direction of the embed-
ded fibers can be accurately retrieved. The recovery of such information slightly varies
depending on the thickness of the investigated samples. Therefore, three main regions
have been classified according to the sample thickness: i) Fraunhofer diffraction region,
i) Transient region and ii7) Multiscattering region. Only in Fraunhofer diffraction and
Multiscattering regions the analysis of the scattered light spot gives robust information
about the inner structure of the investigated sample. Then, a study of the light spot
eccentricity has been performed as function of inner fiber density. It resulted that the
more is the number of inner fibers oriented along a preferential direction, the higher are
the eccentricity values and thus, the higher is the sample spatial anisotropy as expected.
After this feasibility study which allows to verify that a typical SALS device would
properly work also with thick samples, the optical setup has been designed and assem-
bled in both its hardware and software part. Then, such system has been validated by
performing tests on thick 3D-printed samples with predetermined fiber structure. Also,
the ISO filters of the camera used for the light spot acquisition have been set in such
a way to acquire the entire spot resulting from investigation within the Multiscattering
region. Finally, the optical system has been integrated into a customized biaxial testing
machine and opto-mechanical tests consisting in real-time biaxial traction and optical
analysis of fibrous sample structure, have been performed on healthy and aTAA aorta
tissue samples. The feasibility of the entire opto-mechanical system has been demon-
strated, since it is able to provide important information on the mechanical behavior
of biological tissues giving an accurate insight on the fiber rearrangement under load.
As expected, it has been deduced that this process is closely related to the healthy or
pathological state of the tissue under analysis.
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CHAPTER

Penetration capability of near infrared
Laguerre-Gaussian beams through highly
scattering media

4.1 Introduction

Optical imaging techniques have been investigated and applied in biomedical field since
the 17th century, for both in-vitro characterization of biological tissues and in-vivo
imaging, with the main aim of assisting the diagnoses of diseases. An optical imag-
ing technique that recently is being largely adopted in clinical use through commercial
systems, is the optical coherence tomography (OCT). OCT was conceived at the be-
ginning of the nineties when the first in-vivo two-dimensional imaging demonstrations
have been carried out. In particular, it was at first used for in-vivo imaging of human
eye retinal structures and, after a few years, for the first endoscopic imaging of both the
gastrointestinal and respiratory tracts of rabbits [112,113]. Later, in the 2000s, OCT has
definitely spread and successfully applied in the cardiovascular field too, where emis-
sion wavelength in the 1.3 pm range is employed, for diagnosis of various diseases
(e.g. atherosclerosis and vessel wall degradation in ascending thoracic aorta aneurysm)
and guidance of semi-invasive interventional procedures (e.g. angioplasty and stent-
ing) [34, 114]. To date, OCT-based 3D imaging is widespread in clinical use thanks to
its improved performance in terms of axial and transversal resolution with respect to
other conventional 3D-imaging modalities such as magnetic resonance imaging, x-ray
and ultrasounds. Indeed, these latter methods generate images of the tissue structure
with millimeter or at most sub-millimeter resolution against the more efficient sub-
micrometer scale axial resolution and micrometer scale (10-15 pm) lateral one of OCT
images [21]. In turbid media (e.g. biological tissues), OCT can image depths up to
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1-2.5 mm and greater depths can even be achieved in transparent media. The optical
instrumentation typically consists of a broadband and low-coherence light source, a
Michelson interferometer, optical fiber, bulk optics and optical detectors [21,22]. The
typical spatial intensity distribution of the optical beam employed in conventional OCT
systems consists in a Gaussian (G) shape. When light propagates through turbid me-
dia, it experiences high scattering and absorption. These physical phenomena limit the
penetration depth to several hundreds of micrometers. Recently, the use of Laguerre-
Gaussian (LG) vortex beams has been largely investigated in several fields such as
oceanic turbulence [115], nonlinear optics [116], and mode sorting performance [117],
through both numerical and experimental analyses. Therefore, the interest in studying
the propagation of LG beams in both free space and highly scattering media has grown
up over the last few years. In particular, it was recently demonstrated that at the same
power, LG vortex beams based on Orbital Angular Momentum (OAM) of light have
the capacity of penetrating deeper into turbid media with respect to conventional G
beams [118,119].

The aim of this chapter is to highlight the potential of LG vortex beams in turbid me-
dia, including blood, in the 1.3 pm wavelength range, that is the one typically used
in cardiovascular and, more in general, endoscopic OCT applications. The benefits of
employing LG light beams with respect to conventional G beams will be discussed and
experimentally demonstrated by transmittance measurements into specific water sus-
pensions. A higher penetration capability will be verified and quantified as it has been
previously done in the red range (i.e. 633 nm) [118]. Then, reflection measurements
will be performed on samples of human blood for the first time. From both transmis-
sion and reflection measurements, a higher transmittance/lower backscattering can be
observed by increasing the OAM order of the light beam.

4.2 Theoretical background

4.2.1 Light transmission through turbid media

Biological tissues can be considered highly scattering media (i.e. turbid media) made
up of molecules, cells, fibres and layers of different size that can range from nonometer
to millimeter scales. The scattering phenomena due to such complex structures limits
the penetration depth of the actual optical imaging devices. Therefore, the successful
development of optical imaging techniques depends on the dealing with the problem of
light scattering which is the main cause of image blurring.

Typically, light experiences scattering and absorption while propagating through a bi-
ological tissues and the degree of scattering and adsorption depend both on the wave-
length of the beam and the optical properties of the tissue constituents. Indeed, it is
crucial to understand how the main characteristics of the beam (i.e. intensity, coherence
and polarization) changes as it is scattered and absorbed while travelling into the tissue.
Absorption phenomena typically result from transition of electrons within energy lev-
els of the atoms of the tissue. While scattering takes place when the tissue structure is
characterized by refractive index mismatches, and strongly increases as the wavelength
of the light beam becomes comparable to the size of the scattering elements. Given a
light pulse traversing a turbid medium, the corresponding scattered pulse is broader and
comprises three main components [120]:
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e Ballistic: the photons belonging to this component (i.e. ballistic photons) prop-
agate along the direction of the incoming beam traversing the shortest path, pre-
serve most of the initial characteristics of the beam and, thus, carry the maximum
information for the building of a direct image of the medium. They are also called
coherently forward scattered photons.

e Diffusive: the diffusive or multiple-scattered photons traverse long paths within
the medium, losing many of their original characteristics, and scatter later in all
directions.

e Snake: this component is characterized by photons which scatter slightly in the
forward direction, preserving significant initial properties of the incident light and
giving relevant information about the medium. They are called "snake" because
their trajectory resembles a wiggling snake.

The broader width of the scattered light pulse with respect to the initial one is due to the
different transition times that the photons spend in traversing the medium. Typically,
diffusive photons arrive first, followed by the snake and diffusive ones. The relative
intensities of each of these light components depend on the wavelength and the char-
acteristics of the medium. For instance, in biomedical intravascular applications, the
infrared region is used as within such spectral range, the absorption is smaller and scat-
tering is lower inside the medium, with respect to the visible range [120].

The most important parameters of a turbid medium required to develop advanced tech-
niques for optical imaging are i) the absorption length (/,) defined as the mean distance
travelled by a photon before being absorbed, ii) the scattering mean free path (I;) de-
fined as the mean distance between consecutive scattering events of a photon, iii) the
transport mean free path (/,) defined as the distance in which the direction of a propa-
gating photon is fully randomized after several scattering events, and iv) the anisotropy
factor g which defines the spatial anisotropy of the scattering within the medium. The
absorption and scattering lengths are intrinsic properties of the constituents of the anal-
ysed medium and are related to the absorption (x,) and scattering (u) coefficients
respectively, through the following formulas:

lo =" 4.1)
ly =yt 4.2)

In the regime of low particle densities, the absorption coefficients, as well as /; and [,
according to (4.1) and (4.2), depend on the particle size and concentration within the
turbid medium. Such dependence is defined by the following formula:

ly=p;' = (No,)™* (4.3)
lo=p,' = (No,)™* (4.4)

where N is the volume concentration of the particles and, o, and o, are the scattering
and absorption cross-sections respectively. The anisotropy factor (g) is approximated
to the mean cosine of the scattering angle (), g =< cosf >. The parameters of
the medium can be computed by exploiting the Mie scattering theory. In particular, it
has been demonstrated that the anisotropy factor of a medium strongly depends on the
wavelength for particle sizes smaller than 1 ym. Regarding the scattering and trans-
port mean free path coefficients, due to their dependence on the wavelength, they are
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approximately equal for particle sizes smaller than 0.2 pm and start differing between
each other for larger particle diameters [120, 121].

4.2.2 Orbital Angular Momentum of light and Laguerre-Gaussian beams

The OAM of light is a vector quantity which expresses the amount of dynamical rota-
tion of the electromagnetic field of light. Indeed, a light beam can be rotating (or "spin-
ning" or "twisting') around its own axis. Typically, OAM of light is the component
of angular momentum of a light beam which depends on the field spatial distribution,
and not on the polarization state of the beam. An OAM of light can be defined as i)
"internal" if it is origin-independent and can be associated with an helical wavefront or,
ii) "external" if it is origin-dependent and can be obtained through the cross product of
the light beam position and its total linear momentum. In this work, "internal" OAM
of light only is treated.

A LG beam is an example of OAM of light. Referring to the formulation in [122], the
complex electric field amplitude for a generic LG beam can be written as following:

—ikr?z —r?
E(T, (I), Z) = Eoea:p [W} exp [F:|

X exp {—i(Zp + L + 1) arctan <i>] (4.5)

ZR

X exp[—iL®](~1)" <Tw—2>LL5 (Qw_f)

where r is the radial distance from the centre axis of the beam, z is the axial distance
from the narrowest point of the beam, i is the imaginary unit, & is the wavenumber, w is
the beam width at position z, zg is the Rayleigh range, Llf are the generalized Laguerre
polynomials, p is the radial index (i.e. p > 0), L is the azimuthal index known as the
helical phase winding number or topological charge (hereafter also referred to as OAM
order), which can be zero or an integer value. When p = 0 and L = 0, the exponential
term exp(—iL®) which defines a vortex phase, is unitary and the equation defines a G
beam. When L > 0, the term exp(—iL®) gives rise to the complex electrical field with
a vortex phase, and higher-order transverse beams (i.e. LG beams) are defined.
Therefore, the change of the azimuthal index brings substantial morphological changes
to the light beam, as clearly visible in Figure 4.1. In the figure, it can be seen that
by changing the topological charge from zero to an integer value higher or smaller than
zero through the application of a determined phase mask to the original Gaussian beam,
it is possible to generate different twisted wavefronts, each one associated to a certain
beam profile. For instance, the main characteristics that distinguish a LG beam from a
conventional G beam are listed below and clearly shown in Figure 4.1:

e the vortex phase exp(—iLP);
e the helical and twisted wavefronts;
e the donut intensity shape;

e the dependence of the beam size to the OAM order through the law 7, so that
the radius of the light crown tends to enlarge exponentially with the topological
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charge. In Figure 4.2, it can be appreciated how the radial distance of the field
amplitude peak increases when increasing L.

Twisted wavefront  Phase mask Beam profile

L=-1
L=-2
L=0
L=1
L=2

Figure 4.1: Examples of LG gaussian beams by varying the topological charge and keeping the radial
index constant (i.e. p = 0). For each beam, the corresponding twisted wavefront and phase mask are
shown.

Some works revealed that the variation of the OAM order leads not only to a drastic
morphological change of the beam, but also to different behaviour in propagating into
highly scattering turbid media. It was predicted an increase of the transmittance in
turbid media by increasing the OAM order of the light beam, and through experimental
tests at a wavelength range of 633 nm, the effect was observed with synthetic turbid
media emulating the highly scattering properties of biological fluids [118, 119, 123,
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Figure 4.2: Field amplitude from Equation (4.6) versus radial distance r, for the values of L considered
in the reported experiments.

124].

4.3 Transmission measurements

4.3.1 Description of the experimental setup

From the schematic in Figure 4.3, the transmission measurement setup is shown, em-
phasizing three main blocks that are i) beam generation, ii) beam splitting into reference
beam and beam transmitted to the sample, iii) beam acquisition and post-processing.
A light source operating at a wavelength of 1.3 ym is connected to a collimator that gen-
erates and propagates in free space a Gaussian light beam. Through the use of a fiber-
based polarization controller and a free-space polarizer, a linear polarization state with
arbitrary orientation has been obtained. The beam is then directed to a polarization-
dependent Spatial Light Modulator (SLM), i.e. PLUTO-2-NIRO-023 by Holoeye, that
consists of different diffraction patterns and works in reflection. Through a dedicated
software the diffraction pattern can be changed and consequently the SLM properly
tailors the spatial phase of the incident light beam (on the plane perpendicular to the
propagation direction) so as to generate different OAM orders. The generated LG beam
is finally divided by a beam splitter into two separate beams (i.e. sample and reference
beams). The reference beam and the one transmitted through the sample are acquired
by two separate infrared cameras (XS-4440, Xenics), so as to quantify and therefore
take into account the small variation of incident power when varying L and for differ-
ent types of sample. The beam size before hitting the sample is about 1 mm.

The highly scattering turbid media used as samples for the experimental transmission
tests are three particulate suspensions of 0.1 pm polystyrene beads diluted in water (by
Sigma-Aldrich) at different concentration percentages (i.e. 1%, 5% and 10%) with a
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Figure 4.3: Setup to perform the transmission measurements.
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sample thickness of 10 mm. For each suspension, six different beams having a different
OAM order each, have been tested. They are shown in Figure 4.4 and consist in a G
beam (L = 0) and five higher-order LG vortex beams (L = 5, 10, 15,20, 25). All the
generated beams have radial index equals to zero (p = 0).

L=10

Figure 4.4: Infrared images of the six tested optical beams with each corresponding phase mask to be

charged on the SLM. The azimuthal index or OAM order (L) is varying while keeping the radial index
constant (p = 0)

The typical “doughnut’-shaped intensity includes spiral rays. These are due to the in-
terference among the generated OAM beam and the co-propagating residual Gaussian
beam. This residual Gaussian beam is due to the not perfect linear polarization of the
Gaussian beam incident on the SLM. The light portion that possesses a polarization
orthogonal with respect to the SLM principal axes does not undergo the SLM-induced
phase modulation, maintaining the Gaussian intensity profile. Another system non-
ideality is represented by the dimension of the SLM pixels. When the OAM order
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increases, i.e. the phase variation per angle on the SLM is faster, the quality of the
generated OAM beam decreases. A broad range of L values have been used in order
to determine to what extent the OAM topological charge is relevant to the penetration
strength. A step of AL = 5 has been chosen in order to reduce the total number of
measurements. The maximum topological charge (L = 25) was determined by the
maximum diameter of the CCD camera. Higher topological charges would not be en-
tirely collected by the CCD.

The concentrations of polystyrene beads in water have been chosen to limit the total
attenuation in transmission, such that a detected power above the system sensitivity
has been achieved for all the considered cases. Indeed, the expected theoretical power
transmitted through the suspension (/;) has been obtained through the law of Lambert-
Beer:

Iy = lyexp(—(ps + tha)x) (4.6)

where I, is the input power, 1, is the absorption coefficient of water in the 1.3 ym range
(i.e. 7.1478 cm™), p, is the scattering coefficient of the suspension given by s = 1/1,
(where [ 1s the scattering mean free path coefficient of the suspension, which has been
calculated through the Mie scattering theory) and x is the optical path traversed by the
beam. Furthermore, through the calculation of /; operation in the diffusive region has
been verified. Indeed, according to previous studies [118, 125], the OAM effect in tur-
bid media is pronounced in such region and, in particular, the diffusive region occurs
when the scattering mean free path is smaller than the thickness of the investigated
medium (z) (i.e. li > 10 for a particle diameter of 0.1 m). In Table 4.1, the values of
the scattering mean free path related to each tested suspension are reported.

Table 4.1: Values of I; and 7/l ratio for each tested bead suspension.

Particle concentration (%) | [, (mm) /l
1 0.0965 103.63
5 0.0194 | 515.46
10 0.0097 | 1030.93

A proper post-processing is implemented through a Matlab script, based on the images
acquired by the two infrared cameras. Based on a preliminary calibration process which
compensates for nonlinear camera intensity, a lookup table was first created for map-
ping the integral of the pixels’ intensity to the corresponding incident optical power,
also verifying the non-saturation regime of each camera. Each acquired image is prop-
erly converted to a power level in dBm. The script also compensates for possible ref-
erence power variations, through the acquired reference images at the second camera.
Moreover, eventual camera saturation is avoided by applying proper attenuation at the
input of the camera used on the reference arm. Finally, the received power is computed
for each image by averaging the pixel values and is plotted as a function of the OAM
order (L) for each suspension.
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4.3.2 Results and discussion

The plot of the received power as function of OAM order is shown in Figure 4.5. For a
Gaussian beam shape, it resulted that the received power decrease is quite small while
increasing the beads concentration in water (= 1.5 dB from 1% to 5%, ~ 1.2 dB from
5% to 10%). From the behavior of the curves, it can be seen that the power received
by the infrared Camera increases while increasing the OAM order of the beam. These
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Figure 4.5: Received power versus OAM mode for 1%, 5% and 10% suspension concentration.

results confirm that also in the infrared range (e.g. 1.3 pm) higher-order LG vortex
beams are able to penetrate deeper in highly scattering turbid media by increasing the
OAM order, as it has been previously demonstrated in the visible red range (i.e. 633
nm). The received power in case of G beam decreases by increasing the suspension
concentration, because of the higher total attenuation. As the total attenuation is given
by water absorption and particulate scattering, such decrease rate is not proportional
to the particle concentration increase rate. However, the curve slope becomes steeper
by increasing the beads concentration. Indeed, the total increase of the received power
from the G beam case to the case L = 25 is 1.72 dB, 3 dB and 3.9 dB for 1%, 5%
and 10% dilution percentage respectively. This means that the capacity of penetrating
deeper in turbid media increases by increasing the particle concentration. Since, as
claimed in [124,126], LG light beams characterized by higher L leads to less scattering
from each incident particle, the higher the amount of interacting particles, the higher
the intensity increase of transmitted power through the medium for a given change of
the value of the OAM order.
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4.4 Reflection measurements

4.4.1 Description of the experimental setup

Regarding the measurements performed in reflection on samples of human blood, the
scheme of the involved setup is represented in Figure 4.6. It differs from the trans-
mission setup only for the placement of the sample. At the beam splitter, the beam is
divided into sample and reference beams. Part of the sample beam is then backscattered
by the blood sample and acquired by one of the infrared cameras. The blood sample
is placed in a specific dark container such that the reflection artifacts at its lateral and
bottom surfaces are negligible. The tested beams are the ones already listed for the
transmission tests and the only parameter that has been changed is the thickness of the
blood sample (i.e. 0.2, 0.3, 0.4, 0.5, 0.6, 0.7, 0.8, 0.9 and 1 cm).

4.4.2 Results and discussion

Similarly to what has been done in the previous set of measurements, a proper script
derives the plots of the received power as a function of the OAM order (L), in this case
for each sample thickness. The results from the reflection measurements on human
blood samples at different thicknesses are shown in Figure 4.7.

Clearly, the trend of the curves is inverted compared to the one resulted from the
transmission measurements. Indeed, the received power decreases while increasing
the OAM order. Moreover, the acquired power increases while increasing the sample
thickness. This happens as the number of scattering events increases while increasing
the sample thickness. As a consequence, the backscattered power increases too. In
addition, for thicknesses higher than 0.5 cm the acquired backscattered power tends to
saturate (at about -30.5 dBm for G beam). This behavior is justified by the fact that
the fraction of light beam penetrating deeper is negligible, due to the high total attenu-
ation through blood, in forward and backward direction. However, the power decrease
from the case L = 0 to L = 25 for each considered thickness is not higher than 1.3 dB.
This is due to the reflection artifact occurring at the surface of the sample which could
be deleted by making a coherent measurement, with the possibility to discriminate the
power backscattered from a specific depth. Indeed, the calculated reflectance at the
interface between air and blood is about 20% of the input power. Therefore, such a
constant reflected amount of power partly obscures the measured power related to the
backscattering events due to the particulate portion of the blood.

These results confirm the initial hypothesis that the use of LG vortex beams could im-
prove the performance of OCT systems in clinical diagnosis with respect to the use
of conventional G beams, allowing a deeper penetration of the optical light beams in
biological tissues, in particular in the field of cardiovascular imaging (i.e. IVOCT ap-
plications) where 1.3 umm-wavelength range is used and blood severely affects the
performance. Indeed, for OCT the choice of the employed wavelength region strictly
depends on the application. In general, for highly scattering tissues longer wavelengths
are recommended, but on the other hand water absorption decreases when decreas-
ing the wavelength in the (near) infrared regime. From another perspective, longer
wavelengths might guarantee single-mode transmission through standard optical fiber,
necessary to reach remote tissues through optical endoscopes, and the massive exploita-
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Figure 4.6: Setup to perform the reflection measurements.
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Figure 4.7: Received power as a function of OAM mode for different blood sample thicknesses (in
reflection).

tion in telecom of long wavelengths makes those optical sources more mature, reliable
and high-performance. In case of testing a suspension, from [118] can be inferred
that the observed higher penetration capability for higher L values is more pronounced
for smaller particles with respect to wavelength. This could potentially mean that for
longer wavelengths an enhanced effect could also be obtained. However, the trade-off
with water absorption coefficient trend versus wavelength would have to be consid-
ered, to quantify the actual impact on the absolute received power level by changing
the employed wavelength. A physical or theoretical explanation of the observed higher
penetration capability for higher OAM orders, is still missing. An analysis based on the
self-healing properties of those modes, recently confirmed by other publications [127],
could be the way.

4.5 Conclusive remarks

In summary, in this chapter it is experimentally demonstrated the higher capacity of
LG vortex beams of penetrating highly scattering turbid media (i.e. water suspensions
and blood) with respect to conventional G beams. In particular, an increase of OAM
order implies the increase of this capacity. Such phenomenon is demonstrated in the 1.3
pum—wavelength range, typically used for in-vivo cardiovascular IVOCT procedures, by
performing transmission and reflection measurements. Therefore, the adoption of LG
vortex beams in IVOCT systems could have the potential of increasing the penetration
depth, as it mitigates the effect of scattering experienced by the light beam traversing the
biological fluids, which is one of the issues limiting the commercial IVOCT systems,
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especially in cardiovascular applications. From a clinical point of view, that could
potentially lead to unprecedented diagnoses of diseases and to the use of OCT in novel
in-vitro and in-vivo biomedical scenarios.
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CHAPTER

Development of an ultra-high speed A-scan
system for Optical Coherence Tomography
applications based on real-time optical spectrum
Fourier transformation

5.1 Introduction

With the wording «Optical reflectometry» we refer to a powerful set of techniques
which are based on the acquisition of reflected optical waves to get information from
the medium or optical component under investigation. They are characterized by high
spatial resolutions (i.e. typically submillimeter resolution) and, for this main reason,
they are exploited in a broad range of applications [128] such as material and compo-
nent diagnosis, characterization of optical components and modules, laser ranging and
metrology, and to implement 3D imaging for biomedical applications [129-132]. In
biomedical field, one of the most powerful imaging techniques based on optical reflec-
tometry is the Optical Coherence Tomography (OCT) which allows high performance
in terms of spatial resolution and speed. For this reason, OCT imaging has rapidly
spread out in both clinical and biomedical research environments. Indeed, OCT sys-
tems can achieve very high axial and lateral resolutions [133],1.e. up to 1 xm and up to
3 pm respectively. Nowadays, OCT imaging is employed in several clinical scenarios
such as ophthalmology [134, 135], angiography [136] and catheter-based applications
which include visualization of the gastrointestinal tract [137] and the cardiovascular
system [138, 139]. Typically, the wavelength adopted for OCT light sources lies within
the infrared region (i.e. between 800 and 1300 nm). This is because, within this spec-
tral range, water absorption is minimized, while the portion of signal which is scattered
from biological tissues is maximized. In particular, a wavelength of 1300 nm is com-
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monly used for intravascular OCT (IVOCT) applications because the blood absorption
spectrum exhibits a local minimum at this wavelength value. The high spatial reso-
lution of IVOCT systems is achieved thanks to the broad bandwidth of the generated
optical signal which guarantees much higher resolutions than other corresponding tech-
niques that are generally used in clinical scenarios (e.g. conventional angiography and
intravascular ultrasound imaging) [34, 140]. However, the main issues of conventional
OCT axial (A)-scan systems include the need of mechanical movement of the reference
mirror e.g. in Time-Domain OCT (TD-OCT), and time-consuming post-processing of
digital data, e.g. in Spectral Domain OCT (SD-OCT) and Swept Source OCT (SS-
OCT). These operations reduce the speed of the signal acquisition process and update
rate of the imaging operation. Typically, the acquisition speed plays a crucial role in
medical imaging. For instance, in ophtalmology the eye movements can be a source
of noise during the measurements [141], while in intravascular imaging applications,
high acquisition times can cause cardiac complications such as arrhythmia [34]. The
increase of the speed in performing signal acquisition and processing, could solve the
above mentioned problems. Indeed, in ophtalmology, a sufficiently high system speed
could make eye movements negligible, while, in intravascular imaging, could allow a
real-time monitoring of the entire 3D arterial wall structure without the risk of compli-
cations arising. This last achievement would have an unprecedented impact in cardio-
surgery because it could allow the check of the correct stent placement after a surgical
intervention through the real-time monitoring of the artery wall elasticity during heart-
beat [140, 142, 143]. In general, even if OCT techniques in the frequency domain (i.e.
SD-OCT and SS-OCT) do not require mechanical movements such as TD-OCT tech-
niques and so, they results faster, the signal acquisition speed is anyway limited by
digital post-processing (i.e. Fourier transformation in the digital domain) for FD-OCT
systems or by the wavelength scan for SS-OCT systems [144, 145].

The aim of this work is to design, calibrate and experimentally develop a photonics-
based A-scan circuit for IVOCT systems (i.e. 1300 nm wavelength range) able to per-
form both acquisition and processing of the optical reflected signals, coming from the
target tissue, in the analog domain without any scanning or post-processing steps as it is
required in TD-OCT or SD-OCT imaging. This innovative A-scan system is based on
a simple fiber-optics configuration that performs the real-time optical spectrum Fourier
transformation (RT-OSFT) [146—148]. This is an optical approach that enables the real-
time implementation of the target Fourier transformation of the acquired signals in the
optical domain at MHz update rates, much higher than conventional OCT update rates
(i.e. typically below 100 kHz) [149, 150].

5.2 Theoretical background: conventional A-scan OCT systems

5.2.1 TD-OCT approach

TD-OCT A-scan system exploits the interference between the reflected signal coming
from the reference optical arm, where a moving mirror is placed, and the backscattered
signal coming from the sample under investigation. This enables the detection of the
position (and entity) of the sample’s inner discontinuities were refractive index changes
are present, that produce reflections of the induced radiation. The scheme of a typical
TD-OCT A-scan system is showed in Figure 5.1. The optical source generates a low
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coherence radiation, i.e. a broadband source. A Michelson interferometer splits such
radiation in two parts. One is directed to a moving mirror which is the reference arm of
the interferometer. While the other one is directed to the sample (i.e. sample arm). In
the reference arm the mirror entirely reflects the optical beam, while in the sample arm
the beam hits the sample. The beam portion which comes back from the sample to the
interferometer is characterized by the back-scattered signals generated at the different
sample discontinuity interfaces. Then, the radiations coming from the two interferom-
eter’s arms, interfere and the resulting wave is directed to a photoreceiver. The position
of the sample discontinuities can be detected thanks to this working principle and the
crucial features are i) the translation of the mirror, during the acquisition, along a dis-
tance at least equals to the sample thickness, and ii) the broad spectrum of the generated
signals [151]. In the following section the analytical expression describing the intensity

TD-OCT A-scan System
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lens
Figure 5.1: Scheme of a typical TD-OCT A-scan system.

of the optical wave acquired at the photoreceiver is given together with the reason why
the broad spectrum of the generated signal is fundamental for a correct implementation
of TD-OCT A-scan [151].

Firstly, it is supposed that the generated optical beam sent to the interferometer is
monochromatic and so, a perfect coherent radiation. In this case, the electrical fields of
the two beams travelling along the reference (Er)and sample arms (Es), as a function
of the travelled distance () and time (%), are respectively:

—

(7, 1) = B, x caplj(2nft + 6,(7)] (5.1)

E(7,t) = E, x explj(2m ft + ¢(7))] (5.2)

where F, and F, are the amplitudes of the electrical fields, j is the imaginary unit, f is
the frequency of the monochromatic source and, ¢, and ¢, are the phases of the refer-
ence and sample beams. The dependence of the phase terms on the distance travelled
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by the corresponding waves is given by the following formulas:

where (3, and 35 are the propagation constants related to the medium which the radia-
tions travel through in reference and sample arms, ), and )\ are the wavelengths, /,. and
[s are the lengths of reference and sample arms which are multiplied by two because,
for each arm, the signal being reflected travels two times the path length. Making the
assumptions that the propagation constants and the wavelengths are equal in both the
interferometer arms (i.e. 5, = B = [ and \, :q/\S = \), the total electrical field of
the beam coming out from the interferometer (%) is the sum of the electrical fields
generated by the reference and sample beams:

E;ot = -E_';' + Es (55)

Therefore, the intensity associated to FE,,; revealed by the photodetector (/) is deter-
mined as following:

I %[|ET|2 + | E,|? + 2E,Escos(¢r — ¢5)] = I, + I, 4+ 2+/ 1 I cos (%%) (5.6)
where [, and I are the intensities related to the reference and sample signals respec-
tively and, Al is the difference of the two optical paths traversed by reference and
sample beams (i.e. Al = [, — [,). Thus, a dependence exists between the intensity of
the beam acquired by the photodetector and the difference between the two travelled
lengths.

As it can be seen from equation (5.6), the interference term has a period of % Hence,
for a monochromatic source, by translating the mirror, for each step equals to %, the
final signal shows a infinite number of peaks by varying Al (Figure 5.2a). If the source
is characterized by a broad spectrum and so, by several wavelengths, the equation (5.6)
is applied to each component. Thus, the components have different periods between
each other’s and the resulting interference signal goes to zero for most of the values
of Al. In particular, when Al = 0 and so, [, = I, the signals related to the several
chromatic components sum up and the phenomenon of low-coherence interferometry,
which is the main working principle of OCT systems, happens (Figure 5.2b).

The intensity acquired by the photodetector, given a broadband source, differs from
equation (5.6) (i.e. interference of monochromatic waves) for a factor (v,,.) which rep-
resents the degree of coherence between the reflected beams coming from the reference
and sample arms:

Al
I =1+ I+ 2+/I.I|vs|cos (27TT> (5.7
2
A is now the central wavelength of the broadband source and +,, is a normalized func-

tion, in particular:
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Figure 5.2: Interference of two optical signals as function of the optical difference path (Al) for a)

coherent and b) low-coherent signals.
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o If |v,.| = 1 the reflected waves coming from the sample and reference arms are
perfectly correlated and equation (5.7) reduces to equation (5.6). So, the beams
can be considered perfectly coherent and the behaviour of the resulting interfer-
ence signal is as shown in Figure 5.2a.

e If |y,.| = O the reference and sample beams are uncorrelated and when they inter-
fere, they sum up but the interference term goes to zero.

e If 0 < |75 = 0 < 1 the reference and sample beams are partially correlated,
the phenomenon of low coherence interferometry takes place and the interference
term is a peak, as shown in Figure 5.2b, whose envelope has a full width at half
maximum (FWHM) equals to the coherence length of the optical source (I..).

The degree of coherence can be expressed also as function of /..:

Al

when Al < [.. If this last inequality is not verified and so, Al > [., the degree of
coherence goes to zero. It means that the interference term can be acquired by the
photodetector only when the difference of the distances travelled in each arm of the
interferometer is less than the coherence length.

It is important to note that the oscillating interference term (Figure 5.2b) corresponds
to the autocorrelation of the electrical field of the source. Indeed, considering that
reference mirror and sample are spectrally uniform, the reflected waves coming from
the reference and sample arms differ only for the travelled distance:

E,(w) & Ey(w) % Euource(w) (5.9)

E )l =1,+A)~ E.(w)(l=1) (5.10)

hence, the interference term acquired by the photodetector is proportional to the auto-
correlation of the electrical fields generated by the optical source as function of 2Al:

Re[E, () B2 ()] & Re[Euouree(w) Elpyree ()] (5.11)

source

As consequence, the width of the envelope of the interference term is equal to the source
coherence length. Furthermore, for the Wiener-Khinchin theorem, which states that the
spectral power density of a signal is the Fourier transformation of its autocorrelation,
the width of the interference term and the width of the source radiation are inversely
proportional. Thus, the width of the source spectrum plays an important role in the
axial resolution of the system. Indeed, the more is the spectral width of the source, the
shorter is the coherence length and, consequently, the narrower is the FWHM of the
envelope of the interference term. During an A-scan OCT acquisition, the narrower
are the envelopes of the interference terms corresponding to each sample interface, the
better is the axial resolution.

In general, for optical gaussian sources, the axial resolution of the system is equal to
the coherence length of the input spectrum, expressed by the following relationship:

2in(2) N2 A2

where )\ is the center wavelength of the source spectrum and A\ is the FWHM of the
input spectral width.

65



Chapter 5. Development of an ultra-high speed A-scan system for Optical Coherence
Tomography applications based on real-time optical spectrum Fourier transformation

5.2.2 SD-OCT approach

SD-OCT is another approach for OCT A-scan in which the optical signal is treated
in the frequency domain. The source is again an optical radiation characterized by a
broad spectrum (A\) and the reference mirror is kept in a fixed position. In Figure 5.3

SD-OCT A-scan System

Fixed Reference

mirror
Broadband optical Q%
source kL
Collimator
>  Directional [€
coupler €
7 =TT S
[ ) \ : :
i Diffraction .
: grating Collimator
I
I Sample
I
I Post-processing (Fourier L A-scan Focussing
'\ / transformation) data lens
Spectrometer

Figure 5.3: Scheme of a typical SD-OCT A-scan system.

a scheme of a typical SD-OCT A-scan system is presented. The broadband radiation
is split into the reference and sample arm and the two corresponding reflected signals
(i.e. one from the reference fixed mirror and the other one from the analysed sample)
interfere. The interference signal goes to a spectrometer where a diffraction grating
spatially separates the spectral component that are acquired by a detector. As soon as
the spectrum of the interference signal is acquired, the Fourier transformation is done
in post-processing and the A-scan data in the temporal domain are computed. In this
configuration, the reference mirror position is kept fixed because the information is
acquired simultaneously for each internal reflection within the sample deleting, in this
way, eventual sources of mechanical noise due to mirror translations, and increasing
the signal acquisition speed [151].

Analytically [151], supposing that only one reflection occurs within the sample at a
certain depth (i.e. 2o = l; — [, so, Al = |l; — [,|) and the absorption within the sample
does not affect the spectrum of the source signal, the intensity of the signal coming out
from the interferometer at a certain angular frequency w, can be written as following:

I(w) = ||a.|* + |as|* + 2a,a,cos (w%Al)} S(w) (5.13)

where |a,|? and |a,|? are the amplitude of the reflected signal coming from the refer-
ence and sample arm respectively, S(w) is the normalized spectrum of the source signal

at the considered angular frequency w. The signal described by equation (5.30) enters
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the spectrometer where all the spectral components are separated. Basically, the ac-
quired intensity is a sinusoidal spectrum whose envelope consists of the source signal
spectrum, characterized by two main components, the continuum one (DC) and the
oscillating one (AC):

I(w) = [Dc(w) + IAc(w) (5.14)

where:
Inc(w) = (Ja | + |as]?) S(w) (5.15)
Iyo(w) = lQarascos (wQTAl)] S(w) (5.16)

The only term which brings spatial information on the reflection occurred within the
sample is the AC one. So, the DC term is usually deleted. The period of the AC
component and so, the resulting A-scan data are evaluated by finally doing the Fourier
transformation:

FT  Iic(w)] = Ga(t —7) + Gop(—t — 7) (5.17)

where G, (t) is the correlation product of the electrical fields of the reference arm and
sample arm, and 7 is the temporal period of the oscillation and also, the delay between
the radiations travelled along reference and sample arm. The relationship between the
delay and the optical path difference is the following one:

2Al

C

T (5.18)
So far, a sample with only one reflective interface has been considered. So, only one AC
term would appear. If the sample possesses multiple reflective interfaces, the oscillating
terms (i.e. AC terms) related to each spatial location of a single reflection occurred
within the sample and revealed through the Fourier transformation, would be multiple
as well.

The axial resolution of the system corresponds to the coherence length of the source
and so, depends, again, on the width of the optical source as for the TD-OCT approach
(i.e. equation (5.12)).

5.2.3 SS-OCT approach

Unlike TD-OCT and SD-OCT approaches where the intensity data are acquired simul-
taneously, in this other configuration, data are collected sequentially. The source is a
tunable laser characterized by a tight bandwidth that performs a linear wavelength/fre-
quency sweep. In Figure 5.4 a scheme of a typical SS-OCT A-scan system is shown.
The reference arm goes to a fixed mirror as in SD-OCT approach. Since the coher-
ence of the source signal is very high and the propagation time along the sample arm
is supposed to be longer than the one along the reference arm, the reflected radiations
coming back from mirror and sample constructively interfere and the photodiode ac-
quires simultaneously radiations that enter the interferometer at different times. The
frequency difference between the acquired radiations is proportional to the optical path
difference, because of the linear sweep of the source. This allows the visualization of
a peak in the frequency domain which brings to the acquisition of the position of the
corresponding reflective interface within the sample, after the Fourier transformation
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Figure 5.4: Scheme of a typical SS-OCT A-scan system.

of the signal [151].
Analytically [151], the electrical field generated by the tunable laser can be described
by the following equation:

—

Ey(t) = Egexp [jw(t)t] (5.19)
where w(t) varies linearly in time:
w(t) = wo +mt (5.20)

where wy is the initial angular frequency and m = % is the chirp rate. Considering
again a sample with a single reflective interface at Al = |l; — [,.|, at ¢ = ¢; the tunable
laser sends a radiation with angular frequency of w;. This wave is splitted at the inter-
ferometer, one part goes to the mirror and the other part to the sample. The reflected
radiation coming from the sample, comes back at the instant ¢; + 2¢, while the reflected
radiation coming from the reference mirror comes back before, at ¢;+2¢,.. Since t; > t,,
the reference radiation is associated to a different frequency with respect to the sample
one. This results in different angular frequencies (ws and w;,.) of the acquired reflections
coming from the sample and reference arms respectively:

ws = w(t;) (5.21)

wr = w(t; +2ts — 2t,) = w(t; — 7) (5.22)

where 7 is the delay between the two radiations that is correlated to the optical path
difference (Al) as it is shown in equation (5.18). Thus, at ¢; + 2t, the phenomenon of
signal beat happens at the interferometer and the final signal coming out and acquired
by the photodiode is characterized by an angular frequency (wpeq:) Which is correlated
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to Al as following:
2Al

Wheat = MT = mT (5.23)
By applying the Fourier transformation in post-processing, the position of the reflec-
tive interface is finally retrieved. In case of sample with multiple reflective interfaces,
the acquired interference signal would contain multiple beat frequencies (i.e. wWeeqr q)-
Each frequency is correlated to the optical path difference of each single interface and,
therefore, the result, after the Fourier transformation, would be a series of peaks at the
positions corresponding to the depth of each single reflective interface.

5.2.4 Comparison between the three OCT A-scan approaches

The TD-OCT configuration has been the first approach used for the implementation of
A-scan systems. It is characterized by broadband optical source and a moving mirror
which allows to retreive the axial profile of the sample under test. This allows the user
to have the A-scan data in time domain without additional post-processing operations
(i.e. Fourier transformation). However, the translation of the mirror not only adds
eventual mechanical noise to the signal, but also limits the frame rate of the system.
Indeed, for a given scan period (7cq,), @ TD-OCT system guarantees only a limited
time (¢;) for the acquisition of the signal that is given by the following formula:

le
t, = _Tscan (5 24)

S

where z; is the path travelled by the mirror which corresponds to the depth scanned by
the system through the sample. In particular, the inverse of the scan period represents
the frame rate of the system ( f,,s) which depends on the scan speed of the mirror (v,,)
as following:
1 2v,,

Jsys = T~ A (5.25)
This implies that TD-OCT A-scan systems are characterized by limited frame rates
which are usually only tens of kHz.
The frequency domain approaches are younger and deletes these limits introduced by
the translation of the reference mirror, by fixing it and acquiring the signals in frequency
domain. In particular, SD-OCT A-scan systems are characterized by a spectrometer that
discriminates the frequency components of the signal coming out from the interferom-
eter. The Fourier transformation of the output of the spectrometer allows the recovery
of the A-scan data. The result is an A-scan system which is much faster than traditional
TD-OCT configurations (i.e. frame rates up to 100 kHz).
On the other hand, with the SS-OCT approach, it has been obtained a system which
is as simple as the TD-OCT ones (i.e. both absence of the spectrometer and moving
mirror), but guarantees the high frame rates of the SD-OCT configurations.
In the next section, some basics on the real-time optical Fourier transformation (RT-
OFT) are given. Indeed, in this work it is experimentally demonstrated that an A-scan
system, based on this new optical approach, has the capability of increasing the frame
rates from a maximum of 100 kHz typical of actual OCT systems, to 1 MHz.

69



Chapter 5. Development of an ultra-high speed A-scan system for Optical Coherence
Tomography applications based on real-time optical spectrum Fourier transformation

5.2.5 Real-time optical Fourier transformation

A key tool for signal processing is the Fourier Transformation which allows the trans-
formation of a signal from frequency to temporal domain and vice versa. Over the
years, in the field of Photonics, many studies have been focused on the implementation
of methods for the Fourier transformation in the optical domain (i.e. all-optical Fourier
transformation). Such methods allow to perform the Fourier transformation in the ana-
log domain by skipping signal post-processing steps after optoelectronic conversion,
signal acquisition and digitalization. This could imply the potential of higher speed in
temporal optical signal processing which is an important concept widely investigated
for a large range of applications including ultra-fast computing [152], ultrafast laser
pulse manipulation, control and measurements [153], high-speed information process-
ing in optical communications [49,154], microwave engineering [155,156] and, last but
not least, biomedical imaging [157]. All-optical Fourier transformation was predom-
inately investigated on spatial-domain light waves. However, recently, similar tech-
niques have been investigated also for the manipulation of temporal optical signal such
as the RT-OFT which allows to map the spectrum of the signal under test in the temporal
domain by means of analog optical components only [146-148, 158]. Whereas many
applications still requires the manipulation of the output signal through digital signal
processing (i.e. retrieving of the optical spectrum through the Fourier transformation)
introducing additional processing times and latencies, RT-OFT enables the acquisition
of the energy signal spectrum without post-processing operations at a very high speed
(i.e. update rates into the MHz range) [159-163].

The method implemented in this work is the real-time Fourier transformation (RT-
OSFT) which implements the RT-OFT of a given optical energy spectrum, normally
captured through an optical spectrum analyzer (OSA). Thus, it fits well for applica-
tions such as optical frequency domain reflectometry and OCT platforms [163—-165].
It is based on the time-spectrum convolution concept which consists of the temporal
convolution between an input incoherent energy spectrum and a temporal modulation
waveform, i.e. the kernel function. Then, the resulting modulated field propagates
through a linear dispersive medium which induces a uniform group velocity dispersion
(GVD), @, over the entire input optical bandwidth. In particular, such uniform group
velocity dispersion is defined as:

. =02
o= 50 (5.26)
where ®(w) is the spectral phase transfer function of the dispersive medium along the
bandwidth of the input source. The output of the time-spectrum convolution is an
average time-domain optical intensity which is proportional to the convolution of the
temporal modulation intensity and a time-scale version of the incoherent light energy
spectrum (input of the system). In the system proposed in this work, a chirped temporal
sinusoidal waveform is used as temporal modulation waveform.

A simplified scheme is given in Figure 5.5 where a broadband rectangular pulse is used
as input. Given a chirped temporal sinusoidal waveform m(t) [166]:

m(t) = cos (%ﬂ) (5.27)
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Figure 5.5: Scheme of the RT-OSFT process with a spectral input characterized by a broadband rectan-
gular waveform.

where D,, = ﬁ“;'" is the linearly chirped term of the temporal modulation sinusoid
which shows an instantaneous angular frequency ranging from 0 to Aw,,, in a temporal
period dictated by At,,. If the applied GVD is sufficiently high (i.e. first-order disper-
sion), it has been demonstrated that at the output of the process, the resulting convolu-
tion integral of the output energy spectrum can be approximated as the real/imaginary

part of its Fourier transformation [166, 167]:

S (é) ®@m(t) = Re [s(w') -exp (j%ﬂ)] (5.28)

w-rrfs (1)) 52

where S(w) is the energy spectrum of the input, with bandwidth Aw around a given
central optical frequency (w.), ® is the first order dispersion and F'I" states as Fourier
transformation. It is important to note that the temporal period of the chirped sinusoid
(At,,) defines the switching time between consecutive realizations of the RT-OSFT
process. Consequently, the maximum measurement frame rate (f,..) is defined as
following:

with,

1
frate - A_tm (530)

Furthermore, the equivalence (5.28) is valid under two important conditions that should

be verified for a correct functioning of the process [147, 166]. The first one is the

Fraunhofer condition:
87

< —

(|2]Aw)?
where Aw is the FWHM of the optical broadband source. It is important to satisfy this
condition because it translates into a temporal separation of the spectral component of

(5.31)

m
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the input broadband energy spectrum which is the basis of RT-OSFT. The second con-
dition (i.e. dispersion condition) is the following inequality, involving the bandwidth
of the chirped sinusoid and the dispersion parameter:

b
|Aw72n§| << T (5.32)

Equation (5.32) basically guarantees that the optical dispersion is kept sufficiently low
in such a way to prevent eventual distortions of the temporal modulated waveform while
propagating through the optical dispersive medium.

From both conditions (equations (5.31) and (5.32)), the bandwidth of the chirped mod-
ulation signal should be larger than the bandwidth of the input energy spectrum which
is inversely proportional to the product of optical dispersion and the frequency resolu-
tion of the input spectrum (dw). Moreover, the two conditions imposes the following
constraint to the temporal period of the chirped modulation waveform:

Aw?

At,, > \é\ﬁ

(5.33)
Since the temporal period of the modulation function corresponds to the duration of
one realization of the RT-OSFT process, from the above inequality, it results that the
minimum switching time between consecutive realizations of the RT-OSFT process,
is limited by both the bandwidth and the resolution of the input optical spectrum to be
processed. Given all these conditions which regulates the performance of RT-OSFT and
need to be satisfied, it is clear that for the implementation of an experimental RT-OSFT
setup, it is crucial the tuning of the main parameters related to each single optical/elec-
tronic component. The most important parameters to be tuned are the bandwidth of
the input optical energy spectrum, the GVD, the bandwidth of the temporal modulation
waveform and its period.

5.3 Development of an IVOCT A-scan system based on RT-OSFT pro-
cess

The system based on RT-OSFT concept for IVOCT A-scan has been experimentally de-
veloped by taking into account values of frequency chirp and dispersion able to give to
the system a penetration capability of 1 mm, typical of conventional IVOCT systems.
Then, these parameters have been changed in order to achieve deeper depth. How-
ever, the change of parameters for the achievement of deeper penetration depths, has
been seen to be responsible of signal distortion affecting the resolution of the system
along the temporal/spatial range. This brought to the need of a system calibration for
a parameters’ optimization aimed to minimize signal distortions. To do so, the A-scan
system based on RT-OSFT has been first simulated through a dedicated software for
the design of optical and electrical circuits (i.e. VPIPhotonics). Then, the circuit has
been calibrated and the optimal value ranges related to the parameters of each single
electrical and optical component, have been chosen based on Frahunofer and disper-
sion conditions (i.e. equations (5.31) and (5.32)). In such a way, the optimal ranges of
parameters have been found for a correct implementation of the system.

72



5.3. Development of an IVOCT A-scan system based on RT-OSFT process

5.3.1 Experimental development of the system

The scheme of the customized experimental A-scan system for IVOCT based on RT-
OSFT that has been developed at our laboratory, is shown in Figure 5.6. A super-
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Figure 5.6: Scheme of the experimental IVOCT A-scan system based on RT-OSFT.

luminescent diode (SLD) is used as broadband incoherent light source. Its FWHM
bandwidth is about 70 nm with central wavelength of 1300 nm, and its typical out-
put power is about 2 mW. The signal generated by the SLD is modulated through a
MZM which is driven by a linearly frequency chirped sinusoid generated by a dedicated
chirped waveform generator (CWG). The linear frequency chirp goes from 0 to 2 GHz
with a repetition period of 1 us. The required optical GVD of the first order is induced
by employing three spools of fibers connected in series. In particular, the spool series
is characterized by 24 km of dispersion shifted fiber (LEAF), 5 km of single mode fiber
(SMF) and two dispersion compensating modules (PureForm DCM, Avenex). The first
two components introduce a first order dispersion of about 408 ps/nm. While the latter
ones are added in order to ensure that the second order dispersion contribute can be ne-
glected. Then, a fiber-optics Mach-Zender interferometer (MZI) with a fixed reference
arm is placed after the GVD medium. In the sample arm, a mirror is placed. Indeed,
for setup validation purposes, the reflection from a single-point target (e.g. mirror) is
monitored. The mirror is mount on a tunable delay line, in order to test the setup per-
formance along the entire depth range. The output time-domain signal is captured by
a 30 GHz dual balanced photodetector. Then the signal coming out from the photode-
tector is processed through an 1Q demodulator driven by a chirped sinusoid generated
by the CWG with a frequency chirp double the one of the waveform sent to the MZM
(frequency chirp from O to 4 GHz at 1 pum repetition period). The final signal is the
squared magnitude of the incoming signal envelope in the scope trace. Furthermore,
polarization controllers (PC in Figure 5.11) are added along the circuit together with
a polarizer before the MZI, in order to maintain a constant and linear polarization of
light. Two semiconductor optical amplifiers (SOA) are placed before the GVD compo-
nents and the MZI respectively, in order to guarantee high enough power at the system
output.

In Figure 5.7 the results from the test of the described A-scan setup are shown. In
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Figure 5.7: a) Output of the A-scan signals before undergoing post-processing procedure (1Q demod-
ulation) as function of the temporal range, acquired by moving the target mirror within the spatial
range [0,1] mm with a step size of 0.1 mm, b) spatial resolution of the system along the spatial range.

Figure 5.7a a set of measurements of the output A-scan temporal signal acquired while
shifting the mirror with a step size of 0.1 mm is presented. The signal has not been
averaged and has been visualized at the scope with an update rate of 1 MHz (i.e. in-
verse of the period of the chirped electrical sinusoid). Typically, the signal is a single
peak at the location of the reflective interface that is the single-point reflection due to
the mirror and is determined, as expected, by the Fourier transformation of the input
broadband light spectrum. The temporal/spatial resolution of the system along its pen-
etration depth is typically determined by the FWHM of each single peak acquired for
each position of the target mirror. As it is depicted in the plot (Figure 5.7b), the spatial
resolution is almost constant along the range, with a mean of 15.28 pm. The maximum
penetration depth of the system using the described parameter configuration is 1 mm.
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The relationship that bounds the penetration capability (4.5) of such system with the
parameters of the circuit components, in particular the frequency chirp (6€2,,) and the
GVD (|®|), is the following one:

AS < ¢|®|Aw,, (5.34)

Considering that the system works in reflection, the maximum analyzed depth within
the sample is %.

In order to drastically increase the penetration capacity of the system to unprecedented
depths never achieved so far in the field of intravascular optical imaging, two further
parameter configurations have been tested. Hence, considering equation (5.34), the

following parameters have been chosen:

e a frequency chirp of 6 GHz with a longer dispersion shifted fiber of 24 km, for a
total first order dispersion of 408 ps/nm;

e a frequency chirp of 6 GHz with a dispersion shifted fiber of 28 km, for a total
first order dispersion of 476 ps/nm.

These configurations have been tested on a single-point target (i.e. a mirror) and the
corresponding results are shown in Figure 5.8. As it can be seen from the plot of the
output signals of the system (Figure 5.8a,b), the two configurations taken into account,
guarantee much deeper penetration depth with respect to the first configuration tested
(i.e. from 1 mm to 3.3 mm). However the new configurations bring to a consider-
able signal distortion along the spatial range which translates into a degradation of the
system resolution which results to be non-constant along the range. This phenomenon
suggests that a trade-off between frequency chirp of the modulated sinusoid and dis-
persion value has to be found for a proper system operation. To do so, a proper design
and calibration of the optoelectronic components of the circuit has been necessary.

5.3.2 System design and calibration
VPIPhotonics circuit

The VPIPhotonics scheme of the designed IVOCT A-scan circuit based on RT-OSFT
process is presented in Figure 5.9. VPIPhotonics is a block language where each block
corresponds to a certain physical optical or electrical component which performs some
designated operations. The blocks are very versatile. Indeed, each one possesses a list
of local parameters that can be adjusted in order to adapt the performed operations to
each specific working process. Furthermore, a list of global parameters, valid for all the
blocks of the circuit, can be set, i.e. temporal and spectral windows of the generated
signals, centre frequency and number of sample characterizing the signal.

The part of the circuit simulating the RT-OSFT process (Figure 5.10a) consists of the
generation and interference of an optical gaussian broadband spectrum (Figure 5.11a),
i.e. centre wavelength 1300 nm, and a sine frequency chirped electrical signal (Figure
5.11b). Then the resulting interference signal (Figure 5.11c) travels through a GVD
medium (i.e. chromatic dispersion of the first order). The broadband optical spectrum
is generated by filtering white gaussian noise with a first-order gaussian filter. The lin-
early frequency chirped sinusoid is generated through a Matlab program, imported in
VPIPhotonics and then normalized. The optical and electrical signals interfere through
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a Mach-Zender modulator (i.e. MZM in Figure 5.10a) whose bias voltage is set in such
a way to both maximize the output signal and prevent eventual distortion. Then, the
signal resulting from such modulation travels through the last component involving the
RT-OSFT process, that is a block which simulates chromatic dispersion of the first or-
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delay time of 3 ps), e) module of the system output signal, and d) its envelope.

der (i.e. GVD in Figure 5.10a).

The signal resulting from the RT-OSFT process, which is basically the Fourier transfor-
mation of the input gaussian spectrum, goes to the interferometer (i.e. typical compo-
nent of every OCT A-scan), shown in Figure 5.10b. It is constituted by a splitter which
sends part of the input signal (the one coming out from the RT-OSFT process) to the
reference arm, which keeps the signal unaltered, and the other part to the sample arm
which is characterized by a block that simulates a total reflective interface (e.g. a mir-
ror) at a certain position by introducing a temporal delay line (TDL) into the travelling
signal. The actions of increasing or decreasing the TDL correspond to simulations of a
certain translation of the reflective interface to be investigated. The important thing is
to keep such delay lower than the coherence time of the simulated system.

Then, reference and sample signals are acquired and subtracted. This is made by the
analog acquisition part of the circuit (Figure 5.10c) which is constituted by two pho-
todetectors which acquires the reference and sample signals separately. Then, the signal
resulting from the difference between the photodetectors’ outputs is filtered through a
low-pass electrical filter. The result is a signal characterized by both a positive and a
negative peak (Figure 5.11d) at the location of the reflective interface which is sim-
ulated by the TDL block of the interferometer. The module of this signal is further
computed in order to cancel out its negative components (Figure 5.11e). Hence, the
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row output signal of the conceived A-scan IVOCT system based on RT-OSFT is a pos-
itive peak at a location corresponding to the set TDL.

Finally, this signal undergoes post-processing consisting of an 1Q demodulation proce-
dure (Figure 5.10d) which allows to compute the envelope of the input positive peak
(Figure 5.11f). The IQ demodulation is characterized by three main step [168]:

e Down-mixing: the input signal is split and its two copies are multiplied by a
sinusoid (i.e. In-phase component) and a cosinusoid (i.e. Quadrature component)
respectively. The sinusoid term is then multiplied by the imaginary unit in such a
way that a real component and an imaginary component appear. In our case, the
cosine and sine signals are linearly frequency chirped, with a chirp factor that is
double the one of the electrical sinusoid interfering with the optical spectrum at
the Mach-Zender modulator.

e Low-pass filtering: the complex signal is low-pass filtered in order to remove
the negative frequency spectrum and cancel out eventual noise within the desired
bandwidth.

e Reconstruction of the envelope of the original signal: the two filtered components
(i.e. real and imaginary components) are summed.

The final result of this operation is the square magnitude envelope of the output signal
of the A-scan system, which is the one shown in Figure 5.10d.

System calibration and parameter optimization

The search for the optimal conditions to guarantee a high system performance has been
carried out soon after the circuit assembly in VPIPhotonics, exploiting equations (5.31)
and (5.32).

In particular, the calibration of the system has been carried out through the optimiza-
tion of both the local parameters of each block and the global parameters valid for the
entire circuit. The main goal of this step was to find a compromise between resolution,
frame rate and penetration depth. To do so, the Fraunhofer and dispersion conditions
(i.e. equations (5.31) and (5.32)) were taken into account. From equation (5.31), the
Fraunhofer term (i.e. 322 (|(I>]Aw) ) has been made explicit as follows:

; Aw,, . -
Do (|®]Aw)? << 87 —> %(@Mw)? << 81 (5.35)

While, from (5.32), the dispersion term (i.e. ]sz 2) is already explicit. Both inequal-
ities have been analyzed and the Fraunhofer and dlspersmn terms have been plotted as
function of chromatic dispersion (<I>) and chirp bandwidth of the sinusoid signal (Aw,,,)
as shown in the plots in Figure 5.12. In particular, the analysis of the two terms as func-
tion of the chromatic dispersion has been carried out for different values of the chirp
bandwidth within the range [0.5,4]G H z and vice versa, as function of the chirp band-
width for different values of the chromatic dispersion within the range [200, 800] 2.
The bandwidth of the input gaussian spectrum (A\) has been kept around 90 nm in or-
der to ensure a small enough coherence length and thus, a good axial resolution. Indeed,
the coherence length of the system depends on the bandwidth of the input spectrum as
highlighted by equation (5.12). Furthermore, the curves in Figure 5.12 do not change
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significantly by varying the input spectrum bandwidth within the range [70, 100]nm
which includes high enough values guaranteeing a spatial resolution not higher than 30
pm. In Figure 5.12, for each plot related to Fraunhofer and dispersion conditions, the
region characterized by the optimal values of ® and Aw,, are shown. If the values of
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these two parameters do not satisfy the two conditions, a distortion of the signal occurs,
resulting in a degradation of the system resolution along the temporal/spatial range as
it has been found in the experimental measurements with a frequency chirp bandwidth
of 6 GHz. The values of ® and Aw,, falling within the optimal values resulting from
the system calibration have been collected and also analyzed in terms of the maximum
path travelled by the light through the sample (AS). Indeed, the penetration capacity
of A-scan system based on RT-OSFT is limited by the inequality (5.34). Such rela-
tionship, together with the analysis on Fraunhofer and dispersion conditions, suggests
a design trade-off between the depth range and resolution of the system. Hence, the
input optical spectrum can have a sufficiently broad bandwidth (i.e. within the range
[70,100] nm). In turn, the bandwidth of the linear frequency chirp and the chromatic
dispersion should be kept at values that satisfy equations (5.31) and (5.32) in order to
prevent signal distortions and, so, keep the resolution constant, as much as possible,
along the temporal/spatial range, and guarantee a maximum penetration depth of at
least 1 mm at the same time (i.e. AS > 2 mm), for feasibility purposes in the field of
IVOCT.

In Figure 5.13, an example of the simulation output signal, with dispersion and chirp
bandwidth terms falling within the optimal ranges, is given as function of spatial co-
ordinates (penetration depth) together with the plot of the axial resolution along the
spatial range. As it can be noticed from the simulation results and also from the first
set of experimental measurements (Figure 5.7), by setting the proper dispersion and
chirp bandwidth parameters a good spatial resolution (around 15 pm), almost constant
along the spatial range, together with a penetration depth of 1 mm typical of the IVOCT
systems can be achieved with this setup based on RT-OSFT that guarantees ultra-high
speed in terms of signal acquisition (acquisition time of 1 us).

5.4 Conclusive remarks

In this chapter, a fiber-optic scheme, referred to as RT-OSFT, for all-optical, real-time
calculation of Fourier transformation of a lightwave energy spectrum has been exper-
imentally developed and customized at 1.3um-wavelength range. It has been demon-
strated the high processing speed improvement offered by RT-OSFT method in terms
of axial scan, achieving a system update rate within the MHz range while avoiding the
need of numerical post-processing typical of conventional approaches. This makes the
system interesting for biomedical imaging applications, in particular in the field of in-
travascular imaging (i.e. IVOCT) where massive spectral data need to be processed in
a time period which has to be as short as possible for the safety of the patient under
evaluation. Hence, this technology could have the potential of improving the diagno-
sis of intravascular diseases while significantly diminishing the risk of the patients to
undergo cardiac complications thanks to the ultra-fast frame rate.
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CHAPTER

Conclusion

The current thesis work had the main objectives to develop novel systems and improve
already existing methods for the optical characterization of biological tissues by means
of optical imaging techniques. In particular, two techniques have been treated, that are
small angle light scattering (SALS) and optical coherence tomography (OCT) with a
particular focus on intravascular OCT applications (IVOCT).

Regarding the SALS technique, a dedicated optical setup has been developed and inte-
grated into a biaxial testing machine. This activity had the main objective to respond
to the need of a complete optomechanical characterization of arterial wall microstruc-
ture in terms of both mechanical properties (response to a given stress during biaxial
testing), and orientation and dispersion of the inner tissue fibers. These two latter pa-
rameters together with mechanical ones, are crucial for the development of constitutive
models of aorta wall in both healthy and diseased state. Among all the possible meth-
ods able to accomplish to such need, SALS technique has been chosen for its working
process simplicity, the relatively low-cost equipment and because damage to the sam-
ple, in our case, is a non-issue. For the development of the SALS setup the following
steps have been followed:

e study of light propagation in thick samples;

e optical setup design and assembly;

e setup validation;

e opto-mechanical biaxial tests on biological aorta tissue samples.

The first step involves in-silico Monte Carlo simulation of light transport in fibrous me-
dia. The chose of the Monte Carlo approach instead of the classical one based on the
anisotropic diffusion theory, is based on the fact that several studies have demonstrated
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that the Monte Carlo methods applied to light transport brings to much more accurate
results. This kind of study has been carried out for the purpose to better understand the
working principle of the conceived optical setup based on SALS. Indeed, SALS tech-
nique has always been applied to very thin biological samples (thickness smaller than
700 pm), while in this case the investigated samples would have been much thicker
(thickness >1 mm). From the simulations it has resulted that the SALS analysis is fea-
sible also in this last range of sample thicknesses by slightly change the analysis of the
light spot, giving qualitative information on the inner fiber dispersion and a quantita-
tive and precise value related to the main fiber orientation. Then, the optical system has
been designed and all the optical components have been carefully chosen. Then vali-

Reference
frame

Figure 6.1: Optical setup automated in two direction for enabling further inner sample structure inves-
tigations involving the scanning of the upper sample surface.

dation measurements have been done on 3D printed samples, demonstrating the actual
accuracy of the system. Once the feasibility of the novel optical setup has been tested,
it has been integrated into the biaxial machine already developed at the Biocardiolab,
and mechanical-biaxial characterization together with optical investigation in real-time
of healthy and aTAA aorta tissue samples has been carried out for the first time. It has
been demonstrated that the system is able to give important information on the inner
fiber rearrangement in real-time during biaxial test using different tension ratios. This
kind of analysis is crucial for the development of constitutive models of aorta samples.
Moreover, in future, when a consistent number of both healthy and diseased samples
are investigated, the information provided by such system could have a potential impact
in the clinical study of the pathological features involved in the development of cardio-
vascular diseases such as aTAA. Last but not least, the optical setup has been made
more flexible by adding a collimator (fiber to free-space) at the output of the involved
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He-Ne laser and it has also been automated in such a way that a complete planar scan-
ning of the sample can be done by moving the light beam in two direction by means of
two translators as shown in Figure 6.1.

If on one side this work has focused on the development of an optical setup for a robust
characterization of fibrous biological tissues, on the other hand a deep study on a well-
established optical technique for both in-vivo and in-vitro imaging, i.e. intravascular
optical coherence tomography (IVOCT), has been carried out with the main aim to de-
velop and propose novel and innovative methods for the improvement of performance
of actual operating systems in terms of light penetration through blood and signal ac-
quisition speed.

To increase light penetration through blood, the exploitation of orbital angular momen-
tum (OAM) technology through the use of Laguerre-Gaussian (LG) beams, is proposed.
This study is based on previous works in which the capability of the LG beams of pene-
trating deeper into turbid media and biological tissue samples with respect to Gaussian
(G) ones, conventionally used in current IVOCT applications, is demonstrated at the
633nm-wavelength range (red light). Through this thesis work, this effect has been first
demonstrated in the 1300um-wavelength range (typical of IVOCT systems) by per-
forming measurements in transmission on biological fluids-mimicking samples. Then,
for the first time, this effect has been demonstrated also by performing reflection mea-
surements on human blood samples. The experiments performed in this thesis work,
are still far from a clinical development and integration of the technology in commercial
IVOCT systems. However, they have been very innovative for the scientific community
because they represents a strong starting point for future investigations of the benefits
of the use of OAM technology rather than G beams in intravascular optical imaging.
Indeed, a future development of IVOCT systems based on OAM beams capable of
penetrating deeper through blood could bring to unprecedented diagnosis. Further in-
vestigations are needed though. And an additional demonstration of this effect should
be done through measurements in reflection by using a coherent setup (the simplest one
would be a TD-OCT setup, Figure 5.1) able to discriminate the backscattered optical
signal coming from the sample along its depth. This kind of analysis would be neces-
sary to quantify the penetration power of such beams through blood more precisely.
Regarding the last, but not least, work implemented in this thesis, an ultra-fast exper-
imental optical axial scan (A-scan) setup operating at 1300pum-wavelength range for
IVOCT applications has been developed and optimized. This work has been conceived
from the need of ultra-fast signal acquisition in the field of catheter-based intravascular
imaging. Indeed, a fast acquisition of the signal is crucial for the safety of patients who
could take the risk of undergoing cardiac complications if the imaging procedure is too
long. Actual IVOCT A-scan systems are characterized by an update rate of maximum
100 kHz. The main objective of this work has been the implementation of an A-scan
system able to achieve update rate up to 1 MHz, ten times higher than conventional
systems. This is possible through the exploitation of real-time optical spectrum Fourier
transformation (RT-OSFT) which consists on the implementation of Fourier transfor-
mation (FT) of the acquired signals directly in the analog domain. This implies the skip
of the post-processing steps involving FT that are necessary in actual IVOCT systems,
reducing the signal acquisition time from some tens of us to 1 ps. This translates into
the increase of the system frame rate from tens of kHz to 1 MHz. The RT-OSFT has
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been usually investigated in many fields involving optical communication and this has
been the first time that such concept has been applied to A-scan IVOCT field. The ex-
perimental setup has been first build and tested in three parameter configurations. Then,
since the optical signal has been seen to get distorted in some parameter conditions, the
proposed A-scan system has been simulated through VPIPhotonics software and then
optimized in order to retrieve the optimal parameter values for a proper operation of
the entire system. Further works on this setup could consist of the performance of mea-
surements in biological samples and the integration of a lateral B-scan for a complete
sample characterization and 3D-construction of images in the post-processing part.

In conclusion, this thesis has the main objectives to propose effective optical solutions
to problems arisen in both biomedical research field and clinical scenarios. The optical
SALS setup has been developed in response to the need of a complete opto-mechanical
characterization of fibrous cardiovascular tissues which is crucial for the development
of in-silico model of aorta, useful for a better understand of its properties and how such
properties change in case of diseases. Information that could be very important in clin-
ical scenarios where precise and early disease diagnoses are needed for the safety of
the patients. On the other hand, the experimental setups based on OAM technology
and RT-OSFT concept have been conceived for the purpose of creating a good starting
point for further investigations aimed to finally integrated such methods on IVOCT sys-
tems, guaranteeing an unprecedented improvement in terms of light penetration through
blood and acquisition speed. Factors that could bring to unprecedented diagnosis of in-
travascular diseases, while decreasing the risk of collateral effects in patients.
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