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Introduction

This PhD thesis has been conducted within the fwasrle of a project funded by the French
National Research Agency entitled “NOUGAT”. NOUGAS an acronym that stands for
“Nouvel OULtl pour la chirurgie du Glaucome Assist@ar laser femtoseconde et
Tomographie par cohérence optiueanslated into English asnéw tool for glaucoma
surgery assisted by femtosecond laser and optichém@nce tomographyThe project has
been funded by “I'’Agence Nationale de la RechercA&IR” (ANR-08-TECS-012, program
TecSan) and run in collaboration by the followiraytpers: Laboratoire d’Optique Appliquée
(LOA, ENSTA ParisTech, Ecole polytechnique, CNRSjboratoire Charles Fabry — Institut
d’'Optique Graduate Schoolthe company “Amplitude Systémes” and thaboratoire

Biotechnologie et Eibf the “Hobtel-Dieu” hospital and Paris Descartesvdrsity in Paris.

Owing to the advent of compact and convenient lagstems, biomedical optics has become
a very active research field. This multidisciplypdireld has triggered the establishment of
collaboration among scientists, engineers and raedioctors to work together for the
development of optical devices that will allow pitygns and medical researchers to
understand, detect and treat human diseases nasimely. Today, lasers are widely used in
clinics and hospitals not only for diagnostic pugmsut also for performing laser therapy
Most diagnostic optical imaging techniques thabwalkarly detection of various diseases use
lasers as a light source. Cancer treatment usiotpgiinamic therapy (PDT), cardiovascular
disease treatment using laser thrombolysis antimezd of macular degeneration using laser
coagulation are, on the other hand, few examplesrevllasers can directly be used in
treatment of diseases. Lasers are also being etyi@md widely used by ophthalmologists for
refractive surgery, an eye surgery that correctaroon refractive errors of the human eye
(myopia, hyperopia and astigmatism) in order to @vbie use of eye glasses or contact
lenses. The most commonly performed all-laser céfra surgery is Femto-LASIK (Laser-
Assisted in-situ Keratomileusis), a procedure wherefe@mtosecond lasefinstead of a
mechanicalmicrokeratom® is used to create a corneal flap and theneercimer laser

(instead ofcryolathé€) is employed to perform a corneal ablation fohegsng the cornea in

" aser therapy: any treatment using intense beams of light to precisely cut, burn, or destroy tissue.
2 Microkeratome: an instrument with an oscillating steel blade.
3 Cryolathe: a device used for freezing and grinding human cornea tissue to change its refractive power.
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Introduction

order to correct the refractive error. Because greater accuracy in flap size, shape and
thickness, a corneal flap created by the Femto-KABtocedure is considered by many
ophthalmologists as a significant improvement diaertraditional LASIK procedure that uses
a microkeratome. In addition, the Femto-LASIK treaht does not need hospitalization and

reduces the amount of medication.

Motivation

The success of femtosecond lasers in refractivgesyrhas motivated research activities in
LOA and Institut d’Optique on the extension of tkeghnology for the treatment of another
form of eye disorder called glaucoma. Glaucomahes damage of the optic nerve that is
usually associated with an increased internal pressf the eye. The disease can lead to a
decreased field of vision and eventually to blirglét is the second cause of blindness in the
world with more than 80 million people affected1(illion in France) and approximately 6
million blind. The standard clinical treatment déigcoma, after unsuccessful administration
of eyedrops, is performing incisional surgery. insttreatment method, the ophthalmologist
uses a surgical tool to mechanically cut an aiéifichannel in the eye (usually through the
sclera) in order to drain out some liquid and dasecthe elevated eye pressure. However, due
to post-surgical complications like wound healimgl &carring, this conventional method has
a low global success rate. In comparison, as bhiragpulse laser surgery may be performed
in volume and isa priori less invasive and less susceptible of causingisgarglaucoma
surgery using femtosecond laser would be a noeéinigque to supplement the conventional

glaucoma surgery.
The challenge

Refractive error surgery involves performing incis in a transparent cornea at shallow
depth (~ 110 um). Commercially available solid estédsers are routinely used for that
purpose. On the other hand, for efficient laseattrent of glaucoma, one needs to send a
laser beam through the strongly scattering tissfisslera and focus it at a deptf ~ 1 mm
with enough power and good beam quality for therlascision to happen. As a result, the
development of all-laser-based tool for glauconeatinent has been a major challenge
mainly due to optical scattering and the complexireaof the glaucoma disease itself.

* This depth refers to the region in the limbus where the draining liquid experiences high resistance which leads to pressure
rise in the eye and damage of the optic nerve (glaucoma).



Introduction

Our approach

The development of a glaucoma laser surgery tolbe decomposed into two main tasks:
1) Development of a surgery laser source itself

i) Development of an imaging system to monitor thegoimg laser surgery in real-time

The aim of the NOUGAT project was to develop a neel that uses an optimized ultrashort
pulse laser to make the glaucoma surgery and agingnaystem based on optical coherence
tomography (OCT) to monitor the intervention in lreéame. LOA has worked on the
femtosecond laser optimization as well as laseisioie experiments on healthy and
pathological cornea and sclera. They have demdedtthat the laser incision depth in highly
scattering sclera and pathological cornea can bareed by using an optimized femtosecond
laser source at 1.65 pm central wavelength. Thetgitonics group of Laboratoire Charles
Fabry — Institut d'Optique, where | belong to, vilegharge of developing a non-invasive and
fast OCT system capable of resolving the Schlemmémal in order to monitor the laser

surgery in real-time.
Scope

This PhD work was mainly about the developmenhefimaging system in the framework of
the NOUGAT project. Under the supervision of Péafmaud DUBOIS, | have been working
on the development and utilization of Fourier-dam&CT (FD-OCT) for imaging the
Schlemm’s canal, the circular channel found ne&0d9 um inside the strongly scattering
corneal limbus where the laser surgery was intetoléeé performed for treating glaucoma. In
collaboration with LOA, we have also worked on ttwipling of the laser incision system
with the OCT imaging system in order to demonstratd-time imaging of the laser surgery
in human cornea. Since my work has been mainlyraxpatal, emphasis in this dissertation
will be given to the technical issues and experi@easpects of FD-OCT. However, a great
care has been taken during writing this dissematto provide adequate theoretical
background of OCT to the reader.

> A circular channel situated in the corneal limbus that plays an important role for controlling glaucoma. Laser surgery is
intended to be performed in this region (see chapter 1, section 1.3).
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Organization of the dissertation

This dissertation is organized in 5 chapters. Ting thapter is intended to give a short
overview of the human eye, glaucoma and its diagresd treatment methods. The chapter
starts with an introduction to the structure of theman eye. The development of the most
common types of glaucoma and parts of the eye flfeat a crucial role in treatment of

glaucoma are presented. Some of the existing ghactreatment methods and their
drawbacks are also mentioned. In this chapter,|seiatroduce the new method of glaucoma
treatment that we have proposed in the NOUGAT ptaje order to supplement or replace

the existing inefficient and risky conventional gtama surgery methods.

The second chapter is about the principles anchigabs of OCT. To have an overall idea
about what can be done with OCT, the compariso@®@T with other imaging systems is
presented first, and some of the unique featur€3@TF are indicated. Starting from a simple
two-wave interferometer, the basic theory and nmatiteal formulation of low-coherence
interferometry is addressed. Qualitative explanatiod mathematical derivation of the most
important OCT parameters are given. The differgpés of OCT modalities are presented. As
time-domain OCT (TD-OCT) was the first OCT to be&ented, we evaluate TD-OCT based
on the OCT parameters and indicate its limitatifumsapplications that require fast imaging.
Finally, a short overview of Fourier-domain OCT (&XCT) and its potential for real-time

imaging is indicated.

The imaging system developed for the NOUGAT projects based on the FD-OCT
modality. This is because FD-OCT is faster and nsamsitive than TD-OCT. The detailed
principle of spectral-domain OCT (SD-OCT), one die ttwo FD-OCT modalities, is
discussed in detail in chapter 3. As SD-OCT isecspmeter-based system, the design of an
optimal spectrometer for high-resolution SD-OCHamsimportant step in the development of

SD-OCT. A set of design procedures needed to dpv&I»OCT is presented in this chapter.

In chapter 4, the experimental setup of the higlolgion SD-OCT developed in the
laboratory is explained. Characterization of thestey’'s performance is presented and
compared to the theoretically predicted values. &kgerimental results of depth dependent
degradation of axial resolution and sensitivityl-tdf are also given. The importance of
spectral calibration and zero padding for improuing sensitivity fall-off and axial resolution
are demonstrated. A comparison of our system witloramercial FD-OCT working at the
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same wavelength is presented. Finally, images ofStldemm’s canal and also of other

samples are shown to illustrate the performandbhefystem.

In the last chapter, chapter 5, we present the dstradion of monitoring the laser incision in
real-time using OCT. To do that, the surgical laaad the OCT imaging system were
coupled. The technical details of coupling andrésilts obtained are the main subject of the
chapter. Moreover, the role of optimizing the las&velength for enhancing the incision
depth in the strongly scattering sclera and edersatounea is mentioned. Looking at the
laser-tissue interaction, the reasons why ultradasers are preferred for our application are
also explained in this chapter.

Finally, conclusion and perspectives constitutelfis¢ chapter of the dissertation. The main

research outcomes are summarized, and the planhed fvork is indicated.

In the appendix part, the challenges of large-degtth high-resolution optical imaging in
turbid media are presented. The concept of ligiehaation due to absorption and scattering,
and its fundamental limit on the depth of imagingoiological tissues are discussed. Various
ways of enhancing the imaging depth including cehee-gating, as implemented in OCT,
are highlighted.






Chapter 1 - Glaucoma: the disease and its treatment

1.1 Introduction

Sight is the most important sense used to obserddearn about the environment in which
we live. The optical organ that gives us the safisgght is the eye. To see an object, the light
emitted by or reflected from the object should eoter eye. When such light rays enter the
normal eye, it undergoes refractions by variouscapinterfaces before it is finally focused
on the back lining of the eye (called the retirtggttcontains the light sensing tissues called
the photoreceptor cells. When light is focused lom retina, the photoreceptor cells convert
light rays into nerve impulses. These nerve impuége then processed and transmitted to the

visual centers of brain through the optic nerveriterpretation (as shown in Figure 1.1).

e -12-
A
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Figure 1.1 Image formation by the eye.

The signals received by the brain are eventuallgrpmeted within fraction of a second as
visual images to enable us to see the world. Wetloam not only tell the size, shape, color,
and texture of an object but also we know how clbsg whether it's standing still or coming

toward us, and how quickly it's moving, etc.

A group of eye disorders that damages the retirgemeral and causes a visual impairment is
collectively called glaucoma. Glaucoma is a congiéd eye disorder that may take as short
as few days or as long as several years for theagano be noticeable. It is the second
leading cause of blindness in the world. To helpeusténd the development, diagnosis and

treatment of glaucoma, a short overview of thecstme of the eye is presented below.
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1.2 The structure of the eye

The human eye is a sophisticated sensing organhvdtiows the detection of light and the
transmission of nerve impulses to the brain. Witdlestructure is amazingly complex, the size
of the entire eyeball is small with an approximsagittal diameter or length of 23—24 mm
and a transverse diameter of 23 mm. Figure 1.%shbe structure of human eye and the

main optical components.

The cornea and sclera together form the supportialy of the eyeball. The cornea is the
transparent front part of the eyeball which couwees iris and pupil. It is the window of the
eye. A tear film normally coats the cornea, keepirggeye moist. The sclera is the white part
of the eye that is continuous with the corneasltainon-transparent, dense, fibrous outer
coating that forms the posterior five sixths of theer coating of the eyeball. The sclera is
perforated by numerous nerves, blood vessels anaptie nerve, and is covered by the
bulbar conjunctiva and the episclera. The episdegEituated immediately under the bulbar

conjunctiva and is rich with blood vessels which mgluthe underlying sclera [1].

Posterior segment Anterior segment Posterior segment

Vitreous

Choreid

Retina—
Macula—|

Optic nerve

~ Rectus medialis

Figure 1.2 Structure of human eye [2]. The parts of the eyelired in glaucoma are marked in blue color.

The inside part of the eye can be categorizedtimtosegments: anterior and posterior. The
anterior segment is the front one-third of the e includes the front eye structures such as
the cornea, iris ciliary body and the lens. Theeaat segment is further divided into two

chambers: the anterior and the posterior. Theskisarates the anterior chamber from the
posterior chamber. The anterior chamber is thel figace between the cornea and the iris,

and the posterior chamber is located between ihamd the crystalline lens. The iris is a thin
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circular structure behind the cornea. It gives ¢béor of the eye (as blue, brown etc) and
controls the size of the pupil, the opening in th&ldle of the iris that appears black.
Depending on the brightness of illumination, the ches attached to the iris expand and
contract automatically to adjust size of the papidl control the amount of light reaching the
retina. In bright light, the pupil gets narrowerdan dim light it widens. The pupil also gets
smaller during focusing for near vision to shargka focus by reducing aberration. The
support of the iris is the ciliary body. The ligame (called zonule fibers) that are used to
suspend the transparent crystalline lens are #ischad to the ciliary body. Depending on the
distance of the objects that we are looking atserguspensory ligaments contract or relax to
change the focal length of the biconvex lens ame-fune the focus. This dynamic
accommodation allows the human eye to focus onctdhp various distances and to form a
sharp real image on the retina (the light sensor).

It is important to mention here that the lens is tha& only refracting element involved in

image formation. When light enters the normal d@yfst undergoes refraction at the cornea.
The cornea is in fact the first and the most powedfracting element of the optical system
of the eye. It contributes 2/3 of the optical povedérthe eye, while the crystalline lens

contributing to the remaining 1/3 (see table 1.1).

Table 1.1 Optical characteristics of the main elet®ef human eye involved in image formation [3].

Structures of Anterior radius Posterior radius Focusing Refractive
the eye of curvature of curvature power index
Cornea 7.8 mm 6.8 mm 43 diopter 1.377

Aqueous humor ... .. 1.337
Crystalline lens 10 mm 6 mm 20 diopter 1.413
Vitreous humor ... ... L 1.336

The cornea along with the tear film has an optpmaher of approximately 43 diopters and
lens has 20 dioptets The total convergence power of the eye is 58dptdis. It is
approximately 4 diopters less than the sum of tidévidual powers (43 + 20 = 63) due to the
distance between the cornea and the lens (dejikie @nterior chamber) [4]. Even though the
cornea contributes to most of the optical powethef eye, it has a fixed focal length. This
explains why refractive eye surgery is often donecornea using excimer lasers to reshape

the curvature of the cornea and modify its refracttate to reduce or cure common vision

® The optical power of a lens or curved mirror, measured in units of diopter (m™), is given as the reciprocal of the focal
length f' (1/f') where f’ is in meters.
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disorders such as myopia (nearsightedness), hypefiapsightedness) and astigmatism.

In addition to supporting the iris and suspensaggrhents, the ciliary body also constantly
produces a fluid called aqueous humor. It is sedré&d the posterior chamber and reaches the
anterior chamber via the pupil of the eye and fikdh chambers of the anterior segment of
the eye. The fluid is responsible for providing nslament to the front eye structures,
removing waste products and maintaining the pressfithe eye. The intersection of the iris
and the cornea is called the drainage angle.iit ihis location that most of the fluid leaves
the eye through the trabecular meshwork, meshili&eus structure found next to the
anterior chamber that permits the agueous humdraim from the eye and flow into a canal
called Schlemm’s canal. Connected to several véiresrole of the Schlemm’s canal is to
allow proper fluid drainage and maintain a heaklg pressure. Most glaucoma cases happen
when this fluid is not properly removed from theeggausing elevation of eye pressure that
will ultimately damage the optic nerve (see secli12).

The posterior segment corresponds to the postevoithirds of the eye located behind the
anterior segment. It includes the vitreous chanfbadarge cavity filled with non-refracting
gel-like structure), the retina, choroid and opigzve. The retina is a lining of light sensitive-
tissues (photoreceptor cells) at the back of the. &he retina has similar function as
photographic film of traditional cameras (or eleaic sensors of digital cameras).The outer
layers of the retina are supplied with oxygen aodrishment by the choroid, a vascular layer
that lies between retina and sclera. Close to ceftide retina, we find an oval shaped highly
pigmented yellow spot called the macula. Nearetster, the macula consists of the fovea that
contains the largest concentration of cone cekgorsible for central and high-resolution
vision. In human eye, the retina is composed of itioms of specialized light sensitive
photoreceptor cells called rods and cones. Rodseaponsible for peripheral and dim light
vision. They provide black-and-white vision. Con@svide central, bright light, fine detalil
vision. They support perception of color. Centedlma is cone-dominated whereas peripheral
retina is rod-dominated. The light received by éh@hotoreceptor cells is converted into
nerve impulses, which are then processed and kemigh the nerve fibers to the visual
region of the brain to be interpreted as visualgesa The nerve fibers leave the eyeball at the
optic disk (optic nerve head) and reach the braraugh the optic nerve. The optic nerve is
part of the central nervous system and is resptanfob connecting the retina to the brain. It

is very delicate and is susceptible for permanamiate with a slight change in the internal
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pressure of the eye. Any damage to the optic naffeets transmission of these signals and

hence causes visual impairment. Such eye disasd=iled glaucoma.

1.3 Glaucoma

Glaucoma refers to a group of eye disorders cheniaet! by the damage of the optic nerve
and can lead to a decreased field of vision anchteadly blindness. When damage to the
optic nerve occurs, blind spots develop in theali$ield of the eye. Blind spots are like blind
CCD pixels of a digital camera. As blind spots ldigkt detecting photoreceptor cells, light
striking the blind spots will not generate nervepuises and fails to deliver the corresponding
information to the brain. Hence the informatiorife) on the blind spots is in fact lost. The
damage of the optic nerve often starts at peripHeagling to a gradual decreasing of field of
vision. If it continues uncontrolled, glaucoma gaongressively damage the central vision and
possibly lead to total blindness eventually. Glanaas one of the main causes of blindness in
the world. Globally, 110 million people are affettte- 1 million in France) by glaucoma and

as many as 6 million individuals are totally blimdboth eyes from this disease [3].
1.3.1 Risk factors

The exact cause of optic nerve damage from glaucsmeot fully understood, but it is
associated with some mechanical compression addfweased blood flow of the optic nerve.
While everyone is at risk for glaucoma, certain pe@ye at a much higher risk and need to
be checked more frequently by their eye doctork Rastors for glaucoma include history of
elevated intraocular pressure, age, family histwrglaucoma, history of injury to the eye,
race, thin cornea, genetics, diabetes, high bloedspire, myopia, hyperopia, etc. Most cases

of glaucoma are usually associated with an eleviateabcular pressure (I0OP) of the eye.

1.3.1.1 Elevation of IOP

The major risk factor of most glaucoma cases, haddcus of its treatment, is increased IOP.
But it does not mean that a person with normal i©Rree from developing glaucoma.
Usually, an elevated I0P above the normal physicddgrange (8-22 mm Hg) and its
fluctuation can lead to the damage of the deliogtéc nerve. This pressure elevation results
from extra accumulation of aqueous humor in thatfeye. Aqueous humor is a clear natural
fluid (similar to blood plasma) that is responsibde providing nourishment to the front eye
structures, removing waste products and maintaitiey IOP as well shape of the eye.

Nutrition of the eye structures and maintenanckdéf are critical for a normal visual process.

11
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Aqueous humor is continuously secreted in thergilody on a diurnal curve with a rate of
2-3 pl/min [5]. It first enters the posterior chaenl{volume 60 pl) and reaches the anterior

chamber (volume 250 pul) through the pupil of the ésee Figure 1.3).

Schlemm’s

Figure 1.3 Schematic diagram of aqueous humor flow cycle im#w eye, picture adapted from [6].

Aqueous humor undergoes a natural refreshment ¢yt 2 - 3 hrs of turnover). After
supplying nutrients to the front eye structureshsas the lenses and cornea, the used-up one
should be removed from the eye while an equal atolunew fluid is being produced. The
fluid drains through draining channels locatedha front of the eye in an area between the
cornea and the iris called the iridocorneal angiesimple the drainage angle (see Figure 1.3).
In this angle, there are two pathways through wigtilow of the agueous humor can occur:

non-conventional and conventional.

1. The non-conventional (or uveoscleral) pathwayrefers to the exit of the aqueous
humor from the anterior chamber through intercaliidpaces among ciliary muscle
fibers by diffusion. In human eye, this pathway toinutes a minority outflow
(< 15%) to the overall aqueous humor drainage.

2. The Conventional (or trabecular) pathway. refers to the exit of the aqueous humor
from the anterior chamber through a well-structupedous tissue known as the
trabecular meshwork. This pathway is the main outf{> 85%) route in human eye
and its outflow rate is IOP dependent. After cnogsthe trabecular meshwork,
agueous humor reaches Schlemm’s canal, named thigerGerman anatomist
Friedrich Schlemm (1795 — 1858), from which it ditg drains to the blood veins.
Schlemm’s canal is an endothelial-lined annulasgkefaving ~ 0.25 mm diameter

and situated at ~ 0.8 mm depth in the corneosdlenation of the limbus (the joint
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point of cornea and sclera). Schlemm’s canal playpredominant role in the

regulation and stability of the IOP [7].

Anything that slows or blocks the flow of this ffuout of the eye causes IOP to build up. In

most cases of glaucoma, IOP is often found to lo#@the healthy pressure range.

1.3.2 Types of glaucoma

Depending on the type of outflow disruption theidlumay encounter, there are two main

types of glaucoma: closed-angle glaucoma and opgle-glaucoma.

I. Closed-angle glaucomaoccurs when the aqueous humor outflow is disdipiee to the
obstruction at the anterior chamber drainage aniglethis type of glaucoma, the
periphery of the iris sticks with the lens (seeurgl1.4) resulting in the inability of the
aqueous humor to flow from the posterior to theeaat chamber. As a consequence, the
rise of pressure in the posterior chamber pushedirial roll and root of the iris against
the cornea thereby physicaltyosing the drainage angle that is located at the interfac
between the cornea and root of iris, and suddelolgking the fluid from having access
to the drainage system of the eye. This resultsnapid accumulation of aqueous humor
and causes an acute and painful buildup of pressuhe eye. Closed-angle glaucoma is
a less common but dangerous type of glaucoma whiebkds immediate medical
intervention.

i. Open-angle glaucoma It is by far the most common type of glaucoma8%% of
glaucoma cases). In this type of glaucoma, thendg angle i®pen and looks normal
(see Figure 1.4) but the conventional drainageesystneaning the trabecular meshwork
(TM), becomes clogged from inside, disrupting tlipieous humor outflow. TM is a
sponge-like porous filtration meshwork locatedhe trainage angle of the eye, right next
to the anterior chamber. The aqueous humor fromriantchamber has to cross all the way
through the tiny intercellular spaces of TM to tedbhe Schlemm’s canal from which it
directly drains to the blood veins to leave the.dyeopen-angle glaucoma, these tiny
draining channels inside TM become clogged, rewllith a decreased outflow rate of the
aqueous humor, and leading to a chronic and paitdaddup of pressure in the eye that
will gradually damage the optic. The exact causéhis malfunctioning of the trabecular

meshwork is unknown.
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Closed-angleglaucoma
1) Iris and lens stick together
2) Pressure pushes iris against
vormes, blocking the conventional

: )
R Damaged

- optic nerve

\_‘_ = Meshwork Retma X
Open-zngle glaucoma . b) The damaged optic
WMain drainage system hecomes nerve manifests as
clogged or obstructed ‘cupping’ or excavation of

a) The two main types of glaucoma the optic nerve head

Figure 1.4 Glaucoma and its damage to the optic nerve [8hdémormal eye, aqueous humor is produced at a rate
of 2 to 3 microlitres per minute. Any obstructioh the anterior chamber drainage angle (angle aisor
clogging of the drainage system (open angle) meaishe rate of aqueous drainage will be less thamate of
production. This results in build-up of aqueousdland elevation of the intraocular pressure, tg@amaging

the optic nerve and leading to blindness.

1.4 Symptoms and diagnosis of glaucoma

1.4.1 Symptoms

Open-angle glaucoma and acute closed-angle glayctireatwo most common types of
glaucoma, have completely different symptoms. Foenepngle glaucoma (majority of
glaucoma cases), there are no early perceptiblpteyns until the optic nerve is permanently
damaged and peripheral vision is irreversibly |@$te damage typically starts with peripheral
vision and it may take years for the disease to adgmthe central vision. Open-angle
glaucoma often has no pain. As a result, victimglaticoma experience no early symptom
until noticeable irreversible vision loss occuror Rhis reason, glaucoma is sometimes
referred to as thsilent thief of visionHence as everyone is prone to glaucoma, a reguéar
examination is important. At intermediate and adeanstages (Figure 1.5 ¢ & d), the patient

eventually starts to notice a narrowing field afish and some kind of tunnel vision.
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Figure 1.5 Comparison of healthy and impaired visions at déffeé levels of open-angle glaucoma [9]
a) Example of normal vision b) Early symptom: maglide a gradual and often imperceptible failing of
puerperal (side) vision. c) Intermediate symptomttee disease progresses, the central vision nihglstr,
however peripheral vision begins to fail d) Advashcgymptom (tunnel vision): only a small centralldief
vision remains. If the entire optic nerve is danthdken total blindness may result afterwards.

However for acute closed-angle glaucoma, the symgtonay come and go at first, or
steadily become worse and include: severe eye pausea and vomiting (accompanying the
severe eye pain), sudden onset of visual distudhanften in low light, decreased and blurred
vision, rainbow-like halos around lights, reddenofghe eye, eye feels swollen. When such
symptoms persist, it is recommended that a persould visit an ophthalmologist for further

diagnosis.
1.4.2 Diagnosis

The fact that little or no physical symptom is atveel until the first sign of vision loss makes

early detection of glaucoma difficult. Glaucoma mkaation can be performed by a

combination of different techniques. These tesesrant stand-alone diagnostic methods on
their own but the information obtained from suchtsecan be combined with the patient’s
history and can greatly help the ophthalmologistntake decision. Tests should include
measurement of eye pressure, thickness of the &oamerior chamber angle examination,
examination of the optic nerve and measurementelf 6f vision. Table 1.2 summarizes the

glaucoma tests.
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Table 1.2 Summary of possible glaucoma diagno$§i [1

Technique What is measured Procedure
Internal pressure of The eye is numbed via eye drops. The examiner tms a
Tonometry the eye tonometer to measure the inner pressure of thehegagh pressure
(I0P) applied by a warm puff of air or a tiny tool.

Pachymetry Thickness of cornea The examiner plageschymeter gently on the front of the eye to
measure its thickness.

Drainage angle Eye drops are utilized to numb the eye. A hand leldtact lens
Gonioscopy where with a mirror is placed gently on the eye. It altothe examiner to
iris meets cornea see the angle between the cornea and the iris.

Shape and color of The pupil is dilated via the application of eye pgoUsing a small
Ophthalmoscopy optic nerve magnification device with a light on the end, theaminer can
examine the magnified optic nerve.

Complete field of The patient looks straight ahead and is askeddizate when light
Perimetry vision passes the patients peripheral field of vision.sThllows the
examiner to map the patient’s field of vision.

Nerve fiber Thickness of the  Using one of several techniques such as OCT, thesribers are
analysis nerve fiber layer examined.

1.5 Current glaucoma treatment methods

Glaucoma cannot be cured and its damage to the @tve cannot be restored. However its
progress can be controlled. For the moment, the toehtments available for glaucoma work
by lowering pressure in the eye; either by decrgathe production of fluid or increasing its

outflow. Even in patients with normal IOP but widarly signs of the disease, lowering
pressure has been shown to significantly slow dtvenprogression of nerve damage [11].
Most antiglaucoma drugs are delivered as eyednopgsh may need to be used once or
several times a day. When the use of eyedrops ilomger sufficient, surgical and laser

treatments can be used to allow excess fluid to dawof the eyes.

1.5.1 Eyedrops

Eyedrops are in most cases the first choice ofcglena treatment. The ophthalmologist
chooses the right eyedrop, and at the beginningtrdement usually
starts with a single type of eyedrop, then dependim the progress of
glaucoma, intraocular pressure and other paramdterdreatment may

progressively involve combination different type$ @yedrops. The

target of glaucoma treatment, as mentioned abgveither to decrease
the production of the aqueous humor in the cilibogly or increase its rate of outflow by

opening up the drainage system. For exaniq@g-blockergyellow or blue bottle caps,
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Figure1.6 ) which are most often used to treat open-angeagima help lower the IOP by
reducing the production of aqueous humor. On otm&nd, miotics, another group of
glaucoma medications, can lower the IOP by narrgwire iris muscles and constricting the
pupil. This action pulls the iris away from theltiegular meshwork and allows the aqueous

humor to gain access to the drainage channels.

Figure 1.6 Different types of eyedrops [8].
The four main classes of lowering the I0P are: dédakers, prostaglandin analogs or prostamidgshaal
agonists and carbonic anhydrase inhibitors. Eypsiave the first line of treatment for lowering tkeP.

1.5.2 Surgical treatment methods

If medications fail to control eye pressure, aithigy create intolerable side effects to patients,
performing surgical procedure may be necessarthisntype of treatment, surgical procedure
is performed using surgical tools to reach the agadumor by dissecting through the layers
and sub-layers of the tissues (creation of fisttdaimprove the evacuation of the liquid out of
the eye. Approximately, 12,000 to 15,000 surgicalcpdures are performed each year in
France [3]. Depending on the type and seriousnesiseodisease, the ophthalmologist may
perform one of the following surgical proceduredraat glaucoma: trabeculectomy (filtration
surgery), canaloplasty, non-penetrating deep sttarey (NPDS), and iridectomy. The first
three surgeries are used for treating open-angigcgma and the last one (iridectomy) is for

closed-angle glaucoma treatment.

1.5.2.1 Trabeculectomy

/ Trabeculectomy (also called filtration surgery) ke most common
& technique of glaucoma surgery. The procedure irelapening the full
! thickness of the drainage area by removing parthef eye’s trabecular
meshwork and the adjacent structure in order towalthe drainage of

. aqueous humor from within the eye to underneatlctimunctiva where it is

absorbed (see the figure on the left [12, 13]).impa trabeculectomy, the
Trabeculectomy

patient's eye is held open with a speculum. Theyeunm then creates
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a sclerectomy, a passage in the sclera for draiakugss eye fluid. A flap is created that
allows fluid to escape without deflating the eyébdinally the scleral flap and the
conjunctiva is closed and sutured. A small bublaléed a bleb nearly always forms over the
opening, which is a sign that fluid is draining .out

1.5.2.2 Canaloplasty

It is a less-invasive surgical alternative of loiwgrthe IOP. In this procedure, a new aqueous
humor discharge channel is not opened as in prewtabsculectomy, but rather attempts are
made to restore the existing, natural drainage ar@sm available to the eye. Canaloplasty
uses a microcatheter technology whereby an incisionade into the limbus to get access to
Schlemm’s canal. Schlemm’s canal is then cut anmtceocatheter is inserted in one side and
is gently pushed until it appears on the other sidihe cut. Finally a thin suture follows the

microcatheter in the circular path through the ctgywhich is tightened after removal of the

catheter to stretch the channel and keep it pemtignepen thereby relieving the pressure

inside the eye (see Figure 1.7).

Circumnavigate Schlemm's Canal CagMeter Withdrawal : Suture

A
With short advanges - . Placement and (Lbﬂl:lilﬂticn

/

5

Figure 1.7 Photography showing the different steps of canalsiyl[14].
(1) Creation of the outer flap, (2) Creation of enrflap, (3) Removing the inner flap, (4) Cathetima and
dialation, (5) Suture placement and tensioningQ@sure of the outer flap.

1.5.2.3 Non-penetrating deep sclerectomy (NPDS)

It is a less invasive technique than trabeculectdfiliering surgery). Deep sclerectomy
minimizes the risk of over filtration and avoidsrisas complications; however NPDS
techniques do not lower IOP as much as trabecutgctipesin NDPS, the surgeon creates a
flap in the outer part of the sclera and then rezsoa deep piece of the sclera underneath
without perforating the eye. NPDS leaves the amterhamber intact and avoids creation of
blebs. This procedure was developed in an attempavbid many of the postoperative

complications of trabeculectomy associated withrofileration. The major advantage of
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NPDS is that it precludes the sudden hypotony (enddrop in IO 5 mm of Hg) that
occurs after trabeculectomy by creating progres§itration of aqueous humor from the

anterior chamber to the sub-conjunctival spacehaut perforating the eye.

In general, NDPS procedures have fewer post surgemyplications than standard
trabeculectomy; however they require excellent isatgskill. The residual membrane in a
nicely done NDPS procedure should be no more th@dr 15 um. A thinner residual
membrane would otherwise lead to a risk of perfonasimilar to those in trabeculectomy,

and thicker membrane would on the other hand makd&uid removal inefficient.

1.5.2.4 Iridectomy

Iridectomy is performed in cases of closed-angiugbma. It involves surgical removal of
portion of the iris tissue. The iridectomy can lomé in several ways:
» Basal iridectomy: removing iris tissue from the fi@riphery, near the iris root or base
» Peripheral iridectomy: removing iris tissue clogétte periphery
» Sector iridectomy: removing a wedge-shaped seatioiris that extends from the

pupil margin to the iris root.

In peripheral iridectomy, for example, the procedstarts by outlining the clear cornea
incision. Then a 2-3 mm corneal incision is made #re anterior chamber is entered without
injuring the iris. The iris is gently grasped andegiorized. The required iridectomy is then
performed by cutting out the grasped part of thle Kinally the procedure ends by closing the
cornea. Figure 1.8 shows the summary of peripremajical iridectomy. Opening the eye’s
globe for surgical iridectomy in a patient with higOP greatly increases the risk of

suprachoroidal hemorrhagevith potential for associated explosive hemorrhage

Figure 1.8 Steps in surgical iridectomy.
(1) Corneal incision is made and the anterior chemid entered without injuring the iris (2) Thesiis gently
grasped and exteriorized (3) The required iridegtsrthen performed by cutting out the grasped pftie iris
(4) Finally the procedure ends by closing the cafi&].

7 Suprachoroidal hemorrhage is defined as accumulation of blood between the choroid and the sclera.
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1.5.3 Laser surgery

While medication is the first choice of glaucomeatment in controlling further damage of
the optic nerve, the fact that eyedrops are oftesqibed to be applied several times a day,
and in some cases, for entire life, makes it harfder patients to strictly follow the
prescription. However, the success of medical nmeat highly depends on the rigorous
monitoring of prescription, hence poor compliandéhwnedications and follow-up visits is
one major problem related to medication. A 2003Jgtaf glaucoma patients in an HMO
(health maintenance organization - USA) found tiedt failed to fill their prescriptions the
first time, and one-fourth failed to refill theirgscription second time. Skipping even a few
doses can greatly increase the risk of visual losaddition, eyedrops have many side effects
too. Affording the price of one’s entire life medtmon is another reason for poor compliance.
Eyedrops do also have side effects, and some af ttem cause adverse consequences and
may not be tolerated any more by the patient. Iohssituation, the patient will be

recommended to undergo eye surgery.

Depending on the type and seriousness of glaucatifferent surgical procedures are
available. For open-angle glaucoma treatment, kample, trabeculectomy is the golden
surgical standard. However, because of the compleéming, trabeculectomy has potential
risks of complications such as infection, leakag#ation, hypotony (IO 5 mm of Hg),

choroidal detachment, scarring and developmenatract over time. Generally, due to post-
surgical complications, such conventional surgioathods of glaucoma treatment have low

success rate globally (60%).

The availability of compact lasers and their apitit make safe surgery has opened a third
alternative method of glaucoma treatment. The valtidaser therapy lies in reducing
medication and postponing or avoiding undergoirsyrisurgical procedures like filtration
surgery. Laser therapy is very useful especially thavse (but not limited to) glaucoma
patients who cannot tolerate eyedrops due to mlecheaplications but do not want (or are in
dilemma) to undergo traditional surgical procedl&ser treatment procedures often do not
produce scarring and can be repeated later onr&@duaser techniques can be used, which
ultimately increase the drainage of the aqueousdndrom the eye by improving the eye’s

natural drainage system.
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1.5.3.1 Laser trabeculoplasty

A trabeculoplasty is a modification of the trabecuneshwork (TM). Laser trabeculoplasty
(LTP) involves sending a visible laser beam throtighcornea to burn areas of the TM base
(uveal meshwork), located close to the base oirihiein order to decrease its resistance. LTP
increases outflow and has no influence upon aqusea®tion. The value of trabeculoplasty
lies in reducing medical therapy and postponingwriding the risks of filtration surgery.
LTP is used in the treatment of various open-amggeicomas. The two types of LTP are
argon lasértrabeculoplasty (ALT) and selective laser trabeplasty (SLT) (see Figure 1.9).

Coaklamm's Draina
Somemm oraina

BT T =1 canal angle
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TM after ALT

Figure 1.9 Laser trabeculoplasty (LTP) for treating open-argieicoma [16, 17].
The laser is sent through clear cornea and is &tos the base of TM to burn holes and increasedteeof
aqueous humor. Selective Laser Trabeculoplasty YSklectively targets pigmented cells while presenthe
surrounding tissues and causes less collateralgathan Argon Laser Trabeculoplasty (ALT).

As the name implies, ALT uses argon laser to createral tiny burns (each ~50 um in
diameter) on the TM. This consists of spacing 188y be more) non-perforating laser burns
360 degrees around the TM to shrink the collagethentissues of the trabecular ring. This
reduces the circumference and therefore the dianwétehe trabecular ring, pulling the

trabecular layers apart with reopening of the Htgbbecular spaces and of Schlemm's canal

8 . . . . . .
Argon laser is family of ion lasers that uses the noble gas argon as its active medium.
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[17]. SLT is a recently introduced glaucoma treatmenethod that selectively targets
pigmented trabecular cells without causing therdahage to non-pigmented structures. In
this treatment, a frequency doubled, Q-switchedYN& laser with pulse duration of 3 ns

and spot size of 400 um is used. The 532 nm wagtids highly absorbed by melanin and

can selectively target pigmented cells while présgrsurrounding tissue.

Histological studies evaluating SLT have shown tidike ALT, there is no scarring of TM.
ALT causes thermal injury and coagulative damagé&Mgp making repeat treatment difficult.
The selectivity of SLT, added to its relatively rhdower power, protects TM against thermal
or coagulative effects, thus SLT may be theordticeépeated and result in additional
reduction in IOP greater than that with ALT. HerBeT is effective and safe as primary

treatment for patients with ocular hypertension apein-angle glaucoma [18].

1.5.3.2 Laser iridotomy

Laser iridotomy is the laser equivalent of surgicalectomy and is used for treatment of
closed-angle glaucoma. In this case a focused leesen (either argon laser or Nd:YAG laser)
is used, instead of sharp tools employed in surgicectomy, to burn a hole through the iris
without damaging and opening the overlaying coriissue (see Figure 1.10). This new
opening allows fluid (agueous humor) to flow frohetposterior chamber to the anterior

chamber. Compared to the traditional surgical aidmy, laser iridotomy is much safer.

Laser
iridotomy

{‘Q
OCT image of the

hole created by
laser iridotomy

Aqueous humor drains out of the posterior chamber via
the new hole created on the iris by laser iridotomy

Figure 1.10 Laser iridotomy for treating closed-angle glaucoimeges taken from [8, 19].
Note that, as shown by the OCT image, laser surgeables to make a hole on the iris without opetireg
cornea.

% Nd:YAG laser is a solid-state laser that uses neodymium-doped yttrium aluminum garnet (Nd:Y3AI5012) crystal as a lasing
medium.
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1.5.4 New approach for laser glaucoma surgery and monitang

The current laser treatments of both open-angleclosd-angle glaucomas make use of the
clear cornea window to perform the procedure. Fased-angle glaucoma treatment, laser is
directly focused on the iris after passing through cornea. For closed angle-glaucoma
treatment, a special scanning system is employend the laser beam at a specific angle
through the cornea towards the base of the TM. Mae both procedures use a white light
microscope for monitoring the laser interventiomieth again depends on the transparency of
cornea to image the under-laying anterior segntéence opacity of the cornea may limit the
use of such a procedure. If a glaucoma patienadyréras corneal edema, visible laser light
will be strongly scattered and fail to properly ieduholes on the required target in the
anterior chamber. Scattering will also inhibit thee of white light microscopy to monitor the

intervention.

For open-angle glaucoma treatment, corneal opasitpot the only limitation of laser
trabeculoplastyThe other drawback of this procedure is relatethéofact that while most of
the resistance to the aqueous outflow is in theromost portion of TM (see Figure 1.11 ),
ALT or SLT targets the base (inner most portionjh&f TM, theuveal meshworkwhich does
not offer much resistance. Moreover, early invegitans on chronic open-angle glaucoma
cases showed that malfunctioning of TM (like pladumnation) that leads to blockage of the
drainage system often starts in #réoriform meshworkwhich itself is located in the outer

most part of the TM.

A schematic representation of the different layd#r§M from inner to the outer most portion
is shown in Figure 1.1The inner most portion of TM (see Figure 1.11) tiet next to the
anterior chamber is the uveal meshwork. It is fatrbg prolongations of connective tissue
arising from the iris and ciliary body stromas tigtacovered by endothelial cells. The
intercellular spaces in this region are large (ZB ym) [5] and put less resistance to the
aqueous humor outflow. The next layer, the corneaasicmeshwork, is characterized by the
presence of lamelf3 The higher organization of the corneoscleral mesk and their
narrower intercellular spaces (5-50 um) [5] aesponsible for the increase in flow
resistance. The third layer, which is in direct e@htwith the inner wall of endothelial cells

from the Schlemm’s canal, is the cribriform meshkvarhe last barrier that aqueous humor

1% A lamella is a thin plate-like structure, often one amongst many lamellae (pl.) very close to one another, with open space
in between.
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has to cross before exiting the eye is the inneotedial wall of the Schlemm’s canal. As
cells in cribriform are embedded in a dense exti@ee matrix and due to the high density of
pores across the inner endothelia wall, the outestiportion of the TM is responsible for the
majority of the tissue resistance to aqueous outflelwever, the target of current laser
trabeculoplasty is rather on the inner most porobifM where the intracellular spaces are

already wide enough to permit outflow.

New approach for plaucoma surgery in the outer resistive

portion of TV through sclera using optimized laser

—EW

Schlemm’scanal “Transcellular ~
] route
Inner endothelial wz?ll : Iq: = e e ot T
Cribriform @ 3 (most resistive)
meshwork > o)) Ty g(

" Nerve ter] m'ﬂlu

| & H.;%k‘-‘

En |

- Agqueous huthor
Uveal - _;}aut flow
meshwork | - Inner portion of TM
(base of TM) P d  (leastresistive)
[ ==

—= 1 7

| Anterior chamber |

Current laser trabeculoplasty on the

base of T'M through clear cornea

Figure 1.11 Schematic diagram of the trabecular meshwork (TNBpéed from [20], showing the new surgery
approach .The black arrows indicate the directibthe aqueous humor outflow from the anterior chamb
towards Schlemm’s canal through the intercellulgaices of the different regions of the TM: from tkeast
resistive uveal meshwork to the most resistive linval of Schlemm’s canal.

In addition, for patients with chronic open-anglaugoma, Rohen and Witmer [21] described
for the first time thatmalfunctioning of TM (like plaque formatignyvhich blocks the
intercellular spaces and causes additional elevatiaime resistance of TM, often starts in
cribriform meshwork. It was later noticed by Tribp{21] that the vacuolated cells within the
endothelial lining of the Schlemm’s canal, whicle aesponsible for allowing the fluid to
enter the Schlemm’s canal, were almost lacking asecof open-angle glaucoma, being

replaced by plaques that block the flow of the agigehumor (see Figure 1.12).
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Figure 1.12 Schematic drawing of cribriform meshwork in nornf@) and glaucomatous (b) eyes. Notice that the
cribriform pathways (CP) are directed to the vaatesl inner wall cells in normal eye (a); and thagpk-
material (P) is located within the cribriform megnlin case of chronic simple glaucoma (b).E: Ehdbtm of
Schlemm'’s canal; SC: Schlemm’s canal; CP: cribnifgrathway; V: Vacuoles

Because of this anatomical reason of TM and a®leidasers cannot penetrate TM to reach
this high resistive part, the current SLT (or Alfffocedure targets the less resistive part of
TM that is accessible to visible laser light. Hemigis procedure is inefficient for controlling
the IOP in the long run. For the time being, it canty help reduce medication and prolong
conventional filtrating surgery. An ideal solutitor laser treatment of open-angle glaucomas
would require the delivery of surgery laser lightthis highly resistive outer most portion of
the TM, around the Schlemm’s canal, directly thtotige sclera. However, as sclera scatters
visible and even near-infrared light, it will not pessible to penetrate deep enough to reach

the Schlemm’s canal (~ 800 um depth) using congratilasers.

One of the solutions to overcome scattering intrvaase the wavelength of the laser beam.
The development of glaucoma laser surgery tootdvascount for the attenuation of light due
to the strongly scattering tissues of sclera areiredous cornea. Both the surgical laser and

the imaging system used to monitor the surgerganeerned by this problem.

The idea of the NOUGAT project, to which this Phdhtributed, has been developing a new
tool that uses an optimized ultrashort pulse ldeemake the glaucoma surgery and an
imaging system based on optical coherence tomogr@P8T) to monitor the intervention in

real-time. LOA has worked on the femtosecond laggtimization and has carried out
experiments on sclera and pathological cornea. These demonstrated that the incision
depth of femtosecond laser in highly scatteringerscland pathological cornea can be

enhanced by using an optimized femtosecond laseceaiti 1.65 pum central wavelength.

My work in this project has mainly been focusedtloe development and utilization of high-
resolution and fast Fourier-domain OCT (FD-OCT) ¥ualization of the Schlemm’s canal

directly through the highly scattering tissues cland edematous cornea. In collaboration
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with LOA, we have also worked on the coupling o& tBCT imaging system operating at
1.30 um center wavelength with the laser surgerstesy optimized at 1.65 um center
wavelength. We demonstrated the use of OCT fortned imaging of the laser surgery in
human cornea. The preliminary results demonstrag¢e potential of OCT in monitoring

glaucoma laser treatment.

Before describing the experimental work accomptisimethis PhD work, a general overview

of the OCT technology is presented in the next tgrap
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Chapter 2 - Optical coherence tomography:
principles and techniques

2.1 Introduction

Proposed in the early 1990’s by Huaetgal [22] optical coherence tomograph§©CT) is an
imaging technique that usegtical radiation to perform non-invasivemographicimaging

of internal microstructures of biological tissuesdasemitransparent materials up to few
millimeters of depth using theoherenceproperty of light. The principle of coherence-ggtin
and its ability to make high-resolution cross-sm@i imaging in scattering media are

explained in the appendix (section A.3.3).

Tomography, derived from the Greek tomos (“part” or “sectioid graphein (“to write”),
refers to the use of a penetrating wave and a ctenplgorithm to reconstruct the cross-

sectional image of a three dimensional object oteor

to obtain a slice image of the internal structuass

shown in Figure 2.1. Depending on the type of the .,

penetrating wave used, the various types |of °bect A

tomographic imaging techniques widely used |[in
medical applications can be mentioned:

Tomographic

v" Ultrasound (uses high frequency sound waves)., . sections
v' Computed tomography (uses X-ray radiation)

v : o "
Magnetic resonance imaging (uses Magnetic | schematic diagram of tomography
field)

OCT is a relatively new tomographic imaging methioat uses optical waves. By measuring
the echoes of backscattered light in a way sintbaudltrasonic pulse-echo imaging, OCT
acquires high-resolution tomographic cross-sectafnaternal structures of semi-transparent
samples. As OCT is based on the coherence-gatihgitpie, the high-resolution sectioning
is achieved by exploiting the short temporal coheeelength of a low-coherence broadband

light source.
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2.2 Comparison of OCT with other tomographic imaging malalities

In general, optical imaging techniques are of paldir importance in the medical field,

because these techniques promise to be safe aitveBl cheaper and, in addition, offer a
therapeutic potential. Considering different imagparameters such as resolution, imaging
depth, acquisition time, system complexity and danmitrusiveness, OCT can be compared
with other tomographic imaging techniques: confoonatroscopy, ultrasound, computed

tomography (CT) and magnetic resonance imaging jMEigure 2.2 shows a summary of
the comparison based on imaging depth and resojutwhere the length of the pendulum

represents the imaging depth and the size of therspepresents the resolution [23].
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Figure 2.2 Comparison of OCT resolution and imaging depthhtzsé of alternative techniques. The “pendulum”
length represents the accessible imaging depthspitere” size represents the imaging axial resmiy23].

Clinical ultrasound uses acoustic waves with freqies ranging between 3-40 MHz and
gives a resolution of 0.1-1 mm [24, 25]. The comagigely long wavelengths of ultrasound
are not attenuated significantly by biological wiss, thereby offering deep imaging of the
body. Using high frequency ultrasound (~ 100 MHm)aging resolutions of 15 to 20 um
have been developed for research and clinical egipins. However such high frequency
sound waves are strongly attenuated in biologisalies, and imaging depths are limited to
only few millimeters [26]. On the other hand, cordbenicroscopy has high resolution,
approaching 1 um; however optical scattering dezgachage signal and contrast, and the
typical imaging depth of confocal microscopy in mbsological tissues is limited to few
hundreds of microns [26]. In terms of resolutiord amaging depth, OCT fills the gap
between confocal microscopy and ultrasound. Whih d¢urrent OCT technology, an axial

28



Chapter 2 - Optical coherence tomography: principles and techniques

image resolution of 1-15 um and a penetration deptB-3 mm can be achieved. As OCT
itself is an optical imaging technique, its imagiigpth, though better than that of confocal
microscopy, is ultimately limited by the effects absorption and scattering within the
biological samples. Unlike confocal microscopy, #xéal resolution of OCT is determined by
the bandwidth of the light source; the broader sbarce bandwidth, the better the axial

resolution.

With the current OCT technology, the acquisitiomeiof OCT has been brought at a level
where video rate imaging is possible like ultraghumaking it more tolerant to sample
motion than either CT or MRI [23]. Unlike ultrasaimaging which needs a contact of the
probe with the sample for coupling and propagatbisound waves, OCT is a non-contact
imaging technique. Moreover, OCT uses non-ioniziadiation at biologically safe levels,

allowing for long exposure times, and its levelcomplexity is closer to ultrasound than to
CT or MRI, allowing for the realization of low-cogbrtable scanners. The point-scanning
nature of OCT technology allows it to be implementa fiber optics, which makes

endoscopic and catheter-based imaging possible.

This combination makes OCT be a great techniqueirfarivo and in-situ imaging of

epithelial structures, and could possibly replaceistonal biopsy as a non-invasive
alternative. Since its invention, OCT has got aewidnge of applications. It has been
employed forin situ andin vivo biomedical imaging [27] as well as material ch&ggezation

[28]. Since the eye provides an optically transpaneindow, OCT has been the most
competitive technique for non-invasive and crosdigeal imaging of the internal structures
of the eye with high resolution. Hence, the moghigicant impact of OCT has been in
ophthalmology for retinal imaging [29, 30] and m&&snent of the dimensions of the anterior

segment of the eye [31, 32].
2.3 General principle of OCT

Generally speaking, the basic working principleO&T is analogous to ultrasound but OCT
uses light instead of sound. As the wavelengthighft Iwave is by far shorter than that of
ultrasound, using light instead of ultrasound digantly improves image resolution.

Ultrasound and OCT are analogous in a sense ther albeam of sound or light is sent to a
biological tissue, it is backreflected or backsmett differently from structures that have

varying acoustic or optical properties, as wellfrasn boundaries between structures. The
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dimensions of these structures can be determineudasuring the “echo” time it takes for
the sound or light wave to return from various bxlestances. In ultrasound, such axial
measurement of distance or depth is called A-modersng, while cross-sectional imaging is
called B-mode scanning [26]. These terms are atsu un OCT in a similar fashion (see
Figure 2.3).

1D Axial 2D Axial
scanning scanning

Backscattered intensity
L

(y3dap) uorysod [eixy

A-scan

A\ 4

Figure 2.3 OCT generates cross-sectional images by measuhiagntagnitude and echo time delay of
backscattered light. Axial scans (A-scans) mealsaokscattered intensity versus depth. By perfogrseries of
A-scans at different transverse positions, a twoettisional data set (B-scan) is generated. Thesagataill be
processed and an intensity-based cross-sectional i@@ge of the sample will be displayed either igray
scale or false color image.

The main technical difference between ultrasound @I comes from the fact that the
speed of light is much faster than sound. The spekdsund and light waves in tissue are
~1.5x1G m/s and ~ 1.5xFan/s, respectively. Using sound wave, the measureré
distances with a 150 um resolution, typical resotubf ultrasound, requires a time resolution
of ~ 100 ns, which is well within the limits of eleonic detection. Unlike ultrasound, due to
the extremely high speed of light, the detectioedfo time delays of light waves with 15 um
resolution, typical OCT resolution, requires a tmeesolution of ~ 50 femtoseconds
(1 fs = 10" second). This time is extremely short and dirétteonic detection is impossible
on this time scale. In OCT, such small scale edame tdelay measurement is achieved by
using low-coherence interferometry(LCI). OCT is therefore an interferometric-based
imaging technique. Interferometry is a powerfulhteique for measuring the amplitude and

the echo time delay of backscattered light with teghsitivity.
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In LCI, an interferometer illuminated by a low-cobece light source is used to perform
correlation or interference between light that é&kscattered from tissue with light that has
travelled a known distance or time delay througbfarence path. LCI was first developed for
measuring reflections in fiber optics and optoetaut devices [33-35]. The first applications
of low-coherence interferometry in biomedicine warephthalmology to perform precision

measurements of the axial eye length and cornezdrtéss [36, 37].

2.4 Low-coherence interferometry (LCI)

The most commonly used interferometer in LCI is Mighelson interferometer [38]. The

configuration of the Michelson interferometer wattight source and a light detector is shown
in Figure 2.4. Light from the source is directetbithe beamsplitter. The beamsplitter (often
with a 50:50 splitting ratio) splits the light beden the two arms of the interferometer: the
reference arm and sample arm. One of the beanmgigent onto the sample to be imaged,
while the second beam travels a reference path avittariable path length. Light waves

backscattered and/or backreflected from samplemflangthzs are made to recombine at the
beam splitter with light waves reflected back frameference mirror located at a distance of
Zr from the beamsplitter. If interference conditionrs &ulfilled, the superposed waves can
produce interference patterns that can be deteudtbda photodetector at the interferometer

output, creating a data that will be analyzed.

Light - (a)
=
source g
2
g
k|
Scanning Beamsplitter R 0 i 2 3 *
H ZRr Path length difference (um)
D (b)
Light
Reference detector ’5
mirror =l
Zs %
=
Sample 4 3 2 1 o 1 > 3 2
Path length difference (pum)

Figure 2.4 Michelson interferometer, the basic building blatkOCT.
If the light source is coherent (i.e. monochromatinterference fringes will always be observedttas path
length difference is varie¢a), however, if low-coherence light is used, integfege occurs only when path
length difference is within the coherence len@dth
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2.4.1 The interference condition

For the two combined waves to interfere, they sthdad temporally coherent. This property
of interference dictates that interference betweersample and reference beams occurs only
if the optical path length difference between the arms of the interferometér= 2(zr — z5)

is within the temporatoherence lengttof the illuminating light.

The quantitative measure of how well a light wanvteiferes with a delayed version of itself
is called temporal coherence. The time delay ov@chvthe phase or amplitude of the wave
varies by a significant amount (and hence the tadros/interference decreases by a
significant amount) is called coherence titaeAt delay timet = O, the degree of coherence is
perfect whereas dt=1;, degree of coherence drops significanti@oherence length. is
defined as the distance the wave travels in tigand is given by = cxt;, wherec is the
speed of light. Temporal coherence tells us howaounbromatic a given light source is. The
coherence length of monochromatic light is theoadty infinity. For example, the coherence
length of a stabilized He-Ne laseti(= 10° nm at! = 632 nm) is< 400 m. Such light sources
are called coherent sources. However, not all $aserve long coherence length. The
coherence length of a Kerr-lens mode-locked Ti:kapp laser (with 441 =350 nm at

A =800 nm) [39] can be as short as ~ 2 um. Sudtt Bgurces with short coherence length

are calledow-coherenceor partially-coherence sources

If the light source in Figure 2.4 has a high coheee (i.e., long coherence length),
interference between the sample beam and refetsrara will be observed for a significant
optical path length differences (OPD) between tire &arms (see Figure 2.4 (a)). This is not
what we want for OCT. On the other hand, if a laherence light (i.e., short coherence
length) is used, interference fringes will only deserved within a limited OPD (see Figure
2.4 (b)). When the OPD between the two arms starke longer than the coherence length,
interference fringes start to disappear. This mébaatany light coming out of the coherence
zone will not contribute to interference signal.cBucoherence-gating technique can be
utilized to measure the reflectivity and relatieedtion of a thin layer in a sample with an
accuracy determined by the coherence length of liite source. From this, one can
institutively tell that shortening the coherencadtn of the light source helps improve the
accuracy of measurement. Such physical phenomeasrbéen used in the late 1980s to

measure reflections in fiber optics and optoeleatrdevices [40]. It is this coherence-gating
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technique that gives OCT its capability to makehhigsolution tomographic imaging of

internal structures of biological tissues and makein scattering media.
2.5 Mathematical formulation of two beam interference

In order to quantity the imaging parameters of O@lich as axial resolution, sensitivity,
imaging depth, etc), mathematical formulation ofl iCpresented in this section. For the sake

of simplicity, the interference of monochromatight is introduced first.
2.5.1 Description of electric field and intensity of ligh wave

The electric field of a linearly polarized monocimatic plane light wave propagating in the
direction can be written as:

E = Acoswt-¢), 2.1
where A is the amplitudep =kz the arbitrary phasek = 2r/. the wavenumberg the

wavelengthw = 2rnv the angular frequency, andhe optical frequency (see Figure 2.5).
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Figure 2.5 Electric field plot of a monochromatic light waveorfl =600 nm, with oscillation period
T=1k=2x10"s,

For simplicity, the electric field in equation Z&n be expressed in a complex function as
E=Aexp{i(a1—¢)}. 2.2
Bold style letters represent complex values. Thicabintensity of a light wave, defined as

the optical power per unit area, is given by timeetiaveraged value of modulus square of the
complex electric field

| =([Ef) =|Al" =A%, 2.3
2.5.2 Interference of monochromatic light

Now, let us illuminate a Michelson interferometeh@wn in

Figurez.6 - mirrors on both arms) with a monochromatic plarae whose complex electric

33



Chapter 2 - Optical coherence tomography: principles and techniques

field E, at the beamsplitter (where z = 0 is assumed) isrgby
E, =A exp(iat). 2.4

Considering a beamsplitter with 50:50 power spigtratio, the light will be equally split (in

power) between two arms of the interferometer amel amplitude of the corresponding

electric field going to each arm will Jeg The electric fields in each arm will then travel

¥

the corresponding lengtlag andzs, reflect back at the mirrors, travel back the salséances

to the beamsplitter where they recombine.

Monochromatic

light source
A2
_,l «—
2R / B
=
o 2
- E
Light
Reference detector _4 3 > 1 o ] 5 1 A
mirror Zs Path length difference (um)

Sample mirror

Figure 2.6 Michelson interferometer with monochromatic lightisce and identical mirrors on both arms.
The detected signal by the light detector look® ltke one shown on the right. A monochromatic light
(A =1 um) was used to plot the interference sigsah dunction of the path length difference betwdentwo

arms (expressed in equation 2.7). When monochrontigtit is used, interference occurs for any pathgth
difference.

Let Er andEs be the two electric fields that are reflected b&okn the reference and sample
arms, respectively. At the beamsplitter, theseléielan be defined as

Ex=Agexpfi(wt-g¢.} ;A R:rR%AO

_ 1 2.5

Es=Aexpfi(wt-g g} ; A g=r SEAO
where Ar and As represent the amplitudes of the complex electrtdfireflected from
reference and sample arm with field reflectivitiek rr and rs, respectively.pr and gs
represent the corresponding phases accumulatedgdpriopagation in each arm. After
recombination at the beamsplitter, half of the tigbwer contained by the wave in each arm

will go back to the source and the other half pgstes to the detector. Hence the
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superimposed complex electric fidkg arriving at the detector can be expressed as
1

E, :ﬁ(ER+ES) :%[A rexpi(at —¢} +A sexdi(a -4 |, 2.6

where the factor 42 shows that only half of the returning power frboth arms goes to the

detector.

According to equation 2.3, the intenslty that impinges on the detector, assuming that the

photodetector captures all of the light from thierence and sample arms, is given by

1o =(af") =3[ (El") +{E) +(E4E 5} {E 1E )]

Substituting the expressions et andEs from equation 2.5, we get the following expression

for Ip

|D:%[|R+|S+2,/| 1 Scos(Agzb)} 2.7

wherelg = A andls= A are reference and sample arm intensitles= pr — ps = kx2z is

the phase difference between the two arms of tteef@arometer withk = 2r/4 where/ is the

wavelength.2zis the round-trip optical path length difference inwaherez= 7, — zthe path

length difference. The factor of 2 here is rela@dhe double pass. The factor ¥z in intensity
tells us that only half of the total power retugniftom both arms goes to the detector. The
other half goes back to the source, and henceHRostlaser sources, caution should be taken

in handling this returning power as it may affectiamage the laser oscillator.

From equation 2.5, giveng andrs, as amplitude reflectivities of reference and damp
mirrors, respectively, the detected intensityf equation 2.7 can be expressed in terms of the

corresponding power reflectivitieBg = rg” andRs = r<” as

ID=:11I0[RR+RS+2,/RRRSCOS(A¢)],Wherelo:Aoz. 2.8

Equation 2.8 can be decomposed into two terms: d€dD@ (pc) and an interference terim

as

loe =0.25Rg + Rs) 14...DC term 2.9

M =0.5/R;R I,co{Ag) = 0.5 R:R I, co(s IZ%X 2) ...interference term 2. 10
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The DC term does not vary as the phagechanges and is constant whereas the interference
term I" varies with4g in a sinusoidal manner, with constructive intezfere occurring for
z=2mi/4 and destructive interference for (2m+1)1/4, for an integem = 0, £1, £2, £3, etc.

Note thatz = zzr —zs is the path length difference.

Figure 2.7 shows the plots bfversus the path length differenzé&etween two arms for the
two different monochromatic light wave4; =1um andA,=1.3um. For a given
monochromatic light, interference continues indédiy for any path length difference with a
fringe period given by

Ttinge =4A/2. 2.11

When the wavelength changes, the fringe periol.,and the corresponding values of
where constructive and destructive interferencesiochange. This means that if the light
source is polychromatic, composed of more than waegelength, the resultant intensity
profile will change as shown in Figure 2.7 (c).

Path length difference, z (jum)

(a)

Normalized
intensity (a.u.)
o
1

Normalized
intensity (a.u.)
N -

(b)

-1
Path length difference, z (pum)

(c)

Resultant

(c)=(a)+(b)

4 5

Combined
intensity (a.u.)
<

|
ra

1
Lh

-1
Path length difference, z (pm)

Figure 2.7 Plot of the interference termof the detected intensity versus path length differenedetween the
two arms of the Michelson interferometer for twormmaohromatic light waves of wavelengths= 1 um(a) and
22 =1.3 um(b). Note that the fringe periodli.g = A/2 varies with wavelength. Pldt) shows the resultant
intensity profile of interference if the light s@merwas composed of the two wavelengths.
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2.5.3 Interference with polychromatic light

2.5.3.1 Interference with polychromatic light having dise@etavelengths

Now let us consider a polychromatic light wave, aver with more than one wavelength,
illuminating the Michelson interferometer (see FigyQ.8).

Polychromatic
light source

” /

Light
Reference Detector
Mirror Zs

Sample Mirror

Figure 2.8 Michelson interferometer with polychromatic ligltusce and identical mirrors in both arms.

Assuming that the polychromatic light wave is cosgubof N discrete monochromatic waves
and that the reflectivity of both mirrors is indegent of the wavelength, the DC and

interference terms of equations 2.9 and 2.10 camrltien as

oc = 0.25Ry, +RS) I

r(/li):o.s\/ﬁg[l @,)co z%x zﬂ

2.12

Equation 2.12 implies that for a given path lendjfference z, the interference sigialill

be determined by sum of all the interference sgnatresponding to each wavelength.

Assuming a rectangular power spectrum (power @hbeindividual wavelength components
is equal), i.e. | ,(A) =1 ,A,) =...=1 ;@A) =l ,, the interference given in equation 2.12 can be

further simplified to

=0.5/R;R, Ioi co{ Zr%x Z]. 2.13
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Figure 2.9 Interference with polychromatic light. N represetiits number of wavelengths contained in interfering
light. As N increases, the envelope width of theerference signal decreases, limiting interferetacéappen
only around the zero path length difference z =efWeen the two arms of the interferometer. Theadigower
around z = 0 increases with N.
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In Figure 2.9 (a), (b) and (c), the plots of indwal monochromatic waves and the resultant
interference term I{) for interference of polychromatic light wave withumber of

wavelengths N = 2, N = 3, and N = 50, respectialy given. From these plots, it can be
concluded that as N increases, constructive imemt® becomes confined only around the

zero path length difference, the maximum occurabhg = 0 and decaying 4}4 increases.

For larger values of N, the decay rate is fasténis Theans that the envelop width of the
interference signal is inversely proportional thenber of wavelengths. Note also that the
shape of envelope in Figure 2.9 (c) takes the sbhapesinuscardinak({ng function, which is

related to the Fourier transform of the rectangstape of the power spectrum.

2.5.3.2 Interference with polychromatic light having contiug spectrum

Light sources such as light emitting diodes or riharlight sources radiate polychromatic
light energy with a continuous power spectrum (Begire 2.10 (a)). The amplitude of the
electric field, hence the power, corresponding te tindividual spectral/wavelength
components can also be different, giving rise specific shape of the spectrum, that defines
the light source. The resultant electric fi@dbf such polychromatic light wave with a given
spectral shape (amplitud€Vv) versus frequency) can be written as a harmonic superposition

of the individual electric fields (see equation 2a4)

E(t) = T A(v)exp( 2mut Yv. 2.14

The spectral dependence of the source power ondney, called the spectral power density

(SPD), can be expressed the averaged square ahffiguale as
s(v) =(A0[). 2.15

The plot of the resultant electric fiek{t) of a polychromatic light source is given in Higu
2.10 (b). The harmonic superposition of individumbnochromatic waves with different
frequencies gives rise to a resultant wave callevewpacket (or wave train). Hence
polychromatic light sources can be viewed as ssuotestreams of wave packets (see Figure
2.11, and note its difference with the plot of mommmatic wave given in Figure 2.59he
characteristic of wave packets is that a fixed phratation exists only within individual wave

packets. The length of an elementary wave packetenhere is a definite phase relation is
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called coherence length, and the time it takes for the wave packet to pasmgle point is

called the coherence timg andL. = c/z;, wherec is the speed of light.

AA(V) *ew

14 Fourier transform pair “

e

B e B0 = [Ameizmpy M/ﬁﬂ A/\AAVAA
T A

A UUU

(a) Source spectrum (b) Elementary wave packet

1
Ar, —; =
v AV’

Figure 2.10 Polychromatic light sources emitting light with antinuous spectral bandwidtkv. The harmonic
superposition of individual frequencies gives tisea resultant wave called wave packet. Fixed phels¢ion
occurs only within individual packets. The timetatkes for the wave packet to pass a single poicaikd
coherence time. The Fourier transform relationdigpweenAv and At. implies that the broader the power
spectrum, the shorter the coherence time.

The physical consequence behind having fixed pheals¢éion only within individual wave
packets is that two wave packets of the same ofiginlica) can be made to interfere with a
Michelson interferometer only if they are recombine such a way that the optical path
difference that each replica of the wave packet thagelled in each arm is within the
coherence length of the wave packet. If the lemgibmatch is greater than the coherence

length, no significant interference will be obsetve

Figure 2.11 Low-coherence light comprised of wave packets eahitit a random time. Note its difference with
the plot of monochromatic light wave givenfFigure 2.5.

For a Michelson interferometer that is illuminateg a low-coherence light source having
such a continuous spectral band as shown in FRyaf the DC and interference terms of the

intensity at the detector that was given in equa#id 2 can be expressed using integral as

40



Chapter 2 - Optical coherence tomography: principles and techniques

loc =0.25(R;, + RS)T So) &

r= o.a/RR@T S(o)cog 2rdo) do

, where 0 = 2z, J=1. 2.16

Equation 2.16 shows a Fourier transform relatiotwben the interference terin and the

source spectrur§(o).

In modeling of low-coherence interferometry, a Gaars-shaped light source spectrum is
convenient to use because it approximates the rgpesttape of most actual light sources.
Moreover, a Gaussian function has a useful Fotnasform property: the Fourier transform

of a Gaussian function is a Gaussian function as/ehn equation 2.17
FTie' ©/ t=o/mx €™ xcod 2770 . 2.17.

Consider a low-coherence source with a Gaussiattrgppower densit{ic) given by

2
J—aoj

—4In2(
S(o)=Se ‘%7, 2.18
where § = §0,), As is the full-width-at-half-maximum (FWHM) ang}, is central frequency

andl.=1/o, is the central wavelength (see Figure 2.12 (b)).

The total intensityl, of the low-coherence light will be the integral ®PD So) over all the

frequency components

it 2 —4In U_—g"z a Ao
IO::[OS(a)da::[OQe i dr_zmﬁrx < 2.19

Hence the DC and interference terms of the detdéigtarwill be (see Figure 2.12 (c)).

loe =0.25R, +R) I,

. d=2. 2.20
r(0)=0.5/R,R I x &2 cog 210,9

, Wwhere o :/]i’ Ao Al

o :/1_2’

The amplitude of is called the coherence functipf®), and is given by

- 2 -4In £2
H=05RR L& =05 RR|x e ) . 2.21

wherelL. refers to the FWHM of the coherence function asashin Figure 2.12.

2
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Figure 2.12 Interference of low-coherence light (a). Note ttiet envelope widtiAs of the interference term
shown in (c) is inversely proportional to the spaicividth Ac of the source spectruy(s) shown in (b).

As it will be seen later, the coherence functiotedaines the axial resolution of OCT. Hence
this function is also called axial point spread diion (PSF). It means that when low-

coherence light is used, the coherence functioerahes the spread of the interference
fringes corresponding to a planar reflector. As ¢bberence function is the envelope of the
Fourier transform of the source spectrum, its steapkewidth entirely depend on the spectral
shape and bandwidtks of the emitted light. The coherence function i®nfcharacterized by

the value of FWHM. This width is called coherenerdth,L.. For Gaussian-shaped spectral

power density considered above, the coherencelépgsee equation 2.21) is given by

L.=0,- Q-E 2.22

whered, = 2z, and J1 = 2z; refer to the values of at which the coherence function attains

half of its maximum value. SubstitutirigJ:A—/l ,

(0]

whereA/ refers to the FWHM anél, the

central wavelength of the spectrum , the coher&ragth is often expressed as

4In2 4In2 A?
L =2(z —z)=2Az= = X 2.23
. =2(z,-2) Ao 7 AU
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Comparing the interference of monochromatic ligiveg equation 2.10 with that of low-

coherence light wave given equation 2.20, a numbeomclusions can be drawn:

a) In both cases, the fringe amplitude is proportidoalhe power reflectivityRs of the
sample, and the fringe period of low-coherence ligtérference is approximately
equal to half of the center wavelength of the spect

b) Unlike the constant fringe amplitude of monochramaight interference, the
envelope of fringe amplitude of low-coherence lighterference depends on two
parameters: the spectral bandwidit of the low-coherence light and the round trip
optical path difference (OPD)between the two arms.

c) For a given value ob, the coherence function decays fasterAasincreases (as
previously shown by simulation in Figure 2.9). Thmeans that interference with

broadband light occurs for relatively short OPD.

The actual shape of the coherence function is mhéted by the Fourier transform of the

spectral power density of the light source (seef@@ul3).

LC =6 pum
- —
N ﬁ\ =50nm
y i 2
s 4In2 A,
7T AA N Le=2pum
AA =150 nm
B 580 nm o o
A (nm) 0 Rounc-trip OPL, 6 (um)
Fourier )
Source spectrum Coherence function
Transform

Figure 2.13 lllustration of Fourier transform relationship besn spectral bandwidi® of the light source and
the coherence length of the coherence function. Note that when the hwvaftthe spectrum increases by a factor
of three (fromA4 = 50nm to 150nm), the coherence length shortertkdbgame factor (from, = 6pum to 2pum)

For a Gaussian-shaped source, the shape of theeogkefunction is also Gaussian. If a
rectangular-shaped source spectrum had been hgechhierence function would have been a
“sinc’ function. The FWHM of the coherence function,ledlcoherence length,, is directly

proportional to the square of the center waveleagth inversely proportional to the spectral
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bandwidth of the slight source: the broader thespm, the shorter the coherence length. It
can be shown that a light source with Gaussianehapectrum will give nearly a twice
shorter coherence length than a rectangular-shepade spectrum having a similar FWHM
value of spectral bandwidth. Hence one should peantion about the spectral shape of the
source before using equation 2.23 to determinectiinerence length of the source. A light

source with a short coherence length provides gaiad @esolution for imaging.

2.5.4 Axial ranging using LCI

Let us now consider a sample (with a refractive xndeplaced in the sample arm of the
Michelson interferometer as shown in Figure 2.14e Treference mirror with a given
reflectivity Rg is mounted on a translation stage at distandeom the beamsplitter. Assume
that the sample is composed of three distinct grtiight reflecting layers with power
reflectivitiesRs1 > Rs3 > Rsz located from the beamsplitter &, zs, andzs; respectively, with

Zsn =Zr + NZyn, Wherem =1, 2, 3.

The amplitude (envelope) of the interference signal (called the coherence
function) is proportional to the power reflectivity of each layer. The position of
AA each reflecting layer can be known with the accuracy given by, Az, half of the
coherence length. After the required signal processing, one can therefore plot
= =, the axial profile or A-scan (reflectivity versus depth) of the sample, as shown (b)
A
Scanning Electronics PC
R Detector Demodulator E
y Pl g L= =\
WMWM_ — (c) Digitized
—_ 4 signal
Reference 3 Rs1 i 3 g
mirror < Rs z L
% R z N
Zs|zR & g 9
£ - S | | | =
Zsm = Zg + N2y o 0 ¥Zr 0 2nz 2z 2nz
n .
Rs1 1 (b) Demodulated signal (A-scan)
Rs1> Rs3> R |
LTSI T2 Ry 2 (a) Detected signal (raw A-scan data) 2
Sample power ) . _L _2In2_A;
reflectivities . 3 The amplitude of the carrier high N7 S8 === 0
frequency fringe is modulated 2n m AA
Sample

Figure 2.14 Axial profile measurement of a sample using LCI. Bwnslating the reference mirror, the
corresponding interference signal is captured. yippl the required signal processing gives inforovatbout
the axial profile (reflectivity versus axial positi) of the sample. The measurement accurazyjs limited to
half of the coherence length.

As the reference mirror is translated, it chandesgath length mismatch between the two

arms of the interferometer. LAY, = 2n(zg — Zs1), Ad2 = 2n(Zr —Zsp) andAdz = 2n(zgr — Zs3) be
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the instantaneous round-trip optical path lengtifiedinces corresponding to each sample
reflector as the reference mirror is scanned. Wh&r< L., interference occurs between the
backreflected light from the first reflecting layef the sample and the light from the
reference mirror. As the reference mirror keepdranslating, another interference between
the reference mirror and the second layer, and katethe third layer, will be observed as
soon asAd, <L, and Ads3<L. respectively. The three separate interferencagdés
corresponding to the three different axial depthisthe sample that are generated by
translating the reference mirror are sequentialiptared by a photodetector (see Figure
2.14(a)).

The amplitude of the interference fringe in eackecs proportional to the intensity of the
backreflected light from the each layer. In thigitgal illustration, the power reflectivity of the
first layer is greater than the second and thedthayers. Hence the amplitude of the
interference fringes related to the first layepisportionally greater than the amplitudes of
the fringes related to the second and third layersRs; > Rs; > Rs,. This means that the sample
reflectivity information is carried by the modulati amplitude of the high frequency
interference fringe, often called the carrier sigifdis useful information is extracted from
the carrier term using demodulator electronicsuiir@similar to AM radio receiver) as shown
in Figure 2.14(b). The demodulated signal will lbaerted to digital signal by the analog-to-
digital convertor (ADC) and stored in a personal pater (PC). Finally, the axial profile,
plot of relative intensity versus depth, can beldiged as shown in Figure 2.14 (c). Hence in
LCI, the amplitudes and echo time delays of sameflections are measured by scanning

reference mirror, and by simultaneously recordimgamplitude of the interference signal.

Such technique of measuring short echo time datayistensity of backreflected light from
various layers of a sample using LCl has been agplh photonics in the late 1980s to
measure optical echoes and backscattering in dfitiexs and waveguide devices [40]. The
first biological application of LCI was reported 1988 by Fercheet al for the measurement

of axial eye length [36].

2.5.5 Axial resolution of LCI

The axial resolutiomz of LCI refers to the minimum axial gap or distartmetween two
axially oriented backreflecting layers that woutdl give rise to different interference peaks

when using a low-coherence light wave with coheselengthlL.. Consider the first and
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second reflecting layers of the sample arm in FgRrl4. Letz’ =z —2zg be the axial
distance between the two layers. Assuming the sarhpk a refractive index of, the
corresponding the round-trip optical path differenall be 2hz’. From the interference law
of low-coherence light discussed in the previoustise, if 2nz’'< L., the backreflected
intensity from these two layers is added up togetbegive one big peak, looking like the
existence of only one strong reflector. In thisezaswill be impossible to know the presence
of two individual structures. Hence for the twoday to be distinguishable, the round-trip
optical path length difference between them shbeldjreater than the coherence length, i.e.,
2nz'>L.. This implies that’ > L/2n. Substituting the values &f from equation 2.23, the
minimum resolvable axial separatiag, simply called the axial resolution of LCI, is givby

2
npo e 22In2 4,

. 2.24
2n ™m AA

Equation 2.24 shows that the axial resolution of ISCdirectly proportional to the square of
the center wavelength and inversely proportional to the spectral bandiwitlt, of the light
source. An increase v, and/or a decrease ig give rise to an improved axial resolutian
For example, if one uses a low-coherence lightriwaé spectral bandwidth @\ = 95 nm
centered ak = 800 nm, the axial resolution will ke = 3 um. It means that using such a light

source, one can use LCI to measure an echo tinag deilvn to 20 fs in air(13 fs in glass).
2.6 OCT techniques

The first OCT technique was first proposed by Huanglin 1991 as an extension of LCI to
tomographic imaging by incorporating a transvelssm scanning system [22]. In this type
of standard OCT, two scans have to be performeddépth (axial scan) and the transverse
(lateral) scan. The OCT axial-scan uses time-dom@into detect axial positions of light re-
emitting sites in the sample (producing A-scan)se&kies of A-sans at different transverse
positions are performed using the transverse OCdmbecanner to addresses laterally
adjacent sample positions in order to generate diwensional cross-sectional images
(producing B-can). Performing multiple B-scans walogenerating three-dimensional image
of the sample. In order to increase the A-scan, ratehigh-speed continuous-motion
longitudinal (axial) scanning of the reference wniris performed. A transverse beam
scanning mechanism makes two dimensional imagisgiple. Such type of OCT modality in
which the depth profile in the sample is obtainedjuentially in time by scanning the
reference mirror with a constant speed is calledéFDomain OCT.
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2.6.1 Time-domain OCT (D-OCT)

A schematic diagram of TD-OCT is shown in Figurg32. It shows an example of an OCT
system using a fiber optic Michelson-type interfeeten. Fiber-based OCT is convenient for
portable and endoscopic (catheter) imaging apphbicat Broadband light from the low-

coherence light source is coupled into the Michelisberferometer using a single mode fiber.
The interferometer contains a broadband 2x2 filmempter. Broadband fiber couplers are
suitable for splitting or combining the broadbarghl. The beamsplitter in OCT usually has
50:50 splitting ratio; however practical OCT desigiaking the advantage of unbalanced

power splitting also exist [40].

Axial scanning (z)

Vief €——>
Low-coherence < e Reference
light source (AA) Mirror
L
2x2 Fiber !
coupler L Transverse beam
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Figure 2.15 Schematic diagram of fiber-optic-based TD-OCT. Tk#ow solid line represents the single mode
fiber-optic and the arrows indicate the directidrtte light propagation. 1, L, and L refer to lenses. The red
color represents the free space propagation dbrtb@dband light. The blue line running from thentigietector
to the personal computer (PC) represents the flatl pf the electronic signakes andAt refer to the scanning
speed and A-can acquisition time.

Light exiting the reference arm fiber is directedthe reference mirror that is mounted on a
delay scanning mechanism. The reflected light ftbwa mirror is redirected back into the

same fiber. Light exiting the sample arm fiber mntsto a transverse beam scanning
mechanism that scans the beam in one directioor(tyo directions (x-y). The scanned beam
is focused on the sample using a scan lenghe light backscattered or backreflected from
the sample is redirected back through the samealpcanning system to the sample arm
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fiber. After recombination in the fiber couplergtheturning reference and sample arm beams
are then made to interfere on the light detectdre Tight detector converts interference

fringes into electronic signals (voltage or curjent

By continuously scanning the reference mirror (Bxgaan), the interference fringes
corresponding to the different axial (longitudingljofile of the sample are sequentially
acquired by the detector, processed into A-scadsstored in a computer. After performing
A-can for one transverse position, the same proeedurepeated for another transversal
position of the beam on the sample. This is achidwe the transverse scanning system. A
series of A-scans generated at different transvposgtions are then stitched together to
generate a two-dimensional (x-z, or y-z) crossigeat images of the sample. In Figure 2.15,
three raw A-scan daté) corresponding to the three different transverssitiopms of the
sample are shown. Each raw OCT signal has got fheaks corresponding to the three axial
interfaces of the sample. Hence individual raw A-c@@CT data carry the entire depth
information of the sample along one line. Demoduntathe raw data enables to reconstruct
the depth dependent reflectivity (A-scan) showrtiiin When multiple A-cans are combined
together using appropriate image processing alguoritan intensity-based two-dimensional
image (B-scan) revealing the internal structuralfipe of the sample under investigation can

be reconstructed (in grey scale or false cologhasvn abovéiii) .

2.6.2 OCT parameters

The most important parameters often used to chlaraetan OCT imaging system are:
imaging resolutions, sensitivity, imaging speed anaging depth.

2.6.2.1 Image resolutions

Unlike conventional microscopy, the mechanisms gfoaern transversal and axial resolutions of
OCT imaging system are decoupled from each othamnsverse resolution depends on beam spot

on the sample whereas axial resolution dependseoggectral width of the light source.

2.6.2.1.1 Transverse resolution

The transverse resolution refers to the resolutiora plane (x-y) that is orthogonal to the
optical axis (z-axis). The transverse resolutiomoded byAr, of images obtained from OCT
systems, like other scanning imaging systems, terchened by the size of the focused beam

spot on the sample. The spot size will be affedtedhe center wavelength of the light
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source, the incident beam diameerand the effective focal lengthof the scan lens system.
For a diffraction limited scan lens illuminated hylight beam having a Gaussian intensity
profile, the transverse resolutiam of OCT imaging is given by twice the beam wavstas

A, 4,

=202 x—, 2.25
ma 11 D

Ar = 2w, = 2x

wherea = D/2f" is the spread angle of the focused Gaussian bsserFjgure 2.16).
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Figure 2.16 Schematic diagram of sample arm optics of OCT. fbneula provided foFOVyansverseiS With the
assumption of a simple f-theta scanning systems. fohmulae given forAz and FOV,y are based on the
assumption of a small diameter beam having a Gaussiensity profile.

From equation 2.25, it is obvious that increashytheam diameter D and/or using a scan lens
with a shorter focal length improves the transverse resolution of OCT. Howether typical
challenge of high-resolution OCT is the depth depend of its transverse resolution. The
stated resolution is valid only at the beam waddtef at the focal plane). However, if one
moves away by distance along the direction of beam propagation from thanbeavaist

location, the depth dependent spot si¢8 increases according to the following equation

)

wherezz = 7w,/4, is the Rayleigh range, the longitudinal distanenf the beam waist to a

22

wW(z) = w 1{727\,22} =W

0o

1/2

; 2.26

point at which beam radius has increased by arfalfte/é. Such an increase in the size of
beam spot brings a depth dependent degradatioheofransverse resolution, needing re-

adjustment of the beam focus.
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Figure 2.17 Effect of beam spot size on transverse resolutiwh axial Field of vewKOV,,,). Note that large
focused beam spot (a) gives long the axial fieldiefv (FOV,ya) but bad transverse resolution, and vice versa
when the focused beam size is small (b). The wese resolution is given by the focus spot sizt ROV,

can be defined by twice the Rayleigh range/confpesameter, adapted from [41].

The maximum axial extent of the sample that cannteged without needing refocusing,
often called depth of focus, or axial field of vi€lROV,yia) in OCT, is defined by twice the
Rayleigh ranger as

w, A 8 (fY _

FOV,, =2XZ,=2—2=2"2 =—2°| | =—— AP, 2.27
axial ZR a n_az T ( D j

From equation 2.25 and 2.27, it can be easily wtded that when the transverse resolution

is improved by a given factdt either by decreasing and/or increasin®, the axial field of

view will be reduced by a factor &f>. As a result, OCT imaging with high transverse

resolution over a significant depth range requissfocusing of the beam in the sample [42],

making the imaging system slower and more comg@dtat

2.6.2.1.2 Axial resolution

As OCT is based on LCI, its axial resoluti?vz is mainly determined by the spectral
properties of the light source, rather than the eftfocus as in microscopy (see section

2.5.5). Hence high axial resolution can be achiewgti OCT even using low numerical
aperture beam delivery optics.

From equation 2.24, we see that the axial resalutois directly proportional to the square

of the center wavelength, and inversely proportional to the bandwidth of the power
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spectrum of the illuminating light. From this retat, one may intuitively conclude that one
option to improve the axial resolution of OCT wolde to use a light source that has a short
center wavelength. However, as far as imaging bicdbgissues is concerned, the actual
choice of the center wavelength depends on thewt®n of light due to absorption and

scattering.

Optical absorption properties of tissues are dotathdy the absorption of proteins, DNA,

melanin, hemoglobin, and water as shown in Figut8.2
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Figure 2.18 Optical absorption coefficients of principal tisstmmponents (proteins, DNA, melanin, hemoglobin,
and water)in the 0.1-12 um spectral region (adapted from)[43

Most biological soft tissues have relatively lowght absorption property in the long visible
and near infrared (NIR) spectral regions, espacibitween 650 nm and 1400 nm. This
spectral range is known as “tissue optical winda~™therapeutic window”. In this optical
window, the absorption coefficiept, is relatively minimum and varies roughly betweeh-0.

1 mm?, whereas the scattering coefficigntroughly varies between 10 ninand 100 mni
[44], making scattering to be more prevalent thlsogption. Outside of this region, light is
greatly absorbed by tissue pigments (such as h&ioghnd melanin) in the visible spectral

region and by tissue water content in the long \emgth NIR.

Within the therapeutic window, scattering is morevalent than absorption. For imaging of
low scattering such as the human retina, the stavelength side of the therapeutic window

around 800 nm is often used to achieve high agsblution OCT images with a reasonable
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bandwidth of light. For imaging of strongly scaitey tissues such as skin, longer NIR
wavelength is generally preferred because tissaéiestg deceases nearly monotonically
with wavelength. However above 1400 nm, absorptae to water becomes too high. In
practice, wavelength around 1300 nm representd gompromise between absorption and

scattering, which enables to maximize the imagieaggbration depth.

On the other hand, as the center wavelength ineseéise axial resolution of OCT, according
to equation 2.24, decreases. To keep the resolbtgin one needs to significantly increase
the source bandwidth. Figure 2.19 shows theoretisatresolution lines’ for certain axial

resolutions ranging from 0.25 um to 24 um. By mowat@ng a given iso-resolution line, one
can determine the spectral bandwidth of the lighiree required in order to maintain a given
axial resolution for various center wavelengthsr Bay iso-resolution line, as the center

wavelength become longer, the required bandwidth ly@ader.
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Figure 2.19 The red curves indicate ‘iso-resolution’ lines efvfselected axial resolutions of OCT ranging from
0.25 um to 24 um, assuming a Gaussian light sogpeetrum. It shows the spectral bandwidth of tigatli
source required in order to achieve a given axdablution for various center wavelengths. The stiadgions
(a) and (b) demonstrate that as we increase theercemvelength from 800 nm to 1300 nm, the addition
bandwidth required to remain on the = 1 um iso-resolution line is 6 times of whanheeded to stay on the
Az = 6 um iso-line.

The two shaded regions (1) and (2) shown in FigRuE9 explain that the additional
bandwidth (the base of the shaded triangles) netxlsthy in same iso-resolution line when
increasing the center wavelength is smaller for laxal resolution than that for high-

resolution. For example, for an axial resolution &f; =6 um, changing the center
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wavelength from 1,4 =800 nm to Ao, = 1300 nm requires an additional bandwidth of
A1=78nm (1 =Alp-Al1a=125-47 =78 nm). Whereas, for an axial resmhut
Az, =1 um, going fromiy,a = 800 nm tole, = 1300 nm requires an additional bandwidth of
A2 =470 nm (2 = Aoy - Adoa = 750 - 280 = 470 nm); anth/A;= 470/78< 6.

The higher the axial resolutiake, the more additional bandwidth is needed to gmfshort

to long wavelength while keeping the resolution tants As a result, getting a broadband
light source with good spectral quality has stilhtinued to be the technological bottleneck of
long wavelength high-resolution OCT systems. Ipdrsion is not managed properly, the use
of very broadband source will not necessarily dieéer resolution. The green zone in Figure
2.19 shows the region in which the resolutions oBttOCT systems reside, and the goal of

current research in OCT is to pull the green ctioviae right.

2.6.2.2 Detection sensitivity

Another important parameter that characterizes @GG{E sensitivity. Detection sensitivity of
OCT systems is a measure of the smallest sampétieity Rs i, at which the signal-to-
noise ratio (SNR) equals one. Sensitiv@yan be defined as the ratio of the signal power
generated by a perfectly reflecting mirrét € 1) and that generated B min Since these

signal powers are proportional to the correspondafigctivities, we have [44, 45]

B SNj 1
s==_""" = 2.28
Rs,min SNR=1 I1,min

The sensitivity is often expressed in decibelSdB] = 10xlog(1Rs min. A high SNR is
necessary for detection of the extremely low lightensities backscattered from turbid
samples such as biological tissues. The SNR ofsgstem is defined as the signal power

divided by the variance of the noise

SNR: SlgnaLOWef

- . 2.29
NOIS%ariance

The SNR analysis of TD-OCT systems can be followegctly from LCI presented in
section 2.5.3.2. The analysis can be simplifieddmoring the autocorrelation (interference
within the sample) terms and by considering onbirgle sample reflector in the coherence

volume with power reflectivity oRs.

In TD-OCT, a single photodiode is used to deteetdptical power. Such detector registers
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the continuous photoelectron current as a funatidime. The detected photoelectron current
(or simply photocurrent), is related to the optical powBrby ip(t) =rP, wherer =5qgdhv, is
the photodiode responsivity [Ampere/Waty],is the quantum efficiencyge the electronic
charge (1.602xI8 C), h the Planck’s constant (6.626%¥0Js) andv, the center frequency
[Hz] of the low-coherence illuminating light. ForA=800nm, » =0.85 and

r = 0.5Ampere/ Wat.

From equation 2.20, the photocurres(t) generated by interference term while scanning the
reference mirror with a speeg; is given by

2y

e
iD(5)=r% R, +R;+2/RR.x @7 ™ cog 210 g) |. 2.30

R):IIo(r,J)dAis the instantaneous optical source power correlipgnto the optical
A

intensityl,. Considering an ideal 50:50 beamsplitter, theaimstneous power incident on the
sample and reference mirror will be ede{i2. Depending on the application, this power is
limited by the safety standards. From equation,2l#desired OCT signay signa IS given by

2

. R) iXAa xd?
i signal =T EJR R x €42 cos( 210 ). 2.31

The signal power is proportional to the squarehef toot-mean-square (RMS) of the signal
current given in equation 2.31. At patch matchead@mon @ = 0), signal power is given by

. . P2
Signal,, ., :< |D2> = rzﬁ R:R. [in Amperé] 2.32

Signal
In an optical detection system, several sourceso@de are involved. They all cause random
fluctuation in the detected electronic signal.cjfis the root mean square (RMS) current
fluctuation, the power of the noise will be given &? [in Amperé]. The three dominating
noise sources in a photodetector are receiver (daglad out) noise,e’, shot (Poisson) noise
osi2 and excess intensity noisg’. Receiver noise and excess noise dominate atrolvihigh
light conditions, respectively, and shot noise duates in the intermediate regime [40]. In
OCT, light detectors are usually operated clossatmration and the dominating source of
noise in this condition is then shot noise. Shas@&as a Poisson process that is related to the

random arrival of photons from the light sourceeTesultant photocurrent variance is the
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shot noise and is given by [38, 44]
NOISE e =0 =2 B iy, [in Amperé] 2.33
whereB is the electronic detection bandwidth ang>=the mean detected current.

Assuming that the intensity of light backscattefiesn the sample is much smaller than that
reflected from the reference mirror, the mean detecurrent is dominated by the reference

arm power. Hence the mean value of the detectedrmuisee equation 2.30) is given by
. P .
<ID>:rZRR' [in Ampere] 2.34

In TD-OCT, where the reference mirror is scanneer @’ maximum depth,a.x during an A-
scan acquisition time aft with at a constant scanning velocitywaf = zna/At, the reference
light frequency is Doppler shifted by = 2/eillo = 200%XZma{At, and the resulting FWHM
signal power bandwidth i&fp = 2Ao%zna/At. The optimum detection bandwidth should be
approximately twice the signal bandwidth. A larpandwidth decreases the sensitivity and a
smaller bandwidth decreases the axial resoluti@j. [Aence the detection bandwidihof
TD-OCT is given by

:8In2x_12max Az

=4x— , 2.35
m Az At A° At

B =2Af, =4A0v,,

Equation 2.35 shows that, in order to accommodéterean increased image depthyx for a
given resolutiomz, or an increased resolution for a given scan depéhdetection bandwidth
B has to be increased. IncreasiBghas a negative impact on the SNR according to the

expression given as

<iD2>SignaI —_ rZPOZRRRS/8 - rRJRS/4 = I7 —PS

SNR=—2%4 = =
oy, 20.B(rP,R;/ 4) q.B hy, B

2.36

Equation 2.36 shows that increasing the detedisonmdwidth decrease the SNIR; = P,Rd/4
is the sample power returned to the detector oB/@f incident on the sample.

Combing equations 2.28 and 2.36 for SNR = 1, tinsiieity S can be readily expressed as

S:i:ixii:
4 g B

I1,min

nm >(Ff)AtAz
32In2 hy z,

2.37
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Equation 2.37 expresses that the shot noise limstakitivity of TD-OCT is directly
proportional to the source power and inversely priopoal to the electronic bandwidth.
Within the shot noise dominated ran&epends linearly on the source power. This regime
is usually realized in OCT systems and can be degbas optimum. This is because, at lower
power, receiver noise would limit sensitivity, aadhigher power, no additional sensitivity

can be gained due to excess noise.

As it is based on interferometry, OCT is in generddigh sensitive imaging technology. To
have an idea about the order of sensitivity thatlwaobtained from OCT, let us insert typical
numerical values: quantum efficiengy= 0.85, A-scan rate Af = 1 KHz, axial resolution
Az = 10 um and maximum imaging de@hx= 2 mm. Substituting these values in equation
2.37 gives a sensitivity 08= 2.4x18" with a source poweP, =1 mW (0.5 mW on the
sample). This means that a reflecting feature e sample whose power reflectivity is as
small asRsmin= 1/S=4x10" can be detected using TD-OCT at an acquisitioe it
0.35 MHz by sending an incident power on the saropleé5 mW. Any reflection below this
value will be masked by the noise floor. Experinadlgt in the shot noise limited regime,

sensitivities 0fS= 10" and higher have been reported [44, 47].

2.6.2.3 Drawbacks of TD-OCT

If one wants to make two dimensional imaging afra@nhes per second using TD-OCT with
500 A-scan per image, the A-san rate has to be & Kdrforming such fast mechanical
scanning of the reference mirror is the first avadle of TD-OCT. The most common
implementation of the reference arm delay line isgalvanometer-based translating
retroreflector system [46]. The maximum scan rdteuch type of scanner is approximately
0.1 KHz. Though faster scanning systems may be datte further system complications
[40], the A-scan rate will be ultimately limited blye trade-off between signal bandwidth and
detection sensitivity because for a given fixedagbtpower incident on the sample, the signal
bandwidth is directly proportional to the referemsgror scanning speed (see equation 2.35)
and inversely proportional to the sensitivity (segation 2.37).

Hence the other drawback of TD-OCT imaging systenthat the sensitivity, the optical
power, resolution, imaging depth and A-scan raeecaupled together. Note from equation
2.35 that for a given A-san rateAl/ increasing the imaging depth.ax for a fixed axial
resolutionAz, or increasing\z for a fixedznax requires increasing the detection bandwiglth
i.e., the signal acquisition rate must be increaSatite the maximum permissible power that
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can be sent to biological sample is limited byshgety standards, increasiBgvill ultimately

decrease the sensitivity according to equation.2.37

For imaging of biological tissue, high sensitivisygenerally needed with a limited incident
optical power. Depending on the responsivity of tegector, this decides the maximum
detection bandwidth. The maximum axial resolutioll ae determined by the light source
bandwidth when choosing the source. This leavesehmining two parameters, the A-scan
rate and the maximum depth, to compete each dftepeed is the priority, one has to reduce

the maximum imaging depth, or vice versa.

For example, consider that one is interested toparTD-OCT imaging of a sample with a
sensitivityS= 95 dB using a light source with output powgrof 10 mW (with 5 mW on the
sample) and spectral bandwidMi = 30 nm centered al, = 840 nm. If a camera having
quantum efficiencyn = 85% is used, equation 2.37 fixes the requirectimam detection
bandwidth toB = 100 KHz (i.e., electronic sampling period T =|1€). KnowingB fixes the

maximum scanning speeg; of the reference arm according to equation 2.35 as

1 A2

\Y =X B=0.6m/ <
4 AA

ref ,max

=z, /A=

The product between the maximum depthcand the A-scan rate (it)max becomes fixed,
and increasing one will proportionally decreasedtteer. If one targets a maximum imaging
depth ofz,.x= 1.5 mm, then the corresponding maximum A-scéisa(1At Jmax = 0.4 KHz.
Scanning the reference mirror faster than 0.6 millsmake the axial resolution worse than
10 pm (which is determined by the source bandwidiny if P, is reduced from 10 mW to
1 mW, B should be reduced from 100 KHz to 10 KHz in order maintain the same
sensitivity. The scanning speed of the referenoe slrould also be reduced from 0.6 m/s to
0.06 m/s. Such trade-off between imaging paramé&tdhe fundamental limit of TD-OCT for
high-speed and high-resolution imaging requirements

A relatively recent OCT technique where the sewigjitis no more a function of the scanning
speed of the reference mirror is called Fourier-Ronm©OCT (FD-OCT). In FD-OCT, there is
no need of scanning the reference mirror, henisefdtster. In this technique, the sensitivity of

FD-OCT does not depend on the axial resolutiondarce bandwidth).
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2.7 Fourier-Domain OCT (FD-OCT)

In FD-OCT techniques, the depth information of @egi sample which is illuminated by a
multi-wavelength (low-coherence) light is obtaineg measuring the spectral interferogram.
The entire depth profile of the sample is retriewsihout scanning the reference mirror, by
Fourier transforming the acquired spectral intedeam. Hence, the first obvious advantage
of FD-OCT over TD-OCT is the imaging speed [48].thWcomparable sensitivity, A-scan
rate of FD-OCT which is ~ 60 times faster than tbBffTD-OCT has been experimentally
demonstrated [49], enabling near real-time 3-D imgg50, 51]. The other advantage of FD-
OCT compared to TD-OCT is its improved sensitiyi2]. Sensitivity improvement of FD-
OCT more than two orders of magnitude (21.7 dB)roMe-OCT has been experimentally
demonstrated [53].

In FD-OCT, the mechanical A-san of TD-OCT is replddy spectroscopic measurements
achieved either by a spectrometer (spectral-dor@@¥, SD-OCT) or by using a swept

source (swept-source OCT, SS-OCT). The term FD-@GC3ometimes used to refer to SD-
OCT only but in this dissertation, FD-OCT will bead to refer to both SD-OCT and SS-
OCT.

2.7.1 Spectral-Domain OCT (SD-OCT)

In SD-OCT, the combination of reference mirror sgtag and single photodetector of TD-
OCT (see Figure 2.15) is replaced by a spectronastshown in Figure 2.20). The reference
mirror in SD-OCT is immobile. The backreflected dratkscattered light from reference and
sample arms is recombined at the beamsplitter.tlbgbkscattered from different depths in a
sample, which correspond to various optical delmysyferes with light reflected back from a

reference mirror located at a fixed position.

At the output of the interferometer, the recombifigbt beam is dispersed by a diffraction
grating. When we look at the interference as atfan®f wavelength, for a given optical path
difference between the backscattering feature in ghmple and the reference mirror,
destructive and constructive interference occunsedding on the wavelength component.
This results in a modulated power spectrum, oftatled spectral spectrogram. The
modulation frequency of the spectral interferogriamelated to the optical path difference
associated with the depth location of the backedat) feature within the sample, whereas the

modulation amplitude is proportional to the intéysif the backscattered light.
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Figure 2.20 Schematic diagram of fiber-based SD-OCT.
The diffraction grating at the output of the Mickmh interferometer disperses light, producing actspk
interferogram, which will be acquired in parallgt the line scan camera. Transverse beam scannigtillis
performed in SD-OCT. DAQ1 and DAQL are data actjaisiboards.

The dispersed spectral interferogram is collected line-scan camera. Each pixel of the line-
scan camera detects a spectral linewddtlof the spectral interferogram. Therefodé,refers

to the sampling resolution of the spectrometer. inkensity-based depth profile of the sample
is then reconstructed from a single-acquired spkttterferogram by performing the Fourier
transform. The sampling resolutiéh determines the imaging depth of SD-OCT: the fiitgr
the better the sampling resolution, and the detppermaging depth. The increased SNR in
SD-OCT compared with that of TD-OCT is due to tigasicant reduction of the shot noise
obtained by replacement of the single-element tmtemf TD-OCT with a multi-element

array detector (to be discussed in chapter 3,@esti2.4).
2.7.2 Swept-Source OCT (SS-OCT)

Another approach of realizing FD-OCT is by usinganbination of a broadband tunable
laser source and a single-element detector (segeF@)21). Such a configuration is called
SS-OCT [53].
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Figure 2.21 Schematic diagram of fiber-based SS-OCT.
In SS-OCT, the reference mirror scanning of TD-O@&eFigure 2.15) is replaced by the use of a broadband
swept source. By sweeping a narrow linewidthacross a broadband tunable laser source, theniaspus
interferogram is recorded by a single photodetes$oa function of time.

As the emission wavelength of a narrow linewidthis rapidly swept across the available
bandwidth of the light source, the instantaneousri@rometric signal is recorded using a
single photodetector as a function of time. Odkés scanned across the entire source power
spectrum, the recorded interferogram by SS-OCT nbkes that of SD-OCT. Fourier
transforming the recorded interferogram gives thsaA. The transverse scanning helps

perform B-scan by acquiring multiple A-scans afeti#nt transverse positions of the sample.
2.8 Conclusion

OCT is a modern optical imaging technology that panform cross-sectional imaging of
biological tissues and semi-transparent materiélsiarometer-scale resolution with few
millimeters of imaging depth. Comparing OCT witthet imaging systems, we see that OCT
fills the gap between ultrasound imaging and coalfogicrocopy. As OCT is based on low-
coherence interferometry, its axial resolution isedmined by the coherence length of the
light source: the broader the spectrum of the lightirce, the better the axial imaging
resolution. The transverse imaging resolution offQlike any other scanning microscopes, is

determined by the size of the focused beam sptte@sample.
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Depending on the A-scan reconstruction technigue,main OCT modalities exist: TD-OCT
and FD-OCT. For our application, a high-resolut@€T system capable of imaging the
Schlemm’s canal in real-time is required. As TD-O@dnerates A-scans by mechanically
scanning the reference mirror, high-speed scarnirsinge of the challenges of performing fast
imaging using this modality. The other drawbacklB-OCT is that the detection sensitivity
is inversely proportional to the axial resolutiéior a given A-scan rate, high-resolution TD-
OCT is realized at the expense of its sensitidityone wants to increase the sensitivity of
high-resolution TD-OCT, then the A-scan rate (itke imaging speed) has to be reduced.

Hence TD-OCT is not appropriate for our application

On the other hand, in FD-OCT, the A-scan is contmnally reconstructed from the
measured spectral interferogram without any refsgemirror scanning. The sensitivity of
FD-OCT does not depend on the axial resolutionFBsOCT is faster and more sensitive
than TD-OCT, it has been chosen for our project@ODT itself can be realized either using a
swept laser source (SS-OCT) or using a spectron{8@rOCT). For our project, a low-
resolution commercial SS-OCT and a high-resolu&@OCT developed in the laboratory

both working at 1.3 pm center wavelength have leerstigated.

Unlike the conventional OCT systems working aroOt®lum, the center wavelength around
1.3 um has been chosen in order to reduce thet effescattering in sclera and edematous
cornea and enhance the OCT imaging depth. Howeeeguse of thé’/Al dependence of

the axial resolution, high-resolution OCT imagingla3 um center wavelength requires a
light source with extremely broad spectral widtinding a broadband tunable laser source is
a technological challenge for developing high-resoh SS-OCT at this center wavelength.
On the other hand, as it does not require a tunlabky source, high-resolution SD-OCT at
1.3 um seemed to be easier to achieve. As a regelthave developed a high-resolution
resolution SD-OCT system working at 1.3 um centavelength [54] using a relatively low-

cost broadband superluminescent diode (SLD) lightce.

Developing a high-resolution SD-OCT system at In8 pequires designing a broadband
spectrometer and dealing with the subsequent digpemanagement issues. In the next two
chapters the design, characterization, performamcedemonstration of the high-resolution

SD-OCT system that was developed are discussed.
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Chapter 3 - Development of spectral-domain OCT

3.1 Introduction

The concept of one-dimensional length measuremfeah @bject by measuring the intensity
of backscattered light at various wavelengths usimg direction of illumination was
demonstrated by Ferchet alin 1995 [55]. This work was adapted from an eamverk by
Wolf in 1969: the three-dimensional distribution tife scattering potential of a semi-
transparent object can be computationally recongdutrom the distribution of amplitude
and phase of the light scattered by the object.[58je technique was first called
“backscattering spectral interferometry” and wasliadfor one dimensional measurement of
intraocular distances, and later with additionrahsverse scanning it evolved as a new OCT
modality and took the name Fourier-domain OCT (FOT) from the fact that the depth

information is obtained by applying Fourier trangfior

In the previous chapter, it has been explained thdike TD-OCT where the depth
information of the sample is obtained sequentiadlyime by scanning the reference mirror,
the depth information in FD-OCT is rather computaslly reconstructed by Fourier
transformation of the interferometric signal. Hengetting access to the spectral
interferogram is therefore the key issue to FD-QIe$ign. The spectrum can be obtained by
two techniques: either by employing a spectrometeby using a broadband tunable laser
source whose instantaneous emission wavelengthbeaswept rapidly. The spectrometer
based FD-OCT is called spectral-domain OCT (SD-O@fd the other based on swept-
source is called swept-source OCT (SS-OCT). Condpreonventional TD-OCT, both FD-
OCT techniques yield significantly better imaginmgped and detection sensitivity [45, 48, 57],
which is required foin vivo imaging of biological tissues. For our applicatiarg also need
high axial resolution in order to image the Schlémoanal of human eye. As the resolution
of SS-OCT is limited by the availability of a brdehd tunable laser source which is still
technologically challenging, we have developed agiral high-resolution SD-OCT system.

In this chapter, the principle and design procéssio SD-OCT system is presented.

Before going into the details of the SD-OCT desgpues, the principle of SD-OCT is first
presented to answer the following two basic quastio
i.  What type of raw OCT signal is acquired in SD-OCT?
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ii.  How does Fourier transform reconstruct the wholgtlderofile (A-san) of the sample

from a single acquired dataset?

3.2 Principle of SD-OCT

A simplified schematic diagram of SD-OCT is given kigure 3.1. SD-OCT detects the
wavelength-resolved interference signal by usingpactrometer consisting of a diffraction

grating, focusing optics and a line camera.

Spectrometer

Line scan spectral
e interferogram A-scan
e .h [ aRs; aRs3
E N ke aRs;
T, | — 1SS
6A Frame IR 2 Ny )
i 22,22, 273
Spatial frequency o 1422 3
Grabber p q y oPD &
e —
Galvo

Low-coherence
light source

Driver Z N
I PC
\ Transverse beam

scanning (x)

Scan
lens

«——6=0 =  Zs, =2zt Nz,

Rs1 z;
Rs2 Z3 where zg and zs are reference and
Rs3 z3 sample arm lengths, z the axial
depth in the sample measured from
Sample (made of the top surface of the sample where
Reference Mirror three partially OPD is zeron the refractive index
(immobile) reflecting structures) of the sample

Figure 3.1 Schematic diagram of fiber-based SD-OCT
The grating at the output of the Michelson intesfaeter disperses the recombined light, producisgextral
interferogram, which will be acquired in parallgl the line scan camera that has N pixels. The gxiafile of
the sample (A-scan) is then reconstructed fromsthgle spectral interferogram, which is acquiredire shot
without scanning the reference mirror, just by gpm Fourier transform. Transverse beams scannetills
present in SD-OCT. The axial resolution of SD-O@He that of TD-OCT and LCI, depends on the bandiwid
of the light source.

The SD-OCT system shown above consists of a loverastte light source that is directed
into a Michelson interferometer. An broadband culeamsplitter splits the incident
broadband light with spectral power dens8y) into the reference and sample arms. Light

backscattered by structures inside the sampleddcat different depths which correspond to
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various optical delays, is recombined at the beattempiwith the light reflected by the

reference mirror (immobile). At the interferometeutput, a spectrometer records the
interference pattern as a function of wavelengthisis achieved by locally dispersing the
recombined light beam by a grating, i.e., each \eagth component is spatially separated,
producing the spectrum of the interference patfeften called spectral interferogram). The
dispersed light is focused on a one-dimensional @etector having an array of N pixels
(often called line scan camera). Each pixel oflthe CCD camera detects a given narrow
spectral portio4 of the interference pattern, i.e., the spectrarfetogram is sampled by the
pixels of the line scan camera with a sampling tdégwi of 61. The depth profile of the

sample is then obtained by Fourier transformingdistected spectral interferogram.

3.2.1 Mathematical representation of the raw SD-OCT signal

Considering a sample with refractive index composed ofM discrete reflectors, the
photocurrenip generated by a square-law detector can be expressa function of spatial

frequency (or wavelengthi, o = 1/4 ) as [26]

i, (0) :58(0){ R, +§: Qm} DC component

m=1
M
4%8 @{ > JRR, cos(ﬁdma}) Signal component 31
m=1
M
+’§S (%) { 22 JR. R, cos(ﬁdmp}) Autocorrelati@omponer
e =l

p =nsXr, whereys is the efficiency of the spectrometer ard n9-/h\v, the responsivity of the
line scan camera with the quantum efficiency~(0.85), g. the electronic chargey the
Planck’s constant ang, the center frequency of the low-coherence light@®w, = 2(Zsm—

Zr) = 2nZy is the round trip optical path difference (OPDjvien the reference mirror and
the m™ sample reflector located at a distancepfrom the top surface of the sample where
the OPD is assumed to be zefgs = 2n(zsm—2zs) is the round trip OPD betweeri" andn™

sample reflectors.

Equation 3.1 contains three distinct components: tBf@, signal term and autocorrelation
term.
I.  The first component is a constant offset (ofteteckaihe DC term), and is independent

of the OPD. It is basically the power spectrum lué source scaled by the power
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reflectivities of the reference and sample arms.SID-OCT, this is the largest
undesired component of the detector current. Itbmaremoved by simple subtraction.
As sample power reflectivity is often small, the D&m is dominated by the power
reflectivity of the reference mirror.

ii. The second component contains the cross-correlagbneen the reference arm and
each reflector of the sample. The desired samelé feflectivity profile is embedded

in this term. It is therefore the useful signal@ET. As this signal is proportional to
the sample field reflectivitm, its magnitude is typically less than the DC term,;
however the fact that the signal term is amplifimdthe reference field reflectivity
\/E represents an important gain factor compared tectlidetection of sample

reflections.

iii.  The autocorrelation component represents the aermmte occurring between the
different sample reflectors. The autocorrelatioomtdinearly depends on the power
reflectivity of the sample. For samples having styoeflectivities, this term appears as
artifacts in OCT. The effect of the autocorrelatimrm can be reduced by an
appropriate choice of reference arm reflectivityor Fbiological tissues, the
autocorrelation term is generally negligible.

If we have only a single sample reflector£ 1) in air = 1), equation 3.1 will be reduced to

0:(0)=2S(0)[ R+ R +£ %0){ R Reos(2rd o 3.2

This gives a modulated spectrum or often calleatsgleinterferogram, where the signal term
rides on top of the DC term as shown in Figure 3% signal term provides two pieces of
information about the reflector:
i.  The magnitude of the field reflectivity, which mntained in the amplitude of the
signal term

ii.  The depth location of the reflector, which is congal in the phase term

The amplitude of modulation is proportional to fredd reflectivity,/r, of the reflector: the

lower the reflectivity, the smaller the amplitudé the signal, or vice versa. The depth
informationz (the location of the reflector within the samplge)cbontained in the phase of the
cosine oscillation. As shown in Figure 3.2, theigetrof modulationot = 161 is inversely

proportional to the OPDB,, whered; = 2(zs1 - zr) = 2.
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4ip; Pe;io Signal term
5 259 [ R cos(anod)
Amplitude DC term
P S, Ry Ry / pS(U)(RR+RSl)

NOLAA W,

Figure 3.2 The detected current at the output of the spectemfier a single reflector in air.
The signal term of equation 3.2 with amplitys&c)V(RsRs)/2 and frequency = 2(z;, — z) = 2z, of modulation rides on
top of the DC term of magnitugéy(s)[Rg + Rs{/4.

In other words, the modulation frequency is dinggtloportional to the axial locatianof the
reflector. This means that as the optical pathtlemgismatcho increases, the modulation
frequency increases. As the reference mirror in GBDF is immobile, increasing
corresponds to increasiizgAs a result, sample reflectors located at shatlepths give rise
to low modulation frequencies, whereas reflectosaled large depths correspond to high

modulation frequencies (see Figure 3.3).

f | I | I
Ay, ~ 77N
Slgnalamplltudelncreases }\ \/ / odulation frequency increases

‘/\A Rs=0.01 % \/\ A O@c,@ A A
“,/\”/\/ d i / . ~ A’\/ \ // \\ /\

- Spectral interferogram of a \\/ \ \ /O

\ ~
f/v \/\/\ single sample reflector with / V. YA~
) ) a given reflectivity Rs located — )
Signal amplitude decreases at an axial depth z Modulation frequency decreases

Figure 3.3 lllustration of how the spectral interferogram egriwith sample reflectivitiRs and axial positiorz of a
reflector.Rs is embedded in the amplitude of modulation wherdasembedded in the frequency of modulation
of the spectral interferogram. For all cades= 1.

If we have multiple reflectors at different depthisg signal term will be the superposition of
the spectral interferograms related to the indialdeflectors. Figure 3.4 shows the schematic
of the resultant spectral interferogram correspagdd three partial light reflectors in air with

power reflectivitiesRs; = 0.6, Rsx= 0.05 andRsz= 0.2 located ati, z2 and z;, respectively.
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Distances are measured from the surface of thelsaimphis case, the signal term is no more
a single cosine function. However, the resultantcspkinterferogram is still periodic, and
can be decomposed into individual cosine functivmgng different modulation frequencies.
The field reflectivity and frequency of modulatioheach reflector can be reconstructed from

the resultant spectral interferogram using the ieotiransform principle.

A

ip(o)
RSl Z;
Rs2 27
Rs3 Z3

»

Spatial frequency o

Figure 3.4 lllustration of the spectral interferogram corresgimg to multiple sample reflectors with various
reflectivitiesRs;, Rs, andRszlocated at different axial positioag z, andzz. The signal term is the superposition
of the spectral interferograms related to the iittlial reflectors.

3.2.2 A-scan reconstruction by Fourier transform

The A-scan (reflectivity versus the depth locatimgxtracted from the spectral interferogram
by performing Fourier transformation. If we apphetFourier transform to equation 3.1, we
get the following expression

iD(5)=§y(c3) DKRRdirac(O} iRSmdirac(O) i‘/ R, R, diraE J ) i J R,Rs.dirda® & ;}3 2

m# =l

=§{RR +§=‘1%m}y(0)+§§‘1 [R.R,xy( 2 5) +L;§“ J RGRx K 3t 3),

m# =1

where y(9) = FT{J g} is the coherence function addac is the dirac delta function often

denoted by but here we preferred to use the wdngc not to confuse with the OP®

Equation 3.3 shows that performing the Fourier dfarm leads to the convolution of the
dirac terms with the coherence function. As a resul, blest axial resolution that can be
achieved with SD-OCT, like TD-OCT, is limited byetkvidth of the coherence function. The

illustration is given in Figure 3.5.
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Figure 3.5 SD-OCT signal reconstruction via Fourier transform

If a Gaussian-shaped power spectrum is considdreatoherence function will be

Ao - xAT? %52

NA=FTI g} =_ZoVmxger . 3.4

The FWHM ofy(d), defined as the coherence lengthin chapter 2 under equation 2.23, is
given by

L = 4In2 _ 4In2 A7

Mo A A
Considering the round trip propagation of lightooth arms of the interferometer, half of the

3.5

coherence length represents the axial resolimot SD-OCT

2
_L _2n2 A .

2n  7m A/l
The results of equation 3.1 and equation 3.3 attqal in Figure 3.6 for the case of a single

and multiple reflectors by considering a light smuwith a Gaussian spectrum. Three cases of
single reflectors are considered by changing buoghréflectivity and the depth location of the
reflectors. The reflectivity of each reflecti@g; = 0.6,Rs>= 0.05 andRsz = 0.02 is deliberately
chosen to be large in order to see the effect efatitocorrelation term when they all appear

together in a single sample in (d).
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Figure 3.6 lllustration of A-san reconstructions from specirgerferograms using Fourier transformation. (a),
(b) and (c) show a single reflector with differeaflectivities located at different axial depths; &pplying the
Fourier transform, one is able to determine thiectfity and axial location of the reflector. Agpected, high
modulation frequency gives rise to large OPD, and hence large reflector depth(d) shows the resultant
interferogram for three reflectors. Fourier tramsfing this spectrum gives not only the signal peaksheir
corresponding depths but also the autocorrelatiake (blue, green, black).
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3.2.2.1 The signal component

Plots of the Fourier transform of the signal terorresponding to single reflectors with
different values of reflectivities and depth locas are shown in Figure 3(&), (b) and (c)

As explained above, (a) illustrates that a low matloh frequency in the-domain appears
as a signal peak arourd= 0 in thes-domain, whereas a spectral interferogram with high
modulation frequency, as shown in (c), gives aaigeak relatively further away froeh= 0.
Note also that each signal peakdidomain is the result of convolution of the dirandtion
with the coherence function, i.e., the dirac rdflety profile corresponding to a plane
reflector is spread axially according to the natafethe coherence function. Though the
reflector is a plane perpendicular to the opticas,anot a point, this function is often called
axial point-spread function (PSF), and the FWHMeath axial PSF is given by coherence
lengthL. of the light source.

The Fourier transform of each spectral interferoggaves two identical axial PSFs on either
side ofd = 0. This is due to the fact that as the detenteztferometric spectrum is real, its
Fourier transform must be Hermitian symmetric,, iies. positive and negative distance are
complex conjugates of each other. In FD-OCT, thigermed as the complex conjugate
artifact. This artifact can be easily removed bgeg the sample on one side of the zero
path length and displaying only the positive oratag distances. If the sample strays beyond
the zero path length border, it begins to overlép ws mirror image.

3.2.2.2 The artifact components

In SD-OCT, the DC and the autocorrelation termhlkagipear as artifacts and obscure or

degrade the quality of the image.

In Figure 3.6, the DC term appears as a largeaattifil signal centered at the zero path length
difference ¢ = 0). The FWHM value of the DC artifact is onlyeonoherence length wide;
however, its amplitude is so much larger than thelaude of the useful signal terms that the
side lobe this strong Dc term can overwhelm thefulssgnal components much further
away. Since the main contributor of the DC ternthis reference mirror, a simple method to
remove the DC component is to record the amplitofdéhe spectrum with the sample arm
blocked, and then to subtract this value from eadbsequent spectral interferograms before

performing the Fourier transform.
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The other artifact of SD-OCT system comes fromahbtocorrelation component. When the
sample is composed of multiple reflectors as shimwFigure 3.6 (d), the Fourier transform of
the spectral interferogram reveals the signal teaaswwell as the autocorrelation peaks. Axial
PSFs in red are signal terms, and those shownui®, lgreen and black are autocorrelation
artifact terms. For M discrete sample reflectdns, tbtal number of autocorrelation terivisg:
that appear in thed domain after Fourier transform can be expressed adatistical

M!

combinationn, =— " .
AC
4(M -2)!

Figure 3.6 (d)M = 3,Nac = 3. We see three autocorrelation peaks: bluengaad black. The
blue one is due to the interference between thentl 29 reflectors, the green between tHé 2
and 3 reflectors, and finally the black between tHé and & reflectors. In this typical
example, we see that for strong sample reflectbesautocorrelation term can be as strong as
or even stronger than the useful signal amplitddes practical implication is that if a real
sample has at least one strong light reflectingdapmewhere in its axial field of view, it
behaves as a reference mirror, and light comingnftbis layer interferes with all other
reflections from the sample, yielding an artifactage. This may significantly obscure the
true sample structure that is given by the crossetairon term. For such types of samples,
sophisticated phase-shifting methods can be useghriove the autocorrelation term [58, 59].
However, such techniques increase the complexitthefsystem and the data acquisition
time. In practice, since the typical distance betvthe sample reflectors is much smaller than
the distances between the sample reflectors andetleeence mirror, the autocorrelation
artifact appears at shallow depths in OCT images tustomary to displace the reference
mirror so that the surface of the sample shows &ication beyond the autocorrelation

structures, and then the shallow depth range iengaily zeroed in the image.

The typical sample reflectivity measured by an O§y/Btem is roughly in the range of
10“ to 10", Therefore the easier method to reduce the effieitte autocorrelation artifact is

to ensure that the reference reflectivity is sugit so that the amplitude of the
autocorrelation term becomes negligibly small coragdo the cross-correlation signal term.
However, if the reference arm power is too higle, #NR of the system will drop [38, 45] and

optimal design is needed to have an appropriakectefity value of the reference mirror.
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3.2.3 Maximum imaging depth of SD-OCT

SD-OCT images, like TD-OCT images, are computatlpn@constructed by stitching or
combining adjacent A-scans next to each other wighkforming transverse beam scanning on
the sample. Each A-scan contains the depth reflactprofile for each transverse sample
location. In SD-OCT, individual A-sans are recousted from the acquired spectral
interferogram by performing Fourier transform. e tprevious sections and figures (see
Figure 3.3 and Figure 3.6), it has been explaited because of the Fourier relationship
between the cosine modulation of the spectrum heddepth location of the reflector, the
modulation frequencyy, of the spectral interferogram increases as thehdepation of the
reflector z,, increases according to the relatién = 2nz, (equation 3.1), where is the
refractive index of the sample aag the depth location of thei” reflector. As predicted,

there will be a depth limit where the reflector cemlonger be detected.

Excluding signal attenuation of the sample duelsogotion and scattering, the maximum
imaging depthz,ax of SD-OCT is determined by the spectral sampliegplutionds of the
spectrometerio refers to the spectral extent or spectral wid#t ih detected (or sampled) by
a single pixel of the line scan camera. If the FWH#of the light source is dispersed across
N/m pixels out of the total line-scan CCD pixels, wherma>1, the sampling resolutiafv of

the spectrometer will be

5U:£,Wherea’:1; 00=—. 3.7
N/m A A
According to the Nyquist sampling criterion, foryamodulation frequency,to be resolved
by the spectrometer that has a spectral samplsgjuton (period)o, the signal frequency

om Should not exceed half of the sampling frequeai%ey ie.,
o

V-

0, < .
oo

3.8

I\)ll—‘

AS dmax= 2nzZnay DY combining equations 3.7 and 3.8, the maximhbeottetical depth,,,, that
can be imaged using SD-OCT is given by

1 1 1 1)!2
x

Zoax =5

O ax = 3.9
2n an oo 4n J)I

If Zn > Zmax the modulation frequency of the spectrum (ilee, gsignal frequencyj, becomes

greater than half of the sampling frequency, aredNlyquist criterion presented in equation
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3.8 will no more be valid, causing aliasing. Whéis thappens, the peaks corresponding to
the Fourier transform of the aliased signals rotlikoato incorrect positions, thereby inducing

artifacts and increasing the noise level.

To illustrate this point, we consider a Gaussiahtlisource having a spectral bandwidth
A4 =80 nm centered &t = 1300 nm wavelength.

o
—

5
< 0.8
=
'go.e—
8
£
© 0.4}
=
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95 0 Zn I 55 % s> 0%10°(m")
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Line-scan camera with
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(N/2m)(m-1) N/m= (N/2m)(m-1)
=312 400 =312

Figure 3.7 The FWHM of the source spectrum is spread &V/em pixels of the line scan camera where 1

Consider also a spectrometer equipped with a logs £amera havingl = 1024 detector
pixels. If the recombined light at the output of theerferometer is spread by the grating in
such a way that the FWHM of the light source cowehs= 400 of the camera pixels, the

spectral sampling resolution will be (see Figurg 3.

oA :ﬂ _80nm =0.2nm or oo :5—/]2 =0.1mm
N/m 400 A

0o

2
This corresponds to a maximum imaging depthz,qszzxg =2.1mm. Any reflector

located deeper tham= 2.1 mm will therefore roll back and induce atif. Let us now
consider a single reflector and acquire three saletiterferograms at three axial positions
z = 0.5 mm,z =1 mm andz = 3 by translating the reflector. When we perfdha Fourier
transform of the acquired spectral interferograths,reflector atzz = 3 creates a signal peak

at an incorrect depth of z = Zxx— 3 mm = (2x2.1-3) mm 1.2 mm (Se€igure 3.8).
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Figure 3.8 lllustration of imaging range limit of SD-OCT.
Note that when the depth of a reflector exceedsrthgimum imaging depth, (c), it folds back and appet a
false location, creating an artifact and noisehi® system. In this examplg,.x= 2.1 mm. The imaging depth
can be increased either by increasing the spesdirapling resolution, which in turn requires eitireasing
the number of detectors or decreasing the axialugsn.

3.2.4 Sensitivity of SD-OCT

The increased SNR of SD-OCT compared to that of OOF is based on the significant
reduction of shot noise obtained by replacemerthefsingle-element detector of TD-OCT
with a multi-element array detector in SD-OCT. lapter 2 (from equations 2.33 — 2.35), it
has been presented that for shot noise limitedctiete the shot noise varianeg? of TD-
OCT is directly proportional to the detection baidiv B and the DC optical power returned
to the detector. For a given source optical powWgr assuming that the DC power is
dominated by the reference arm povar= P,Rr/4 (assuming ideal balanced beamsplitter),

the photocurrent signal poweiy®> and the shot noise varianeg” have been expressed as
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2 2
<iD2>:2>{'r7]qej P, R [Amperé andashzzzxz]qve P.B [Amperé . 3.10

(0] (0]

The SNRp and sensitivitysrp of TD-OCT read as

P P /4
SNRD=%—§ and 3,;% = 3.11

o

wherey is the detector quantum efficienay the electronic chargé, the Planck constani,

the center frequency of the light source spectramad,Ps = P,RJ4 the sample power returned
to the detector for a given source powr (assuming ideal balanced beamsplitter). The
detection bandwidtB is in turn directly proportional to the spectranlwidthAs of the light
collected by the single-element detector: the negrathe spectral bandwidth, the lower the

required detection bandwidth (see equation 2.35).

Now consider that the recombined detection arm pasvepectrally spread ovét separate
photodetecors and each detector receivisof/the source spectrum. If the detected signals
are bandpass filtered before coherence summaheneguired detection bandwidth at each
detector will be approximately reduced by a facbN. The sum of shot noise for sudh
detector elements, where each detector element/escéN of the total reference powek,

is given by [57]

2
B
2= px1% PRN' 3.12

Jsh -
hv
(o]

When coherently combined, the signal remains theesand the SNR for such kind of hybrid
TD-OCT system will be (see equation 2.36)

snr=-L pN. 3.13
hvy, ° B

wherePs =P,Rd4 is the sample power returned to the detectoafgiven source powet,
(assuming ideal balanced beamsplitter). Equatid® 3hows that spectrally dispersing the
detection arm light offers a significant SNR impeowvent advantage.

In SD-OCT, an integrating detector such as a CObbsaused. In this case, optical energy is
measured rather than optical power. This is dughto fact that CCD detectors collect
photoelectron charges during the exposure timwhereas PIN detectors register the

continuous photoelectron current. The total nundfgphotoelectrom, collected during the
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exposure time of in incident light having an optical poweris given by [45]

Energy, Pr |
n =7 Phpica =n [electrons. 3.14

Energ)"hoton h\é

For SD-OCT using such detectors with an integratinge t, by the use of the Nyquist
theorem, the bandwidth per detector eleniNtgiven in equation 3.12 is replaced by 1)(2
Considering that SD-OCT measures only the real gfaithte complex cross-spectral density,
the signal is reduced by a factor of 2, and theiqeiectron signal powemg> and shot noise
variancess;? of SD-OCT read [53]

2
Per
<nez>:(%) P.Py* and ashzznh\;‘ : 3.15

0o

Comparing equation 3.10 and equation 3.15, theggliotent noise variance of TD-OCT,

o10’, and the photoelectron shot noise variances 0O8D- o5, can be related via [45]
002 =05.2(a./ T)°, 3.16
where the electronic bandwidbhis related to the exposure timéy B = 1/(2).

The SNRp and sensitivityssp of a shot noise limited SD-OCT system will be

SN@D:% Rr andSSDzﬁ%r 3.17

0o

Taking the ratio betweeBsp (equation 3.17) anSrp (equation 3.11), we get

ﬁ:Br. 3.18
S

In order to properly compare the sensitivities ofrbtechniques, the optimal bandwidlof
TD-OCT and the exposure time of SD-OCT should be linked. From equation 2.35,
substitutinge for At, we get

B= 4xA_/:ﬁ
T

(o]

M A? M Ao N
=>Br=4x—-—2-=—=—=— 3.19
AZ400 O do
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where o0 = Ag
N/m

(see equation 3.7N/m refers to the number of pixels of line scan camera

on which the FWHM of the source bandwidthis dispersed (see Figure 3.7). The sensitivity
of SD-OCT is approximatelj/mtimes that of TD-OCT. The actual value dependsairce
spectral density and spectral bandwidth per detecto

For example, if we have an array of 1024 CCD pixéth N/m= 400, the sensitivity ratio in
dB will be

10x Iog[%} - 10¢ logSy) - 10¢ o S,) = 10l0§ B) = 10ldg 400= 26E 3.0
D

Equation 3.20 shows that for the same A-scan tlagesensitivity of SD-OCT is 26 dB above

that of TD-OCT. Experimental sensitivity comparisohboth domains in retinal imaging

demonstrated that SD-OCT was 21.7 dB more sengfteve TD-OCT [53].

The superior sensitivity of SD-OCT over TD-OCT igHily sensitive to the imaging depth.
As the imaging depth increases, the sensitivitsDFOCT drops significantly. Such depth
dependent sensitivity fall-off effect is relatedtte limited resolution of the spectrometer.
This is one of the drawbacks of SD-OCT. In SD-O@9g the spectral interferogram has to be
sampled by array detectors, physical parameteaseceko the size of the beam spot on each
detector, the physical size of each detector aeddtal number of detectors in the array all
contribute to depth dependent sensitivity fall-effiect of SD-OCT. Moreover, the sensitivity
fall-off depends on the faithfulness of the imageonstruction algorithm utilized. Such and
other practical considerations of SD-OCT designadressed in the following sections of

the manuscript.

3.3 Design of high-resolution SD-OCT: hardware and softare aspects

As explained in the introduction part of this cleaptour objective was to develop a high-
resolution SD-OCT that can properly resolve thel&uim’s canal of the human eye. As the
axial resolution of OCT is determined by the bardttviof the light source, designing a high-
resolution OCT requires a light source with bropdcéral width. Hence, getting a broadband
light source and dealing with the subsequent dssperissues is one of the challenges of
high-resolution OCT.

The other challenge of high-resolution OCT wherlized in the SD-OCT modality is the
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design of a broadband spectrometer. If one wantactoeve a source-limited high axial
resolution, the spectral rangé\ of the spectrometer needs to be broad enoughllectthe
required broad spectral width of the light sour@e. the other hand, given the finite number
of detector pixels, increasingA will decrease the spectral sampling resolutionThis will

in turn have a negative impact on the maximum imggiepth that can be reached. Moreover,
the depth dependent sensitivity fall-off effect ®D-OCT is directly related to the design
parameters of the spectrometer. Hence having amalpspectrometer is the other main task
of high-resolution SD-OCT development.

In this section, the broadband light source usedHerdevelopment of our high-resolution
SD-OCT is presented. The design of a broadbandrspeeter and its calibration method are
discussed. At the end, the main SD-OCT image psingsteps are explained.

3.3.1 The light source

OCT imaging parameters such as axial resolutionraading depth are directly related to the
spectral properties of the illumination light sceir®epending on the application, choosing
the right light source is therefore an importamipsin any OCT design. In our case, we are
interested in designing a high-resolution SD-OCpatde of resolving Schlemm’s canal. As
the canal is found in a highly scattering cornemrsd| junction (limbus) at a depth of
~ 0.8 mm (chapter 1, section 1.3.1), the centregleamgth of light should be chosen in such a
way that attenuation of light is reduced and imaglagth is maximized.

Generally most biological soft tissues have reldyivew light absorption in the long visible
and NIR spectral regions, especially between 650anth1400 nm (often called therapeutic
window). Within this window, scattering is more paéent than absorption. Dual-band
experiments in scattering biological samples haveatestrated the superiority of OCT
systems operating at 1.3 um center wavelength c@dp@® those operating at 0.8 pm in
terms of imaging depth [60, 61]. Using a low resioln commercial SS-OCT working at
1.3 um center wavelength, we have also demonstrétat]l the imaging depth at this
wavelength in sclera is indeed deep enough to r8ablemm’s canal. For this reason, 1.3 um
center wavelength has been chosen for our highuteso SD-OCT system. However,
because of thé?/Al dependence of the axial resolution, high-resolus®-OCT imaging at

1.3 um center wavelength requires extremely br@aahlwidth.

According to equation 3.6, the spectral bandwidih the light source needed for high-
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resolution imaging at, = 1.3 um needs to be 2.6 times larger than theabig= 0.8 um to
maintain the same axial resolution. As a resulttirgge a broadband light source with good
spectral quality has still continued to be the tetbgical bottleneck of long wavelength high-
resolution OCT systems. Remember also that if dsspe is not properly managed, the use of
very broadband source will not necessarily giveédoeesolution. As it will be seen in the next
section, increasing the source has additional urad#s consequence on the imaging depth of
SD-OCT.

Until recently, high-resolution OCT has been basefemtosecond solid-state lasers [39] and
continuum generation-based light sources [62]. Hamesuch light sources are bulky,
expensive and sensitive to misalignment. In conspari superluminescent diode (SLD)
sources are compact, robust, easy to operate atgbitective. Since the emission spectrum
of a single SLD is not broad enough for high-resotuOCT imaging, wavelength-division
multiplexing of several spectrally shifted SLDs da& done to broaden the spectrum and

provide higher axial resolution than currently pbkeswith one SLD alone [63].

The illuminating light source for our SD-OCT corsi®f a combination of two spectrally
shifted broadband SLDs. The emission spectrum afh e8LD, as specified in the
manufacturer’'s manual, is shown in Figure 3.9 @btturves). SLD A emits light at a center
wavelength of 1233 nm with a spectral bandwidth AW of 80 nm, while SLD B emits
light having a spectral bandwidth of 110 nm cerdexe1335 nm. The combination of the two
SLDs results in a broadband light source that heyseatral bandwidth of 200 nm (see Figure

3.9, solid curve).
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SLDB
0 === Combined
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SLD B |—™ switches Coupler - 0 ' " T
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Figure 3.9 (a) Compact SLD broadband light source (Thorlal$2Q00B), (b) typical mission power spectra:
SLD A (green curve) and SLD B (yellow curve) and gpectrum of the combined shown in blue. An Eifect
spectral bandwidth ~ 200 nm at FWHM can be achieved
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The combined broadband SLD light source providesteshooherence length and better axial
resolution than we could get with one SLD alonee Bmission spectrum of the combined
SLD light source is centered at 1300 nm wavelengtid the maximum output power is
10 mW. The actual spectral bandwidth, the emisspectral shape and the output power of
the combined SLD light source can be controlledataertain extent by independently

changing the current drive and the temperaturercbot each SLD.

The next main task of high-resolution SD-OCT deveiept is designing a broadband
spectrometer capable of collecting such a broadbmd. If the spectral range of the
spectrometer is narrower, all of the source spectwill not be collected and the axial
resolution will be inferior to the theoretically gulicted value. On the other hand if the
spectrometer is broader than required, imaging earfgSD-OCT will be reduced without

further improving the axial resolution.

3.3.2 Design of the OCT spectrometer

The schematic diagram of the SD-OCT spectrometgiven in Figure 3.10.

LSC

» s | A » = X

(N pixels) ON=D xW
Grating .

normal ™,

Focusing
optics Facet/\Gx\

normal ‘

" . Grating d(sing, +sing) =m
. normal

Figure 3.10 Schematic diagram of OCT spectrometer: a gratirigcasing optics and a line-scan camera (LSC).
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The spectrometer consists of a diffraction gratmdocusing optics and a line-scan camera
(LSC). The recombined beam at the output of therietometer is incident on the diffraction
grating with an angl®; with respect to the normal to the grating, and firs¢ order beam
diffracts at an angléy from the normal according to the grating equatibiereby spatially
separating each wavelength component. The centezl@ragth of the light source is designed
to match the blaze wavelength of the grating. Focusptics focuses the diverging beam
back onto the LSC, with each pixel of the LSC ditga/. of the spectrum.

3.3.2.1 Diffraction grating

Diffraction gratings, in transmissive or reflectivede, can spatially separate a polychromatic
incident light into different wavelengths using epetitive structure embedded within the
grating. The structure affects the amplitude anghase of the incident wave, modifying the
distribution of light at its output. Depending dmetapplication, various grating patterns are
available. The type of grating we used in our SO¥Cdesign is a blazed (ruled) grating

because such a grating with sawtooth pattern eshitigh diffraction efficiency for certain

orders and wavelengths. The efficiency of blazeatigg is greater than the efficiency of

prisms and holographic gratings. A blazed gratmgniade by creating repeatable patterns
(grooves) whose surface is inclined at an afgléblaze angle) with respect to the surface of
the grating (see Figure 3.11). The normals to Huetf surface of the groove and grating

surface are called facet normal and grating norreapectively.

\

Facet \ Grating 1% order diffracted light in mirror
normal ' normal /\’qﬂection with respect to facet
! As N\surface (blaze configuration)
Incident light Bs(+) A
W A,

(A1 —/\2) ‘\A

Ag is the blaze wavelength. To maximize
efficiency of the spectrometer, Ag is chosen,
during spectrometer design, to match with the
center wavelength of the light source we use

S Blaze configuration
"""""" -6,+6, =6 -6,

Figure 3.11 Blazed grating where the first order diffractiorabeis at blaze configuration to maximize efficiency
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When light composed of different wavelengths isdeat at an anglé, on a blazed reflective
grating with grating period, light of wavelengthi is diffracted at angléy. Both6; andéy are
measured from the surface normal. Considering evcdloickwise direction as positive, the
relation betwee#;, 04, A andd is given by the well-known grating equation as

sing, +sing = m% : 3.21
wherem= 0, +1, +2, +3, etc is the diffraction order.

For a given diffraction order, equation 3.21 shalst different wavelengths exit the grating
at different diffraction angles, giving rise to siphseparation of light into its components.
For blazed grating, when the relationship betwee® incident light and thetorder
diffracted light describes mirror reflection witkgpect to the facet surface of the grooves,
most of the energy is concentrated into i order diffracted light. At this condition, the
relation betwee#ds, 6; andfy satisfies the following condition

6,=26,-6. 3.22

The corresponding wavelength at this specific ddfion angle is called blaze wavelength,
denoted bylg. Combining equations 3.21 and 3.22, the blaze igagth is given by:

Ag :%[sinHB co{6,-6,)]. 3.23

When#, = 6g, the incident light is coming along the facet natmand the T order diffracted
beam returns in the same path as the incident. lights configuration, called Littrow
mounting, is used to represent the blazing charatits of gratings. The corresponding blaze
wavelengthigiv), called Littrow wavelength, is given by

Ag(Liny = 2d sinGy, . 3.24
0s and Aguiry Characterize the blazed gratings and are given in the catalog of grating

manufacturers. The blaze wavelength at any other configurationitédnttrow mounting is

therefore given by

A, = /]B:TL]‘“) cos(g, -6,). 3.25

The blaze wavelength varies with the blaze angle and the in@dglg. It can be shown (see
section 3.3.2.3) that both the wavelength dependent angularasepaof wavelength
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components and the resolving power of the gratiwgeiase as the diffracted order increases.
However, for blazed gratings, both efficiency aneefspectral range (FSR) decrease as the
diffraction order increases. As the actual resolutof the spectrometer is limited by the
aberration and imperfection of the optical composemtd the size of the detectof' drder
blaze configuration has been used in our SD-OCTgdeds order to concentrate the most of
the diffracted energy in this order. Fixing theZglavavelengtlis to be the center wavelength
of the light sourcé,, i.e., g =1, One can choose a blazed grating from the manur&st
datasheet whosks i) is around (if possible greater that), and by adjusting the incident
angle, a blaze wavelength around the center wag#lenan be achieved according to

equation 3.25.

The center wavelength, of our light source used for SD-OCT system is In8 jFrom
Thorlabs catalog, the options available at the toh@urchase were two gratings with the
characteristics given in table 3.1

Table 3.1 Two blazed gratings from Thorlab’s cagalhoselg iy lie around the value of 1.3 um

Item # g (grooves/mm Os dA/dgy (nm/mrad) AgLity (M)
GR25-0616 600 28° 41 1.46 1.60
GR25-0613 600 22° 1 1.55 1.25

According to equation 3.25, if one chooses the @rating (GR25-0616)Ag i) = 1.60 pm),
the required incident anglé, to get a blaze wavelengths = 1.3 um will beg; = 64°.
However, looking at the diffraction efficiency ces of the two gratings shown in Figure

3.12, the grating withgLiry = 1.60 um has a dip in efficiency within the spaictange of our

interest.
1.6 pm Blaze Wavelength: 600 Grooves/mm 1.25 pm Blaze Wavelength: 600 Grooves/mm
100 90
= i 9 N
g WK \ =N N
- AN > N\ L~
g 70 5 60 // \ ——Perpendicular |}| |
9 & g s // \ —— Parallel
2 \ ~— E 50 \ — Average —
g o i / AN y
Lo il N N\ o ©
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"g 20 [ i Y | = 30 // \
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Figure 3.12 Diffraction efficiency for two blazed gratings dgsed atlgqir = 1.60 pm andggiy = 1.25 pm. Both
gratings utilize an Aluminum (Al) reflective coatirand are measured in the Littrow mounting configion.
The parallel polarization is parallel to the grgtgrooves, plots taken from Thorlabs catalog.
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On the contrary, the second grating (GR25-0618)if) = 1.25 pm) shows a better efficiency
around 1.3 um at Littrow configuration but equat®25 yields a blaze wavelength that is
always less than or equal to 1.25 um. Howeverhef grating is mounted to work close to
Littrow configuration, the overall effective difftdon efficiency of the second grating will

give better performance. Hence for our spectromdesign, we have used this grating
(GR25-0613).

3.3.2.2 Line-Scan Camera

The other important element of the spectrometethés line-scan camera (LSC). For the
development of SD-OCT working around 1.3 um, a MA@ high quantum efficiency and
high line rate is required. In the past, one of ¢hallenges of the development of fast SD-
OCT around 1.3 um has been related to the avafilalmf a high speed LSC with high
responsivity in the long wavelength range. Thedststommercially available InGaAs camera
at the time of our purchase was tB&)I™ SU-LDH Linear Digital High Speed InGaAs
Camerafrom GOODRICH. The detailed electro-optic perforroa of the camera is given in
table 3.2.

Table 3.2 Electro-optical performance of the litarscamera used in our SD-OCT, taken from cameraata

Sensor format® 1024 pixels on 25 um pitch with 4 readout ADCs

Optical aperture (pixel height)* 500 um or 25 um

Peak quantum efficiency ! >70%

_ _ _ 0.1 pF 1 pF 10 pF

Gain capacitor setting Typical Specification Typical |Specification Typical Specification

Net full well capacity (Me-)2 1.6 >1.1 15.9 >9.2 150 >110
Gain (e-/cnt)™? 107 1000 9600
Temporal noise (rms counts)l’2 8 <10.5 3.5 <10.5 2.5 <10.5
Dynamic range ~** 2000:1 | >1500:1 4500:1 | >3500:1 5300:1 > 4500:1
Differential non-linearity L2 +1% <+t2% +1% <+2% +08% <£2%

Bad pixel specification

Digital output format

. 1,3
Exposure time

Trigger modes 3
Sync output
External trigger 3

External variable ET
External trigger jitter

Pixel rate
Readout mode

White, dark, noisy or pixels exceeding +/- 10 of the mean value when illuminated at
50% of full well

Number of bad pixels limited to a maximum of 1% of array total; no bad neighbors
within 5 pixels

14-bit base Camera Link compatible

0.007 ms to 907 ms in corrected preset modes or user programmed in camera clock
cyclesto>1s

Free run, Single line per trigger, programmable exposure, or gated burst

Digital signal, high during integration

Three modes via CC1 or BNC

User set by the duration of trigger signal (minimum ET pulse: 10 ps)

1 clock cycle: nominally 80 ns

50><106pixe|/s

Integrate while read, differential double sampling

Corrections (preset OPR) Factory calibrated gain, offset, and bad pixel replace

*Actual formats and performance governed by usectad SUI linear array purchased with camera (darient may limit longest usable ET)

2 Camera readout noise limited until exposure tiores00 pm pixels exceeds 50 ms in low gain, 10mmédium, and ¥ ms in high gain mode
3 User selectable by command over Camera Link @bkmies

4 Dynamic range limited to maximum values shown wbamera operated at exposure times shorter thars 28
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This camera can acquire A-scans at rate of up #§H& The quantum efficiency (QE) of the
camera within our region of interest, i.e., arod8lum, is more than 80 % (see Figure 3.13).
The camera has 1024 pixels. When operated at maxioaypacitor setting, the specified net
full-well capacity (FWC) of the camera is ~ 1.1 Hectrons, yielding a dynamic range of
~ 73 dB.
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Figure 3.13 The line-scan camer&(I™ SU-LDH,GOODRICH) used in our SD-OC(&) and its typical quantum
efficiency, taken from camera manus)l

Depending on the pixel size of the camera, thenewego options available: the first option
has been with square pixels (25 pum x 25 um) andother rectangular pixels with width
(pitch) of 25 um and height (aperture) of 500 puns. the camera with larger aperture is
relatively easier for optical alignment withoutexdting the resolution of the spectrometer, we

bought the camera with rectangular pixels, i.ep2bx 500 um.

3.3.2.3 Sampling resolution of the spectrometer

The sampling resolutiodid (or do) is an important parameter of the spectrometeatse it
determines the imaging depth (section 3.2.3) afectsf sensitivity fall-off (section 3.3.4).
The sampling resolution depends on the dispersidgheograting, the effective focal lendgth

of the focusing optics and the pitch si¥é of the detector pixel. The expression of the

sampling resolution can be written as

N=WxD

rec?

3.26

where Dec = di/dx is reciprocal of linear dispersion and represeths difference in

wavelength per unit length on the surface of tiyitai detector.

If the incident angle is regarded as a constafferdntiating both sides of equation 3.21 with

respect tal gives the angular dispersi@ang
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_dg, _ g

g = —— m=1; 3.27
® dA  cod,

whereg = 1M is the groove density [grooves/mm]. By invertirguation 3.27, multiplying by
the effective focal lengtifi of the focusing optics and considering =f’ xddy (see Figure
3.14), one gets

_dA _ cosg,
rec dX gf 1

3.28

Converging optics «
(focal length f)

v

P4
i
i

dx = fxd@

dx

v

de. .
1024 pixels [T ] ;BE\; ERERE :BB:

Figure 3.14 Part of the spectrum contained withify avill be translated by f' intox

Combining equations 3.26 and 3.28, the expresdidheothe spectral sampling resolutidh
will be

:W><ﬂ :ﬂcosed. 3.29
dx gf’

AN=WxD

rec

Pixel pitchW and groove density will be fixed once the camera and the gratingsatected,
anddy is also determined from the experimental setupdFs 30°, the diffraction angléy of
the blaze wavelength will béy = 295 - 6; = 2x22°-30° = 14°. However the focal lendth
remains to be determined: one can target to achatler a given imaging depth by
compromising the axial resolution, or the other waynd. We will see later (see section
3.3.3) that in SD-OCT, there is a trade-off betwawaging depth and axial resolution. If one
targets to achieve a given maximum imaging degpth thensl andf’ can be calculated from

equations 3.9 and 3.29, respectively.

In our project, as our target was to improve thialaxesolutionAz of the commercial SS-OCT
system (which waaz = 12 um in air) by at least a factor of two, i&Zequired< 6 M, SO as to
properly view the Schlemm’s canal, getting a higialaresolution with optimal imaging
depth was our design priority. On the other harmchl&nm’s canal is found at a depth of

~ 0.8 mm (with diameter of 0.25 mm) inside the liml{corneoscleral junction). Considering
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a corneal refractive index of 1.38, the imaging tdepf the SD-OCT should at least be
1.45 mm in air. Hencé& should be chosen in such a way that 6 um andznax> 1.45 mm

(in air).

In order to resolve two reflections that are sefgardyAz, the pixel spacingp in the axial
domain (z-domain) should be at leagt= Az/2 [64]. As Fourier transform of real data gives
redundant information, onli/2 the Fourier bins in thedomain contain distinct information.

This implies that the maximum imaging degthxwill be

N Az
Z o= X—. 3.30

2 2

If the total spectral range of the spectrum collddbyN pixels of the line camera IsA, then
d4 can be easily calculated By = AA/N, and from equation 3.5, Ccan be expressed as
117 1 A? AN

Z === . J=——=)7x%d0. 3.31
400 4ANIN N

Taking the ratio between equation 3.30 and 3.3l sastitutingAz = (2In24)x(1,2/A%), the
relation between the required spectral range of the spectrometer and the spectral
bandwidthAZ (FWHM) of a Gaussian light source can be expreased

AN = TZZ XA . 3.32
An axial resolution of 6 um at 1.3 um center wangth can be theoretically achieved by
employing a Gaussian-shaped light source with splebandwidthAA = 124 um (FWHM).
This requires a spectrometer witi = 281 nm. Spreading 281 nm over 1024 camera pixels
gives a spectral sampling resolutidh= 0.27 nm can be achieved. The maximum imaging
depth atéi = 0.27 nm isZnax= 1.56 mm, which is well above the required imagdepth

needed to view the Schlemm'’s canal.

Using equation 3.29, and substituting all the valube required effective focal lengthof
the focusing optics will be

W _ 25x10°

f'= cosg, =
gx oA 600x 0.27x 10°

x cos(14 imm= 154mn. 3.33

If f is too long, the spectral range collected by thecsometer will be narrower than
281 nm, giving rise to an axial resolution thatingerior to the value limited by the light

source. On the other hand, shoftewill collect broader spectral range than 281 nm laver
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the spectral sampling resolution. This will reduttee imaging depth without further

improving the axial resolution.

Note that the above analysis assumes a Gausskansbgrce and can only give us a rough
approximation of the spectrometer parameters bedégsactual light source we have used is
not Gaussian. If the spectral shape of light soigc®r example, rectangular, it can be shown
that the FWHM bandwidtial..; of the rectangular light source needed toArt 6 um is
almost twice of that FWHMA/gaus Of Gaussian spectrum, i.@lrect= 2XA4gaus I this
particular case, by going through the same stepse otan show that
Adrect = Arect = 2XAMgaus 248 nm, which is logical because the width oéetangle does not
change. The spectral sampling resolution and theal fdength corresponding to
Adrect= 248 nm aredirect = 0.24 nm, " =135 mm. The new value ddi. changes the
maximal depth range @~ 1.8 mm. As the spectrum of light we used is neitBaussian
nor rectangular, the actual experimental valueirteging depth will be in between the two

theoretical cases, i.e. 1.56 Mz, x< 1.8 mm.
3.3.3 Trade-off between axial resolution and imaging depth

One of the drawbacks of practical SD-OCT systethas its axial resolution and the imaging
depth range are inversely related. If one wantctoeve an axial resolutioke that is limited

by the bandwidt\/ of the light source, the minimum spectral range(assuming Gaussian-
shaped spectrum) that the spectrometer has tact@lexpressed by equation 3.32. From a
practical point of view, the number of detectorgedN of the spectrometer is finite (often
5012 or 1024). Spreading4 over N will make the spectral sampling resolutiéh finite
(equation 3.31).

Combining these design parameters in one equateget

_2In2_ A% _AZF _ A2 _A7 4 _4
Az=—"—"x = = = X— =—7 .
nt AA MMA noAXN 4mA N N

Equation 3.34 states the experimental trade-offvéen axial resolutiodz and maximum

3.34

imaging deptlzyax of SD-OCT. Increasingl would allow us to increase both the resolution
and imaging depth, bulN cannot be infinitely increased for practical reasd\s a
consequence, high-resolution SD-OCT systems arbzedaat the expense of reduced
imaging depth, or vice versa. In our SD-OCT destgough the target has been improving
the axial resolution, we also considered the faat the depth range of the system should be

large enough to view the Schlemm’s canal.
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3.3.4 Sensitivity fall-off

The other main drawback of SD-OCT is its depth dépet sensitivity fall-off (see Figure
3.15).
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Figure 3.15 lllustration of depth dependent sensitivity falf-of SD-OCT. The plots show that the magnitude of
the axial PSF corresponding to the same mirroredesas as its depth increases. This is due to thle o of
the fringe visibility, which is dependent on theesfral resolution of the spectrometer and the splesampling
resolution.

In section 3.2.1, we have discussed that the sigragnitude of SD-OCT depends on the
amplitude of the spectral modulation of the acglispectrum. This amplitude, as shown in
equation 3.1, is independent of the frequency af #pectral modulation. However,
experimental results show that the same refledtatifeerent depths gives rise to different
magnitude of reflectivity, i.e. though the integsdf light reflected back from the sample

remains the same, the magnitude of reflectivityeleses as the reflector’s depth increases.

In other words, as the modulation frequency in@sashe fringe visibility decreases. This
leads to a decrease in sensitivity to waves reftetom deeper locations within the sample.
Such dependent sensitivity fall-off of SD-OCT isedio the washout of the high frequency
spectral fringes, and is mainly dependent on tvabofa: the resolution of the spectrometer

and the resolution of spectral sampling achievethbyCCD pixels.

3.3.4.1 Qualitative explanation

Let us qualitatively explain this phenomenon by sidaring a spectral modulation
corresponding to a single reflector. The modulatgectrum, as explained above, is measured
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by spectrally separating the various wavelengthpmmments in a spatially defined way. After
focused by the focusing optics, the CCD then samie cosine oscillation by a finite
number of pixels. This process can be thought asipg the light into two systems with
different impulse responses:
» First, the focusing lens spreads a point into #éefi@aussian spot due to the diffraction
limit of the optical system
» Second, the CCD pixel then integrates the interddityght over its pixel area, which
can be thought as imposing a rectangular functiRect on each Gaussian spot.

As the frequency of the cosine modulation increask® fringe spacing becomes
progressively narrower, i.e. the spatial separabiotwo neighboring fringe maxima/minima
on the detector decreases. Due to the limited Spetof the individual maxima, the response
of the line detector to different modulation frequies will be different. The spectrometer, in
this case, can be considered as a low pass fileer,the amplitudes of fringes with high
modulation frequencies are more attenuated tharetloth low frequencies (see Figure
3.16). In other words, the fringe visibility (coast) decreases with increasing modulation
frequency (or imaging depth). As the Fourier transfed signal strength of SD-OCT depends
on the fringe contrast, high frequency terms wiémrtually appear as low light reflecting

sample structures, though the reflector has nat pagsically changed.

L A= DA ] AR | HFOVAUAVRESONE
s
7y =
1| & \$I
£ v_
<
o v > _ >
© @ For the same sample reflector, the _ @
g SD-OCT signal at deeper location S
‘n z, in (b) appears weaker than its %
6 value at shallow depth z, in (2). -
O —4 > S
V4l > ! >
a) Shallow depth b) Deeper location 2 ?

Figure 3.16 lllustration of the impact of increasing depth @il fof SD-OCT signal: the same reflector when
translated to deeper position appears to have erlosflectivity. For a given beam spot size, arrease in the
modulation frequency (due to an increases in tlleater’'s depth) decreases the fringe amplitudef ioige
contrast). As SD-OCT signal magnitude (reflectivigfter The Fourier transform is directly propontd to the
amplitude of modulation, a reflector at shallow theqa (a) gives rise to stronger signal than the sarflecter at

a deep location, (b) in the sample.
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This phenomenon becomes more significant when plo¢ size of the beam on the CCD
increases as shown in Figure 3.17. This is becassthe beam spot size increases (b), the tall

of the Gaussian-shaped beam profile extends tdbergqg pixels, thereby further decreasing

the fringe contrast.
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a) Smaller beam spot b) Larger beam spot

Figure 3.17 lllustration of the impact of increasing beam spotfall of SD-OCT signal. For a given reflector at
depthz, larger beam spot (b) allows the Gaussian beaaxtend to neighboring pixels, thereby decreasieg th
fringe contrast and the SD-OCT signal than smdlleam spot (a). The situation gets worse at deeplesam

locations than shallow ones.

3.3.4.2 Quantifying the sensitivity fall-off effect

The actual spectrometer’s spectral resolution dependhe size of the beam spot in the focal
plane. Assuming a Gaussian beam profile i the FWHM of the beam spot on the CCD,
the FWHM of the actual spectral resoluti®n is given by

so'=dx3% =gx L N -1 4,p 3.35
dx A dx A,
Assuming that the spectrum is linear with respecspatial frequency, the rectangular-
shaped CCD pixels integrate the spectrum overeitgiver area, which can be thought as
imposing a rectangular functiorRéct” on each Gaussian beam spot. If the physical pixel

width isW, then the sampling resolutioea by the rectangular CCD pixels will be

oo =W <47 :Wxizd—/] :—12 Wx D,.. 3.36
dx A dx A,
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And theRectfunction is given by
0 for|o Ll
2

Rec(iJ =1 foro] _99 3.37
oo 2 2
1

for | <99
2

The graphical illustration of sensitivity fall-offffect due to the limited sizes of beam spot and
pixel CCD pixels is given in Figure 3.18.
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W is the physical pitch

d is the physical FWHM size of beam spot width of a single pixel
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(given by equations 3.35 and 3.36)
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Figure 3.18 lllustration of sensitivity fall-off effect due ta) the finite spectral resolution of the spectrometer

(related to the limited beam spot size) &opthe finite sampling interval of the spectrum (retato the physical
size of the detector pixels).
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The convolution of the finite Gaussian beam spahthe finite rectangular sampling interval
becomes a multiplication after the Fourier transfoand the sensitivity reductioR as a

function of imaging depth can be easily derived from equations 3.35 and 8s3@8]

R() = {Si”(”x oo ZZ)T X[exp( 2127 2z)2H2

JTxX 00X 22 2

In
2
:>R(Z)=sinc2(lxijxexp{—n2x w X—Z]}
2 z, 8in2 { z_,

ax

Wherew=i_—a :% is the ratio of the spectral resolution (FWHM) he tsampling interval.
o}

By analyzing equation 3.38, the dependence of seihgifall-off on each parameter can be

extracted and separately analyzed.

3.3.4.2.1 Sensitivity fall-off due to finite sampling interval

Considering the sinc’ function part of equation 3.38, its argument earwith respect to the
sampling interval or spectral sampling resoludenwhich in turn depends on the pixel width
W and the reciprocal linear dispersibn. (see equation 3.36). W or D.. decreases, the
sensitivity falls slowly with respect ta However, if one wants to achieve a source limited
axial resolutiorAz using a given limited numbét of detector pixels, decreasiVg requires
increasingDrec. When we fix the axial resolution, we are alsarfixthe spectral rang&1 of

the spectrometer (see equation 3.32), which in fixes the spectral sampling resolutidm
according to equation 3.31. Onge is fixed, as far as equation 3.36 is maintainew can
choose any pixel si2&/ without affecting the 8inc’ factor of sensitivity fall-off. Hence based
on the availability of the camera, the right specteter that matches the pixel size can be

designed.

If Drec Of the spectrometer is designed in such a way ttietline scan camera with 1024
pixels having a pitctW = 25 um collects the source spectrum of specarajgA1 = 245 nm

centered at 1300 nm, the spectral sampling intemdlthe maximum imaging depth will be

50:(245nm/104_

—+=0.14 mm" and z,,,= mm=1.8 mm.
(1300 nn)

4x0.14
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For such experimental configuration, the theorétmat of sensitivity fall-off due to the
“sinc’ function is given in Figure 3.19. Note that at z,.x= 1.8 mm, sensitivity falls nearly
by 4 dB.
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Figure 3.19 SD-OCT sensitivity fall-off effect due to finite wgling interval of a spectrometer that collects a
spectral range of 245 nm using 1024 CCD pixels daohng a pitch width of 25 um. This correspondsato
theoretical sensitivity fall of ~ 4 dB at the enftlee depth range&.x= 1.8 mm.

3.3.4.2.2 Sensitivity fall-off due to finite spectral resolution

The Gaussian function part of equation 3.38 refethe sensitivity reduction due to the finite
spectral resolutiorde’ of the spectrometer. A spectrometer with high spéagesolution
(smaller value obg’) yields a slowly falling sensitivityde’ depends on the average beam
spot sized (FWHM) on the detector plane and the reciprocaédr dispersioD. (see
equation 3.35). The larger the beam spot, the ldhespectrometer resolution and the faster
the sensitivity fall-off with increasing the imagindepth. Hence keeping the beam spot
smaller helps reduce the fall-off. A focusing lemsh short focal length can reduce the spot
size. However, as the focal lengthis inversely proportional t®.. (see equation 3.28),
decreasing’ proportionally increaseBe., ending up with the same valuedf. The beam
spot size can independently be controlled by chrantie beam diameter at the input of the
spectrometerD,ec can be decreased by choosing a spectrometer wthgnoove density
(see equation 3.28), but for a source limited rggmh SD-OCT, the choice @, is dictated

by the required spectral range of the spectrometer.

Consider the above example wh&g. is designed in such a way that the line scan camer
with 1024 pixels having a pitchV=25 um collectsA4 = 245 nm centered at 1300 nm,
resulting in znax= 1.8 mm. Figure 3.20 shows theoretical plots efsgivity fall-off for
different beam spot sizes, varied by changing tikntated beam diametd at the input of
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the interferometer. An optimum value of the beart §ize is when it is equal to the size of
the CCD pixel pitch widtiw.
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Figure 3.20 SD-OCT sensitivity fall-off effect due to finite sptral resolution of spectrometer that collects a
spectral range of 245 nm using 1024 CCD pixels éaestng s pitch width of 25 um. As shown in theded, as
the spot size to pixel width ratio increases, thasgivity falls rapidly. Wherd =W, the sensitivity falls by

~ 8 dB, and whed = 2W, the sensitivity fall-off is about 32.7 dB.

The combined theoretical sensitivity fall-off at thed of the depth range due to finite spectral
sampling interval and finite resolution of the Spemeter for a beam spot size that is equal to
the width of the detector pixel is about 12 dB inm eMperimental configuration (see Figure
3.21).

Sensitivity fall-off (dB)
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Figure 3.21 Combined sensitivity fall-off due to the two effedor a beam spot size that is equal to the sizbeof

detector pixel. In our experimental configuratiartotal of nearly 12 dB fall in sensitivity can beted from the
plot.

3.3.5 Spectral calibration

In the previous sections, we have seen that the&aft-sn SD-OCT is computationally

reconstructed from the acquired modulated spectoynperforming the Fourier transform
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from spatial frequency to imaging depthz (see equation 3.1 and 3.3). Asand z are
conjugate variables, Fourier transform requires da¢a to be uniformly spaced in
However, the grating based spectrometer of SD-O@drated at small diffraction angles
disperses the light on the CCD pixels almost im@ar fashion with respect to wavelength,
and ass and/ are inversely related, the spectrum will be noriemmly sampled ins. If one
applies the Fourier transform directly on this nonformly sampled dataset, both axial
resolution and sensitivity fall-off of SD-OCT wilbe much worse than the theoretically
predicted values given by equations 3.6 and 3.3&ravthe spectrum has been assumed to be
uniformly spaced ino. As the acquired data by the spectrometer doesobely this
assumption, the ultimate goal of spectral calibrgta very important step in SD-OCT design,

is therefore to get a dataset that is uniformlycspanc.

Spectral calibration is the process of determirtimg wavelength-to-pixel mapping, i.e., the
exact wavelength of the light falling on each CCDepiis determined [65]. Once such
wavelength-to-pixel mapping is done, using thetretes = 1/4, the dataset is interpolated at
new values of to have equally spaced datasinAfter this, Fourier transform can be applied

to reconstruct A-scans.

3.3.5.1 Hardware approach

Spectral calibration can be achieved with the Usene or more single wavelength lasers
whose wavelengths lie within the spectral rangeoaof interest. In theory, if all the

geometrical parameters (light incident an@legroove density, focusing optics focal length

f and pixel width) of the spectrometer are knower the knowledge of a single wavelength
mapping on one of the detector pixels is sufficienanalytically deduce the corresponding
wavelengths associated with all the other pixet®sweler, in practice, geometrical parameters
such as the orientation of the grating and thedeni angle of light hitting the grating are not
precisely known. So the theoretical equation mayymtl an accurate result. To overcome
this issue, one can treat those parameters as wnkveriables, register the pixel locations for
as many known spectral lines as there are unkn@sengeters, solve the fitting equation for
all those unknowns and deduce the wavelength-telpixapping using the fully defined

fitting equation.

As we are working in the spectral range of roudt89P0 nm £ 125 nm, the first challenge of
such hardware-based spectral calibration methodinding multiple narrow linewidth
calibration lasers within this spectral range. eeond challenge is that once the calibration
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is done, touching any translation stage or changorge optics in SD-OCT system requires

re-doing the whole physical calibration process.

In our SD-OCT design, we have used a substantdiffgrent and convenient numerical
calibration method without the use of calibrati@sdr (s). This method does not involve
wavelength-to-pixel mapping. It is rather basedeatraction and linearization of the non-
linear phase of the modulated spectral interfemgaasociated with arbitrary single reflector
placed at any depth (within the depth range) insdraple arm.

3.3.5.2 Phase linearization method (Numerical approach)

Looking at the signal term of the acquired intevtgam (see equation 3.1), the depfland
wavelength. dependent phaseis given by

¢:2770><5:47”zo. 3.39

Equation 3.39 tells that for a given value of deptha linear variation of wavelengihgives
rise to a non-linear variation of the phasef the spectral interferogram.

Figures.22 (a) shows a simulation of this effect using thikofeing parametersz, = 10 um
andimin=1 uM,Amax= 2.023 pm, with uniform wavelength spacing of Am. As we can see
in Figure 3.22 , the fringe period is narrower le feft (shorter wavelength region) than on

the right (longer wavelength region).
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Figure 3.22 Simulation of a raw spectral interferogram acquibgdthe spectrometer plotted as a function of (a)
wavelengthi and (b) pixel indexN; (b). The spectral fringe corresponds to a singieme reflector. When
plotted with respect té (or N;), the modulation is distorted. Spectral calibnatie required to evenly sampled
data ino before applying the Fourier transform.

Figure 3.22 (b) shows a simulation this modulagectum acquired with a line camera that
has 1024 pixels, each pixel detecting a spectrajaaf 1.0 nm. The x-axis in this case is

pixel index, instead of wavelength. Comparing (ajl 4b), we see that the two plots look
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similar except a change in x-axis. In both casés, $pectral modulation is distorted,

indicating that the phase is non-linear.

The Fourier transform of this distorted spectraéiferogram gives a broadened axial PSF.
Had the spectrum been evenly sampled iomain, the single reflector would yield a raw
SD-OCT signal having a linear phase. The phasaviation method of spectral calibration
involves extraction and linearization of the namekr phase associated with the distorted
spectral modulation. The CCD pixel indices are timderpolated at those new values of the
phase, giving new set of pixel indices (that maybe-integer) having non-uniform spacing.
Finally the spectrum is interpolated at those neluesof pixel indices to have non-distorted

spectrum, which is uniformly spacedadr{see Figure 3.23).
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Figure 3.23 Numerical calibration procedure: starting with atdited signal in panel 2 that is non-uniformly
spaced irp, a signal with uniformly spaced dataset is ob@imepanel 7 via a numerical method of spectral
calibration by extracting and linearizing the namelr phase as explained in panel 3 to 6. Aftelyamp the
Fourier transform, the corrected signal gives aavaiaxial PSF (step 8) compared to the one shovpainel 3.
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The phase is extracted by computing the inversgetatrof the ratio between the imaginagy
and the real. part of the complex data that is obtained aftgplyapg inverse Fourier

transformation on the filtered data (panels 3 anjé3]

¢= tan‘l(:‘—mj : 3.40
When unfolded and plotted, the extracted phase steowon-linear trend and non-uniform
spacing with respect to uniform CCD pixels (stepH)e phase is then uniformly sampled

with a constant step size given by

Phasg,, = Phas%a’il - lphas‘fﬁ“ , 3.41

whereN is the number of CCD pixels.

This uniformly spaced (linearized) phase is theadu® interpolate the new pixel indices
(step 6). Note that these newly generated pixac@slhave non-integer values (and do not

have physical significance).

Finally, the raw spectral interferogram is integiet at the new pixel indices, and the plot of
the signal (panel 7) does not show distortion enrttodulation; and the Fourier transform will
yield the proper depth profile, which is approxisigta “delta” function located at depth
(panel 8). The pixel indices are saved as a caidordile which will be used to interpolate all
the subsequently acquired raw SD-OCT data. This, \@agpectral calibration is achieved
numerically without using calibration lasers, aridsome need arises to re-calibrate the
system, all we need is a single reflector (mirrand the procedure is repeated and a new
calibration file is saved. Experimental resultsaotséd using this method will be presented in

the next chapter.
3.3.6 Image processing steps

Unlike conventional microscopy, SD-OCT requiresesal’data processing steps (see Figure
3.24) before the final image is reconstructed. Impgecessing is therefore the most time
consuming stage of SD-OCT. For real-time imageldispmage processing can become the
bottleneck. Fast image processing requires the afsenultiprocessor workstations, or
specialized hardware such as digital signal prazsesén our SD-OCT system, we have used
a personal computer (HP workstation with E8400, 3fétessor and 2GB RAM).
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The main SD-OCT image processing steps are sumedanz-igure 3.24.

Data I(A) | Background |[I(A)| Spectral I(c)| Fourier |i(z) | Axial profile
Acquisition | subtraction | calibration | Transform |  (A-scan)

Figure 3.24 Main image processing steps of SD-OCT

At the start of the imaging experiment, the backgu signal is recorded by blocking both
arms of the interferometer independently. The bemkgd signal includes the DC terms
caused by the reference mirror, sample reflectibask-reflecting interfaces in the system,
and ambient irrelevant signals (such as room orpcten screen lights). This recorded
background signal is automatically subtracted feanh subsequent signal as the acquisition
progresses. As the system is not perfectly stabéepbackground signal can be affected by

any drift in the system. Practically, a new backm image has to be acquired periodically.

The next step is spectral calibration. A numericalibration method based on phase
extraction has been employed to have uniformly eppatata points with respect &0 The
accuracy of interpolation can be improved by usgagp padding technique. Zero padding is
done after applying the Fourier transform, and tineerse Fourier transform is performed to
increase the data points before interpolaton. Wsuradreasing the number of data points by a
factor of two to four times is sufficient for thagpplication. This certainly increases the image
processing time. Finally the Fourier transform efprmed on the resampled dataset to get
the required A-scan with narrow axial PSF. As thereedundant information due to the
Fourier transform of real signal, only half of tReurier transformed data is kept. If the DC
term has not been properly removed at the beginitingll appear around the zero depth in
the final image. As its presence prevents propsualization of features located at deeper

locations, it can also be removed at this stagegoging the zero depth region of the image.

3.4 Conclusion

In this chapter, we have discussed the principhestachnical considerations of designing a
high-resolution SD-OCT system for imaging the Soi@s canal. We have shown that the
cross-sectional image of an object can be compuizty reconstructed by analyzing the
spectrum of the interfering light at the output tbe Michelson interferometer using a
spectrometer. In the SD-OCT modality, the entiralgxrofile of the object is acquired in one
shot without the need of scanning the reference. &oth the acquisition speed and
sensitivity of SD-OCT have been shown to be bektan that of TD-OCT.
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Looking at the optical properties (absorption andttering) of biological tissues, the long
wavelength range of the therapeutic window arouduin is preferred in order to image the
Schlemm’s canal in highly scattering sclera andheteus cornea. However, because of the
2?IA) dependence of the axial resolution, high-resoluB@ROCT imaging at 1.3 um center
wavelength requires a light source with extremetyad bandwidth. It has been shown that
the spectral bandwidth of the light needed for imgat 1.3 pum center wavelength needs to
be 2.6 times larger than the one at 0.8 um, inradenaintain the axial resolution. Finding
such a broadband light source, dealing with th@edt®@on management and designing a
broadband spectrometer are some of the challengésgbfresolution SD-OCT at longer

wavelength.

If the spectrometer is not broad enough to coltbet source spectrum, the actual axial
resolution will eventually be limited by the spectreter and will be inferior to the
theoretically predicted value. On the other hahdhe spectral range of the spectrometer is
broader than the spectral range of the light squhmespectral resolution of the spectrometer
will be lowered. One of the drawbacks of SD-OCTtssdepth dependent sensitivity fall-off.
If the resolution of the spectrometer is too loke sensitivity falls too fast with depth. Given
the finite number and size of detector pixels,\& gpectral resolution of the spectrometer is
translated to a low sampling resolution, i.e.,spectral range that each detector receives gets
broader that the spectrometer’s resolutions deese@ue to the Fourier transform operation,
such low sampling resolution gives a reduced inggiepth. Hence the performance of SD-
OCT system is directly dependent on the desigmafimum spectrometer.

The other important stage of SD-OCT developmenspectral calibration. The A-scan
reconstruction using Fourier transformation recgiitbe acquired data to be uniformly
sampled in spatial frequeney However, in a grating based interferometer, thgquaed
dataset is nearly uniformly sampled in wavelengthnd ast ands are inversely related, the
dataset has to be spectrally calibrated in ordarniformly sample it ino. Otherwise both
axial resolution and sensitivity of the system wk much worse than the theoretically
predicted values. In this dissertation, a numerioathod of spectral calibration based on
phase extraction and linearization has been exmlaiAs SD-OCT requires several data
processing steps before the final image is recoctst, image processing is the most time
consuming stage of the SD-OCT system. In the nbgpter, the characterization of the

system performance and its demonstration will lesemted.
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demonstration

4.1 Introduction

In the previous chapter, we have discussed theiptas and technical considerations of SD-
OCT design. We have shown that in SD-OCT, the nmaiaging parameters such as axial
resolution, sensitivity and imaging depth rangedirectly affected by the design parameters
of the spectrometer, and depending on what we whatspectrometer can be specifically
designed to meet our need. In our case, the gaalbkan the development of a high-
resolution SD-OCT system in order to properly vighe Schlemm’s canal of the human eye

that is located inside a highly scattering medium.

In this chapter, the experimental setup of the magolution SD-OCT developed for this
application will be explained. Characterizatiortlod system’s performance will be presented
and compared to the theoretically predicted valudse experimental results of depth
dependent degradation of axial resolution and seitgiwill also be given. The importance
of spectral calibration and zero padding for impmgvthe sensitivity fall-off and axial
resolution will be demonstrated. Finally, imagestled Schlemm’s canal and other samples
will be given to demonstrate the performance ofsysem.

4.2 Experimental setup

The complete design of our high-resolution SD-O@3tem, as reported in the jourr@ptics
Communications[54], is shown in Figure 4.1. It mainly consists af broadband
superluminescent (SLD) light source, a Michelsaerfierometer with a transversal scanning

system in the sample arm, a spectrometer and ar@rsomputer (PC).

4.2.1 Materials

The illuminating light source, as presented in ceapt is composed of a combination of two
spectrally shifted broadband SLDs. The combinatbrihe two SLDs gives an extended
broadband light source that provides shorter cotveréength and better axial resolution than
we could get with one SLD alone. The output povepectral bandwidth and shape of the
combined SLD light source can be controlled to dage extent by independently changing

the current drive and the temperature control chealLD. The typical spectrum of the output
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light we got has a bandwidth of 200 nm centered.atum wavelength. The currehtand
temperaturd of SLD A and SLD B have been setlfo= 398 mA,lg = 469 mA,Ta = 14 °C,
Ta = 28 °C respectively.

Spectrometer

_ ] Bl

LSC
Galvo | | DAQ
Driver
CL
SLD light e \
source GM
1.04

08 m f\m Scan
\ )i lens
% 200 nm/\‘m
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SLDA ‘ SLDB
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Typical SLD emission spectrum, as RM

cornea
measured by OCT spectrometer

Figure 4.1 Experimental setup of high-resolution SD-OCT. Cbllimating lens,D: beam diameter, CBS: Cube
beamsplitter, DC: dispersion compensator, ND: r¢atensity filter, RM: reference mirror, GM: galv@netric-
mounted mirror, LFOV: lateral field of view, GR:ajing, FL: focusing lens, LSC: line-scan camera(DAMata
acquisition board, PC: personal computer.

Light from the SLD source is delivered by a singlede fiber P1-SMF28E-FC-1, ThorlaBs
and is collimated using a collimating optié2B0APC-C, Thorlahs The measured diameter
D of the collimated beam at the input of the interfeeter isD = 4.6 mm. The light is then
split between the sample arm and the referencebgrenbalanced cube beamsplittBS015,
Thorlabg. A continuously varying neutral density filteDL-25C-2, Thorlabswith optical
density between 0.04 and 2.0 is placed in frontaakference mirror (silver) in order to
control the effective reference mirror reflectivitgnd optimize the sensitivity and
autocorrelation terms of the system [66]. A galvaeter-mounted mirror in the sample arm
(6210H, Cambridge Technologenables transverse beam scanning on the sampée. T

voltage that derives the galvo-mirror is generdigdh function generatoB88220A, Agilent
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The function generator is connected to a compuiGRIB card. This allows us to control
the shape, magnitude and frequency of the galwedroltage directly from the computer.
For imaging non-moving samples with large transvéisld of view, a motorized translation
stage can also be used. A telecentric scan le8MQ2, Thorlabk focuses light onto the
sample and collects the backscattered light. Aatspn compensato §M02DC, Thorlabs

in the reference arm is used to balance a dispersismatch in the interferometer introduced
by the scan lens. A spectrometer, located at thpubwf the interferometer, consists of a
diffraction grating GR25-0613, 600 lines/mm, Thorlapbsn achromatic doublet (120 mm
focal length) and an InGaAs linear array detec®U-LDH Digital Line Scan Camera
Goodrich. The linear array camera acquires the specttatferogram and transfers the 14-
bit digital data to a personal computétR workstation with E8400, 2GH processor, 2GB
RAM) equipped with an image acquisition caNl PCle-1427, National InstrumentsThe

maximum line rate of the camera is 46 kHz.

4.2.2 Methods

An automated graphical user-friendly interface (HUlor image processing and
synchronization of the different hardware compose(tamera, galvo-driver, function
generator, etc) has been developed using Labvieatlab has also been used for doing the
numerical spectral calibration. A screen shot of ihierface is shown in Figure 4.2. In the
GUI, the panels marked 1, 2 and 3 represent tlier€lift steps of image processing discussed
at the end of chapter 4.

In panel 1, the program performs two processesdismlays the result. The two processes
are:

% Removing the DC background

% Performing spectral calibration

4.2.2.1 Removing the DC background

At the beginning of each experiment, it is impottém save the strong background signal,
mainly coming from the reference mirror. This isndoby blocking the sample arm and
clicking “Remove RL” button on the GUI. This savedlue is then subtracted from the
subsequent spectral interferograms that correspordifferent transverse locations on the
sample. This process also removes any other rneffescfrom the optical setup, room light

and/or computer screen light.
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As we can see from the plot in panel 1, after remp\his strong background signal, the
interferometric signal is still riding over anoth@latively small DC term (~ 1% of the value
at saturation) coming from the sample. Sample D@ t&@n be removed either by:

» Saving the sample DC signal at the beginning of ékperiment by blocking the
reference arm and subtracting it from the subsequentSD-OCT signals like what
we did for reference arm light or

» Zeroing the signal around the zero depth in theomaln later after the Fourier
transform (i.e., in panel 2) because DC terms gelyelmappear around=0 in

reconstructed A-scans.

Usually, the second method is preferred for oue deecause when we subtract the reference
light, we also remove the inherent reflections dnahg the same procedure for sample light

may affect the effectiveness of background lightoeal.
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Figure 4.2 Screen shot of our home-made graphical user-fieimtérface (GUI) for SD-OCT image processing
and for synchronization of the different systemdweares (camera, transverse scanner, etc).

4.2.2.2 Spectral calibration

The other important process done in panel 1 oatiwre GUI is spectral calibration and data

resampling. The ultimate goal need of spectralbecation, as discussed in chapter 3, is to
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have a uniformly sampled data énbecause the data acquired by the spectrometemis no
uniformly sampleds. If one omits spectral calibration step and dlyeepplies the Fourier
transform on the acquired spectral spectrogranetonstruct A-scan, both axial resolution
and sensitivity will be severely degraded. Figurg shows the axial PSF plot (without any
calibration) of an attenuated mirror placed at ndiferent axial positions. The distance

between each axial position of the mirror was ~ gt
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Figure 4.3 Uncalibrated experimental axial PSF corresponding single mirror at different axial positions. The
mirror has been axially translated with a step @08 um. Note that as the imaging depth incredsat$, the
width and magnitude of the axial PSF significartBcreases, leading to depth dependent degraddtimxiad
resolution and sensitivity fall-off.

From Figure 4.3, we note that as the imaging deqiteases, both the FWHM and magnitude
of the measured signal decrease significantly. Tgads to a depth dependent degradation of
axial resolution and sensitivity fall-off of the SDCT system. For example, when the mirror
is placed at 120 pm from the zero path length diffee ¢ = 0), the FWHM of the axial PSF,
which defines the axial resolution, Az = 53 um. And forz=520 pm,Az =230 pm. As we
keep on going away from= 0, neighboring axial PSFs start to overlap. ffeoretical axial
resolution for44 =200 nm and, = 1.3 um isAz= 3.7 um, assuming a light source with a
Gaussian-shaped power spectrum. Such large differdmetween the theoretical and
experimental values of axial resolution comes frdm fact that the acquired spectral
interferogram has been non-uniformly sampled.imrhe width of the axial PSF is further
broadened by the effect of non-uniform samplingimiprove such a severe degradation, each
acquired spectral interferogram has to be resampjeah appropriate calibration file before

applying the Fourier transform.

A calibration file for our SD-OCT is generated bpgng a single reflector (silver mirror) in
the sample at an arbitrary depth=(310 um in our case but not necessarily knowhe T

acquired raw spectral interferogram is shown inufeég4.4 (a) (left axis, in blue). The
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horizontal axis, running from 0 to 1023 with unifointerval, corresponds to the pixel index.
As wavelength is directly proportional to the pixebex, the wavelength also increases

linearly with the pixel index.
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Figure 4.4 Acquired spectral interferogram ((a), left axisdathe non-linear phase (right axis). The period of
modulation in the short wavelength region is nagothan the long wavelength region, giving risalistorted
modulation. Fourier transforming the distorted iféeogram gives an axial PSF that is much wider gamad to
the theoretical value (3.7 pm).

The envelope of the modulated spectrum (represdaytéke dotted green curve) corresponds
to the spectrum of the light sourcei(= 200 nm,/J, = 1.3 um). The spectrometer is designed
to achieve source-limited axial resolution, i.ee thhole spectral width of the light source is
collected to maximize the axial resolution. Thisresponds to a theoretical axial resolution

of Az= 3.7 um.

Looking closely at the left and right side of thedunlated spectrum, we observe that the
modulation is a distorted one (fringe spacing naemoon the left than on the right). If the
modulation frequency is too high, the left tail tbe spectrum becomes under sampled and
irretrievably lost while the right tail of the sgman is within the Nyquist limit. This
phenomenon is called partial aliasing [67] and kbuates to the depth dependent signal fall-
off.

Figure 4.4 (b) shows the plot of axial PSF whenrkeosuransform is directly applied to such
distorted modulation without any calibration. It8/HM is about 140 pm, which is very far
from the theoretical value of axial resolution tieaB.7 um. The non-linear phase associated
with the distorted modulation is extracted and teldbtin Figure 4.4 (a) (right axis). The

second order non-linear coefficient is 0.0002.
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The nonlinear phase is linearized and plotted Eigub (a), right axis. We see that the second
order term of the linearized phase is very smal(L compared to its value before
linearization (0.002). When the pixel indices areeipolated at the new linear values of the
phase, we get a new set of non-linear pixel ind{pes-integer at this time). This new set of
pixels is saved as aalibration file in the computer. The spectral interferogram isnthe
interpolated at the new non-integer pixel indicEise resampled interferogram is shown in

Figure 4.5 left axis, and is no more distorted.
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Figure 4.5 Linearized phase ((a), right axis) and uniformlynpéed spectral interferogram ((a), left axis)). iib)
red shows the corresponding axial PSF after eldom and the axial PSF in blue before calibrat@alibration
improves both axial resolution and SNR.

The Fourier transform of the resampled data, shiowiRigure 4.5 (b) in red color gives an
axial PSF that has ~ 4 um width (FWHM), which issd to the theoretically predicted axial
resolution (3.7um). The blue curve shows the axial PSF before cdidoraComparing the
two axial PSFs, it is obvious that performing spaatalibration improves not only the axial
resolution but also the SNR. In this specific exlanthe SNR has been improved more than
15 dB at this specific depth (z = 310 um). Hencdopming spectral calibration enables to

significantly improve the accuracy and quality k¢ image.

Unless one translates the camera or some optitedpectrometer, no further calibration is
needed. The calibration file that is generatedofwe arbitrary depth is saved in the computer
and used to interpolate all the subsequent speatrg Figure 4.6 shows the comparison of
experimental axial PSF obtained before calibrafdwited curve) and after resampling (solid)
of each spectrogram with the calibration file tisagenerated for a given spectrogram. From

Figure 4.6, we see that spectral calibration sigaiitly improves axial resolution and
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sensitivity fall-off. However the sensitivity fatlff that is inherent to SD-OCT is still
observed. This effect will be characterized in isect.3.3.2
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Figure 4.6 Axial PSF before calibration (doted curve) and raftelibration (solid curve). We see that spectral
calibration significantly improves axial resolutiand sensitivity fall-off.

4.2.2.3 Removing the complex conjugate and autocorrelatitifaats

The complex artifact, autocorrelation and some reimg DC terms are removed in panel 2
of Figure 4.2. In chapter 3, section 3.2.2, we rehvawvn that Fourier transformed signal gives
identical images (complex conjugate artifact) onhbgities ofz = 0, leading to confusion in
image interpretation. The complex conjugate artifaccemoved by keeping the sample on
one side of the zero path length and displaying thre positive or negative distances. Hence
out of 1024 Fourier bins, only 512 of them havefuisend distinct information, the other 512
bins contain copy of the same information. The o#réfact that is removed in this panel is
the autocorrelation term that results from the rautaoterference between reflections within
the sample. Usually this term appears at a shatlepth aroundz= 0. It is customary to
displace the reference mirror by 150 um to 200 ppm1z = O position so that the surface of
the sample shows at a location beyond the autdatioe structures, and then the shallow
depth range is numerically zeroed in the images Phnocedure also gets rid of any DC term

that was not properly removed in panel 1.

Finally, in panel 3, adjacent A-scans that corredpimnadjacent transverse sample positions
are stitched together numerically to give crosgiseal OCT image. From the GUI, the user
can choose the number of A-scans (or lateral pixatsl the image processing system will
automatically translate them into the correspondiizg of lateral field of view (LFOV) that

needs to be acquired and displayed. The relationda® the LFOV and the drive voltage to
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the galvanometric-mounted mirror that scans therbea the sample has been calibrated and

incorporated into the program.

4.3 System characterization
4.3.1 Spatial resolutions

4.3.1.1 Transverse resolution

The transverse resolution of images obtained fromSD-OCT systems, like other scanning
imaging systems, is determined by the size of twded beam spot on the sample (see
Figure 4.7).

D=4.6 mm
Telecentric
f =18 mm
scan lens
Transverse resolution
A 4 f
Ar(X,y)=2—2>=—2x—
ma 1T D
Ar

Figure 4.7 Schematic diagram of sample arm optics of SD-OCT.

The beam focus size depends on the focusing optidsthe wavelength of the illuminating
light. With a collimated Gaussian beam profile Imgvia measured beam diameter of
D = 4.6 mm and a telecentric scan lens with an g¥kedocal length of 18 mm, the transverse
resolutiondr of our SD-OCT iAr = 6.5 um. This is almost 4 times better than thesverse
resolution of the commercially available FD-OCT @®1300SS, Thorlabs).

4.3.1.2 Axial resolution

The axial resolution of our SD-OCT, as explainefbiee is determined by the spectral shape,
bandwidthAA and center wavelengtly of the light source that is used for illuminatidrne
spectrum of the light source, as measured by th€ §géctrometer, is given in Figure 4.8 (a)
(solid curve). By comparing with a commercial spewcteter, we found that the typical
emission spectrum collected by the spectrometerahaandwidth oiAA = 200 nm (FWHM)
centered afi, = 1.3 um. The current drive and temperature settofgSLD A and SLD B
were I =390 mA, Ta=14 °C, Ig =469 mA andTg = 28 °C, respectively. Changing the
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current and temperature settings changes the optpur, bandwidth and center wavelength
of the emitted light.
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Figure 4.8 (a) Emission power spectrum of the light source (solidse) that is collected by the spectrometer. SLD
A and SLD B (dotted curves representing the emissigectra of each diode) are combined to increlase t
spectral bandwidth of the illumination light sourcBhe effective spectral bandwidth after combinatie
200 nm at FWHM centered at 1.3 ps). The corresponding axial PSF obtained with simutabtig considering
the actual detected spectral shape and spectgg.ran

If the spectral shape of the light source is assutoehave a Gaussian shape, the theoretical

axial resolutiomzin air will be

However, the actual spectral shape is not Gauss$iaa .plot of the axial PSF obtained with
simulation by taking the actual non-Gaussian shafpthe spectrum into consideration is
given in Figure 4.8 (b). As we can see, the FWHMh& axial PSF, which is 3.9 um, is a
little bit broader than 3.7 um which is obtained dgsuming Gaussian spectrum. However,
the main difference between the simulated and #tigat axial PSF is rather the shape of the
axial PSF. Gaussian-shaped axial PSF does notdiwd@dobes, whereas the simulated axial
PSF shown above does have side lobes. Side lolwes umalesirable effects because side
lobes from a strongly reflecting layer in a samgde mask the central PSF signal of low light
reflecting layers that may be located immediatdlgve or below it. In SD-OCT, as we have
access to the spectral property of the light squadditional imaging processing algorithm

can be employed to reduce the undesired effetteo$ide lobes.

The experimental axial resolution is determinedhisasuring the FWHM of the PSF that is
obtained in panel 2 of Figure 4.5. Fourier transfoof the acquired spectrum, after
resampling, gives the PSF as a function of Founies (pixel indices after the Fourier
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transform become Fourier bins in z-domain). To @hwbins into actual depths, depth
calibration is required. This is achieved by tratialy the single reflector by a known step and
noting the number of bins the PSF peak has shiftech its original location. The

experimental axial PSF determined this way is ptbih Figure 4.9, and its FWHM is 4 pm,
which is close to the theoretical value.
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Figure 4.9 Experimental axial PSF measured as FWHM.

4.3.1.3 Degradation of axial resolution with depth

The experimental axial PSF given in Figure 4.9 egponds to a sample demthk 0. In free
space, the same axial resolution is expected witiendepth range of SD-OCT. However,
experimental results indicated that the axial nesmh is degraded with an increase in imaging
depth. Using a single reflector as a sample, werdebed the FWHM axial PSF (i.e., axial

resolution) for various axial locations. The ressiplotted Figure 4.10.
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Figure 4.10 Evolution of axial resolution (measured at FWHM}wimaging depth. The FWHM of the axial PSF
of a single reflector is measured at 10 differedmlgpositions.

At depths smaller than 600 pum, the free space adablution was measured to be
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approximately 4.0 um, which is close to the theoattvalue calculated from the source
bandwidth. At the end of the depth range, the a®isblution is around 6 pm.

This degradation is due to the interpolation eafohigh frequency fringes. The interpolation
accuracy of high frequency fringes that corresptnidrger depths can be improved by zero
padding technique, i.e., the number of data pasmisst increased before interpolation. This
is achieved by performing the Fourier transformmpzeadding, performing the inverse Fourier
transform and then finally interpolation (see Fiegdrll).

Data R Fourier R Zero | Inverse Fourier R Data
acquisition "| transform "| padding g transform

interpolation

Figure 4.11 Steps of improving the accuracy of data interpolatising zero padding.

Increasing the numbers of padded zeros improveadberacy of interpolation at the cost of
increasing the data processing time. When we igeréd@e data points of the acquired data by
4 times (i.e., 3072 zeros are padded), the degosdaft axial resolution at the end of the
depth range has been improved by 1 um. (see FHglge )
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Figure 4.12 Evolution of axial resolution with imaging depththdut (black color) and with (red color) zero
padding. Zero padding minimizes the degradatioaxidl resolution but it also increases the comjutatime.
In this specific case, the number of data pointsbeen increased by a factor of 4. The purposecoéasing the

data points is to reduce the interpolation errotrdure-sampling of the spectrum to have equalbcsp dataset
with respect to spatial frequenegy

4.3.2 Sensitivity and dynamic range

Sensitivity and dynamic range are sometimes udedcimangeably in the OCT literature [68].
However in this dissertation, sensitivity referslie measure of the lowest sample reflectivity
Rs min that can be measured [45], whereas dynamic rantpe isatio between the highest and

the lowest measurable signals that the OCT systammeasure in a particular scene or image
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without saturating the detector [69]. In practice, TD-OCT or SD-OCT system realizes a
dynamic that is equal to the sensitivity, which banwell above 100 dB.

4.3.2.1 Sensitivity

In chapter 3, we have given the definition of OGhgtivity as a measure of the smallest
sample reflectivityRs min at which the signal-to-noise ratio (SNR) equalg.oBensitivity is
given by the ratio of the signal power generatedalperfectly reflecting mirrorR = 1) and
that generated bRs min Since these signal powers are proportional to civeesponding

reflectivities, sensitivity5in decibels is given by [44, 45]

g dg ﬂOxlog(iJ. 41
R, i
We have experimentally characterized the sengitofiour SD-OCT system by using a silver
mirror as a sample and by placing a neutral deiisiB) filter with a density valu&lD = 2 in

front of the mirror. Considering a double pass thgitothe ND filter, the combination of the
mirror and the ND filter corresponds to an equinglsample reflectivity of 1& A typical

axial PSF obtained in this configuration at a degti50 pum, after performing the required

spectral re-sampling (see section 4.2.2.2) anértheier transform, is shown in Figure 4.13.
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Figure 4.13 Sensitivity measurement of SD-OCT.A single A-scarresponding to a mirror with neutral density
filter of ND = 2 placed in the sample arm. The wirrs 150 um away from the optical path match ctowli
which isz= 0.

The vertical axis in Figure 4.13 gives the refietyi expressed in decibels (- 40 dB
corresponds to a reflectivity of TP For SNR = 1Rg min~ - 95 dB = 3.16x1¢. This gives a
sensitivity of S =95 dB. A variable attenuatorthe reference arm helps to optimize the
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sensitivity and to match the experimental condgiaturing system characterization and

imaging of actual samples.

4.3.2.2 Dynamic range

For shot-noise limited detection, the dynamic raD®&) is proportional to the full-well

capacity of the camera [69]. A DR of 70 dB can bached with our InGaAs line camera,
depending on the gain capacitor setting. The 14igitization of the camera guarantees that
the analog-to-digital convertor (ADC) faithfullynmders all the levels of the captured analog
signal into a useable digital output for furthegithl processing. A higher gain capacitor
improves the dynamic range at the cost of incrggia readout noise. However, a DR that is
as high as sensitivity is not necessary, becawsseidireflectivity is at least 4 orders of
magnitude smaller than a perfect reflector. In ttede, a system with DR of 40 — 60 dB

suffices in most cases [26].

In TD-OCT, a 60 dB DR would require at least a #Q®dB per bit) ADC. An advantage of
TD-OCT systems is that the low frequency strong IR€kground can be filtered out and
only the interference signal can be sent to the ADCSD-OCT, the CCD detectors do not
easily permit removal of a DC component, and comatd®s similar to that for TD-OCT
system suggest that for an SD-OCT system, the ADICdépth needed to capture the
interference modulation that is riding on top o $trong DC component, with sufficient bit
resolution to provide 40-60dB DR, would requia@ ADC resolution significantly
exceeding that of TD-OCT system. Fortunately, thguired bit resolution capturing the
interference modulation to achieve 40 — 60 dB DRguout to be much smaller. This is
because, in SD-OCT, the reflectivity (mdomain) is proportional to the product of the
magnitude of the modulation depth of the spectraohthe number of illuminated pixels of
the camera (which is on the order of ~1000). Thuselatively small magnitude of
modulation depth of the spectrum (on the orderest bits) gets amplified by, easily
providing a DR ire-domain exceeding 40 — 60 dB.

4.3.3 Depth range and sensitivity fall-off

Depth range and sensitivity fall-off are the two-8ICT parameters that entirely depend on
the quality of the spectrometer. A spectrometet ties high spectral resolution and high
sampling resolution provides larger imaging deptld alower sensitivity fall-off than a low

resolution spectrometer.

116



Chapter 4 - System characterization and demonstration

4.3.3.1 Depth range

In our SD-OCT system, a total spectral width ok =245 nm centered af, = 1.3 um
wavelength is collected by the spectrometer equippiéh a linear detector havirg = 1024
pixels, resulting in a spectral sampling resolutadril = AA/N = 0.24 nm. The theoretical

2

. : : A
depth range (or maximum imaging dept), was calculated to be_,, :4—ln>< 5")' =1.8mm

in air (~1.3mm in tissue), and is in agreementhwihe imaging depth observed

experimentally.

Experimentally, the depth range has been deterntigeakially translating a single reflector
in the sample arm with a known distance. The deptivhich the axial PSF peak rolls back
gives the maximum imaging depth of the SD-OCT systés explained in chapter 3, section
3.2.3, when the maximum imaging depth is reacheel aikial PSF peak starts to fold back
into an incorrect position. This value is experitadly observed to be 1.76 mm. Hence
excluding signal attenuation by the sample (due atwsorption and scattering), the
experimental depth rangs..x of our SD-OCT, as determined by the spectral sempl
resolutiond of the spectrometer, Bax= 1.76 mm. This useful imaging depth of SD-OCT is
also limited by the depth dependent sensitiviti:déi effect given below.

4.3.3.2 Sensitivity fall-off

SD-OCT suffers from a depth dependent sensitiliydff, even in the absence of absorption
or scattering from the sample. This is mainly duéhe washout of spectral fringe visibility of
high frequency spectral fringes that correspondrige depths primarily caused by the limited
spectral resolution and finite spectral samplingohation of the spectrometer [68, 70].
Another factor that contributes to the depth depend&gnal fall-off, which becomes even
worse for high-resolution SD-OCT, is partial aliagi{67]. Due to the non-uniform sampling
of the spectrum in spatial frequengyhigh frequencies of the spectral fringes aresalilsand
irretrievably lost in the part of the spectrum wehthe rest of the signal can remain within the

Nyquist limit.

To characterize the depth dependent sensitivityoflof our SD-OCT system, we repeated
the sensitivity characterization experiment (sextice 4.3.2.1) for different axial positions of
the same reflector that is used as a sample. Toe gbl depth dependent experimental

sensitivity fall-off is given in Figure 4.14.
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Figure 4.14 Reflectivity of an attenuated silver mirror plottfdt various depth locations. For the same amotint o
reflected power, the magnitude of the reflectidgcreases as the imaging depth increases due oouasigh
frequency interference fringes. Once characterigensitivity fall-off effect can be numerically cpensated.

From the plot given in Figure 4.14, we can see thiathe same amount of reflected signal
power, the magnitude of the reflectivity decreaagshe imaging depth increases. The actual
sensitivity fall-off depends on the accuracy ofenmpblation. Accurate interpolation gives a
relatively improved signal fall. With zero padditechnique that increases the data points by
4 times, we have obtained a sensitivity fall-offdB at the end of the depth range compared
to the 18 dB fall measured without zero padding. the®retical drop in sensitivity is around
12 dB (see chapter 3, section 3.3.4.2.2).

The comparison between the experimental and theaketensitivity fall-off is given in
Figure 4.15. It shows that though zero paddingeases data processing time, it helps
improve the signal fall-off. Compared to the sigpabk value in the proximity of zero path

length difference, the sensitivity falls by lessrit&adB at a depth of 1 mm.
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Figure 4.15 SD-OCT sensitivity fall-off. Without zero paddindpet experimental sensitivity falls by 18 dB (6.5 dBolethe

theoretical value) at the end of the depth rangeemthe dataset is 4 times increased by zero pgdbdifore interpolation,
the sensitivity fall-off is improved by nearly 5 dBence zero padding improves both axial resolugioe sensitivity fall-off.
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Various hardware modifications [67, 71, 72] andatbed image reconstruction methods [70]
have been reported to achieve a sensitivity fdlHwdt is close to the theoretical limit but at
the cost of more hardware complexity and/or ina@dasnage acquisition and processing
time.

Experimental studies of tissue absorption and exgatg have shown that the number of
ballistic photons used to image biological tissuesig OCT decreases exponentially as a
function of depth [73]. Tissue attenuation is tiere the ultimate limit of large depth
imaging in biological tissues.

4.4 lllustration of imaging capabilities

4.4.1 Imaging a test sample

Our FD-OCT system was compared in terms of imag®ludon with a commercially
available SS-OCT (OCS1300SS, Thorlabs), anotherOED- modality. The commercial
system is based on swept source technology. Itatggerat the same center wavelength of
emission (1.3 um). The axial and transverse resolsit(in air) of the system are 12 um, and

25 um, respectively. The schematic representatioheo8S-OCT is given in Figure 4.16.
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Figure 4.16 Photo of commercial SS-OCT (top) and its schen{atow) [74],
SS: swept laser source, FC: fiber coupler, PC: rjgaition controller, CIR, circulator, C: collimatoAP:
adjustable pinhole variable attenuator, M: mirror.
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An infrared viewing card (VRC5, Thorlabs) was useda test sample for the comparison
between the SD-OCT developed in the laboratory taedcommercial SS-OCT. The cross-
sectional OCT images shown in Figure 4.17 (a) &)dvere obtained using the commercial
SS-OCT system and the SD-OCT system, respectively.

Figure 4.17 Image comparison two FD-OCT imaging systems. Csess$ional image of an infra-red viewing card
by SS-OCT (a) and SD-OCT (b). As can be seen, itife-tesolution SD-OCT image provides detailed ingr
structures of the viewing card better than whatlambtained with SS-OCT system working at the seemter
wavelength.

The images reveal the internal structures of thed.cdhree distinct layers can be
distinguished. The upper layer corresponds to iplasaterial with a thickness of 170 um. A
random distribution of scattering structures is ed®@ inside this polymer material. The
bottom layer is very inhomogeneous and correspaadhe photosensitive material. The
middle layer, in contrast, is very homogeneousesima scattered light is detected from this
region. This layer is assumed to be the glue usethdnding the photosensitive material to
the plastic layer.

As can be seen from Figure 4.17, the high-resoi@D-OCT image of the infra-red viewing
card given in (b) provides detailed internal sttwes better than what can be seen with SS-

OCT system given in (a) working at the same cengerelength, i.e. 1.3 um.

4.4.2 Imaging the Schlemm’s canal

As part of a collaborative project on glaucoma saygwe imaged samples of excised human
corneas to see if our SD-OCT can resolve Schlencarsl (SC). SC has been our target for
OCT imaging because it plays an important roldatteatment of glaucoma. It is believed to
be the principal site for the outflow resistancetltd aqueous humor in glaucomatous eye
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[75]. Being able to image the canal non-invasiwebuld allow for glaucoma diagnosis and

monitoring of any possible intervention.

SC is situated at the depth of ~ 0.8 mm insidegaliiscattering corneal limbus, 2 to 3 mm

wide ring at the interface between cornea and a¢ke Figure 4.18).

Pupil

%, = Conjunctiva

1 /Limbus

Lens

<+— Cornea

47+ Sclera \

Conjunctiva

Sclera

(a) (b) ()

Figure 4.18 (a) Segittal view of the anterior segment of hurage, (b) Photo of human cornea with rim of sclera,
(c) Front view of ocular surface showing the limbusnbus is a 2 to 3 mm ring that surrounds thenear
Conjunctiva is the surface layer overlying the whpbrtion of the eye (sclera).

Cornea from a person with glaucoma scatters mghe than a healthy cornea. This is partly
because of the fact that glaucoma and corneal edésraco-exist [76]. It has been observed
that there is a high incidence of endothelial dysiies among patients with glaucoma [77];
and one of the clinical manifestations of endo#ietlystrophies is corneal edema [78].

Moreover, the persistent elevated I0P, which igrofthe case of glaucoma, creates high
pressure gradient against stroma that drives thecaguhumor from the anterior chamber
across endothelium into stroma, affecting cornealrdtion and hence corneal edema [79,
80]. Unlike transparent fibers in a healthy corngapus and sclera are made up of less
organized and opaque fibers that strongly scattgt.| Moreover, sclera is covered by

conjunctiva - a multilayer tissue that influencles beam propagation differs significantly.

To minimize the attenuation of light due to scatigr we have used an SLD light source
centered at 1.3 um. This is because generallyetissattering decreases nearly monotonically
with increasing wavelength and corneal absorptsrstill reasonably low around 1.3 um.
Above 1400 nm, corneal absorption (mainly due taewabecomes significant (see Figure
4.19). Increasing the wavelength further enablebawee another window around 1.65 pum
where local absorption is again minimum but avaltgbof a broadband light source and
optical components limits the development of highalution OCT in this long wavelength

range.
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Figure 4.19 a) Absorption of water, taken from [81{p) optical characteristics of an approximately 1 mickh
edematous cornea [82]: forward scattered liff unscattered lighTp, and percentage of scattered lighkt
From (a) and (b), we see that spectral band ar@u@dm corresponds to a local absorption minimum.

For our experiment, human corneas not suitabldréorsplantation mostly because of their
insufficient endothelial quality (< 2000 cells/fm[83] were obtained from th&anque
Francaise des Yeu¥rench Eye Bank, Paris, France). The study wadwted according to
the tenets of the Declaration of Helsinki and tihenieh legislation for scientific use of human
corneas. The OCT cross-sectional image of excisedea with a sclera rim of human eye

suffering from glaucoma is shown in Figure 4.20.

When we scan in the sclera, the OCT image showg thel scalera (see Figure 4.20 (a)).
When we scan on the border between the sclera améa; the Schlemm’s canal (SC)
appears as a line in the OCT image (b). When tharsog beam traverses the limbus two
times, the SC appears as two holes in the OCT irfegyadicated by the two arrows) (c). In
principle, the two holes have the same size. Howerethe OCT image, hole 1 (on the left)
is wider than the hole 2 (on the right). This maydue to the collapse of one side of the
channel while working ex-vivo. The location and #iee of the canal obtained using OCT is
shown in red and its histological data in blue. Eact depth location and size of SC varies
from person to person. The width of SC obtainedhv@CT was 20 um, and is almost half of
the histological value (50m). One possible explanation may be due to facthamnel may
collapse while workingx-vivo
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(a) The laser beam ‘.\‘ . 1\
scans on the sclera (b) Th? scanning lase
. beam is tangent to the .

Schlemm'’s canal

Cornea —

W
Schlemm’s canal ——. Sclera

Cross-sectional OCT'
image of sclera

(c) The scanning beam crosses the
Schlemm'’s canal at two points, 1 and 2

Blue: Histological measurement
Red: OCT measurement

150 £ 50 um Schlemm’s canal
200 um (Situated at a depth of ~ 0.8 mm in the limbus)

Figure 4.20 Cross-sectional OCT images of an excised corne@sdiote that when he scanning laser beam

traverses the limbus two times, the Schlemm’s cappkars as two holes (indicated by arrésysin the cross-
sectional OCT image . Hole (1) on the left is wittean the hole (2) on the right. This may be duhéocollapse
of one side of the channel while workieg-viva

The enhanced resolution of our system enables pofierly visualize the SC. To the best of
our knowledge, it is the first time that SC candieserved with OCT. This result has been
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published in Optics Communicationg54] and orally presented iPhotonics Europe
Conference2012 [84]. Being able to resolve the SC helpsge @CT tm monitor a laser
incision in the limbus around SC in order to inee#he outflow rate of aqueous humor so as
to lower the IOP and treat glaucoma. Glaucoma lsdalvelops as a result of elevated I0P
of the eye above the normal physiological rangendf treated on time, glaucoma can

permanently damage vision and lead to total blisdne

4.4.3 Image of other samples

The system has also been used to image other sarapéh as an orange (a) and an onion (b) of
Figure 4.21. In both images, the internal structwan be visualized up to a depth of more than
1 mm

I

(a) Orange

Figure 4.21 Cross-section OCT image of orange (edible part)

4.5 Conclusion

In this chapter, we have reported the charactémizaif a high-resolution SD-OCT imaging
system developed for imaging the Schlemm’s canlails $ystem employs a relatively low-
cost broadband SLD light source centered at 1.3 fihe light source consists of a
combination of two multiplexed SLDs with shiftedegpral properties. The spectral region
around this center wavelength is optimal for itdused absorption and relatively low tissue
scattering. The experimental setup and the diftepptical and electrical components that we
have used during the development of the system haga explained. A user-friendly GUI
that automates all the hardware components of SID-8&s been developed. The GUI also

includes all the images processing steps needestomstruct the SD-OCT.

In SD-OCT, imaging parameters such as axial remolutmaging depth and sensitivity fall-
off all depend on the spectrometer. The transvanskaxial resolutions of the system (in air)
are 6.5 um and 4.0 um, respectively. In SD-OCT ,atkial resolution decreases, even in air,

as the imaging depth increases. This is mainly ttughe interpolation error of data

1

N
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resampling. By using a zero padding technique, axehreduced the data resampling error
and improved the resolution degradation of theesgstThe system has a measured depth
range of 1.76 mm and sensitivity of ~ 95 dB. Themgstivity refers to the value around a
shallow depth. However, as one goes deeper, thétiggnof SD-OCT falls significantly,
mainly due to the limited resolution of the spentsater. Both the finite spot size of the beam
on the CCD and the limited sampling resolutionha& $pectrum by the size of the CCD pixels
lead to this sensitivity fall-off. The accuracy tife spectral calibration also affects the
sensitivity at large depths. The measured valuseoSitivity at the end of the depth range
(~ 1.8 mm) was found to be 13 dB less than theevalowund the zero depth. The maximum

line rate of the system is 46 kHz.

Images of different samples were shown to illustriie performance of the system. In
particular, we have demonstrated for the first titme possibility of imaging the Schlemm’s

canal that is situated at a relatively large depsgide the highly scattering limbus of a human
eye suffering from glaucoma. As Schlemm’s canaypka predominate role in controlling the

IOP, we believe that high-resolution OCT imagingteyns optimized at 1.3 um may be used
for guiding glaucoma laser surgery. To demonstthie we have coupled a laser incision
system with the OCT imaging system, and we imagpedidser surgery in human cornea in

real-time. The details of this demonstration willgresented in the next chapter.
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Chapter 5 - Coupling OCT with the laser surgery

5.1 Introduction

Since the 1970s, lasers have been used for ayafi@pplications including, but not limited

to, medical interventions. When a laser light isuged on biological tissues, a variety of
laser-tissue interaction mechanisms may occur. c@lptproperties of tissues such as
reflection, absorption and scattering determinettial transmission of tissues at a certain
laser wavelength. Laser parameters such as wavbk|emgise duration, pulse energy, peak
power and focusing conditions determine the kindntéraction mechanism. Thermal and

mechanical properties of tissues also affect threadycs of laser-tissue interaction.

The desired type of laser-tissue interaction depandthe type of medical application. For
instance, thermal interaction may be the desirddceffor applications involving laser
coagulation but it is an undesired phenomenon heroapplications that require precise
incision as in refractive surgery. For a given rneatlapplication, appropriate choice of laser
parameters therefore allows the enhancement dinerffects and the minimization of others
[1]. In order to achieve the required laser-tissnieraction mechanism for the intended
medical application, the choice of laser with appiate parameters is therefore a crucial step.
For our application, a precise subsurface surgesige human corneosclera (in the vicinity of

the Schlemm’s canal) is required with minimal dameiihe surrounding tissues.

To understand the importance of choosing the tagdr parameter for our application, a short
overview of laser-tissue interaction will be firsttroduced in this chapter. The specific
interaction type of ultrashort pulse lasers thak@esathem unique for precise incision will be
highlighted. To emphasize the need of laser wagtteoptimization, histological sections
and scanning electron microscope images of fembosedaser incisions at various

wavelengths performed on human sclera and edemetonsa and sclera will be presented.

In order to demonstrate the possibility of monitgrithe ongoing laser surgery in real-time,
we have coupled the OCT imaging system (LaboratGharles Fabry - Institut d’Optique)
with the laser surgery system (Laboratoire d’Optigueliquée (LOA) — ESNTA ParisTech,
Ecole polytechnique, CNRS UMR 7339)). The protato&thods, experimental setups and

the results obtained will be presented and disclisse
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5.2 Laser-tissue interaction mechanisms

Among the laser parameters, laser pulse duratiora igery crucial parameter worth
considering when selecting a certain type of imdéoa because it controls the laser-tissue
interaction time. Based on the exposure time asérlpower density, mainly five categories
of interaction types can be classified [85]. Thase photochemical interactions, thermal

interactions, photoablation, plasma-induced ablatand photodisruption

Figure 5.1 shows the map of the laser-tissue iotieres as a function of exposure time. The
power density variation across these different raggon types is over 15 orders of

magnitude, however, they all share a single comdadum: the characteristics energy density
ranges approximately from 1 to 1000 J/cm2 [85]. S haisingle parameter that distinguishes
and primarily controls these processes is the duraif laser exposure, which corresponds
the laser pulse duration. The inverse relation betwpower density and exposure time
clearly demonstrates that roughly the same eneggyity is required for any intended type of

interaction. Thus, the exposure time appears tthbemain parameter responsible for the

variety of interaction mechanisms.
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Figure 5.1 Map of laser-tissue interactions as a functionxgfosure time. The circles give only a rough estamat
of the associated laser parameters, taken from [85]

Photochemical interactions take place at very lmwer densities (typically 1W/cth and

long exposure times ranging from seconds to coatisuwave. One of the applications of
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photochemical effect in clinics is photodynamic rdpy (PDT). In PDT, a non-toxic
photosensitizethat acts as a catalyst is used. Tumor treatmetiteigrincipal, but not the

only, application field of PDT. Typical lasers uged dye lasers and diode lasers.

Thermal interaction stands for a wide variety ¢felatissue interactions where rise in local
temperature is the significant parameter that chen@éhile photochemical processes are
often governed by a specific reaction pathway, rita¢r effects generally tend to be
nonspecific. Observations of thermal effects ineledagulation, vaporization, carbonization
and melting. Typical lasers that can induce pheottal interactions include CO2 (10.6 um),
Er:-YAG (2.94 um), Ho:YAG (2.12 um), Nd:YAG (1.064n), argon ion (0.514 um) and
diode lasers (~ 0.8 pm) and the typical power diessiange from 10 to £av/cnt.

Photoablation occurs due to dissociation of chehbicads as a result of application high
energy UV photons using UV lasers such as excimsers: ArF (193 nm), KrF (248 nm),

XeCl (308 nm), XeF (351 nm) [85]. Typical pulse dtions and power densities required to
achieve photoablation are 10-100 ns an@1®° W/cnt, respectively. Photoablation yields a
precise ablation and is often used in refractiveaeal surgery where precise etching of part of

the cornea under the flap is required.

Plasma-induced interaction involves tissue ablakgrionization plasma formation. Typical
laser pulse duration to induce plasma formatidn the range of 100 fs to 500 ps with typical
power densities of $&to 10" W/cnf. When the intensity of the laser exceeds somstiotd
value, the external electric field of the lasehtipecomes strong enough to overcome atomic
or intramolecular Coulomb electric fields, forcimgnization of molecules and atoms and
causing optical breakdown. The physical effectsociated with optical breakdown are
plasma formation and shock wave generation. If kfean occurs inside soft tissues or
solids, cavitation and jet formation may additidpahke place. The whole process of tissue

ablation by optical breakdown is depicted in Figbir2.

Mechanisms for the generation of the initial fréectons for the ionization cascade are either
thermionic emission by heating of linear absorbaimgomophores in the target (in liquids
these can be impurities), or multiphoton ionizat[86]. Thermal ionization is supposed to
dominate in Q-switched nanosecond pulses whereasiad-locked pulses, multiphoton
ionization may occur due to the high electric figlduced by the intense laser pulse [85].
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Optical breakdown
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Figure 5.2 Scheme of the physical processes associated witbabpreakdown that leads to tissue ablation.
Percentages given are rough estimates of the aippatx energy transferred to each effect (inciderise
energy: 100%). Cavitation occurs in soft tissues fuids only. In fluids, part of the cavitation eggmight be
converted to jet formation, taken from [85].

The multiphoton ionization rate is proportionalfowhere 1 is the intensity of the beam dnd

is the number of photons required for ionization][&Bue to the requirement of coherence,
multiphoton ionization is achievable only duringihipeak intensities as in femtosecond laser
pulses. Typical lasers that cause ionization inciNdeYAG, Nd:YLF and Ti:Sapphire laser

[85]. Generally, it has been observed that thestioll energyEy, for achieving optical
breakdown increases with increasing the pulse duratof the laser in the form &, U Jr,

i.e., optical breakdown can be reached at lowerggnihreshold with femtosecond lasers than

with nanosecond and picosecond lasers.

Increasing the laser pulse energy too much beybadhreshold value does not necessarily
yield a good incision because at higher pulse e@e®rg and thus higher plasma energies —
shock waves and other mechanical side effects beamare significant and might even
determine the global incision effect upon the tssBrimarily, this is due to the fact that

mechanical effects scale linearly with the absodreergy.
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For nanosecond and picosecond laser pulse duratlmateraction process is complex and
not very strongly localized as multiple ionizaticgcles, thermal effects and shock wave
propagation contribute simultaneously to the diBoupof the tissue, resulting in damage of
surrounding tissues and scar formation [87]. Faneple, the zone of collateral tissue damage
with the nanosecond Nd:YAG laser may be greater i um, which makes it impractical
for applications that require precise incisionshsas corneal surgery [1]. On the other hand,
the interaction process with ultrashort pulse ksmcurs on timescales much shorter than
those typical for heat conduction or propagatio@dustic shock waves: optical breakdown
occurs while the energy is still confined to thedioeolume. Hence because of the strongly
localized interaction process, ultrashort pulsersasre best candidates for precise subsurface

incisions with minimal collateral damage of tiss{Hs
5.3 Advantages of ultrashort pulse laser surgery

Ultrashort pulse lasers produce pulses in the scbsptond range (<15 s), specifically in
the femtosecond regime. Because of the high peeksities of femtosecond pulses, the main
free-electron generation process in laser-inducdttalgoreakdown of biological tissues is
said to be the multiphoton ionization of water [8B]liquid water is treated as a lone-pair
semiconductor [89], the band gap an electron haxteed is 6.5 eV. Therefore, if we use
femtosecond lasers at 780 nm (photon energy: Mp6reughly four-photon-processes are

taking place in the focus region.

Compared to nanosecond and picosecond pulse labershreshold energy needed for
femtosecond lasers to achieve tissue optical breakd® lowered by more than one order of
magnitude [88]. Thus, the mechanical side effeldte, shock waves or cavitation bubbles
generated in the focus region, are expected tetheced. Moreover, thermal damage to the
surrounding tissue is minimized because of the woy energy transfer of the excited
electron plasma. The extremely short pulse duraitows ultrashort pulse lasers to become

useful in a range of biomedical applications invetydiagnostics and biomedical imaging.

Generally, advantages of ultrashort pulse lasegesyrover conventional and other longer

pulse laser surgery systems include [90]:

i. efficient ablation due to the small input of laserergy per ablated volume of tissue
and the resulting decrease of energy density netedaiolate material
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ii.  minimal collateral mechanical damage due to théciefft ablation and the short
duration of the stress impulse

iii.  minimal collateral thermal damage due to the ex#igrahort deposition time

iv. the ablation threshold and rate are less depenaetigsue type and condition

v. high precision in ablation depth is achievable beeaonly a small amount of tissue is
ablated per pulse

vi. low acoustical noise level (compared to the acoabktioise produced by other laser

systems)
vii.  minimized pain due to localization of energy depiosiand damage
viii.  precise spatial control: the intensity-dependentitipphoton process self-ensures that

tissue below or laterally shifted from the beamuavill not experience ablative
interaction
iXx.  since ultrashort pulses interact strongly with ratitter regardless of specific linear

absorption characteristics, efficient processinghahy tissue types is possible.
5.4 Need for femtosecond laser wavelength optimization

For interventions in clear cornea, commerciallyilade solid state lasers are routinely used
in ophthalmology. The most successful applicatibriemntosecond laser is refractive error
surgery on human cornea often called femto-LASES€rin situ Keratomileusis), where a

femtosecond laser is used to create a preciseadtap and then an excimer laser is used to
perform laser corneal ablation for reshaping thenearand correct the refractive error.
Because of a greater accuracy in flap size, shagdettackness, the corneal flap created by
femto-LASIK procedure is considered by many ophti@bgists as improvement over

traditional LASIK procedure that uses microkeratome

However in sclera and edematous cornea, the tidsgestheir transparency, giving rise to
wavefront distortion thereby decreasing the qualitfemtosecond laser surgery inside such
strongly scattering tissue [91]. That is exactlg #ituation for our application because for
glaucoma treatment, in order to facilitate the mage of the aqueous humor, one needs to
make a precise surgery inside a strongly scattesorgeal limbus at the depth of 0.8 mm

around the Schlemm’s canal.
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5.4.1 Selecting the right laser wavelength

Generally, increasing the wavelength decreaseseffexts of scattering. However, for

biological tissues, absorption should also be takenconsideration. For non-vascular tissues
like cornea, absorption due to water plays the damti role. From the spectral absorption
characteristics of water shown in Figure 5.3 (a9, e that in the spectral region between

1.60 pm and 1.70 pum, there is a relative minimuthéwater absorption spectrum.
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Figure 5.3 (a) Absorption of water, taken from [81{p) optical characteristics of an approximately 1 mickh
edematous cornea [82]: forward scattered lifef unscattered lighTp, and percentage of scattered lighkt
From both plots, we see that spectral band arowf | im corresponds to a local absorption minimum.

An optical setup to quantify the optical scatteringhe edematous cornea has been developed
in LOA [82]. The total transmitted lighkrs is measured with an integrating sphere whereas
the unscattered paf of the transmitted light is measured with a coafaetup [82]. The
measured optical properties of an approximatelyn tinick edematous cornea are given in
Figure 5.3 (b). It shows that the transmitted lighth little or no scattering (shown in red
dots) is maximum around 1650 nm. Between 1400 nch 1600 nm, there is a local light
absorption peak by cornea due to the presence w@rwdence using a laser near 1650 nm
would enhance the laser incision depth. Howevercammercially available femtosecond
laser systems have a wavelength of emission ard@®d nm, development of a new

femtosecond laser system around 1650 nm is required.
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5.4.2 Generating femtosecond laser near 1650 nm

Nonlinear optical parametric processes are padituinteresting when no laser is available
emitting at the wavelengths of interest or when elewgth tunability is required. To have
access to the wavelength region near 1650 nm, Bnean wavelength conversion has been
used to up-convert the wavelength of a commereraltdésecond laser emitting at 1030 nm (s-
pulse HP system, Amplitude systemes, Pessac, Br&weh parametric processes depend on
the optical phases of the waves involved. Efficieabversion requires phase matching or
guasi-phase matching to get amplification of thevelengths of interest. Phase matching
conditions are verified when two or more photorevét at the same speed in the same
direction [1]. This is only possible for two diffemt wavelengths in birefringent media, i.e.
which have an anisotropic refractive index. Two ¢gbischemes of achieving nonlinear
wavelength conversion, optical parametric amplifeora (OPA) and optical parametric
generation (OPG), was developed in LOA by F. Deloi§PhD) and C. Crotti (PhD) under
the supervision of Prof. K. Plamann [1, 3, 8Bhis system was used in our project for

performing incisions in cornea and sclera.

In OPA, a signal ‘seed’ beam and a pump beam atehwavelength interact in a nonlinear

crystal, as shown schematicallyFigure 5.4.

50 fs, 0.8um, 2 mJ, 1 KHz |

Residual pump, A;
Pump

Delay
: ine

/\/\/\/A > Nonlinear Amplified signal, A, . f
aVavS Vs » RN

Seed Signal

Idler, A3 RGAS0

gs01°% stage

o is internal crystal structure angle ;
1.2-1.7pm 2" stage
300 W
(a) (b)

Figure 5.4 Principle (a) and schematic (b) of OPA [1, 3]

The signal seed beam can be obtained from a wgheé ¢ontinuum (WLC) generated by a
separate nonlinear process. The nonlinear interagirocess in the OPA crystal converts

photons from the pump beam into signal photonsowfel energy. The same number of
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complementary photons forming the ‘idler beam. Tpieoton energy of the idler wave
corresponds to the difference between the photangess of the pump and signal waves.
Crystals (such ag-barium borate-BBO, or lithium triBOrate-LBO) usta the OPA scheme
are most of the time selective in the wavelendtliey generate. In this case, tuning the output
wavelengths may often be achieved simply by rogathee nonlinear crystal (changing the
anglea as shown Figure 5.4). However, as the gain of syslkems is very low, a second
amplification stage that employs bismuth TriBOrg@eéBO) crystal has been used in order to
reach an energy on the order of micro joule pesgtihat is required for performing incision

[1].

For low power requirements (few micro joules), Eatieely simpler and efficient method of
wavelength conversion can be achieved with an Os¥@ Figure 5.6). Periodically poled
lithium-niobate-doped magnesium (PPMEN crystal was used for efficient wavelength
conversion of the 1030 nm wavelength emitted byfémetosecond laser to 1650 nm without
requiring a seed beam by achieving quasi-phasehingtcWavelength tuning was achieved
within a restricted range by changing the tempeeati the crystal, thereby modifying the

dimensions of its periodically poled structure.

N=29.6 um, T=50°C-165°C

_\
o
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8 w 200 KHz
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2 W, 200 KHz

Normalized intensity
o
n

o
o

1500 1600 1700 1800
Wavelength (nm)

(a) (b)

Figure 5.5 Schematic of OPG (a) and spectral evolution witerotemperature (b), realized with PPMLN crystal.
A is the period of the poled structure in PPMLN tay/§l, 83]

OPAs require relatively complex optical set-ups andtrong pump laser. They are very
versatile laboratory sources, but generally comediempractical for clinical applications.
OPGs are conceptually more straightforward, mofieient and steadier but remain limited

concerning input power [1].

1 HC Photonics, Taiwan
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5.5 Femtosecond laser surgery in edematous cornea antlexa

In order to make an incision in the tissue, therg@neequired is of the order of 1 pJ. For the
reasons mentioned above, the pulse duration shmulal few hundreds of femtosecond. The
duration of the incision should not exceed a fewutes because the patient is anesthetized
locally in order to avoid the maximum movementghaf eye. Typically, the rate of the laser
must be greater than or of the order of tens of.kbiz the other hand, this rate should not
exceed a few MHz to avoid possible thermal effectshe fabric by heat buildup between the
different pulses. If the rate is less than tendHiz, the heat generated by a pulse has time to

dissipate before the arrival of the next pulse [3].

5.5.1 Experimental setup and methods

The experimental setup used for doing laser swegeni cornea and sclera is shown in Figure
5.6. The incision results presented in section vperéormed in LOA by F. Deloison (PhD)
and C. Crotti (PhD) under the supervision of K.nedan (Prof).

Artificial
chamber
cornea
XYZ motorstep Microscope

B objective
Human Cornea placed
in an artificial chamber

Spectrometer shutter

o
Locking ring ° --l

Tissue retainer
Laser source

Base a—

"
N d

Parts of the artificial chamber

Autocorrelator

Sa|NSLIAP [RIINDN

Figure 5.6 Schematic diagram of the experimental setup useddimg the femtosecond laser incisions in cornea
and sclera in LOA [3, 83].

The setup mainly consists of a tunable laser soanckan inverted microscope (Olympus,
IX70) with a 3-axis stepper motor translation sta@éewport, XPS). The automated
translation stage enables us to make differentsimei types: penetrating line, lamellar

incision, incision in volume (or 3-D), etc, as show section 5.7, Figure 5.15. The system is
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equipped with a spectrometer (OceanOptics, NirQR8&8) in order to verify the spectrum of

the laser, and a variable neutral density to adihesenergy applied to the tissue.

The experiments were performed on human cornedisgitmm theBanque Francaise des
Yeux(French Eye Bank, Paris, France) which were uaBlatfor transplantation and were
made available for research purposes. The studipdes conducted according to the tenets of
the Declaration of Helsinki and the French legistafor scientific use of human corneas. As
most of the corneas were rejected because of timsifficient endothelial quality
(< 2000 cells/mr) [83], they typically present corneal edema ofyirsy degree and therefore
are quite representative for the tissular qualityich laser surgery has to address in the
patient’s eye. The thickness and transparencyettiea specimens may also be modified

in the laboratory by a controlled chemical detucgese treatment [1, 83].

An artificial chamber that holds the cornea is dixgith the motorized 3D translation stage.
The purpose of the artificial chamber is to achiawgsion conditions that are similar to

clinical surgery. To reproduce the configuratiortleg anterior chamber and mimic the effect
of the intraocular pressure, biological serum lisdiinto the artificial chamber. A glass slide
with a thickness between 100 and 160 um is placed the cornea in order to flatten the

surface [3].

5.5.2 Laser incision in cornea

To find the optimum wavelength of laser surgerydar application, seven different incisions
have been made in an edematous cornea at severedifivavelengths (1030 nm, 1450 nm,
1500 nm, 1550 nm, 1600 nm, 1650 nm and 1700 nng.ld%er energy for all incisions was
2 1J. The histological section of incisions takgnMichele Savoldelli (Hopital Hotel Dieu,

Paris) are shown in Figure 5.7 [83].

From Figure 5.7, we see that when the laser wagtleis tuned to the local absorption
maximum of water, i.e., between 1400 nm and 1500theincision depths become shallow.
On the other hand, due to its relatively low ab8orpand reduced scattering, the laser light at
the wavelength of 1650 nm allows us to achievdatively deep incision. An incision depth
of more than 900 um can be achieved at this wagtierwhich is more than twice the
incision depth achieved at 1030 nm. This agreeb wie predicted value of the optimum
wavelength that is deduced from the optical charétics of edematous cornea (see Figure
5.3 (b)).
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Figure 5.7 Comparison of histological section of femtosecoasel incisions in edematous cornea realized at
different wavelengths using OPG laser source (240JKHz, 700 fs) and focusing optics with numerical
aperture NA = 0.56 [83].

Figure 5.8 shows scanning electron microscope ($SEM)ages of another laser incision
performed in an edematous cornea. The laser imcisitamellar, i.e., cutting in a horizontal
plane. The laser beam optimized at the wavelendtil.65 um has been focused by
microscope objective of 0.4 NA. The incision mati¢he depth of 200 um s of high quality.

On ca see that the collagen is well cut.

S:00000 P:00@16

Figure 5.8 SEM (StereoScan 260, Cambridge Instruments — Leigapge of lamellar laser incision in cornea,
realized by 0.4 NA focusing objective and femtaset laser (2 pJ, 10 KHz, 700 fs) working at 1.65 pm
wavelength, taken from [3].

5.5.3 Laser incision in the limbus and sclera

Limbus is the junction between sclera and cornedike) cornea, limbus and sclera are made

up of less organized and opaque fibers that styosgtter light. Moreover, sclera is covered

12 S o . .
Virginie Garnier-Thibaud ; Service de Microscopie Electronique, Institut de Biologie Intégrative (IFR 83), Université Pierre et Marie Curie
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by conjunctiva, a multilayer tissue that protecterobes from entering the eye, and also

lubricates the eye by producing mucus and tears.
Pupil Different histological sclera show that the

o conjunctiva is sometimes dense, sometimes loose,

implying that according to its structure, its

influence on the beam propagation differs

Conjunctiva | sjgnificantly [3]. As a result, in order to perforan

laser incision in the limbus (corneosclera junction)
and sclera that is sufficiently deep enough to iehe location of the Schlemm’s canal, a

relatively higher energy is required.

Figure 5.9 shows laser incision performed in theneal limbus with conjunctiva. The
incision was made at two pulse energies 1.1 pJ2ahgJ. We can see that when the laser
energy is increased to 2.2 pJ, conjunctiva doesippéar to be a problem and the laser cuts
almost the whole depth of the limbus in both cases.

100 pm

Figure 5.9 Histological section of incisions in the limbus.l@ser wavelength at 1592 nm with energy of @J1
(incision on the left) and 22J (incision right) has been used in both casessititis realized under NA of 0.4.
Note that when laser energy is 2.2 uJ, the effecbojunctiva on the incision depth is no more bfisi[3].

In addition to the presence of conjunctiva, theefgbin sclera relatively less organized than
that of corneal limbus. Hence incision in sclerquiees even more laser energy. Figure 5.10
shows that to cut the entire depth of sclera, lasergy of up to 7 uJ was required.
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Figure 5.10 Incision in sclera carried out by a laser (OPA)wahergy of 7 uJ at the wavelength of 1600 nm using
Cassegrain objective (NA = 0.28) [3].

Such enhanced incision depths achieved in the Brdnd sclera with the optimized laser
wavelength of 1650 nm enables us to reach the ®chle canal directly from the top surface
of the sclera. This result is promising as a neaugbma treatment method because the
current laser treatment of glaucoma (trabeculopl&tT or ALT, see chapter 1) is limited to
the use of the clear cornea to send the laser beamake surgery at the base of the trabecular
meshwork (see Figure 5.11).

New approach for plaucoma surgery in the ouier resistive
portion of TM through sclera using optimized laser

Schle nnm L.mqf‘_'

Outerportion of TM

(most resistive)

Cnbnform
meshwork

Comenscleral
meshwork

Uveal out flow
meshwork . Inner portion of TM
(base of TM) (leastre:iaﬁve)
| |

Current laser trabeculoplasty on the
b“ﬂo{ ’I‘M ﬂ'lfﬂu.g}l c]w COomca

Figure 5.11 Schematic diagram of the current and the proposettads of laser treatment of glaucoma. Both
ALT and SLT use the clear cornea to send the Ilasam into the base of the trabecular meshwork tkema
surgery. The proposed method targets the outeropoof the trabecular meshwork (where resistancéuid
drainage is high) by sending an optimized lasevé@length at 1650 nm) directly through the sclera.
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As we explained in chapter 1, such a method camné#icient because of two reasons.
Firstly, most of the resistance to the drainagehef aqueous humor in glaucomatous eye
occurs not at the base of the trabecular meshwatkrdther in the outer portion of the
trabecular meshwork around the Schlemm’s canalor&yg, the procedure entirely depends
on the transparency of the cornea. However glaucmdacorneal edema often co-exist [76]

and this will ultimately limit the uses of the com¢i@nal trabeculoplasty.

With the optimized laser at 1650 nm, one can shadaser beam directly through the limbus
in order to make the surgery at the right placeuadothe Schlemm’s canal where there is
strong resistance to fluid outflow (see Figure $.11

5.6 OCT imaging of laser incisions

Though histology and SEM techniques are very ingmirtools for basic research, they
cannot be used fan-situ imaging. Once the laser incision procedure isquaréd, the cornea
has to be taken out of the artificial chamber andengo several post-surgery specimen
preparation steps in order to analyze the incisidii®e cornea needs to be treated with
different solutions and this may take a few day®igethe sample is ready to be imaged.
Moreover, the procedure is highly invasive: thasiexl cornea should be cut in thin slices for
sectional histology, and a deposition of thin gtdger a few nanometers thick may be
required in order to obtain good resolution anddgoentrast when viewing the incision under
the SEM [3].

For clinical application, however, a non-invasiveaging system capable of makimgsitu

imaging of laser incision in real-time would beatldNon-invasive cross-sectional imaging of
biological tissues with few millimeters of imagimgpth and with micrometer resolution is
now possible using OCT. With OCT, no post-surg@sgcanen preparations like dehydration,
dissection and staining are required. The incisethea can be directly imaged with OCT

right after the incision while the cornea is stilthe artificial chamber.

Figure 5.12 shows a cross-sectional OCT image afraea where two laser incisions had
been performed. Such lamellar incisions are ea®g taewed with OCT. The OCT image of
the incised cornea was performed (in LOA with Cot@r[3]) right after the laser incision

without any sample preparation (the gas bubblesgalbe incision are visible and even help

observation).
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Figure 5.12 OCT image of two lamellar laser incisions in cormealized by 0.4 NA objective and a laser pulse
energy of around 2 pJ.

5.7 Coupling OCT imaging and laser surgery systems

The recent advances in OCT have also brought aalm@anmcrease in the imaging speed.
Today, real-time cross-sectional imaging of tissewa®: be achieved with OCT. As a
preliminary work, we have coupled the SS-OCT imgggstem with the laser surgery setup,
and have demonstrated the possibility of viewingabelution of the corneal laser surgery in

real-time. | have done this experiment in LOA witlCébtti from LOA.

The schematic diagram of the coupling of the twateys is shown in Figure 5.13.

Laser
for OCT
%v“‘
N Laser for
surgery
)
Pellicle (Q("\}&

beamsplitter

Artificial
chamber

Figure 5.13 Schematic diagram of coupling between the OCT in@gind the laser incision systems. A pellicle
beamsplitter has been used to minimize dispersismatch between two arms of OCT.
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The OCT beam at a wavelength of 1.3 um and theesyidgeam optimized at 1.65 um are
superimposed by a very thin beamsplitter, and Wetieams are simultaneously sent to the
same location on the specimen. Such configuratlmwsa us to image the ongoing laser

incision in real-time.

In this specific setup, the laser incision was ee¢éd by the moving the 3-axis automated
translating stage. Incisions can also be achievedstanning the laser beam using
galvanometric mirror scanners, just like the OCTarhescanners. However, as the laser
incision requires a relatively small beam spot @izehe tissue in order to induce the required
nonlinear process, a microscope objective withrgelpupil diameter is required.

In principle, for any amount of dispersion presantone arm of the OCT interferometer,

similar amount of dispersion should be introduaedhie other arm to cancel the dispersion
mismatch. However, for the commercial OCT systemdw not have access to reference arm
to do the compensation. Hence in order to mininsizeh dispersion mismatch between the
two arms of the OCT interferometer, a thin beantigplihas to be used instead of cubic
beamsplitter. In our case, a pellicle beamspli@?245B3, Thorlabs) that reflects 45 % and
reflects 55 % has been used. As it is made of lemely thin and fragile membrane (2 pum —
5 um), it also eliminates ghosting and chromabiereation with focused beams. Geometrical

aberration and lateral deviation of the focusedbesaalso negligible.

To demonstrate real-time monitoring of laser suger cornea, we have launched the
automated incision system from the computer in suetay that five different holes can be

made at five different lateral and axial locati@ssshown in Figure 5.14, (a) and (b).

2= 50-= 200

x =200
Incisions in cornea at
different depths 5 4 3 2 1
y  / [/ J/ 4
y X
(a) Cross-sectional side view Cornea (b) Top view

Figure 5.14 Schematic diagram showing the location of eachr laszsion in cornea from side vie(a) and top
view (b). From bottom to top, the five locations where sinmn will made are indicated. The size of eachsioci
is 200x200%50 prh
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The size of each incision is approximately 200 x @D uni. To make a single hole of this
size, multiple lamellar incisions are performedliffierent axial positions (see Figure 5.15, c).
The axial separation between each successive mietlision was ~ 5 um (of the order the
focused beam spot size). Each lamellar incision nieabzed by performing multiple x-y line
incisions that are close to each other (see Figur®, b). To have a continuous lamellar cut,
the separation between each line should also bieeabrder of the beam spot size. Each line

incision was achieved by translating the stagegatore direction only (see Figure 5.15, a).

Incision Incision Incision
laser laser laser

z
(a) Line incision (b) Lamellar incision (c) 3-D incision

Figure 5.15 Schematic of laser incision configurations, the isiin pm.

Since the lateral and axial fields of view of th€Dimaging are long enough (5 mm and
3 mm respectively), it was possible to visualize pinogress of the laser incisions in real-time.
The incision starts with the bottom of the cornganteking the first hole denoted as 1 in

Figure 5.16. Then the incision progresses to matied®?, 39, 4" and %" holes, respectively.

The OCT imaging system enables us to visualizeettwdution of the laser incision in real-

time, and the cross-sectional OCT images shownigaré& 5.16 demonstrate that OCT can
indeed help monitor the ongoing laser surgery. & emges were extracted from a video that
was simultaneously recorded while the incision vpmegressing. The result has been

communicated in Photonics Europe 2012 conferentk [8

The experimental result demonstrates the posgibdit using OCT for monitoring the
glaucoma laser surgery - where only few holes aegle@ to be made around the Schlemm’s
canal. In the OCT image shown in Figure 5.16, thieleSnm’s canal is not visible. One of the
main reasons is related to the low axial resolutibthis commercial SS-OCT system (12 um
in air) which was used for this proof of concephproving the resolution of OCT helps us
properly visualize the canal, and that was the vatitn for developing a high-resolution SD-
OCT. The axial resolution has been improved bylgeafactor of three, from 12 um to 4 um

(see chapter 4, section 4.3.1.2).
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Figure 5.16 Schematic of laser incision configuration and ¢gpicross-sectional OCT images of incision that are
saved as the incision progresses from making tise Hible (a) to making five holes (e). An automasgdtem
controlled from a computer is launched to make ghlegles at various depths. The result demonstthtes
possibility of using OCT for monitoring the glaucaraser surgery where only few holes are needéeé tnade
around the Schlemm'’s canal.
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5.8 Conclusion

The most important laser parameter that controks type of laser-tissue interaction
mechanism is the laser exposure time (laser pulsatidn). The required type of interaction
depends on the medical application. For our apjticavhere a precise subsurface surgery is
required in the corneal limbus, ultrashort pulssefa in the femtosecond regime have been
used because the interaction process with femtagetasers occurs on timescales much
shorter than those typical for heat conduction @ppgation of acoustic shock waves. Such
localized interaction enables us to achieve praaigsion in tissues with minimum collateral
damage. Another important laser parameter wortlsidenng while performing incisions in a
non-transparent medium is the laser wavelength. [@ker incision results performed on
sclera and edematous cornea suggest that the édptewalength for achieving high quality
and deep incision inside such strongly scatterimglimis 1650 nm. At this wavelength, the
whole thickness of corneal limbus can be incisatthSenhanced incision depth enables us
reach Schlemm’s to make the glaucoma surgery bgirsgrihe laser beam directly from the
top surface of the sclera. As femtosecond laseithistwavelength are not commercially
available, nonlinear optical parametric proces$ige pptical parametric generation - OPG)

have been used to up-convert the wavelength ofm®rcial femtosecond laser.

Once the incision is performed, the next challeisgbe analysis of the image result. Though
histology and scanning electron images providegh-heésolution images, both methods are
limited for research because they require a vetgnsive, time consuming and highly
invasive sample preparation steps (onlydgrvivosamples). Moreover, the laser incision is
performed based on the predefined incision parasist from a computer, without having
any information about what might go wrong duringigion. As far as clinical application is
concerned, what would be best is to be able to Wuthe laser surgery in real-time while it
is progressing. To benefit the potentials of OCRa®n-invasive micrometer cross-sectional
imaging technique, we have coupled the OCT imagiysiem with that of the laser incision
system (see Figure 5.13), and we demonstrated mmaxjithe ongoing laser incision in real-
time. We have made five laser incisions at fivéedént depths in cornea and we managed to
observe the evolution of the incision (as showirigure 5.16). This paves the way to using
OCT imaging systems for monitoring the glaucomaiasirgery.
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6.1 Conclusion
Glaucoma and the Schlemm’s canal

Glaucoma, an eye disorder characterized by the gamfthe optic nerve, is one of the major
causes of blindness in the world. Globally, appmately 110 million people are affected (~ 1
million in France) by glaucoma and as many as @ianiindividuals are totally blind in both
eyes due to this disease. The damage to the agtre s mainly caused by an elevation in the
IOP due to the accumulation of excess aqueous hulmoincrease in IOP happens when the
rate of production of the aqueous humor exceedsgatts of removal. This may happen in
many ways. However, the most common type of glawgdhe open-angle glaucoma, occurs
whenthe conventional (trabecular) pathway cloggedbecause this route contributes to the
removal of more than 85 % of the aqueous humorimdportant circular channel located in
the conventional pathway that plays a predominaletin the regulation and stability of IOP
is called the Schlemm’s canal (SC). As mentionedchapter 1, the principal site of the
aqueous humor outflow resistance in glaucomatoas &yrelated to the inner wall of the SC

and the outer portion of the trabecular meshwoM)(@round the SC.

Conventional treatment methods and their drawbacks

The globally practiced method of glaucoma treatmenblves lowering IOP, either by
decreasing its rate of production or increasingdts of removal. Eyedrops are in most cases
the first choice of treatment. Even though the sas®f medical treatment highly depends on
the rigorous monitoring of prescription, the fabatt eyedrops are often prescribed to be
applied several times a day, and in some casegntoe life, makes it harder for patients to
strictly follow the prescription. Hence, poor comapice with medications and follow-up visits
Is one major problem related to medicatiaffording the price of one’s entire life medication
is another reason for poor compliance. Eyedropstase side effects, and some of them may
cause adverse consequences and may not be tolaratadore by the patient. Under such
circumstances, the patient will be recommendednmergo surgical procedure. For open-
angle glaucoma treatments, trabeculectomy is thdegesurgical standard. However, because
of the complete opening, trabeculectomy has patentsks of complications such as

infection, leakage, irritation, hypotony (IGF5 mm of Hg), choroidal detachment, scarring
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and development of cataract over time. Generallg, tupost-surgical complications, such

conventional surgical methods of glaucoma treatrhame low success rate globally (60%).

Current glaucoma laser treatments and their limitahs

The availability of efficient lasers and their ayilto make safe surgery has opened a third
alternative method of glaucoma treatment. The modely used laser treatment for open-
angle glaucoma is laser trabeculoplasty, wheresialeilaser beam is sent through the cornea
to burn specific areas -theeal meshwork at the base of the TM (see Figure 5.11). Burning
the TM shrinks the collagen, thereby reopeningitttertrabecuar spaces and allowing the
flow of the aqueous humor. As trabeculoplasty imeslburning (with a focal spot diameter
that can reach 50 microns), it destroys the tisswecannot be repeated frequently. The other
drawback of this procedure is related to the faett while most of the resistance to the
agueous outflow is in the outer most portion of Tiv., around the SC), trabeculoplasty
targets the base of the trabecular meshwork, wiiaets not offer much resistance. Corneal
edema is another challenge that may limit the dsasible lasers to do trabeculoplasty to
pass through the cornea. Hence, laser trabecutgptamefficient for controlling the IOP in
the long run. Generally, the value of trabeculagld®s in reducing medical therapy and

postponing undergoing a surgical procedure.

New approach for the glaucoma laser treatment

A better approach for laser treatment of open-agtlacomas would require the delivery of
surgery laser to the outer portion of the TM arothmel Schlemm’s canal, directly through the
sclera. This would help perform the laser cut in tegion where surgery is required.
However, as sclera strongly scatters visible anar-érared light, it is not possible to
penetrate deep enough to reach the Schlemm’s ttaatak located at ~ 0.8 mm depth in the
corneoscleral junction of the limbus using the @ntional laser sources. One of the solutions
to reduce scattering is to increase the wavelengtthe surgery laser. For this reason, an
optimized femtosecond laser source emitting at I8BGas been developed in LOA-ENSTA
under the framework of the NOUGAT project. Lasaisions performed in human sclera and
edematous cornea have shown that the laser atrit650deed helps enhance the incision
depth.

A high-resolution non-invasive imaging system capatfl resolving the Schlemm’s canal is
required in order to monitor the laser surgery tine¢ds to be performed in the area of the

Schlemm’s canal. As OCT can perform cross-sectionafing of biological tissues in real-
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time with spatial resolution of a few micrometerglamaging depth of a few milimeters, this

imaging technique was our choice for this purpose.

Development of OCT

Comparing OCT with other imaging systems, we cam tbat OCT fills the gap between
ultrasound imaging (~ 150 um resolution and few ioggters penetration) and confocal
microscopy (~ 1 pm resolution and few hundreds afrometers penetration). OCT can be
used forin-situ andin-vivo imaging because it does not require sample preéparads OCT

is based on low-coherence interferometry, it explthe temporal coherence property of light
to perform high-resolution tomographic imaging. Tdeal resolution of OCT is determined
by the coherence length of the light source: tleatber the spectrum of the light source, the
better the axial imaging resolution. The transvéms&ging resolution of OCT, like any other

scanning microscopes, is determined by the sitleeofocused beam spot on the sample.

Among the different OCT modalities, we have devetband utilized Fourier domain OCT
(FD-OCT). The reason of our choice was because ED-@3 faster and more sensitive than
time-domain OCT (TD-OCT). FD-OCT itself can be reatl either using a swept laser source
(swept-source OCT, SS-OCT) or using a spectronfsparctral-domain OCT, SD-OCT). For
our project, we investigated both SS-OCT and SD-OA&XTthe beginning of the project, a
commercially available SS-OCT (OCS1300SS, Thorlabg)rking at 1.3 um center
wavelength has been used to image the Schlemm&. dd&cause of its low-axial resolution
(12 um in air), this SS-OCT system could not prhpeesolve the Schlemm’s canal. The
center wavelength of 1.3 um has been chosen inr aodeeduce light attenuation due to
scattering within biological tissues. However, hess of thel’/AL dependence of the axial
resolution, high-resolution OCT imaging at 1.3 pemter wavelength requires a light source
with extremely broad bandwidth. Finding a broadbdadable laser source is indeed a
technological challenge of developing high-resolutSS-OCT at the center wavelength of
1.3 um. High-resolution SD-OCT at 1.3 um seemedbé¢o easier to achieve since this
technology does not require a tunable laser soutogever, developing a high-resolution
SD-OCT system requires designing a broadband seeter.

During this PhD work, we have developed an ultrabigsolution SD-OCT working at
1.3 um center wavelength [54]. By combining twoctpaly shifted SLDs, an axial resolution
of ~4 um (in air) was reached, which was the bestlution ever achieved with SD-OCT at

this wavelength. The imaging system has a transvesolution of 6.5 pm. The sensitivity
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and the maximum line rate are 95 dB and 46 kHzewsgely. Comparing our SD-OCT with
the commercial SS-OCT system working at the sameleagth, we have improved the axial

resolution by a factor of three and the transvegselution by nearly a factor of four.

A numerical method of spectral calibration has bessd to improve the detection sensitivity
fall-off and the degradation of the axial resolatas the imaging depth increases. A detection
sensitivity of 95 dB at the sample surface and Bztla depth of ~ 1.8 mm was measured.
We have demonstrated the possibility to producé-hégolution images of human cornea.

The Schlemm’s canal was properly imaged for thst fime.

As our system was not fast enough for video rat&ging, the commercial SS-OCT system
has been used to demonstrate the capability of @Cionitor the laser incision in real-time.
To achieve this, the OCT system and the laserigrtisystem have been coupled together
using a very thin beamsplitter (as shown in FigaE3). Using the incision laser, we made
five separate holes at five different depths iruenan cornean-vitro, and at the same time,
we managed to observe the evolution of the lasesion in real-time using OCT. We believe
that this demonstration paves the way to using Q@dging systems for monitoring the

glaucoma laser surgery.

6.2 Perspectives

The SD-OCT system developed during this PhD usesaadard personal computer (HP
workstation, 2GH processor, 2GB RAM). As image pssing is the main time consuming
step of SD-OCT, a video rate imaging speed is rmgsiple at the moment. But the
performance of the system could be significanthhated by using a more powerful
computer. Optimizing the signal processing algorittvould also improve the processing
speed. A new camera that is twice faster than tieewe have is also now commercially

available. With these improvements, video rate imgghould then be possible.

In chapter 5, section 5.7, we have presented tbpliog of the commercial SS-OCT system
with the laser incision system. We have placedli&clgebeamsplitter in the sample arm of the
interferometer in order to couple the two systelfgs configuration requires enough space
between the objective and the sample to accommaldateeamsplitter. As a result, only low
NA objectives having a long working distance canued. This was possible with the SS-
OCT because it uses a low NA objective (LSM32, Tdims) with a working distance of

25 mm. For the same reason, a low NA objective wgsl for the incision setup. Moreover,
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in this configuration, half of the OCT signal comiback from the sample was also lost at the

pellicle beamsplitter.

For the SD-OCT developed in the laboratory, an ahje (LSMO02, Thorlabs) with higher
NA was used to improve the transverse resolutiafconsequence, the working distance
was only 7.5 mm. In this small space, putting antgditter was not possible. So as a
perspective, we propose to couple the incisiorr lagth the SD-OCT system at the output of
the SD-OCT interferometer using a dichroic mirrdMSP1500, Thorlabs) that passes the
short wavelength OCT beam and reflects the longekesngth incision beam (see Figure)6.1

f Eé
Incision Laser Dichroic
(1.65 pm) beamsplitter
OCT laser c
(1.3 pm)

¢

Figure 6.1 Schematic of coupling the laser surgery system thighhigh-resolution SD-OCT system.

A schematic of the prototype, with the surgicaklasoupled to the high-resolution SD-OCT

system, is shown in Figure 6. 2.

Laser incision and
OCT imaging module

Laser scanning

OCT camera

Broadband SLD
light source for
OCT imaging

Wavelength conversion module
1400 -1700 nm

Commercial laser (S-pulse HP
system, Amplitude systémes)
1030 nm

Figure 6. 2 Coupling prototype, light blue is the OCT beam dadk yellow is the surgery beam.
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This modular approach of coupling the two systeetuces the overall size of the surgery
tool and makes it convenient for clinical enviromnéNith some more work to be done on
the laser scanning system, in addition to the GQ@dging speed, such a system could become
a powerful tool of great help in ophthalmology tbe laser treatment of glaucoma.
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Appendix - Optical imaging in attenuating media

Driven by the current need in optical biopsy, dregadigital volumetric model of an object
using optical tomography techniques becomes aweabeld of research in biomedical
imaging. Turbid media like biological tissues attateulight and put a fundamental limit on
the maximum optical imaging depth that can be redch this appendix, the concept of light
attenuation due to absorption and scattering, @nidhpact on the imaging depth in biological
tissues are discussed. Various techniques for emtarthe imaging depth such as time-
gating, spatial-gating and coherence-gating arsemted. Optical coherence tomography is

based on the coherence-gating technique.

A.1 Introduction

Since its birth in the late Y&century, optical (light) microscopy has played @jan role to the
discovery of worlds within worlds and has openedv#oors to the understanding of
biological tissues and materials down to sub-mictemels [92]. Today, the optical
microscope becomes a standard medical tool andbeaiound in most (if not all) health
institutions. While conventional light microscopg a powerful method to look at small
objects on or very close to the top surface of dagwith high (submicron) spatial resolution,
its ability to achieve clear images of objects leildnside or behind strongly scattering
random media like biological tissues is limited. &sesult, when some need arises to make
optical tomography in order to look inside a livisgbject and examine, for instance, the
presence of a disease, medical removal of tissees the living subject (biopsy) becomes
necessary. For example, when a cancer in humastbgesuspected, the medical doctor may
recommend performing biopsy from the suspected pbiiee breast for further breast cancer
diagnosis. Then the excised breast tissue is siidedhin layers in order to examine it under
a microscope. Hence cross-sectional tissue imagyng conventional microscope is highly

invasive and involves intensive sample preparation.

A biopsy destroys the site under study, and leav&sar. Sometimes the best area to biopsy is
difficult to ascertain. In clinical settings, theopedure can be time consuming and expensive
because if biopsies are performed at incorrecs, siteey must be repeated, for which patients

must return to the clinic.
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Moreover suchex vivoexaminations of tissues could sometimes lead to-ioverpretations
and erroneous conclusions that may not match \hreality. In certain surgical settings,
such as for Moh’s proceddrefor basal cell carcinomas, histology of excisedue slices, to
determine tumor margins, is performed in the opegatoom to guide the surgery. Typically,
two to four slices are removed, and there is aimgiime for the surgeon of 15-45 min for

each slice while it is being histologically proced$93].

Despite of its drawbacks, biopsy is still a widaBed procedure in hospitals for diagnosis and
treatment of several kinds of diseases. Howeveretoms it may not be practical (if not
impossible) to do biopsy for diagnosis of tissussated in the most sensitive organs like the
eye, heart, brain, etc. In such circumstances,idbal solution would be to have a high-
resolution non-invasive cross-sectional imagingickevhat can image deep inside living
organs without doing biopsy so that tissues camexaanined while they are functioninon (
vivo) in their own natural locationn( situ). If light is employed to look at the inside paft

tissues non-invasively, such technique is termeapéisal biopsy.

Optical biopsy allows to make optical slicing orcsening of tissues in any angle and
examine the inside part of tissues from differenéations non-invasively. Indeed, to do so,
optical biopsy inevitably requires image acquisittbrough significant depths of biological
tissues. Following the invention of the lasershi@ 1960s, various techniques of extending the
depth of optical imaging inside a scattering medinave been developed. Invented in the
early 1990s, OCT is one of such techniques thabeamsed to acquire cross-sectional images
of biological tissues [22]. Other high-resoluti@thniques include confocal microscopy, and

non-linear microscopy.

A.2 Challenges of optical imaging in attenuating mdia

The development of high-resolution optical imagiteghniques with significant imaging
depth remains to be a major scientific challengenipadue to attenuation and complex
interaction of light with tissues. While functidriaomedical imaging makes use of this light-
tissue interaction, the strong attenuation of lighe to absorption and scattering by various
bulk tissue components has historically restriadptical imaging to thin histological tissue

sections or to superficial tissues [94].

B Moh’s procedure, created by a general surgeon Dr. Frederic Mohs, is a microscopically controlled surgery used to treat
common types of skin cancer.
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A.2.1 Absorption

Absorption of light by biological tissues extingués light and limits the maximum depth at
which optical imaging can be done. The intensitynofdent lightl, decays exponentially as it
travels through the tissues. In general, the intyrs light I, transmitted after it travels a
distancel inside an absorbing medium with absorption coeffitp, is given by the Beer-

Lambert law
I =1g™, A1
The inverse of the absorption coefficient (calldzbk@ption length) represents the mean

distance that a photon can travel in the mediurorkeet is absorbed. In other words it refers

to the penetration depth.

In biological tissues, light absorbing is mainly doated by the presence of water, melanin
and hemoglobin (Hbg) (see Figure A.1).
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Figure A.1 Optical absorption coefficients of principal tissaemponents in the 0.1-12 um spectral region
(adapted from [43])

Looking at the absorption spectra shown in Figurk, Assue absorption is apparently low in
the near infrared (NIR) from 650 nm to 1400 nm. éento minimize light absorption by
tissues and increase the imaging depth, most bi@aledhaging techniques work in this
optical window. The absorption coefficiept, in this window is relatively minimum and

varies roughly between 0-11.0 mni* [44]. And the corresponding absorption length of a
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photon will be of the order of few millimeters. Ongthe challenges of biomedical imaging
research in the past was indeed the availabilitiIéf light sources that match this window.
Today, owing to the advent of compact and convérnsemiconductor and solid-state NIR
laser technologies (see Figure A.1), biomedicaicspgbecomes a very active research field

and several optical techniques are moving fromarebelaboratories to clinical applications.

A.2.2 Scattering

In general, diffraction-limited image resolution ashieved by the use of unscattered (or
ballistic) light. When light travels through turbimedium, it experiences significant scattering
and the intensity of the unscattered light decay®eentially as a function of the propagation
distance. Scattering tends to destroy the locabzadf light and is the main factor that

severely affects the quality and depth of imagmgurbid media. The problem of scattering

while imaging an object in turbid media such addgial tissues is illustrated in Figure A.2.
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Figure A.2 (@) shows imaging in a non scattering medium andil(bstrates how imaging performance is
impacted when the object is located in a scattaniedium such as biological tissue (taken from [94])

Figure A.2 (a) shows a conventional imaging configion of an object with no scattering
medium. Here the photons travel in straight lined their intensity distribution is modified
by the object and recorded by the detector sueéh@ED camera. Figure A.2 shows how the
situation is changed when the object is embeddeddoattering medium. In such condition,
most photons undergo multiple scattering and oy photons will manage to travel straight.
Such unscattered photons are called ballistic pisot@he number of ballistic photons

decreases exponentially with the propagation distamthe scattering medium.
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In general, iflyis the intensity of the incident light, the inteysof light I; that is transmitted
without scattering after it travels a distarida a scattering medium with a given scattering
coefficient | is given by

|, =10 A2
The inverse of scattering coefficiept is called the scattering mean free path (MFP). It
represents the mean distance a photon propagates medium before it is scattered. The
MFP for typical biological tissue (e.g. breastuisgis of the order of 100 um. It means that
for every additional 100 um that the light traveisthe medium, the transmitted ballistic
component is attenuated by 1/e due to scatterihgs @xponential decay with propagation
distance in the sample implies that imaging usiaflidtic light may be performed only
through relatively thin samples (few millimeterk).comparison, the scattering MFP of X-ray
photons in biological tissue is ~ 5 cm. Hence X-pdytons are only weakly scattered by

biological tissue and can penetrate much deepariii@ light in the body [95, 96].

Combining the effects of absorption (equation Aahyl scattering (equation A.2), the actual
depth that can be reached by ballistic imaging dégpen the total attenuation coefficient of
the medium, the intensity of incident light and tpeality of the detector. In the case of a
detector with perfect quantum efficiency, the liatthe ballistic imaging depth is that the
level of ballistic signal must be detectable abtive quantum shot-noise limit. Assuming a

signal-to-noise ratio (SNR) of one, the theoretizlistic imaging depth Lis given by [97]

_1 (1Ej
L, =—In| =— |, A.3
K \2hv

where s = Js + Mg iS total attenuation coefficient due to scatterarmgl absorptionE the
optical energy delivered to the sample per spaBablution element antv the photon
energy. From equation (A.3), one can see that asong the illuminating optical power, the
acquisition time, and the number of averages ctattathe maximum ballistic imaging depth
in a logarithmic fashion and do not therefore chatigee fundamental limit appreciably.
Moreover, the maximum intensity that can be deédeto a biological sample is limited by
the tissue optical damage threshold. Based on 81X 136 (American National Standards
Institute, 1986) laser safety standard on human, dHeeet al [97] used the maximum
permissible optical intensity around 800 nm wavgtbnand estimated that the maximum
ballistic imaging depth, below which the ballistic signal falls bellow shatise level is

approximately 36 MFP. For biological tissues sustbeeast tissue having a scattering MFP
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of the order of 100 um, the ballistic imaging demhnherently limited to ~4 mm. If we
work on reflection mode, considering round-trip tse@ng, the effective depth of ballistic
imaging in such biological tissues will be limiteml2 mm. This shows that for many practical
thicknesses of biological tissue that we would likémage, the ballistic signal will fall below

the detection limit (shot noise) and all the detdqthotons will have been scattered.

However, one is helped by the fact that most sgatienedia, including biological tissue, are
highly forward scattering. This means that a ldrgetion of the scattered photons will only
be slightly deviated from their original directiopon each scattering event and follow snake-
like path as shown in Figure A.3. As a consequefaescattering depths at which there is
effectively no ballistic light, there may be a sigrant number of photons that have been only
slightly deviated from the ballistic direction. Henwhen ballistic signal gets weaker than the
noise level, detecting snake-like photons can exthedimaging depth at the expense of

image resolution.

Ballistic, “snake” and diffuse scattered light
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- medium
e e
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Figure A.3 lllustration of ballistic (red), snake-like (greeahd scattered (blue) photons. For practical tissue
imaging depth, ballistic imaging alone may not bffisient and one will have to sacrifice resolutionorder to
increase the imaging depth by detecting the wesddytered snake-like photons (taken from [94]).

The weakly scattered snake-like signal itself deaaponentially according to the following
equation:

|, =1 e0%) A4
where | =y (1—- g)is the transport scatterirgyis anisotropy of scattering and its inverse is

the transport scattering length. For biologicaduiss, g ~ 0.9. This implies that the scattering
coefficient of snake-like photons is 10 times lowraan that of ballistic photons. According to
equation A.4, this means that the signal from sHieephotons in biological tissues can be

detected up to a depth of 360 MFP, which corresponic thickness of ~ 4 cm in tissue.

158



Appendix - Optical imaging in attenuating media

In comparison, if the medium is less scatteringdjjdtie imaging alone allows to significantly
increase the imaging depth. For example, for atabasawater with MFP ~ 2 m [97], the
corresponding ballistic imaging can reach 80 m. &doer, when working with such medium,
the constraints on maximum permissible incidergnsity will greatly be relaxed compared
to biological tissues and so the maximum ballistiaging depth can be increased according

to equation A.4.

In contrast, for a significant imaging depth, theosg scattering coefficient of biological
tissues decreases the number of ballistic photmatsare available for detection. The ballistic
photons will therefore be masked by the multiplatsered photons which will saturate the
detector and obscure the image. In order to discate ballistic photons from the multiply
scattered photons and enhance the quality and adpiptical imaging, various techniques

are available.

A.3 Techniques for optical imaging in scattering media

The current drive towards the need of optical byopsd functional imaging has led many
researchers to develop various techniquesirfovivo and in situ high-resolution imaging

inside scattering media. In order to reject alsome of the scattered light and improve the
guality of optical tomographic imaging in a scatigrmedium, a number of techniques are
available: time-gating, spatial-gating and coheeegating. Optical coherence tomography
(OCT) as the name indicates hence uses the coleepgaperty of light to reject the highly

scattered photons coming from unwanted regiongentissue in order to make tomographic

images.

A.3.1 Time-gating

When we send a short pulse collimated light toadtedng medium, different types of photon
trajectories are possibleallistic, snake-like and diffusgaths (see Figure A.4). And if we
look at the time-of-arrival of photons on a detedtxated on the other side of the medium
(transmission mode), ballistic photons take thetelsb path and are the ones that arrive at the
detector first. Weakly scattered snake-like photmd multiply scattered diffuse photons will
arrive later respectively. As a result, the incidgmbrt pulse light is modified by propagation
through the scattering medium. If we observe thaltenvelope of the distribution of
transmitted photon arrival times, it gives us tporal point spread function (TPSF), which

typically extends over several nanoseconds.
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Ballistic, “sneke” and diffuse scattered light
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Figure A.4 Schematic of temporal point spread function (TP8B3erved when a light pulse is modified by
propagation through a scattering medium (taken fi@4}).

Time-gating techniques for imaging in scatteringdraeuse the concept time-of-flight of
photons to be able to discriminate early arrivingtphs from those photons which arrive
late. Time-gating may be realized using fast eteitr instrumentation, such as streak
camerd® [98] and gated optical image intensifier (G®I1}99]. However, the typical depth
resolution that can be achieved using such elactrome-gating is still very low. For
example, a time-gating as short as 100 ps willespond to a depth resolution of 1.5 cm in
air. In order to use the time-gating approach talize three dimensional imaging with
micrometer resolution, one requires a temporalrolisoation (resolution) faster than 100 fs.
Unfortunately, such a high-resolution time discnation is beyond the detection limit of
electronics and direct electronic realization ofigigating imaging that requires micrometer
resolution is impossible. However a better tempdrstrimination (than possible with direct
detection) can for example be achieved by interd#fyendent nonlinear optical time-gating
techniques based on harmonic generation [100, $@fjulated Raman scattering [102, 103],
parametric amplification [104-107] and the Kerreetf[108, 109].

A.3.2 Spatial-gating

When a photon is scattered, it deflects from itgioal direction of propagation. Hence if one
illuminates a scattering medium with a collimateght beam, most scattered photons will
deviate to new propagation directions correspontbnigigher spatial frequencies. By putting
a collimating grid in front of a detector (see FgW.5, a), one can discriminate collinear
ballistic photons which travel in parallel to thieedtion of the incidence beam from the non-
collinear multiply scattered photons.

% A streak camera is an ultra-high speed detector which captures light emission phenomena occurring in extremely short
time periods.

> GOl is a microchannel plate intensifier that may be rapidly switched ON and OFF, effectively providing a fast shutter with
an exposure time as short as 70 ps.
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Figure A.5 Wide-field spatial filtering by{a) collimating grid andb) Fourier plane spatial filter, taken from [94].

For optical imaging, a more practical approachhie technique will be rather to put a spatial
filter in the Fourier plane (see Figure A.5, b).isTkimple technique is effective to image
shallow depths up to 5 MFP (10 MFP in the roung)tim reflection mode and even deeper in
transmission mode [94]. However, the use of a apétier in a wide-field imaging system
will increasingly limit the achievable spatial régton of the image. Another limitation of
spatial filtering in wide-field imaging through strgly scattering media is cross-talk. Many
multiply scattered photos may eventually appeaalfgito the incident direction causing both
axial cross-talk and inter-pixel cross-talk.

Confocal microscopy is the limit of wide-field imag where inter-pixel cross-talk is
eliminated by acquiring image pixels sequentiallyconfocal microscopy therefore uses a
spatial-gating method in order to improve the dedmtal effects of scattered light. It is a
point-by-point imaging technique (see Figure A.6)ieh involves two dimensional scanning
to record an image. It can be employed either ffteeceon mode or transmission mode.
Confocal microscopes offer superior resolution cared to conventional whole-field

microscopes, particularly in the longitudinal diien [94].
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Figure A.6 Sequential pixel acquisition trough turbid mediangsconfocal scanning microscope in (a)
transmission and (b) reflection (taken from [94]).

When used in reflection mode, confocal microscopyiples a three dimensional imaging
facility that has become the instrument of choioe imaging objects embedded in semi-
transparent medium. It has been applied to imagingngly scattering biological tissues
(such as human skin and oral Mucosayivo [110]. Thanks to the highly effective filter of

confocal microscopy, images with reasonably higigitudinal resolution have been obtained
with the imaging ranging from 300 um to 500 um, efefing on the type of the tissue.
Though inter-pixel cross-talk is eliminated by inmaga point at a time, confocal microscopy
with high numerical aperture (NA) still suffers frotongitudinal pixel cross-talk that

ultimately limits its imaging depth.

The use of nonlinear confocal microscopy (for whilsl signal is proportional to the square
or cube of the incident intensity at the focal vog)ncan increase the imaging depth even
further. In biomedical imaging, confocal microscagan also be combined with fluorescence
imaging techniques. Multi-photon microscopy, whrelcords the fluorescence signal arising
from the intensity dependent two [111]1 or thregZ[lphoton absorption has been shown to
provide increased penetration into scattering melhgs increase in penetration is partly due
to the use of longer excitation wavelength, whighess attenuated in biological tissues. The
other reason is that nonlinear excitation provieiésctive point-source localization and only

fluorescence light is collected, hence scatteredtaon light does not produce cross-talk.

However the attenuation of the excitation ligheitss still a problem and this technique is

also restricted to fluorescent samples.

A.3.3 Coherence-gating

As light scatters, it loses its coherence propertidence one can use the concept of optical

heterodyne detection (mixing of reference beam witinal beam at a light detector) to
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discriminate ballistic photons from scattered phstdn coherence-gating technique, one uses
a light source with low temporal coherence to ilinate an object in a scattering medium,
and the optical signal coming from the sample igadiwith a reference light at the light
detector (e.g. photodiode) — low-coherence interfestry (see Figure A.7). Ballistic light
remains coherence and interferes with the referdigbé whereas multiply scattered light
from unwanted region of the sample can become tefédg incoherent and will no more
interfere with reference light. Hence by employiogv-coherence interferometry, one can
discriminate coherent ballistic photons from the anted multiply scattered incoherent

photons using the concept of coherence-gating.
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Figure A.7 Low-coherence interferometry

The selectivity of low-coherence interferometryr@jecting scattered photon from unwanted
regions depends on the coherence lengtlof the light source that is used for imaging.
Coherence length refers to the propagation lengtim fa coherence source to a point where
the light wave maintains a specified degree of caiee. The significance of coherence
length is that interference will be strong onlyhiit the coherence length of the source. As a
result any photon that is collected from outsideerence length will not participate in the
interference process and will eventually be disorated and can easily be removed later as
background signal by simple arithmetic process sschubtraction. The coherence length of

a light source is inversely proportional to its ap&l bandwidth and is given by:

4In2_ A7
L =—SxZo
m AA
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where 1, is the centre wavelength of the source spectnurthe refractive index of the
medium andA4 the spectral width given by the full-width-at-hatieximum (FWHM). If the

source has a Gaussian spectrum, then a path offset,/2 will reduce the fringe visibility to
50%.

If a light source with short. is used for imaging a sample in such a way thas short
compared to the scattering MFP of the medium, thih pffset of any multiply scattered
photon will exceed the coherence length and will metable to interfere. Hence the shorter
the coherence length, the more selective the digaation of ballistic photons against
scattered photons.

Apart from effectively discriminating ballistic phmts against scattered photons, low-
coherence interferometry also provides a high-tggoi ranging capability when used in
reflection mode. The imaging depth is given bytilree-of-flight of the detected photons and
the depth (axial) resolution is determined by halfthe coherence length. OCT uses the
principle of low-coherence interferometry combinegh transverse scanning to perform
optical imaging at micrometric resolution with femllimeters of imaging depth [22].

Implementing low-coherence interferometry in a cmal microscope configuration provides
a high-resolution three-dimensional imaging capigbivith a very strong discrimination
capability against scattered light. Such techniguealled optical coherence microscopy
(OCM). In OCM, 2-dimensionaén facescans (in the plane normal to the beam axis) are
performed using a pair of galvo scanning mirrorfteAeachen facescan, the depth is
incremented by moving the focusing lens while thsitmmn of the reference mirror is adjusted
to keep the equal path length position of the O@kérferometer coincident with the beam
waist [113]. This procedure maintains the samestrarse resolution throughout depth of the
image. The complex 3-D scanning is the main drawbat OCM for fast imaging

applications.
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The dissertation abstract - Résumé de la thése

Optical coherence tomography for
monitoring the glaucoma laser surgery

The ability of optical coherence tomography (OCT)
to deliver tomographic images of biological tissues
in vivo non-invasively and in real-time has been a
growing interest in many biomedical applications,
mainly in ophthalmology for imaging the retina and
the anterior segment of the eye. However,
developing high-resolution OCT for imaging
strongly scattering biological tissues like sclaral
edematous cornea has still been the main challenge.
In this PhD work, an ultrahigh-resolution (< 4 pm)
Fourier-domain OCT (FD-OCT) system optimized
at 1.3 um center wavelength was developed in
Laboratoire Charles Fabry — Institut d'Optique
Graduate SchoolUsing this OCT system, we have,
for the first time, properly visualized the
Schlemm’s canal of the human eye that is located in
the strongly scattering corneal limbus at depth of
~ 0.8 mm. Schlemm'’s canal has been our target for
OCT imaging because it plays an important role for
the management of the aqueous humor that is
responsible for causing glaucoma - an eye disease
that can potentially lead to blindness. In
collaboration  with Laboratoire  d'Optique
Appliguée at ENSTA ParisTech, we have also
demonstrated real-time OCT imaging of the
femtosecond laser surgery in excised human
cornea. These studies have thus shown that the
surgery of glaucoma by femtosecond laser,
monitored by OCT, would be possible.

Key words: Optical coherence tomography (OCT),
ophthalmology, glaucoma, femtosecond laser, laser
surgery.

Tomographie par cohérence optique pour la
chirurgie laser du Glaucome

La capacité de la tomographie par cohérence
optique (OCT) a délivrer des images
tomographiques de tissus biologiquies vivo, de
maniére non invasive et en temps réel, a suscité un
intérét croissant pour de nombreuses applications
biomédicales, principalement en ophtalmologie
pour I'imagerie de la rétine et du segment antérieu
de [I'ceil. Toutefois, pour limagerie a haute
résolution de tissus biologiques fortement
diffusants, comme la sclérotique et la cornée
cedémateuse, la technique nécessitait des
améliorations technologiques. Dans cette thése, un
systeme d'OCT « Fourier-domain » (FD-OCT) a
trés haute résolution spatiale (<4um), a la
longueur d’onde de 1,3 um, a été développé dans la
Laboratoire Charles Fabry — Institute d'Optique
Graduate SchoolAvec ce systeme original, nous
avons réussi, pour la premiére fois, a visualiser
correctement le canal de Schlemm de I'eeil humain
qui se trouve a une profondeur d’environ 0,8 mm
dans le limbe de la cornée, milieu fortement
diffusant. L'imagerie du canal de Schlemm est
capitale afin d’envisager la chirurgie par laser du
glaucome, qui consiste a inciser cette partie @l I
afin d’'améliorer I'écoulement de I'humeur aqueuse.
Par ailleurs, en collaboration avec le Laboratoire
d’'Optique Appliquée de 'ENSTA ParisTech, nous
avons démontré la possibilité de contrbler en temps
réel par OCT des découpes par laser femtoseconde
pratiquées dans la cornée humainevitro. Ces
travaux ont montré que I'opération du Glaucome
par laser femtoseconde, contrélée par OCT, devrait
étre possible.

Mots clés :Tomographie par cohérence optique
(OCT), ophtalmologie, glaucome, laser
femtoseconde, chirurgie laser.



