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Abstract

The main aim of this thesis was to develop and improve phase sensitive,

multichannel methods for optical coherence tomography (OCT) using light

in the 840 nm and 1040 nm regime.

Conventional OCT provides purely structural information by illuminating

the sample by one beam and recording the backscattered signal with one

detection channel. Combination of this approach with a raster scan enables

the acquisition of 2D and 3D structural information with a resolution in

the micrometer regime. However, sometimes additional image contrast or

information is desired. Amongst other approaches, this can be provided

by a phase sensitive analysis of the interference pattern. Combining phase

sensitivity with the illumination of the sample by more than one beam and/or

by recording the data using more than one data acquisition channel allows

for even more enhanced imaging. While phase sensitive OCT gives access to

additional contrast and information, multichannel OCT can provide higher

imaging speed, scan �eld size and �exible di�erential measurements.

Amongst the di�erential, phase sensitive approaches, Doppler OCT (D-

OCT) and polarization sensitive OCT (PS-OCT) are two of the most

promising OCT modalities. While the former targets information on the

movement of backscattering particles, the latter measures alterations of the

polarization state of the light induced by the sample. Both techniques provide

additional image contrast and are, due to the non-invasive and fast character

of OCT, well suited for in vivo imaging of the human eye.

In the course of this thesis, two di�erent multichannel, phase sensitive
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OCT systems will be presented. First, a D-OCT system with three di�erent

sampling beams is described. With a central wavelength of 840 nm these

three beams are emitted by three individual laser sources. This e�ectively

eliminates any cross talk and provides the full depth range for each channel.

Furthermore, by illuminating the sample from three di�erent directions, the

absolute velocity vector can be reconstructed without the need for additional

information on its orientation from structural data. The developed system

is demonstrated for in vitro and in vivo imaging. For the latter, the retinal

blood �ow in a venous bifurcation of a healthy human volunteer was analyzed.

Second, a single mode (SM) �ber based PS-OCT system operating with

light centered around 1040 nm is presented. The longer wavelength provides

a deeper penetration into biological samples. The SM �ber design requires

the use of polarization control units at various positions along the �ber

based system. These provide a circular polarization state at the sample but

also control the polarization state throughout the system. Using SM �bers

in combination with a prede�ned polarization state at the sample reduces

polarization dependent artifacts and forms a less complex alternative to

SM approaches using multiplexing, sequential illumination or polarization

maintaining �bers. The arrangement and alignment of the polarization

control units is explained and validated by calibration measurements.

Furthermore, imaging results obtained from healthy human volunteers are

presented.

This thesis is composed around two articles published in peer reviewed

journals. Furthermore, the underlying basic principles are explained.
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Kurzfassung

Das Ziel dieser Dissertation war es, Methoden für die phasensensitive

Optische Kohärenztomographie (OCT) mit mehreren Kanälen für Licht im

Bereich von 840 nm und 1040 nm zu entwickeln.

Konventionelle OCT gewinnt strukturelle Information durch die

Beleuchtung der Probe mit einem Lichtstrahl, der von einem Laser

mit bestimmten Kohärenzeigenschaften erzeugt wird. Dabei wird das

rückgestreute Licht parallel zum einfallenden Strahl aufgenommen und

ausgewertet. Kombiniert man diese Methode mit einem Rasterscan,

können 2D und 3D Strukturen abgebildet werden. Die dabei erzielte

Au�ösung liegt im Mikrometerbereich. Oft entsteht der Bedarf an

zusätzlichem Kontrast. Dieser kann unter anderen dadurch erzeugt werden,

dass die Phase des Interfernzsignals analysiert wird. Weiters kann die

Probe mit mehreren Strahlen beleuchtet werden oder das Signal mit

mehreren Kanälen aufgenommen werden. Phasensensitive OCT liefert

zusätzlichen Kontrast und Information, während Multi-Channel OCT höhere

Aufnahmegeschwindigkeiten, gröÿere Scan-Felder sowie variantenreichere

di�erentielle Messmethoden ermöglicht.

Unter den di�erentiellen, phasensensitiven Messmethoden sind vor

allem Doppler OCT (D-OCT) und polarisationsensitives OCT (PS-OCT)

vielversprechende Weiterentwicklungen der konventionellen OCT. Während

die erstgenannte die Bewegung der rückstreuenden Partikel analysiert, misst

die zweitgenannte Änderungen des Polarisationszustands, die von der Probe

bewirkt werden. Beide Methoden erzeugen zusätzlichen Bildkontrast und
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Information. Durch die Kombination einer kurzen Aufnahmezeit und

der Nichtinvasivität von OCT sind beide Methoden sehr gut für in vivo

Messungen am menschlichen Auge geeignet.

Im Rahmen dieser Dissertation werden zwei phasensensitive OCT Systeme

mit mehreren Kanälen vorgestellt. Zuerst wird ein D-OCT System mit

drei Messstrahlen, die von unterschiedlichen Richtungen aber simultan die

Probe beleuchten, beschrieben. Bei einer zentralen Wellenlänge von 840 nm

werden drei separate Laserquellen verwendet. Dadurch kann Cross-Talk

zwischen den Kanälen vermieden werden und der volle Tiefenbereich für

jeden Kanal erzielt werden. Essentiell bei dieser Idee ist, dass durch die

drei unterschiedlichen Messrichtungen der absolute Geschwindigkeitsvektor

der, sich bewegenden, Streuzentren bestimmt werden kann. Eine genaue

Kenntnis der dreidimensionalen Orientierung des Geschwindigkeitsvektors

aus strukturellen OCT-Daten ist dadurch nicht notwendig. Das entwickelte

System wird in vitro an zwei Testproben und in vivo an Bifurkationen

retinaler Blutgefäÿe demonstriert.

Als zweites wird ein PS-OCT System vorgestellt, das mit Single Mode

(SM) Fasern designt werden konnte. Die längere Wellenlänge von 1040 nm

ermöglicht eine erhöhte Eindringtiefe in biologisches Gewebe. SM-Fasern

machen es notwendig, Bauteile zu verwenden, die eine Kontrolle des

Polarisationszustandes des Lichtes ermöglichen. Diese an mehreren Stellen

eingebauten Bauteile erlauben es, die Probe mit zirkulär polarisiertem

Licht zu beleuchten. Weiters wird durch diese Bauteile erreicht, dass

der Polarisationszustand im gesamten System kontrolliert werden kann.

Für die Bildgebung ist von Bedeutung, dass durch die SM-Fasern
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Artefakte und Sekundärbilder, die auf Polarisationse�ekte zurückzuführen

sind, reduziert werden. Somit entsteht eine Alternative zu anderen

komplexeren und teureren SM-Faser basierenden Methoden, wie zum

Beispiel Multiplexing und sequentieller Beleuchtung, oder Varianten die auf

polarisationserhaltenden Fasern beruhen. Die Positionierung und Einstellung

der Bauteile zur Kontrolle des Polarisationszustandes wird erklärt und

anhand von Kalibrationsmessungen bestätigt. Die in vivo Anwendbarkeit

wird durch Messungen an der Retina gesunder menschlicher Probanden

demonstriert.

Diese Dissertation ist um zwei, in peer-reviewed Journalen erschienenen,

Publikationen aufgebaut. Weiters werden in den ersten Kapiteln die

zugrundeliegenden Prinzipien erklärt.
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Chapter 1

Introduction

1.1 Background and Motivation

Optical coherence tomography (OCT) was developed in the early 1990s and is

nowadays widely used in medical research and diagnostics [1,2]. Interference

patterns of superimposed light, backscattered by a sample and a reference,

are recorded and provide depth resolved information on the sample along

the probing direction. The combination of its non-invasive character, short

image acquisition times and its ability to provide high resolution 2D and 3D

images makes it a valuable tool for diagnosing a variety of ocular diseases

and the monitoring of therapeutic success [3]. Apart from eye related and

biomedical imaging, OCT is also used over a wide range of �elds like material

and surface analysis [4]. Until today, the initially developed time domain

(TD) OCT technique was almost entirely replaced by Fourier domain (FD)

techniques mainly due to sensitivity and imaging speed advantages [5�8].

Nowadays two di�erent FD-OCT techniques, called spectral domain
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(SD) [9] and swept source (SS) OCT [10], are used. While the �rst

approach uses a broadband light source and a spectrometer in the detection

unit, the latter features a tunable light source in combination with single

point detectors. Recent SS-OCT systems can achieve higher imaging

speed, currently being up to 10 times faster than SD-OCT [11]. While

most commercially available OCT devices for retinal imaging feature a

low coherent light source at 840 nm, other wavelengths gained more and

more interest in research. Taking advantage of the local water absorption

minimum, OCT with light centered at 1040 nm seems to be promising due

to less scattering and better penetration especially in retinal imaging [12].

After its introduction several functional extensions of OCT were developed,

one of the most promising being Doppler OCT (D-OCT) [13�16] which

provides information on the movement of backscattering particles. Since

major eye diseases such as diabetic retinopathy and glaucoma, as well

as disorders such as retinal branch vein occlusion, are associated with

alterations in blood perfusion, D-OCT is of special interest for ophthalmic

imaging. In recent years di�erent D-OCT approaches based on di�erential

phase information, time varying speckle analysis [17], autocorrelation

techniques [18, 19] or dynamic scattering [20] were developed. Amongst

those phase resolved (PR) D-OCT is still the most widely used technique.

This approach is based on the measurement of the phase di�erence between

successive A-scans at overlapping positions in the sample [21�23]. In

order to enhance the recordable velocity range dual beam setups were

introduced [24�26]. Futhermore, dual-beam approaches can be used to gain

directional information about the movement of scatterers [27�30]. The main
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drawback of these systems was the missing ability to calculate absolute

velocity values independent of the velocity vector orientation. However,

using a trigonometrical approximation a dual beam approach for absolute

velocities under certain geometrical conditions was demonstrated for in

vivo retinal measurements [29]. Multi-channel setups which were able to

overcome the mentioned limitation have never been demonstrated for in vivo

measurements [31] and showed a limited depth range [32].

Motivation for multichannel D-OCT To establish multibeam

D-OCT for velocity and blood �ow measurements it is highly desirable to

develop a system that overcomes the shortcoming mentioned above. We

therefore aimed to develop a 3-beam D-OCT approach that is capable

to reconstruct the total velocity vector without any prior information of

the geometry of motion. The combination of three separate sampling

beams that illuminate the sample from three di�erent orientations

provides access to the three euclidean components of the velocity vector.

Furthermore, using an individual laser source for each sampling beam

e�ectively eliminates cross talk between the channels and gives access to

the entire depth range for the three channels.

We chose two calibration samples, namely a rotating disk and a �ow

phantom, to demonstrate the performance and feasibility of the novel

approach. Furthermore, we performed retinal imaging on healthy human

volunteers to analyze the blood �ow of vessel bifurcations.

The described system has the potential to provide unprecedented

possibilities for multifunctional imaging in a qualitative as well as a

3



quantitative way. Moreover, several adaptations in terms of beam

orientation or scanning protocol during further research and development

can provide even more imaging possibilities in the future.

A further very promising functional extension of OCT is polarization sensitive

(PS) OCT, providing additional information and image contrast [33].

In biological tissue mechanisms such as birefringence and polarization

scrambling alter the polarization state of the probing light [34]. Thereby

a polarization sensitive detection unit enables to distinguish polarization

preserving, birefringent and depolarizing materials and tissues. For both

FD-OCT techniques bulk optics and �ber based PS setups were developed in

the past [35�39]. The �ber-based approach provides relatively robust OCT

setups and can, especially if applied to SS-OCT setups, signi�cantly reduce

the alignment and setup e�ort. Using bulk optics, however, can directly

provide a well-de�ned polarization input state on the sample [40]. Without

additional measures this dramatically changes in a single mode (SM) �ber

based setup due to birefringent transformation of the polarization state in the

�bers. Using techniques including more than one input state in combination

with sequential illumination [41, 42] or multiplexing [43, 44], can help to

overcome this problem. Nevertheless this adds complexity to such an OCT

system and increases the acquisition time. Apart from bulk optics, also

polarization maintaining �bers can provide a de�ned polarization state at

the sample [39,45]. These �bers, however, introduce ghost images and often

further artifacts due to cross coupling between the polarization channels at

�ber connectors [39].
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Motivation for single input SM-PS-OCT Given the above, a

PS-OCT device using SM-�bers and a single illumination state seems

highly desirable. Reduced cost and complexity form a promising

combination especially for commercial systems. We therefore aim to

develop a PS-OCT system designed with conventional SM-�bers in the

interferometer and detection unit. In order to provide fast imaging and

deeper tissue penetration we employed an SS with a central wavelength

of 1040 nm. A polarization control unit in the �ber based part of the

sample arm provides circular polarized light at the sample, while further

units at several positions of the setup control the polarization state and

provide equal power at the detector inputs.

The correct alignment of the polarization states is veri�ed during

calibration measurements with a constant retarder. Finally the potential

of our novel system for retinal imaging is demonstrated for the macula

and optic disc region of healthy human volunteers.

1.2 Scope and Structure of this Work

In this work novel multichannel setups for PR-D-OCT and PS-OCT are

introduced. For both modalities the new approaches are demonstrated during

in vitro and in vivo measurements.

Apart from the introductory Chapter 1 this thesis is organized in

four further chapters. All information and references that are required

to understand the applied methods and interpretations are provided in

5



Chapter 2. This chapter comprises a brief overview on the electromagnetic

nature (Section 2.1), polarization properties (Section 2.2), and interference

of light (Section 2.3). Furthermore, TD as well as FD-OCT are introduced

and assessed in terms of noise and sensitivity (Section 2.4). This chapter is

concluded with Section 2.5 about OCT modalities where D-OCT and PS-

OCT are explained.

Chapter 3 establishes a link between ophthalmology and OCT and contains

a brief survey of the human eye.

The experimental work and the respective results are presented, based on

two articles, that were published in peer reviewed journals, in Chapter 4.

The article about 3-beam D-OCT is presented in Section 4.1. Section 4.2

addresses PS-OCT and presents our approach using light with a single,

circular polarized state at the sample while using SM-�bers for the

interferometer and detection unit. For each section, a brief motivation is

followed by the respective article.

Chapter 5 provides a conclusion, considering all the experimental work.
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Chapter 2

Basic Considerations and OCT

First, this chapter aims to provide a brief overview on the nature of light

and its description. For this purpose two excellent textbooks, Principles of

Optics from Max Born and Emil Wolf [46] and Fundamentals of Photonics

written by Bahaa E.A. Saleh and Malvin C. Teich [47], serve as a basis.

Second, the basic principles, characteristics and applications of OCT

will be introduced according to the book edited by Wolfgang Drexler and

James G. Fujimoto called Optical Coherence Tomography - Technology and

Applications [48] and selected journal articles.

2.1 Light - an Electromagnetic Wave

Light can be described by rays, which, according to Fermat's principle, travel

along the path of least time. This simpli�cation su�ces for describing most

phenomena if the wavelength of the light is much smaller than the objects it

passes. However, the wave nature of light becomes apparent for wavelength-
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sized objects and therefore usually needs close and careful observation. Wave

optics provides explanations for e�ects that are not covered by ray theory

like interference and di�raction. Both of the mentioned phenomena involve

phase information and therefore lie well beyond the reach of ray optics. The

limitations of scalar wave optics, however, include a detailed description of

polarization e�ects such as the re�ection and refraction of light at interfaces

involving dielectric media. These e�ects, however, lead to a vector like

interpretation of light, rather than the scalar theory of wave optics. The

result is the electromagnetic optics theory; a �eld strongly in�uenced by

James Clerk Maxwell.

Electric �elds,
−→
E , are caused by electric charges and induced by time

varying magnetic �elds. Magnetic �elds,
−→
H , are generated by electrical

currents and changing electric �elds. This conceptual description of

electromagnetism can be expressed by Maxwell's equations (equations 2.1-

2.4).

∇×
−→
H =

−→
j + ε0εm

∂
−→
E

∂t
(2.1)

∇×
−→
E = −µ0µm

∂
−→
H

∂t
(2.2)

∇ ·
−→
E =

%

ε0εm
(2.3)

∇ ·
−→
H = 0 (2.4)

Together with the Lorentz force (equation 2.5),

−→
F = q

(−→
E +−→v × µ0

−→
H
)
, (2.5)
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and Newton's second law (equation 2.6),

−→
F = −̇→p , (2.6)

these equations describe all electromagnetic phenomena. ε0 and εm stand for

the respective electric permittivity of vacuum and the media, while µ0 and

µm are the corresponding magnetic permeabilities. Furthermore,
−→
j is the

electric current density and ρ the electric charge density.

For the special case of a space without charges or currents and

homogeneous media the coupled Maxwell's equations lead to the decoupled

equations 2.7 and 2.8, which are called the electromagnetic wave equations:

∇2−→E (−→r , t)− ε0εmµ0µm
∂2−→E
∂t2

= 0 (2.7)

∇2−→H (−→r , t)− ε0εmµ0µm
∂2−→H
∂t2

= 0. (2.8)

These equations suggest that electromagnetic waves propagate with a speed

of v = 1√
ε0εmµ0µm

through space. For the case of vacuum where εm = µm = 1

this means that electromagnetic waves travel with the speed of light, c =

1√
ε0µ0
∼ 3 × 108 m

s
. In media this velocity is slowed down, leading to the

de�nition of the refractive index, n = c
v

=
√
εmµm. Furthermore, this

perspective allows to interpret light as electromagnetic wave which can be

described by vector wave theory. Accordingly, two coupled vector waves, an

electric
−→
E (−→r , t) and a magnetic

−→
H (−→r , t), propagate through space, −→r , and

time, t. These �eld vectors satisfy Maxwell's equations (equations 2.1-2.4).

As an electromagnetic wave, light is an oscillation that transfers energy
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from one point to another. The direction and magnitude of this �ow of energy

per time interval is determined by the Poynting vector (see equation 2.9).

−→
S =

−→
E ×

−→
H (2.9)

The absolute value of the vector
−→
S yields the energy per time and area

(orthogonal to the propagation direction) and is called intensity, I.

|
−→
S |= I = cε0〈

−→
E 2〉 (2.10)

In equation 2.10 the operator 〈〉 stands for the temporal average. The

intensity is also the experimentally measurable quantity. This and the fact

that the electric �eld,
−→
E , appears squared in this equation will be of further

interest later.

For a homogeneous medium free of currents and charges, each component

of the �eld vectors,
−→
E and

−→
H , satis�es the second order di�erential

equations 2.7 and 2.8. Therefore, and for the sake of simplicity we can

ignore the vector like character of light and use scalar wave theory to

describe monochromatic and polychromatic light in the upcoming two

subsections.
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2.1.1 Monochromatic Light

A simple solution to the wave equation 2.7 is the time harmonic wave,

represented with the trigonometric functions of the cosine or sine:

E(t) = a cos(ωt+ δ). (2.11)

In equation 2.11, a is called the amplitude and the argument of the cosine,

ωt + δ, is called the phase. ω is the angular frequency and can be rescaled

to the frequency, f = ω
2π

= 1
T
, while δ is called the phase constant. If the

time, t, is increased by multiples of T the value of E remains unchanged.

Therefore, T is called the the period of the harmonic wave.

So far we ignored the spacial dimension in the description of waves. Let

us now consider a harmonic wave that propagates in the direction of the unit

vector −→s . This can be done by introducing the velocity, v, and replacing t

with t− −→r ·−→s
v

in equation 2.11:

E(−→r , t) = a cos

[
ω

(
t−
−→r · −→s
v

)
+ δ

]
. (2.12)

The cosine in equation 2.12 yields the same value if −→r · −→s is replaced by

−→r · −→s + λ. The introduced term, λ = v 2π
ω

= vT , is called the wavelength.

Using a more general form of the amplitude and after rewriting the second

term of the phase with the wave vector
−→
k = k−→s = ω

v
−→s , equation 2.12 looks

like:

E(−→r , t) = a(−→r ) cos
[
ωt−

−→
k · −→r + δ

]
. (2.13)
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Using exponential rather than trigonometric functions facilitates the handling

of harmonic waves. Having this in mind, equation 2.13 can be expressed as

E(−→r , t) = Re
{
a(−→r )ei(wt−g(

−→r ))
}

(2.14)

with Re indicating the real part, representing the physical quantity, and g

being a real scalar function of space.

The propagation speed of the surfaces having equal phase is called phase

velocity, −→v phase(
−→r ) and can be written as follows:

−→v phase(
−→r ) =

ω

∇g(−→r )
. (2.15)

In case of a plane electromagnetic wave the gradient in equation 2.15

simpli�es to ∇g =
−→
k . For directions normal to the cophasal surface, this

yields a more familiar expression for the phase velocity, vphase = ω
k
.

In our context the term monochromatic refers to electromagnetic

radiation of a single frequency as introduced above. The wave-functions

used so far are time extending over all times. However, no real radiation

source shows in�nite emission duration and according to the Fourier

transform's localization property this implies more than one contributing

frequency. Therefore real waves are never monochromatic but polychromatic.
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2.1.2 Polychromatic Light

According to Fourier's theorem, superimposing monochromatic waves with

di�erent frequencies can create any (polychromatic) wave. This is also valid

as Maxwell's equations (equations 2.1-2.4) are second order, homogeneous,

linear partial, di�erential equations. Therefore any linear combination of

solutions will be a solution too. The general form of a polychromatic wave

can look like this:

E (−→r , t) =

∞∫
0

a (−→r , ω) cos
(
ωt−

−→
k −→r − δ

)
dω. (2.16)

Equation 2.16 can also be interpreted as the real part of a complex

exponential function Ê (−→r , t):

E (−→r , t) = Re
{
Ê (−→r , t)

}
= Re


∞∫

0

a (−→r , ω) e−i(ωt−
−→
k −→r −δ)dω

 . (2.17)

The complex function Ê in equation 2.17 is also called the analytic signal

which is constituted by its real and imaginary part.

In general, for polychromatic waves the propagation velocity of planes with

constant amplitude (group velocity) and constant phase (phase velocity) do

not have to be the same. While the phase velocity can be expressed in a

familiar form, vphase = ω
k
(ω and k indicate mean values of angular frequency

and wave number), the group velocity looks a bit more complex, vgroup = dω
dk
.

13



2.2 Polarization of Light

As already mentioned in section 2.1 the scalar description of light fails for

e�ects which involve the so called polarization of the light. Therefore light

has to be treated as a vector rather than a scalar wave.

Considering a plane, harmonic wave with the variable ∆ph = ωt −
−→
k −→r

yields a three dimensional representation of the electromagnetic �eld with all

components being functions of ∆ph:

−→
E =

−→
E
(
ωt−

−→
k −→r

) −→
H =

−→
H
(
ωt−

−→
k −→r

)
. (2.18)

Combining equations 2.18 with Maxwell's equations 2.1 and 2.2 leads to the

transversality of the involved �elds, showing that the electric and magnetic

�eld vectors lie in planes normal to the direction of propagation. Furthermore

it follows that the two �eld vectors are perpendicular to each other.

Now we want to investigate a wave propagating into the z direction. This

means that only the x- and y-components of the wave vectors
−→
E and

−→
H are

non-zero. For the former this yields

Ex = axcos (τ + δ1) Ey = aycos (τ + δ2) . (2.19)

In general the vector sum of the two components in 2.19 describes an ellipse

in the xy-plane. The same follows for the magnetic �eld. Therefore, such

waves are called elliptically polarized. For the case that the polarization

ellipse becomes a straight line or a circle, the two special cases of linear and

circular polarized light emerge. For a phase di�erence of δ = δ2 − δ1 = mπ
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between the two orthogonal components, with m being an integer, we get

linear polarized light, while for δ = mπ
2

with m being an odd number except

zero, we obtain circular polarized light if a1 = a2.

2.2.1 Mathematical Description of Polarization

Jones Vectors

If all components of the �eld vector
−→
E are known, the polarization state is

fully determined. A straight forward description reduces the �eld components

to a transversal representation and is called the Jones vector:

J =

 Êx(t)
Êy(t)

 =

 E0xe
iϕx

E0ye
iϕy

 . (2.20)

The phase sensitive representation on the right side of equation 2.20 makes

it possible to deal with coherent waves. The sum of two coherent rays can

then be expressed by the sum of the respective components. Normalizing the

sum of the absolute squared components and rescaling the phases relative to

each other, so that ϕx = 0, leads to simpli�ed expressions (indicated by

JN). Examples for typical polarization states can be seen in equations 2.21

(LP − x=linear polarized in x, LP −Θ=linear polarized at an angle of Θ to
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the x-axis, R− /L− CP=right/left-circular polarized):

JN−LP−x =

 1

0

 , JN−LP−Θ =

 cosΘ
sinΘ


JN−R−CP = 1√

2

 1

i

 , JN−L−CP = 1√
2

 1

−i

 .
(2.21)

Stokes Parameters

The Stokes parameters are another vector-like description of the polarization

state of light. Four parameters describe the polarization state and allow for

the description of unpolarized, partially polarized or totally polarized light.

The Stokes parameters can experimentally be described by the means of a

set of polarizers, an intensity �lter and an intensity sensitive detector. Their

representation with respect to the transverse �eld components can be seen

in equation 2.22.

S =



s0 = a2
x + a2

y

s1 = a2
x − a2

y

s2 = 2axaycos(δ)

s3 = 2axaysin(δ)


(2.22)
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Examples for typical polarization states expressed by normalized Stokes

parameters (SN = si
s0

with i = 0− 3) can be seen in equations 2.23:

SN−unpol. =



1

0

0

0


, SN−LP−x =



1

1

0

0



SN−LP−45◦ =



1

0

1

0


, SN−R−CP = 1√

2



1

0

0

1


, SN−L−CP = 1√

2



1

1

0

−1


.

(2.23)

For polarized or partially polarized light the four normalized Stokes

parameters are related by:

polarized: s2
N−0 = s2

N−1 + s2
N−2 + s2

N−3 = 1

partially polarized: s2
N−0 ≥ s2

N−1 + s2
N−2 + s2

N−3 < 1.
(2.24)

The degree of polarization, P , can be expressed in terms of polarized and

total intensity and the respective Stokes parameters:

P =
Ipol
Itot

=

√
s2

1 + s2
2 + s2

3

s2
0

≤ 1. (2.25)

Jones and Mueller Matrices

If a ray vector,
−→
E a, passes an optical element, its polarization state gets

transformed, described by a vector,
−→
E b. For the Jones representation this
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can be described by the 2× 2 Jones matrix, T, which is formed by complex

elements:

−→
E b = T

−→
E a =

 Eb−x

Eb−y

 . (2.26)

For the Stokes vectors, which can be used to describe polarized as well as

partially polarized light, 4 × 4 Müller matrices with real elements are used

to describe the transformation from the incident vector to the transmitted.

2.3 Interference of Light

The concept of partial coherence is crucial for the work presented in this

thesis. Therefore a shortened version of the according derivations from Born

and Wolf [46] are presented in the following. This should also enable the use

of this thesis as a standalone basis for a reader who is new to the �eld of OCT.

In equation 2.10, we de�ned the intensity of light as the temporal

average of the energy crossing an area perpendicular to the energy �ow

per time interval. For the following considerations, we want to ignore the

coe�cients in equation 2.10 and discuss the intensity in terms of 〈
−→
E 2〉.

In the case that two monochromatic waves,
−→
E 1 and

−→
E 2, are superimposed,

the detected intensity becomes:

−→
E =

−→
E 1 +

−→
E 2 →

−→
E 2 =

−→
E 2

1 +
−→
E 2

2 + 2
−→
E 1

−→
E 2 →

I = I1 + I2 + J12 = 〈
−→
E 2

1〉+ 〈
−→
E 2

2〉+ 2〈
−→
E 1

−→
E 2〉.

(2.27)
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While the �rst two terms in the last line of equation 2.27 are the intensities

of the two waves, the �nal term, J12 = 2〈
−→
E 1

−→
E 2〉, is called the interference

term.

Assuming
−→
A = aje

igj and
−→
B = bje

ihj to be the complex amplitudes of the

complex �eld vectors (j = 1, 2, 3),
−→
Ê 1 and

−→
Ê 2, we can conclude that the two

phases, gj and hj will in general be di�erent, as the two waves will travel along

di�erent paths to the point where they interfere. Under the condition that

the phase components are equally a�ected, the respective phase di�erence,

δE1,2 , is formed by subtracting the corresponding phases:

δE1,2 = gj − hj =
2π

λ0

∆r (2.28)

with ∆r being the di�erence between the two optical paths and λ0

the wavelength in vacuum. Using
−→
E1(−→r , t) = Re[

−→
A (−→r )e−i(wt)] =

1
2
[
−→
A (−→r )e−i(wt)+

−→
A
∗
(−→r )ei(wt)] (and analogously for

−→
E2) the interference term,

J12 can then be written as (with ∗ indicating the complex conjugate):

J12 = 2〈
−→
E 1

−→
E 2〉 = 1

2

(−→
A ·
−→
B
∗

+
−→
A
∗
·
−→
B
)

=

= (a1b1 + a2b2 + a3b3) cosδE1,2 .
(2.29)

Equation 2.29 demonstrates the dependence of the interference term intensity

from the phase di�erence (see equation 2.28) and therefore from the optical

path length di�erence between the two superimposed waves.

To this point we have only considered the rather arti�cial case of interfering

monochromatic waves. As mentioned in section 2.1, light from a real physical

source can never be regarded monochromatic. Amplitude and phase of
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a real source undergo irregular �uctuations. The rate under which these

�uctuations occur is dependent on the spectral width, ∆λ, of the emitted

light with a central wavelength of λ. Let's consider such a real source

and the respective light disturbance at two points, P1 and P2, which are

far away from the source. For the case that P1 and P2 lie close to each

other in the light �eld, we can expect that the �uctuations of amplitude

and phase are not independent. Actually, for distances small compared to

the mean wavelength, the �uctuations will be essentially the same. Thus,

increasing the distance between P1 and P2 leads to a decreased correlation

of the �uctuations. The situations of perfect correlation and no correlation

are called coherent and incoherent, respectively. The minimal separation in

terms of optical path length di�erence of these two events is called coherence

length, lc = c∆t ∼ c
∆f

= λ
2

∆λ
(with ∆t being the temporal path delay).

For everything in between the two extreme cases we use the term partially

coherent.

Observing and analyzing the interference in a two beam experiment can

help to understand the introduced notions of correlation and coherence. A

sketch of the setup as described in the paragraph above is shown in �gure 2.1.

Neglecting polarization e�ects, the wave �eld of an extended polychromatic

source, σ, can be described by the real valued, scalar function E(R)(P, t) with

dependence of position, P , and time, t. Experimentally observable by means

of a detector is the intensity and therefore a quantity proportional to the

squared and time averaged �eld amplitude, as shown in equation 2.30.

I(P ) = 2〈E(R)2(P, t)〉 = 〈Ê(P, t)Ê∗(P, t)〉 (2.30)
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Figure 2.1: Two beam interference experiment.

We now want to determine the interference e�ects emerging from two

pinholes, P1 and P2, in an opaque screen, A. Therefore we analyze the

according intensity distribution on a second screen, B (see �gure 2.1). The

light �eld disturbance at Q can be expressed as:

Ê(Q, t) = Ê1(P1, t− t1) + Ê2(P2, t− t2). (2.31)

In equation 2.31, t1 and t2 describe the individual travel times for the light

from the points P1 and P2 to point Q, with the distances s1 = ct1 and

s2 = ct2. Furthermore, for the sake of simplicity, we ignore factors describing

the attenuation of the light at the pinholes and along the path to the second

screen. According to equations 2.30 and 2.31, the observable intensity at Q

is:

I(Q) = 〈Ê1(t− t1)Ê∗1(t− t1)〉+ 〈Ê2(t− t2)Ê∗2(t− t2)〉+

+〈Ê1(t− t1)Ê∗2(t− t2)〉+ 〈Ê2(t− t2)Ê∗1(t− t1)〉.
(2.32)
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Under the assumption of a stationary �eld, the origin of time in the terms of

equation 2.32 can be shifted. This leads to a simpli�ed expression:

I(Q) = I1 + I2 + 2Γ
(R)
12

(
s2 − s1

c

)
(2.33)

with Γ
(R)
12 being the real part of the complex function:

Γ12(τ) = 〈Ê1(t+ τ)Ê∗2(t)〉. (2.34)

With respect to the sketch of the experimental setup in �gure 2.1,

equation 2.34 means that the light �eld of P1 is, for a time interval of

τ = t2 − t1, considered later than the one from P2. Γ12(τ) is called the

mutual coherence function. By normalizing it, we obtain the complex degree

of coherence:

γ12(τ) =
Γ12(τ)√

Γ11(0)
√

Γ22(0)
=

Γ12(τ)√
I1

√
I2

. (2.35)

With equation 2.35 we can rewrite 2.33 to the form (with (R) indicating the

Real part):

I(Q) = I1(Q) + I2(Q) +
√
I1(Q)

√
I2(Q)γ

(R)
12

(
s2 − s1

c

)
. (2.36)

in which it is called the general interference law for stationary optical �elds.

Equation 2.36 also holds for the case that the two beams are derived from a

single primary beam by amplitude rather than wavefront division. Popular

interferometers according to Michelson or Mach-Zehnder use the amplitude

division and therefore this approach will be discussed in more detail in the
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next sections. For this case γ(R)
11 will be used instead of γ(R)

12 .

By assuming f to be the mean frequency of the light we can express γ12

according to the polar representation of complex numbers:

γ12 (τ) = |γ12 (τ) |ei[α12(τ)−2πfτ] (2.37)

with:

α12 (τ) = 2πfτ + arg [γ12 (τ)] . (2.38)

After considering equations 2.37 and 2.38 the general interference law for

stationary optical �elds (equation 2.36) can be rewritten to:

I(Q) = I1(Q)+I2(Q)+
√
I1(Q)

√
I2(Q)|γ12 (τ) |cos

[
α12 (τ)− 2πfτ

]
. (2.39)

The absolute value of the complex degree of coherence from equation 2.35

takes values of 0 ≤ |γ12(τ)| ≤ 1. This is a measure for coherence. For the case

of coherent vibrations at P1 and P2 (taking into account the time delay τ) the

value of γ12 is equal to unity and leads to the case of monochromatic waves as

described in equations 2.27 and 2.29. The other extreme, γ12(τ) = 0, means

that the last term in equations 2.36 and 2.39 is canceled out. The beams

therefore do not produce any interference and are said to be incoherent. All

other cases, where |γ12(τ)| takes on values between zero and unity are called

partially coherent. Hence, the time delay, τ , between the two superimposed

beams determines whether interference will be observed or not. Only for

cases where τ is smaller than the coherence time, τc ∼ 1
∆f

, the beams are

said to be coherent. τc is also related to the coherence length by the speed
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of light, lc = cτc.

Our considerations so far have only dealt with the modulation of the

intensity for the entire spectrum of the light due to interference. We now

want to analyze how the intensity over the spectrum of the superimposed

light behaves in case of interference.

The truncated function, E(R)
T , of the real light �eld disturbance can be

written as:

E
(R)
T (P, t) =

∞∫
−∞

vT (P, f)e−i2πftdf

with

E
(R)
T (P, t) =



= E(R)(P, t) =
∞∫
−∞

v(P, f)e−i2πftdf if |t| 6 T,

= 0 if |t| > T

(2.40)

(with (R) indicating the real part of the light �eld). With its Fourier

transform:

vT (P, f) =

∞∫
−∞

E
(R)
T (P, t)ei2πftdt (2.41)

we have:

∞∫
−∞

E
(R)
T (P1, t+ τ)E

(R)
T (P2, t)dt

=
∞∫
−∞

E
(R)
T (P2, t)

[ ∞∫
−∞

vT (P1, f)e−i2πf(t+τ)df

]
dt

=
∞∫
−∞

[ ∞∫
−∞

E
(R)
T (P2, t)e

−i2πftdt

]
vT (P1, f)e−i2πfτdf

=
∞∫
−∞

vT (P1, f)vT
∗(P2, f)e−i2πfτdf.

(2.42)
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Dividing both sides by 2T and rewriting yields:

〈E(R)(P1, t+ τ)E(R)(P2, t)〉 =

∞∫
−∞

G12(f)e−i2πfτdf, (2.43)

with:

G12(f) = lim(T→∞)

[
vT (P1, f)vT ∗(P2, f)

2T

]
. (2.44)

G12(f) is called cross spectral density of the light vibrations at P1 and P2. The

double overline in equation 2.44 indicates a smoothing operator (ensemble

average over the ensemble of random �uctuations). Furthermore, it appears

that the real correlation function 〈E(R)(P1, t + τ)E(R)(P2, t)〉 and the cross

spectral density G12(f) are a Fourier transform pair.

We now want to reconsider the experiment sketched in �gure 2.1 for

partially coherent light. The �eld at the point Q can be described by

equation 2.31, Ê(Q, t) = Ê1(P1, t − t1) + Ê2(P2, t − t2), with t1 = s1
c
and

t2 = s2
c
for the time the light travels to point Q. For the coherence function

observed at Q we get:

ΓQQ(τ) = 〈Ê(Q, t+ τ)Ê∗(Q, t)〉. (2.45)

After substituting E(Q, t) into equation 2.45 we obtain:

ΓQQ(τ) =

= 〈Ê1(t− t1 + τ)Ê∗1(t− t1)〉+ 〈Ê2(t− t2 + τ)Ê∗2(t− t2)〉+

+〈Ê1(t− t1 + τ)Ê∗2(t− t2)〉+ 〈Ê2(t− t2 + τ)Ê∗1(t− t1).

(2.46)
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Shifting the time origin for each average and rewriting gives:

ΓQQ(τ) =

= Γ11(τ) + Γ22(τ) + Γ12(t2 − t1 + τ) + Γ21(t1 − t2 + τ).
(2.47)

Taking the Fourier Transform of equation 2.47 we obtain:

S(Q, f) =

= S(P1, f) + S(P2, f) +G(P2, P1, f)eiδ +G(P1, P2, f)e−iδ.
(2.48)

The spectral densities, S(P1, f) and S(P2, f), are proportional to the Fourier

transforms of the respective coherence functions, Γ11(τ) and Γ22(τ). The

same holds for the pairs of Γ12(τ) and Γ21(τ) and the respective cross spectral

densities, G(P2, P1, f) and G(P1, P2, f) and δ = 2πf(t2 − t1) = 2π
λ

(s2 − s1).

With the two spectral densities being their complex conjugates equation 2.48

can be rewritten to:

S(Q, f) = S(P1, f) + S(P2, f) + 2Re
[
G(P1, P2, f)e−iδ

]
. (2.49)

As we did before with the coherence function, we now want to normalize the

cross spectral density and get the spectral degree of coherence:

µ12(f) =
G(P1, P2, f)√

S(P1, f)
√
S(P2, f)

(2.50)

with absolute values of 0 ≤ |µ12(f)| ≤ 1. In this context a value of unity

(|µ12(f)| = 1) can be interpreted as absolute correlation and hence complete

spectral coherence. Whereas, a value of zero (|µ12(f)| = 0) means that
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there is no correlation and therefore spectral incoherence. Using the spectral

degree of coherence (equation 2.50), the �nal expression for S(Q, f) (from

equation 2.49) becomes:

S(Q, f) = S(P1, f) + S(P2, f)+

+2
√
S(P1, f)

√
S(P2, f)|µ12(f)|cos(β12(f)− δ).

(2.51)

and is called the spectral law of interference for the superposition of beams

of any state of coherence. In equation 2.51 we use β12(f) = arg [µ12(f)].

The form of the spectral representation for interference is similar to the

one derived before in equation 2.36. However, while the general interference

law for stationary �elds describes the variation caused by interference of the

averaged intensity, equation 2.51 outlines the e�ect on the beam spectrum.

Therefore, no variations are observed for the entire beam intensity if the path

length di�erence between the superimposed beams exceeds the coherence

length, lc, while there will always be a spectral modulation irrespective of

the path di�erence, s2 − s1 = λδ
2π
.

2.4 Optical Coherence Tomography

Optical coherence tomography (OCT) was derived from low coherence

interferometry around 1990 [1]. Both techniques compare the time delay

of light illuminating a sample with reference light of known beam path and

time delay [49, 50]. Popular interferometer designs are of the Michelson or

Mach-Zehnder type (see �gure 2.2).
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Figure 2.2: Schematic of a Michelson (left) and a Mach-Zehnder
interferometer (right): M1 − 2, mirror; BS1 − 2, beam splitter; red and
orange lines, light beams.

As discussed in section 2.3 interference can be described in a temporal

(general law of interference, equations 2.32 to 2.39) or a spectral way (spectral

law of interference, equations 2.47 to 2.51). Accordingly both approaches can

be used for OCT. Time domain (TD-) OCT was developed �rst [1, 2], until

Fourier domain (FD-) OCT techniques [9, 10] took over due to sensitivity

and acquisition speed advantages [5�7]. Both techniques collect depth

information along the axial, beam direction (A-scan) and can be used to

provide 2D tomograms (a sequence of adjacent A-scans forms a B-scan) as

well as 3D images if the respective probing beam is scanned accordingly over

the sample.

2.4.1 Time Domain OCT

A sketch of a typical TD-OCT setup can be seen in �gure 2.3.
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Figure 2.3: Sketch of a Michelson interferometer based TD-OCT setup: ER,
reference arm light �eld; MR, movable reference mirror; zR, reference mirror
positions; BS, beam splitter; ES, sample arm light �eld; zS−i, sample layer
positions; ED, detected light �eld; ID, detected intensity; red and orange
lines, light beams.

The light source emits broadband light with low temporal coherence. At

the beam splitter (BS) the light is divided into a reference and a sample

beam. A movable reference mirror (MR) and the sample backre�ect or

backscatter the light towards the BS, where the respective beams are

recombined. Moving theMR changes the reference arm delay (or path length)

and shifts the coherence gate in the sample arm accordingly. If the optical

path length for the light backre�ected and -scattered from the the sample

and reference arm match, zR−i = zS−i interference can be observed. The

width of the recorded coherence function depends on the coherence length

of the light source and determines the axial resolution (see equation 2.52 for
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the case of a Gaussian beam) [51].

lc−Gauss = δz =
2ln2

π

λ̄2

∆λ
(2.52)

Typical values for lc are in the µm regime.

For TD-OCT the reference arm shifts the coherence gate and therefore the

depth range is solely limited by the scattering and absorption properties of

the sample. In practice, however, the imaging optics used in the sample arm

also limit the depth range.

2.4.2 Fourier Domain OCT

The spectral interference pattern, recorded with a typical FD-OCT system

(see �gure 2.4) looks like [52]:

S(f) = SRR(f) +
∑

n Snn(f)+

+2Re
{∑

n 6=mGnm(f)e−i2πf(τn−τm)
}

+

+2Re
{∑

nGnR(f)e−i2πf(τn−τ)
}
.

(2.53)

The terms on the right side of the �rst line of equation 2.53 re�ect the

spectral density of the light as re�ected by the reference mirror and the

n sample layers. The third term takes the interference between di�erent

object layers (n − th and m − th) into account. Finally, the third line

describes the interference between the light from the reference mirror and

the n − th sample layer. The desired information on the object structure

therefore is encoded in the di�erent modulation frequencies of the fourth

term of equation 2.53.
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Figure 2.4: Schematic of a FD-OCT system: τ , temporal delay between light
traveling in reference and the sample arm.

Inverse Fourier transforming equation 2.53 yields the respective coherence

function and the corresponding structural depth information:

I(z) ∝ I(τ) = FT−1 [S(f)] =

= ΓRR(τ) +
∑

n Γnn(τ)+

+
∑

n6=m Γnm [τ ± (τm − τn)] +

+
∑

n ΓnR [τ ± (τR − τn)] .

(2.54)

Equation 2.54 yields a pattern consisting of several coherence functions.

We obtain a peak for each position where the argument of the individual

terms vanishes. The second line forms the DC-term, located directly at

the zero delay (τ = 0). The third term arises from interference between

di�erent object layers and is therefore called autocorrelation term. In the
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last term, the direct information on the position of re�ecting sample layers is

provided. All mentioned contributors are symmetric around the zero delay.

The reason for this symmetry is that the recorded interference pattern, S(f),

is real valued. Therefore its Fourier transform is Hermitian and reduces the

applicable depth range by 50 % due to the depth ambiguity.

The structural depth information along the measurement beam can be

reconstructed without any movement of the reference arm. Hence, FD-OCT

provides a higher acquisition speed than TD-OCT.

Recording the spectral interference pattern can be done by two hardware

approaches. One can either use a tunable laser in combination with a

photodetector or a continuous broadband source with a spectrometer unit.

In �gure 2.5 a sketch of the two FD-OCT techniques, spectral domain (SD-)

and swept source (SS-) OCT is depicted.

Figure 2.5: Schematic of a SS- (left) and SD-OCT (right) system: L, lens;
G, grating.

In contrast to TD-OCT, FD-OCT has an inherently limited depth range.
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The observed modulation of the recorded spectral intensity distribution

shows higher frequencies for larger path length di�erences. According to

the sampling theorem, the sampling frequency has to be at least two times

higher than the highest resolvable frequency. Hence, translated to FD-OCT,

this yields a depth range of:

zmax = ± λ̄2

4δλ
(2.55)

with δλ being the spectral resolution of the detection unit. Due to the

symmetry of the Fourier transformed signal the depth range is divided into

a positive and negative half and reduced accordingly. Complex full range

OCT [53] can circumvent this limitation and provides access to the entire

depth range [54�56].

For SD-OCT, where a spectrometer in combination with a continuous,

broadband light source is used, the depth range is de�ned by the spectrometer

resolution, δλspectrometer = ∆λtotal−SD

Npixel
, with N being the number of pixels of

the line scan camera that covers a total spectral range of, ∆λtotal−SD [57].

In the case of SS-OCT and under the assumption of a linear sweep in λ,

δλsweptsource = ∆λtotal−SS

Ns
is the resolution of the detection unit, with Ns being

the number of samples within the spectrum, ∆λtotal−SS [58]. However, the

instantaneous linewidth, δλSS−instantan, of the light emitted by the source

at a certain time, t = const., forms a lower border in terms of sampling

resolution.

The axial or depth resolution for FD-OCT can be calculated using the

Fourier uncertainty principle. With δkz being the full width half maximum
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of the absolute wave vector values in the z direction, the condition of δzδkz =

8ln2 for Gaussian spectra yields:

δz =
2ln2

π

λ̄2

∆λ
. (2.56)

Equation 2.56 leads to the same axial resolution as for TD-OCT [59].

2.4.3 Noise and Sensitivity

In addition to the interference signal also noise is recorded in OCT. The main

sources are shot, excess and receiver noise [60]. Shot noise can be explained

by the random arrival of photons emitted by a monochromatic source

following a Poisson process. Next, excess noise describes the randomness of

photons emitted by a broadband light source, according to the Bose-Einstein

statistics. Finally, receiver noise can be described by the thermal vibrations

along the ampli�cation and readout process of the detector unit.

Noise is described as the signals variance, σ2. Under the assumption of

white noise the di�erent contributors add up:

σ2
noise = σ2

shot + σ2
excess + σ2

receiver. (2.57)

To quantify the relation between the actual signal and the respective noise,

the signal to noise ratio (SNR) can be used:

SNR =
〈I2〉
σ2
noise

. (2.58)

34



Due to the usually high values observed for the SNR in OCT, it is usually

expressed in decibels, SNR[dB] = 10∗ log(SNR). The sensitivity, Σ, is then

de�ned as the minimum sample re�ectivity at which the SNR becomes one,

Σ =
1

RS−min
|SNR=1. (2.59)

With increased path length di�erence (what translates to higher

modulation frequencies) both FD-OCT techniques su�er from an inherent

sensitivity decrease. For SD-OCT this e�ect can be explained by the

�nite width of the pixels of the line scan camera used in the spectrometer

unit. In the recorded signal one observes the convolution of the modulated

spectral density with a rect function, that represents the pixel shape. The

Fourier transform then yields the multiplication of the re�ectivity dependent

coherence function with the sinc function centered at the zero delay in

the temporal domain [5, 61]. Similar, in SS-OCT the spectral density

is convolved with the instantaneous line shape of the tunable laser [62].

Therefore we observe a sensitivity decay, or roll o�, with depth for FD-OCT

systems.

Furthermore, the di�erent signal acquisition and data processing steps

in TD- and FD-OCT also implicate di�erent noise levels and therefore

sensitivities [63]. In TD-OCT an interference signal is recorded for a single

axial location at any given instant. The detector system is exposed at all

times to the entire bandwidth and to light re�ected at all axial locations of

an A-scan. However, only the small portion of the light power re�ected from

within the temporal coherence gate actually contributes to the signal at a
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given instant. For SD-OCT, however, the light power re�ected from all axial

locations of the sample contributes to the interference pattern at all times

during an A-scan. In SS-OCT the detector is exposed to the instantaneous

line, δf (for a linear sweep in f), for the �nite time τA−scan

N
= τA−scan

δf
∆f

, with

∆f being the full spectral bandwidth. In terms of electronic bandwidth,

this yields BSD−OCT = 1
2τ

and BSS−OCT = 1
2τ

∆f
δf
, with τ being the time

for one A-scan. The shot noise, as the main noise contribution for in the

shot noise limit operated OCT systems, scales linearly with the bandwidth.

This would indicate a sensitivity advantage of SD- over SS-OCT. However,

to achieve equivalently deposited energy, the power per instantaneous line

width in SS-OCT can be increased by a factor of ∆f
δf

as compared to the

power in a comparable spectral bin in SD-OCT. This leaves the sensitivities

for both FD-OCT modalities equivalent [63].

After these qualitative considerations we now want to analyze and

compare the sensitivity of the di�erent OCT platforms in more detail.

Therefore we consider a basic OCT setup with a mirror in reference, RR, and

sample arm, RS (single re�ector), in a TD-, SD- and SS-OCT con�guration

(see �gure 2.3 and 2.5). The signals, excluding the DC term, as recorded

by the respective detectors can be described as displayed in the �rst line of

equations 2.60 to 2.62 (with γR/S being the power ratios in the reference and

sample arm, ρ and ρ′ are the detector reponsitivities (ρ′ = ρqe with qe being

the electron charge), P0 is the input power and P (f0) being the spectral

peak power) [5, 62,63].

For the two FD modalities the respective signals have to be Fourier

transformed from frequency to temporal space. The maximum power of the
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spectral signal P (f0) transforms to the signal peak in the time domain with

P (f0) → P0

2N
. The squared peak signals for TD and FD (after a discrete

Fourier Transform (DFT)) can be seen in the third line of equations 2.60

to 2.62 [5, 62,63].

TD −OCT :



ρ′P0

√
2γRγSRRRSe

−∆z2∆k2cos [2k0∆z]

⇓

squared signal peak

⇓

2ρ′2P 2
0 (γRγSRRRS)

(2.60)

SD −OCT :



ρ2τP (f0)
√
γRγSRRRScos [2k0∆z]

⇓

DFT-ed squared signal peak

⇓(
ρτ P0

N

)2
(γRγSRRRS)

(2.61)

SS −OCT :



ρ′2NP (f0)
√
γRγSRRRScos [2k0∆z]

⇓

DFT-ed squared signal peak

⇓

ρ′2P 2
0 (γRγSRRRS)

(2.62)
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For white noise, a shot noise limited detection, σ2
shot � σ2

receiver +σ2
excess, and

a sample re�ectivity which is much smaller than the reference arm re�ectivity,

RS � RR, we get the following noise levels in the temporal domain [5,62,63]:

TD −OCT : σ2
total = σ2

shot = 2qeρ
′P0(γRRR)B (2.63)

SD −OCT : σ2
total = σ2

shot
DFT-ed−→ σ̃2

total = ρτ
P0

2N2
(γRRR) (2.64)

SS −OCT : σ2
total = σ2

shot
DFT-ed−→ σ̃2

total = ρ′qe
P0

N
(γRRR)B. (2.65)

The expressions for the squared temporal signal peak, equations 2.60 to 2.62,

and the respective expressions for the noise, equations 2.63 to 2.65, can then,

according to equation 2.58, be used to get expressions for the respective

SNRs:

SNR =


ρP0γSRS

1
B

TD −OCT

ρP0γSRS2τ SD −OCT

ρNP0γSRS
1
B

SS −OCT.

(2.66)

To properly compare the expressions from equation 2.66 we need to link

the exposure time, τ , with the bandwidth, B. For TD-OCT the optimal B

would be B = 22zmax

lcτ
[63]. With the coherence length, lc ∼ λ

2

∆λ
, and the

depth range of FD-OCT, zmax = λ
2

4δλ
, we can link TD- to FD-OCT and get

B = N
2τ
. In the light of this linked comparison the sensitivity advantage of

FD-OCT is obvious [5�7]. It scales with the number of resolved spectral

channels, N, and typical values lie in the range of 20 dB. At the same time

FD-OCT also provides higher imaging speeds and therefore is the favourable

OCT technique for most applications.
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2.5 OCT Modalities

Conventional OCT mainly targets intensity based, morphological contrast.

This information, however, sometimes proves insu�cient for contrasting

certain biological tissues or the visualization of moving scatterers like blood

cells. Therefore, developments in OCT did not only concern imaging speed

and sensitivity, but also functional extensions, permitting the extraction of

additional contrast and information, were developed. Two very promising

modalities are Doppler- (D-) and polarization sensitive (PS-) OCT. The

former aims to collect information on the movement of backscattering

particles [13, 14, 64], while the latter targets polarization state alterations

of the probing light induced by the sample [33,40,65]. Especially the advent

of FD-OCT facilitated the development or improvement of modalities like D-

and PS-OCT because of the simpler access to the phase information [22,66].

2.5.1 Doppler OCT

D-OCT explores the Doppler shift of light as backscattered by moving

particles within the sample to gain information about its velocity [16]. To

accomplish this, the phase of the interference signal is analyzed. For FD-

OCT approaches the Fourier transform of the real valued spectral density

function (see equation 2.67) provides access to this phase information, Φ(z).

FT−1 [S(f)]→ Ĩ(z) ≡ ˆ̃I(z)eiΦ(z) (2.67)
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In order to detect a change in the phase, one can analyze the phase

di�erence, ∆Φ(z), between adjacent scan positions, or A-scans (mn and

mn+i) [22, 23, 66]. A non vanishing phase di�erence, ∆Φ(z) 6= 0, indicates

that the scattering particle has a velocity component parallel to the beam

axis, vaxial. This can be used to distinguish static from moving tissue.

Furthermore, because the phase shift scales linearly with the respective

velocity (see equation 2.68), one can also gain insight to the velocity

magnitude, v. In this context the Doppler angle, α, becomes important

as it relates the beam direction, −→e , with the velocity, −→v , in terms of their

individual orientation:

vaxial = −→e −→v = |−→e ||−→v |cosα −→ v =
vaxial
cosα

=
λ∆Φ

4πnτcosα
; (2.68)

with τ being the time between the two A-Scans and n being the refractive

index of the sample. Hence to determine the absolute velocity the relative

orientation, α, between the trajectory of the scattering particles and the

direction of observation also has to be determined. A sketch of the basic

principle of D-OCT can be seen in �gure 2.6.
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Figure 2.6: Schematic drawing of the basic processes (left) and relations
(right) in phase sensitive FD-D-OCT: In(z), intensity of the n − th A-scan
at depth z; Φn(z), phase of the n− th A-scan.

2.5.2 Polarization Sensitive OCT

PS-OCT measures backscattered intensity and polarization state alterations

induced by the sample. It therefore provides not only structural contrast

but also enables to distinguish polarizing preserving, birefringent and

depolarizing tissue.

The �rst approach for PS-OCT was reported by Hee et al. [33] and

utilized a well de�ned polarisation state in order to sample the probe. This

experimental principle was then reconsidered and enhanced by deBoer et

al. [67] and Hitzenberger et al. [40]. The backbone of these methods for PS-

OCT is still widely used and will now, together with section 2.2 about the

polarization of light, be used to introduce the basic principles of PS-OCT.

Furthermore, this principle is used for the work on PS-OCT presented in the
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experimental section of this thesis.

A sketch of a typical bulk optics based PS-OCT system, using a well

de�ned sampling state, is shown in �gure 2.7. The light from the source

�rst passes a linear polarizer (LP). Let us assume that the polarizer only

transmits light in a vertical polarized state (V: linear polarized, parallel to

the y-axis). Next, the linearly polarized light is separated into sample (SA)

and reference arm (RA) by a non polarizing beam splitter (BS). In the sample

arm, a quarter wave plate (QWP) at 45◦ to the polarization direction of the

incoming light, transforms the light into circular polarized light (C). After

being backscattered at the sample this light enters the QWP again. Without

any polarization e�ects of the sample, the light would then be turned into

horizontal polarized light (H: linear polarized, parallel to the x-axis). In the

reference arm, the V-light passes a QWP at 22.5◦. After being backre�ected

by the reference mirror (RM) and passing the QWP a second time, the light

is linearly polarized at an angle of 45◦. The BS then recombines the beams

from the SA and RA to direct the superimposed light towards a polarization

sensitive BS (PBS). At this point, the 45◦-light from the RA provides equal

reference power for both polarization channels (or outputs) of the PBS, H and

V. Accordingly, in absence of polarization processes at the sample, the PBS

transmits the light from the sample through the H-channel while the other

channel does not receive any light from the SA. However, in general light

backre�ected from the sample will have an arbitrary polarization state (see

�gure 2.7). This polarization state transformation will then be represented

by the ratio of the interference signals as recorded by the respective detectors

for the V- and H-channel of the PBS.
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By using Jones calculus the described processes from �gure 2.7 can be

understood in more detail [40]. The polarization state of the reference beam

can be described as:

ER =
1

2
·MQWP−R ·MQWP−R ·

 0

1

 =
1

2
√

2
·

 1

−1

 , (2.69)

with MQWP−R being the Jones matrix of the accordingly orientated QWP.

For the sample arm, it follows:

ES = 1
2
·MQWP−S ·MS(δPS, θPS) ·MS(δPS, θPS) ·MQWP−S ·

 0

1

 =

= 1
2
·

 cos(δPS)e−iδPS

sin(δPS)ei(π−δPS−2θPS)


(2.70)

with MQWP−S being the Jones matrix of the accordingly orientated QWP in

the sample arm and MS(δPS, θPS) being the matrix for an arbitrary retarder

with retardation δPS and optical axis orientation of θPS. By comparing the

expressions in equations 2.69 and 2.70 with the FD-OCT signal as recorded

by two detectors for the H- and V-state [37]:

ÃH,V (z) = AH,V (z)eiΦk(z) (2.71)
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Figure 2.7: Schematic drawing of a PS-OCT system using a prede�ned
sampling state: LP, linear polarizer; BS, non polarizing beam splitter; QWP,
quarter wave plate; RM, reference mirror; PBS, polarization sensitive beam
splitter.
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we can derive the following expressions for re�ectivity, RPS, retardation, δPS

and axis orientation, θPS:

RPS(z) ∼ A2
H(z) + A2

V (z) (2.72)

δPS(z) = arctan

(
AV (z)

AH(z)

)
(2.73)

θPS =
180◦ −∆Φ

2
(2.74)

with AH and AV being the amplitudes of the respective polarisation channels

H and V (also see equation 2.71), while ∆Φ is the phase di�erence between

the H- and V-signal. Furthermore, with the described PS-technique also the

Stokes vector elements, IPS, QPS, UPS and VPS, (see equation 2.22) can be

calculated [68]:

S =



s0

s1

s2

s3


=⇒

s0 = IPS(z) = A2
H(z) + A2

V (z)

s1 = QPS(z) = A2
H(z)− A2

V (z)

s2 = UPS(z) = 2AH(z)AV (z)cos(∆Φ(z))

s3 = VPS(z) = 2AH(z)AV (z)sin(∆Φ(z)).

(2.75)

From these quantities we can derive the degree of polarization, P, as

introduced in equation 2.25. However, as OCT is a coherent imaging

technology, P will be equal to unity for each measurement point [69]. The

individual points within a depolarizing area will, however, show uncorrelated

polarization states. This random variation can be used as a mean to contrast

depolarization. One method [68] is to calculate the Stokes vector elements of

each intensity thresholded pixel. Then the mean value for each element
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(QPS−mean, UPS−mean, VPS−mean) within a �oating, rectangular window is

used to form a quantity called the degree of polarization uniformity, DOPU

(see equation 2.76) [70].

DOPU =
√
Q2
PS−mean + U2

PS−mean + V 2
PS−mean (2.76)

Low DOPU values withing a data set indicate depolarizing tissue. The

introduced DOPU can be regarded as a spatially averaged P , in contrast

to temporal [69] or spectral averaging [71].
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Chapter 3

The Human Eye and OCT

The transparency of major ocular media paves the way for the analysis of

deeper lying structures of the eye, like retina and cornea, by optical radiation.

Combining this characteristic with the ability to non-invasively provide high

resolution images at short acquisition times, explains why ophthalmology

initially was and currently still is the main �eld of application and research of

OCT. Thus, in the past years OCT became an important tool for diagnostics

and monitoring of therapeutic success in ophthalmology [3].

Due to the pronounced link between OCT and ophthalmology, which is also

re�ected by the experimental work of this thesis, this chapter shall provide a

brief overview on the anatomy and the relevant characteristics of the human

eye. For this purpose the textbooks from Krebs and Gray [72, 73] are used

as a basis.
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3.1 The Human Eye

The human eye is a spherical shaped, light sensitive organ. From the outside

towards the inside the three main tunics of the eye ball are called �brous,

vascular and nervous tunic. An average eye has a diameter of 24 mm at a

weight of 7.5 g. A sketch of a cross-section through a human eye is shown

in �gure 3.1 while more detailed explanations regarding the three di�erent

tunics are given below.

Fibrous Tunic

This layer is the outermost structure of the eye and is essentially composed of

collagen �bers (see structures labeled in cyan in �gure 3.1). Its main purpose

is to provide mechanical stability and support for the adnexes as well as to

protect the inner and more sensitive layers. Furthermore, this tunic can be

subdivided into two segments, namely the sclera and the cornea. The former

is responsible for the white color and shows typical thickness values between

0.3 and 1.0 mm. In the posterior part, it is traversed by the optic nerve.

The cornea, however, is transparent and covers the anterior part of the eye.

With a thickness of approximately 0.6 mm and its curved shape the cornea

contributes approximately 2
3
to the refractive power of the human eye.
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Figure 3.1: Schematic drawing of a human eye [72]
.

Vascular Tunic

The vascular tunic can be subdivided into three parts, namely (from posterior

to anterior) the choroid, the ciliary body and the iris (see structures labeled

in magenta in �gure 3.1). The choroid is a highly vascularized membrane

which nourishes the innermost layers but also removes waste products. As

for the sclera, it is also pierced by the optic nerve. Furthermore, the

choroid is connected to the iris via the ciliary body. The ciliary body arises

from the choroid and is connected to the lens via the suspensory ligament.

Apart from other functions, this part of the vascular tunic is responsible for

accommodation and therefore adjusts the vision of near objects. Being a

circular structure the iris encompasses the pupil and controls the amount of

illumination that enters the eye.
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Nervous Tunic or Retina

The retina is adjacent to the choroid on its outer side and the vitreous body

on its inner side (see structures labeled in green in �gure 3.1). It starts in

the posterior region of the eye at the rim of the iris, spreads over the ciliary

body and transits to the light sensitive part of the retina at the ora serrata.

This seeing part of the retina then covers the posterior, inner part of the eye

and is perforated by the nerve head at a location also known as the optic disc

or blind spot. At the center of the posterior part, where the retina is very

thin while the vision is best, one can observe the macula with its central dip,

called fovea. The substructure of the retina is very complex and comprises

10 layers, which along with �gure 3.2 are listed (from inner to outer) and

described in the following:

1. Inner limiting membrane - ILM The ILM is the innermost

layer of the retina and is the border to the vitreous body.

2. Nerve �ber layer - NFL This layer is formed by nerve �ber

bundles radiating from the optic nerve head. The NFL is thickest

in the area of the optic nerve and gradually becomes thinner

towards the foveal region and the ora serrata.

3. Ganglion cell layer - GCL Being a single cell layer, the GCL

is connected via axons to the NFL and via dendrits to the inner

plexiform layer.

4. Inner plexiform layer - IPL The IPL provides the signal

transition from GCL to the inner nuclear layer.
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5. Inner nuclear layer - INL This layer contains the amacrine,

bipolar and horizontal cells. They receive and transfer information

from the photoreceptors via synapses to the GCL.

6. Outer plexiform layer - OPL Close to the macula, this layer is

also known as Henle's �ber layer. It provides the synapses for the

connection between photoreceptors and dendrites from the INL.

7. Outer nuclear layer ONL The ONL contains the cell bodies of

photoreceptor cells.

8. External limiting membrane - ELM This membrane

separates the inner segments of the photoreceptor from their cell

bodies.

9. Photoreceptor layer - PRL Both, rods and cones, have inner

and outer segments (IS/OS) which are located in the PRL. This

junction (IS/OS junction) is visible as an individual layer in OCT

images. Rods, which are more numerous, longer and leaner than

cones, are very light sensitive but do not provide color vision.

Cones, however, can be separated into three types, L-, M- and S,

and are sensitive to light with di�erent wavelength or colors (red,

green, blue).

10. Retinal pigment epithelium - RPE A single cell layer

completes the retina. The RPE is pigmented and contributes

to the maintenance of visual function via multiple functions like

epithelial transport and phagocytosis of PR-OS.
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Figure 3.2: OCT tomogram from the macula region of a healthy human
volunteer: VB, vitreous body; ILM, inner limiting membrane; NFL, nerve
�ber layer; GCL, Ganglion cell layer; IPL, inner plexiform layer; INL, inner
nuclear layer; OPL, outer plexiform layer; ONL, outer nuclear layer; ELM,
external limiting membrane; PRL, photoreceptor layer; RPE, retinal pigment
epithelium; C, choroid.

Light penetrates the eye through the pupil, travels through the vitreous body

until it impinges on the retina. The refraction of the imaging apparatus

is accomplished by the cornea and the lens. The light is detected by the

photoreceptors, rods and cones, at the outside of the retina. The respective

signal is then transduced towards the ganglion cells. There, on the inner side

of the retina, the nerve �bers provide a transmission of the electric signal to

the nerve head and the brain.

On a fundus view (image of the retina taken through the pupil) two very

pronounced spots can be observed (see �gure 3.3). First, the optic nerve

head (ONH) appears as a di�erently contrasted circular spot. It is the area

where blood vessels and nerve �bers enter the eye and spread radially. At

the ONH the retina does not contain any photoreceptors, making it the blind

spot. In the macula region (see �gure 3.3) the density of photoreceptors is

highest. No blood vessels spread in this area and this is also the spot of the

best vision. Furthermore, the retina is thinned in the center of the macula.
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Figure 3.3: Grayscale fundus view of a healthy human volunteer (taken with
Topcon OCT-1000).
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Chapter 4

Experimental Work

4.1 3-Beam D-OCT

4.1.1 Motivation

D-OCT (as introduced in section 2.5) can provide structural as well as

velocity information of the measured sample. As an OCT modality it is

a fast and contact-less technique which makes it applicable for particles

dissolved in moving �uids and in vivo imaging of biomedical samples.

Several major eye diseases like glaucoma or diabetic retinopathy, but

also disorders such as retinal branch vein occlusion, can be linked to blood

perfusion alterations. Therefore and due to the transparency of the eye,

D-OCT is of particular interest for ophthalmic imaging.

Due to the Doppler e�ect the dependence on the direction of observation

restricts the usability of a single measurement direction. Therefore, single

For the sake of better readability no references are included in the motivation. All

necessary and relevant references are provided in the actual paper.
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channel D-OCT needs additional directional information to calculate

absolute velocities.

In order to avoid the subsequent combination of Doppler and directional

data, multichannel approaches can be used to directly reconstruct the

Doppler vector. For an orientation independent reconstruction of a random

3D velocity vector at least three linear independent measuring directions are

necessary.

It was the �rst aim of this thesis to develop a 3-beam, phase resolved

D-OCT system that is capable of reconstructing arbitrary velocity vectors

in 3D and to demonstrate its applicability for in vitro phantom and in vivo

ophthalmic measurements. To the best of our knowledge no such system

has been reported so far for ophthalmology.

55



4.1.2 Paper 1 - Three-Beam Spectral-Domain Doppler

OCT
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1 Introduction
Optical coherence tomography (OCT) was introduced more
than two decades ago1 as a noninvasive modality for imaging
transparent and translucent tissues with a resolution of a few
micrometers.2,3 The first (and still dominating) application
field of OCT was ophthalmology, where OCT revolutionized
retinal imaging and diagnostics.4,5 In the later years, several
functional extensions of OCT were developed, one of the
most promising being Doppler OCT (DOCT)6–8 which provides
information on the movement of backscattering particles. Since
major eye diseases such as diabetic retinopathy and glaucoma,
as well as disorders such as retinal branch vein occlusion, are
associated with alterations in blood perfusion, DOCT is of spe-
cial interest for ophthalmic imaging.

Avariety of different DOCT techniques have been reported in
the literature. Examples are time domain-based optical Doppler
tomography,9 phase-resolved DOCT (PR-DOCT),10–13 resonant
Doppler flow imaging,14 joint spectral and time domain imag-
ing,15,16 optical micro-angiography17,18 or single-pass volumetric
bidirectional blood flow imaging.19

Apart from phase-based techniques, further principles can be
used to obtain velocity information from OCT data. By using
time varying speckle,20 it was possible to provide quantitative
flow information for measurements on a flow phantom and
in vivo. Although being able to detect motions normal to the
optical axis, this technique cannot determine the direction of
flow. Autocorrelation techniques21,22 utilize the statistical nature
of intensity fluctuations of light backscattered by flowing par-
ticles. This technique was experimentally verified by using a

flow phantom. Integrating dynamic light scattering and OCT
(Ref. 23) is capable of distinguishing diffuse from translational
motions and can measure axial and transverse components of
the flow velocity. However, long measurement times are neces-
sary and so far the computational effort for this technique is very
high compared to conventional DOCT techniques.

In this work, we strive to obtain absolute quantitative and
directional information on the flow, for which methods based
on phase measurements are well suited. With these methods,
the phase difference, ΔΦ, between signals of adjacent
A-scans at partially overlapping positions is measured. The
obtained ΔΦ is directly proportional to the axial velocity com-
ponent, Vaxial, at the measured sample position

Vaxial ¼ ~e · ~V ¼ λΔΦ
4πτn

; (1)

where ~e is the unit vector in beam direction, ~V is the velocity
vector, λ is the central wavelength of the illuminating light, τ is
the time period between successive A-scans, and n denotes the
refractive index of the medium that contains the scattering par-
ticle. Equation (1) illustrates a limitation of common PR-
DOCT: only the velocity component parallel to the direction
of observation, Vaxial, can be measured. This is indicated by
the scalar product of the vectors ~e and ~V. If the angle α between
these two vectors is equal to 90 deg, the phase shift is zero and
no velocity can be measured. Knowing α can help to overcome
the geometrical limitation and provides the absolute velocity

j~Vj ¼
�
�
�
�

Vaxial

cosðαÞ
�
�
�
�
: (2)

The Doppler angle α can be obtained from the structural data
extracted from multiple 2-D or 3-D OCT data sets.24,25
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From the 3-D image geometry, the vessel orientation, and
hence the angle α, can be determined. However, if the measure-
ments are performed in living tissue, motion artifacts during data
acquisition frequently distort the 3-D geometry of the image,
and the vessel orientation (and hence α) is unreliable.

Another option to overcome this problem is the use of two or
more sampling beams simultaneously. Different variants of two-
and multibeam setups have been reported for DOCT.
Approaches that use two beams scanning the retina in parallel
with a time delay were successfully demonstrated to extend the
range of accessible velocities down to very low velocity values,
thereby enabling improved contrast for small retinal vessels and
capillaries.26–28 A combination of this approach with a statistical
method based on temporal cross correlation was recently shown
to provide quantitative and directional velocity information in
flow phantoms.29

To solve the problem of the unknown Doppler angle directly,
beams that sample the moving scatterers simultaneously from
different directions can be used.30–34 Thereby, the individual
components of the Doppler vector can be measured simultane-
ously and the angular dependence is avoided.

By using two orthogonally polarized beams produced by a
Wollaston prism, the first dual beam DOCT setup with bidirec-
tional probing was realized.30 Successful measurements were
demonstrated for the flow profile in glass capillaries. Using a
trigonometric approximation in order to account for the orien-
tation between illuminating beams and capillaries, the system
was independent of the angle of incidence for angles close to
90 deg. One drawback of this approach was that only two
beams were used, providing just two components of the velocity
vector, therefore, additional information on the capillary orien-
tation was necessary to obtain the absolute velocity. This tech-
nique was further improved and in-vivo applications in the
human eye were reported.34,35 Although still limited to measure
only two components of the velocity vector directly, the third
dimension could be retrieved by measuring the azimuth angle
of the retinal vessel from a fundus image. Recently, this tech-
nique was extended by rotating the orientation of the plane
spanned by the dual-beam geometry with a mechanically driven
Dove prism.36 Proper alignment of the beam geometry with
respect to the imaged blood vessels can provide the absolute
velocity vector from just two sampling beams. However, the
proper alignment of the Dove prism complicates the measure-
ment since it requires a priori knowledge of the investigated ves-
sel geometry.

PR-DOCT systems acquiring all the three velocity vector
components, without using additional structural data for the
velocity reconstruction, have been reported on a very limited
basis in the literature.31,33

A very compact design used a single beam and divided its
cross section into three segments with a beam divider consisting
of a glass plate with sectors of different thickness. After
directing the different cross-sectional segments of the beam
through a focusing lens, different measurement orientations
were achieved. The velocity information corresponding to the
three components is encoded in depth due to the different optical
path lengths of the components within the three-segment beam
divider. This approach showed promising results for in-vitro
applications.33 An advantage of this method is that the three
velocity components along one depth profile can be recorded
with a single A-scan. This, however, severely limits the achiev-
able depth range.

The purpose of this work is to present a new improved PR-
DOCT system that overcomes the limitations mentioned above.
The instrument uses three separate sampling beams which pro-
vide access to the three components of the velocity vector. This
enables the reconstruction of the absolute velocity vector with-
out requiring any additional information on vessel orientation
from structural data, thus avoiding any artifacts due to the sam-
ple motion. Furthermore, the use of three independent channels
in parallel effectively eliminates any cross talk37 and provides
full ranging depth for each channel. We demonstrate the perfor-
mance of the system by calibration measurements in a rotating
disk, by measurements in a capillary flow phantom of well-
defined flow, and by analyzing the flow in a venous bifurcation
in the retina of a healthy volunteer.

2 Methods

2.1 Experimental Setup

2.1.1 Sampling beam geometry

Our three-beam DOCT system employs a special sampling
beam geometry depicted in Fig. 1. Three parallel sampling
beams, separated from each other by equal distances, illuminate
a joint focusing lens which focuses them to a mutual spot on the
sample. This yields the geometry of an equilateral triangle-based
pyramid, with the tip of the pyramid being the mutual focal spot
of the respective beams (see Fig. 1). Knowledge of the distance
between the parallel beams and the focal length of the lens pro-
vides all information necessary to determine the exact spatial
orientation of the three measurement beams. Reconsidering
Eq. (1) and expressing it for each measuring direction yields
a system of three equations with three unknown coefficients:

Vaxial-1¼~e1 · ~V
Vaxial-2¼~e2 · ~V
Vaxial-3¼~e3 · ~V

→
Vaxial-1¼e1−x ·Vxþe1−y ·Vyþe1−z ·Vz

Vaxial-2¼e2−x ·Vxþe2−y ·Vyþe2−z ·Vz

Vaxial-3¼e3−x ·Vxþe3−y ·Vyþe3−z ·Vz

:

(3)

The unknown coefficients in Eq. (3) are the three compo-
nents of the velocity vector, Vx, Vy, Vz, and can be determined
by solving the system of equations.

2.1.2 Interferometer setup

Our system is based on spectral domain (SD)-OCT (Refs. 38–
40). A schematic drawing of the three-beam DOCT system
is shown in Fig. 2 and a description can be found in the follow-
ing. The experimental setup combines three SD-OCT systems.
We employ three similar superluminescent diodes (SLD)
(EXS0840, Exalos, Switzerland) emitting light centered at a
wavelength around 840 nm with a bandwidth of 50 nm. The
SLDs are coupled to single mode fibers, guiding the light to
a set of miniature collimators (beam diameter ∼500 μm). An
in-house designed mount, machined out of one piece of
brass, aligns the laser beams according to the corners of an equi-
lateral triangle. This mono-block construction avoids tempera-
ture and vibration drifts between the beams. The beams are
aligned parallel to each other with a beam distance of
4.4 mm. The three beams are directed toward a nonpolarizing
bulk beam splitter which separates the respective beams into the
sample and reference arms. For in-vitro measurements, we use a
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50∕50 (R/T) splitter, while for in-vivo applications in the eye, we
use a 70∕30 (R/T) splitting ratio.

In the sample arm, two telescopes are used in order to set the
beam distance. The first telescope, T1, has a focal length ratio of
100∕30 and is used to achieve a narrow beam spacing at the
galvo scanner. Having three beams located at the corners of a
triangle, it is impossible to provide all beams to be at the
pivot axis of the scanner. An off-axis position introduces
phase shifts due to the scanner movement.41 Decreasing the
beam distance simultaneously reduces the phase shift and min-
imizes fringe washout. Remaining phase shifts can then be com-
pensated for in postprocessing.

With the second telescope, T2, featuring a focal length ratio
of 30∕80, the beam distance is increased to a value satisfying the
needs for in-vitro and in-vivo measurements. A distance of

3.5 mm provides a substantially different inclination of the
measurement beams with respect to each other and simultane-
ously allows for the penetration of a dilated human pupil with all
three measurement beams.

For the in-vitro case, an objective lens focuses the beams to a
mutual spot on the sample while for in-vivomeasurements this is
performed by the refractive optics of the human eye. It is impor-
tant that the optical axis of the final lens and the equilateral tri-
angular-based pyramid height coincide to produce the
measurement geometry described above. The distance between
the parallel beams after the second telescope, T2, and the focal
length of the final lens, or the eye length, determines the actual
orientation of each measurement direction. In order to ensure the
correct measurement geometry for in-vitro measurements, the
beam distance was checked by a charge coupled device
(CCD) camera at several positions before and after the mutual
focusing lens. The obtained actual geometry was in very good
agreement with the expected values.

In the reference arm all three beams pass a neutral density
filter, which is used to set the light power at the detection
unit close to the saturation level of the CCD line-scan cameras.

Finally, backscattered light from the sample is recombined
with the light reflected at the reference mirror at the beam split-
ter and coupled to a second set of miniature collimators. Single
mode fibers guide the light toward three identical spectrometer
units, consisting of a collimator, blazed reflective grating
(1200 lines∕mm), focusing lens (f ¼ 200 mm), and a line-
scan camera (Atmel Aviiva, 2048 pixels). During all our mea-
surements, the cameras are operated at a line-scan frequency
of 20 kHz.

The system combines three individual SD-OCT setups and
requires an accordingly higher effort in terms of setup building
and alignment. Especially, a careful alignment of the spectrom-
eter units to provide similar phase characteristics with depth of
the Fourier transformed signals in all three channels is neces-
sary. The final bulk size of the entire setup fitted on an average
sized optical table (75 × 100 cm) as can be seen in Fig. 3.
However, while the system is presently rather bulky, the com-
plexity may be reduced in future versions of the instrument by
replacing the three separate detection units by a single camera
system with joint spectrometer optics.42–44

Fig. 1 Schematic diagram of the three beams measurement geometry: top- and side-view on the left, three-dimensional (3-D) model on the right.

Fig. 2 Sketch of the experimental setup: SLD1–3, superluminescent
diode; BS, nonpolarizing beam splitter; M1;r, mirror; NF, neutral density
filter; T1–2, telescope; GS, galvo scanner; L1–4, lens; FC1–3, fiber colli-
mator; MFC1–2, miniature fiber collimator; G1–3, reflection grating
(1200 lines∕mm); CAM1–3, line-scan camera. For the sample arm the
two possible layouts, in vitro and in vivo, are depicted next to each
other at the bottom left.
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For the in-vitro measurements an illumination power of
700 μW per beam is set, adding to a total illumination power
of 2.1 mW and leading to a measured sensitivity (close to
zero delay) of 98 dB per channel. However, for in-vivomeasure-
ments, the illumination power is decreased to 700 μW in total or
233 μW per beam, which is below the lasers safety limits.45,46

With the lower illumination power, a sensitivity of 95 dB was
measured for each channel.

2.2 Signal Processing

All three beams measure the same spot at the sample simulta-
neously. During postprocessing, the three measurement direc-
tions can be regarded as independent and each channel is
first evaluated individually in terms of intensity and Doppler
data. Then, the velocity data along the different measurement
directions is combined to compute the absolute velocity vector
according to Eq. (3).

In a first step, intensity images are generated by standard SD-
OCT preprocessing procedures (mean spectrum subtraction,
rescaling from wavelength to wavenumber space, zero padding,
dispersion correction, and inverse Fourier transform). In a sec-
ond step, the phase difference of adjacent A-scans is calculated.
In order to eliminate background phase noise, we compute this
phase difference only for pixels above a certain intensity thresh-
old level (typically four times the intensity noise level). This
leaves us with three independent phase difference tomograms
of the same position in the sample. Due to the mono-block con-
struction of the miniature collimator mount and the bulk optics
interferometer setup, our system is very phase stable. No phase
drift correction is needed along one B-scan. However, it is nec-
essary to correct for the phase shift introduced by the galvo scan-
ner. To do so, we apply a histogram-based method13 for each
channel. Under the assumption that more static than dynamic
tissue is imaged, we compute a phase histogram of an entire
B-scan. This histogram reveals the phase shift introduced by
the scanner and bulk motion (e.g., head movement during the
measurement). Subtracting the most populated histogram
value from all the other pixel values in the B-scan results in
a phase shift corrected image.

To improve the signal quality, several B-scans are averaged
(for each channel separately) by an algorithm working in com-
plex space.47 Before the averaging, B-scans have to be aligned to
eliminate bulk motion artifacts. For in-vitro measurements, no
sample bulk motion is present, making a motion correction
unnecessary. The averaging is typically applied over 20 B-
scans. For in-vivo evaluation, a basic eye motion correction
is performed, which correlates the position of vessel centers

within the different B-scans to each other. Using the number
of B-scans that are recorded during the time of one heartbeat,
we average over the systolic and diastolic phase of one
pulse. This typically led to 15 averaged B-scans for the
in-vivo measurement.

Extending Eq. (1) to a two-dimensional (2-D) set of phase
information recorded for three different measurement directions
and including the phase shift correction, Φshift-k, leads to Eq. (4)

Vaxial-k−ij ¼ ~ek · ~Vij ¼
λðΔΦk−ij −Φshift-kÞ

4πτn
: (4)

The index k runs from 1 to 3 and indicates the individual
measurement directions while the indices i and j indicate the
position of the respective pixel in the B-scan. According to
Eq. (4), the averaged phase images are rescaled to the velocity
measured along the respective beam direction for every pixel in
one B-scan. This yields the axially measured velocity compo-
nents Vaxial-1−ij, Vaxial-2−ij, Vaxial-3−ij.

Applying Eq. (3) to the case of 2-D data sets yields Eq. (5)

Vaxial-1−ij ¼
λðΔΦ1−ij −Φshift−1Þ

4πτn
¼ e1−x · Vx−ij þ e1−y · Vy−ij þ e1−z · Vz−ij

Vaxial-2−ij ¼
λðΔΦ2−ij −Φshift−2Þ

4πτn
¼ e2−x · Vx−ij þ e2−y · Vy−ij þ e2−z · Vz−ij

Vaxial-3−ij ¼
λðΔΦ3−ij −Φshift−3Þ

4πτn
¼ e3−x · Vx−ij þ e3−y · Vy−ij þ e3−z · Vz−ij. (5)

By using the known beam geometry (vectors ~e1, ~e2, ~e3), we
can now solve the system of equations [Eq. (5)] for each pixel
position ij with its individual set of axial velocities, Vaxial-k−ij.
This leads to the distribution of the three velocity components,
Vx−ij, Vy−ij, Vz−ij of the flowing particles. The total flow can
then be obtained by integrating the velocity values over the
scanned area of interest. The postprocessing algorithm is out-
lined in a flow chart in Fig. 4.

For postprocessing, a PC featuring an Intel i7 CPU (3.2 GHz)
with 24 GB RAM was used running a 64 bit Windows 7 oper-
ating system. Postprocessing of a typical data set, consisting of
50 B-scans (1024 A-scans each), with a nonoptimized Labview
program took approximately 5 min.

3 Results
To demonstrate the performance of our three-beam DOCT sys-
tem in vitro, we performed measurements on a rotating disc and
a flow phantom. In a next step, we conducted in-vivo measure-
ments on human retinal blood vessels.

3.1 In-Vitro Measurements

3.1.1 Rotating disk

In order to prove the functionality of our setup and to calibrate
the instrument in a simple and well defined experiment, mea-
surements on a rotating and tiltable disc were performed (cf.
Fig. 5). The stationary movement of the disc made it possible
to avoid scanning.

Fig. 3 Picture of the entire setup as used for in vivo eye measurements.
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For the computation of the velocity vector components,
knowledge of the exact beam geometry plays a crucial role
in our approach. We used the following calibration procedure
to ensure correct beam geometry: The galvo scanners were
set at a fixed position and a constant angular velocity was set
for the disc. By choosing a measurement spot at a certain radius,
the velocity vector was defined. Knowledge of the velocity
vector provides the expected phase differences ΔΦ for the
respective measurement directions (channels) during that meas-
urement. In a next step, the focusing lens was aligned orthogonal
to the optical axis while the ΔΦ values were monitored. After
the expected phase differences for all three measurement direc-
tions were achieved, the optical axis and the equilateral triangu-
lar pyramid height were assumed to be collinear and the
measurement geometry was regarded as correct.

After the alignment procedure, measurements were per-
formed for various settings. At each setting, 1024 A-scans
were recorded and phase differences were averaged in the com-
plex space. The averaged values of ΔΦ were used to calculate
the three axial velocity components Vaxial-1;2;3 corresponding to
the three measurement directions [Eq. (1)], and with equation
system (3) the velocity components Vx, Vy, Vz were obtained.

For the first test, the disc was aligned orthogonal to the opti-
cal axis (i.e., parallel to the x − y plane) and the angular velocity
was kept constant. At a distance of 9 mm from the disc center,
points separated by 45 deg were measured. Figure 5 shows a

sketch of the alignment of beams and rotating disc as well as
an overview regarding the measurement points.

Figure 6 shows the results. Velocity components Vx, Vy, Vz
and the absolute velocity are shown as a function of sampling
point position along a circle with the radius ¼ 9 mm. The preset
absolute velocity for this angular velocity and radius was
20.0 mm∕s. This is in good agreement with the measured

Fig. 4 Flow chart of the algorithm used for postprocessing of the three-beam DOCT measurements.

Fig. 5 Sketch of the measurement geometry and sampling points for rotating disc measurements in the XY-plane. (a) 3-D model of beam and sample
alignment and (b) sketch of the measurement points.

Fig. 6 Graph of velocity components measured for the disk rotating in
the XY-plane: solid red line: expected absolute velocity; red dots: mea-
sured absolute velocity; dashed blue line: expected Vx; blue dots: mea-
sured Vx; dash-dotted green line: expected Vy; green dots: measured Vy;
dotted orange line: expected Vz; orange dots: measured Vz; error bars
represent the standard deviation of the absolute velocity.
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absolute velocity of 20.2� 0.6 mm∕s (mean� standard
deviation). As expected, Vx and Vy oscillate in a sinusoidal
manner along the circle circumference and are 90 deg out-of-
phase while Vz is close to zero. For estimating the error of x,
y, and z velocity components (error bars in Fig. 6), we took
the standard deviation for the absolute velocity (0.6 mm∕s)
as the highest expected error for the respective components.

In order to demonstrate the performance of our method to
measure the z velocity component, we conducted a further
test where the disc was tilted between ρ ¼ 0 deg and
ρ ¼ 18 deg around the x-axis in steps of 2 deg. Measurements
were taken at a distance of 3 mm to the center of the disc. A
schematic of the test setup and the obtained data can be seen
in Fig. 7. The preset absolute velocity at the measurement
position was 6.7 mm∕s. The measured absolute velocity of
6.9� 0.1 mm∕s is in good agreement. Velocity components
Vx, Vy, and Vz as well as the absolute velocity are shown as
a function of tilt angle ρ. As expected, Vz shows an approxi-
mately linear increase with ρ within this range of the tilt
angle, while Vy slightly decreases and Vx remains close to
zero (the slight increase of Vx with ρ is probably caused by
slight deviations of the measured position from the x-axis).
For an approximate error estimation, we used again the standard
deviation of the absolute velocity.

3.1.2 Flow phantom

To demonstrate the capability of our method to measure flow
quantitatively, we performed measurements in a flow phantom
consisting of a glass capillary perfused with a scattering fluid.
To illustrate the velocity vector reconstruction for all three-
dimensions (3-D), the capillary was rotated in planes orthogonal
and parallel to the optical axis.

Outer and inner diameters of the capillary were 1.0 and
0.3 mm, respectively. As a scattering medium, we used milk
diluted with water in a ratio of 1∶2. A special mount, providing
three rotational degrees of freedom, was used to align the sam-
ple. In order to maintain an accurate and constant flow in the
capillary during the measurement, an injection pump for
medical applications was used (MGVG Combimat, adjustable
flow range 0.1–190 ml∕h leading to mean velocities of
0.4–750 mm∕s for a capillary diameter of 0.3 mm).

Operating the system at a line scan rate of 20 kHz, we
recorded 20 B-scans consisting of 1024 A-scans at a constant
B-scan position. The scanned length was 1.2 mm. Scanning
changes the beam geometry as the measurement beams
move through the optics and the sample. These geometry alter-
ations can lead to systematic errors in the velocity calculation.
We considered these effects by calculating the beam geometry
as a function of galvo scanner position. This procedure yields
new beam geometry vectors (~e1, ~e2, ~e3) for each measurement
spot on the sample. These vectors were then inserted into our
standard postprocessing procedure. After compensating the
effect in postprocessing, we compared the obtained results
with the original values. No significant difference was
observed for the small scan angle used (∼2.5 deg). Therefore,
we omitted the described beam geometry correction for small
scanning angles.

For the measurements, the mutual focal plane of the three
sampling beams was aligned in the center of the capillary
while the zero-delay was shifted to the capillary edge. The cal-
ibration procedure was similar to the one performed for the
rotating disc. For a known capillary orientation, a constant
flow was set at the injection pump. Without scanning, the signal
phase shift obtained from the scattering fluid along a single
depth profile was monitored. The capillary orientation defined
the velocity vector orientation and the focusing lens was aligned
until the expected phase differences for all three channels were
achieved.

In a first experiment, we demonstrate the velocity vector
reconstruction within a plane orthogonal to the optical axis.
Figure 8 shows a schematic of sample and beam geometry.
A constant flow velocity of 5.9 mm∕s (mean velocity over
the whole profile) was set at the injection pump.
Measurements were taken at different settings of the capillary
orientation angle φ, varying between 20 deg and 160 deg. A
set of images illustrating the reconstruction method for a meas-
urement at φ ¼ 45 deg can be seen in Fig. 9. The left-hand col-
umn [Fig. 9(a)] shows intensity B-scans obtained in the three
channels. The next column [Fig. 9(b)] shows the corresponding
averaged phase difference images of the capillary center. Gray
pixels indicate areas where the intensity threshold was not met
(essentially indicating the glass walls of the capillary). The third
column [Fig. 9(c)] shows the reconstructed velocity components
Vx, Vy, Vz. Because the capillary was oriented at φ ¼ 45 deg,

Fig. 7 Measurements in a tilted rotating disk. (a) Graph of velocity components: solid red line: expected absolute velocity; red dots: measured absolute
velocity; dashed blue line: expected Vx; blue dots: measured Vx; dash-dotted green line: negative expected Vy; green dots: negative measured Vy;
dotted orange line: negative expected Vz; orange dots: negative measured Vz; error bars represent the standard deviation of the absolute velocity and
(b) measurement geometry.
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the components Vx and Vy are equal, while Vz ¼ 0 (since the
capillary is in the XY-plane), as expected. Figure 9(d) shows a
3-D plot of the absolute velocity jVj, showing the expected para-
bolic velocity profile.

Figure 10 shows a plot of (mean) velocity components Vx
(blue), Vy (green), Vz (orange) and of the absolute velocity
(red) as a function of angle φ. The expected values are indicated
by lines, the measured values by circle symbols. The error bars
equal the standard deviation of the absolute velocity, calculated
over the data obtained at the different settings of φ. As can be
seen, there is some discrepancy between expected and measured
values (on average 15% for the absolute velocity). One reason
for this discrepancy might be the refraction of the sampling
beams at the glass capillary which causes a local deviation
from the expected beam geometry.

In a second experiment, we demonstrate the velocity vector
reconstruction within a plane parallel to the optical axis (YZ-
plane). The orientation angle ρ was varied between 0 deg
and 30 deg. The flow within the capillary was set to
1.9 mm∕s. A sketch of the beam and sample geometry can
be seen in Fig. 11.

Figure 12 shows the results for a capillary orientation of
ρ ¼ 20 deg. All three phase difference tomograms, ΔΦ1–3,
show a large phase shift [Fig. 12(b)]. This can be explained
by the fact that the velocity components along the directions
of the three sampling beams are now considerably larger than
for the case of the capillary within the XY-plane. As expected,
the reconstructed velocity component Vx is close to zero, while
Vy and Vz have nonzero values [Fig. 12(c)]. A nearly parabolic

Fig. 8 Sketch of the measurement geometry for in-vitro capillary mea-
surements in the XY-plane. (a) Top view and (b) 3-D model.

Fig. 9 DOCT images obtained for a capillary measurement at φ ¼ 45 deg in the XY-plane. (a) Intensity images of the three channels; (b) averaged
phase difference images of the capillary center (rad); (c) velocity components (mm∕s); and (d) 3-D plot of absolute velocity jV j over the capillary core
(mm∕s).

Fig. 10 Graph of mean velocities as measured in the XY-plane at angles
between φ ¼ 20 deg and φ ¼ 160 deg. Solid red line: expected mean
absolute velocity; red circle symbols: measuredmean absolute velocity;
dashed blue line: expected mean Vx; blue circles: measured mean Vx;
dash-dotted green line: expected mean Vy; green circles: measured
mean Vy; dotted orange line: expected mean Vz; orange circles: mea-
sured mean Vz; error bars: standard deviation of the absolute velocity.
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velocity profile of the absolute velocity is again visible
[Fig. 12(d)].

Figure 13 shows a plot of velocity component Vx (blue), Vy
(green), Vz (orange) and of the absolute velocity (red) as a func-
tion of tilt angle ρ. Lines show expected values, circle symbols
measured values; the error bars equal the standard deviation
obtained for the measured absolute velocity values across all set-
tings of ρ. In comparison to the preset absolute velocity of
1.9 mm∕s, the measured value of 1.7� 0.2 mm∕s shows a
good agreement. Deviations between expected and measured
values are again likely caused by a distortion of the beam geom-
etry by refraction at the glass capillary.

3.2 In-Vivo Measurements

To demonstrate the functionality of our setup for in vivo retinal
imaging, measurements were performed in the eye of a healthy
volunteer after full informed consent was obtained. The axial

eye length was measured by partial coherence interferometry48

(Zeiss IOL Master) to calculate the exact beam geometry for the
flow measurement. To ensure the correct beam geometry, the
focal plane position was adjusted by shifting the second lens
of the second telescope T2 (cf. Fig. 2) along the optical axis.
A correct setting of the mutual focal plane of the three
beams was achieved when the volunteer confirmed the fusion
of three scanning lines to a single line. Furthermore, an online
preview was used in order to ensure that the respective blood
vessels were in the same position for all three measurement
channels.

Imaging was done at an A-line frequency of 20 kHz. The
scanning distance was approximately 1 mm or 3 deg. For
one measurement, we recorded 50 B-scans at the same position
comprising 1024 A-scans each. The subject heart beat rate was

Fig. 11 Sketch of the measurement geometry for in-vitro capillary mea-
surements in the YZ-plane. (a) Side-view and (b) 3-D model.

Fig. 12 DOCT images obtained for a capillary measurement at ρ ¼ 20 deg in the YZ plane. (a) Intensity images; (b) averaged phase difference images
of the capillary center (rad); (c) velocity components (mm∕s); (d) 3-D plot of the absolute velocity jVj over the capillary core (mm∕s).

Fig. 13 Graph of mean velocities as measured in YZ plane at angles
between ρ ¼ 0 deg and ρ ¼ 30 deg. Solid red line: expected mean
absolute velocity; red circle symbols: measuredmean absolute velocity;
dashed blue line: expected mean Vx; blue circles: measured mean Vx;
dash-dotted green line: expected mean Vy; green circles: measured
mean Vy; dotted orange line: expected mean Vz; orange circles: mea-
sured mean Vz; error bars: standard deviation of the absolute velocity.
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determined to be 70 beats∕min during the measurement, and in
the postprocessing an artifact free set of 15 consecutive B-scans,
covering the time of one heart beat cycle, was chosen for further
evaluation. Before averaging, B-scans were aligned to correct
for eye motions.

Figure 14 shows a fundus image of the measured eye. The
aim was to quantify the total in- and outflow at the indicated
venous bifurcation. For that purpose, measurements were per-
formed at positions P1, P2, and P3. A typical set of tomograms
obtained by the measurement at the venous inflow position P2
can be seen in Fig. 15. The second column [Fig. 15(b)] shows
averaged phase difference images of 15 B-scans. The vessel can
be easily distinguished from the static tissue in all three chan-
nels. The velocity component images [Fig. 15(c)] show larger

Fig. 14 Fundus photo of the left eye of a healthy human volunteer. P1,
P2, P3: scan locations to determine the total in- and outflow at a venous
bifurcation.

Fig. 15 DOCT images obtained from a retinal vessel (location P2 in Fig. 14) in a healthy human eye. (a) Intensity images; (b) phase difference images of
15 averaged B-scans (rad); (c) velocity components (mm∕s); (d) 3-D plot of the absolute velocity distribution over the blood vessel cross section (mm∕s).

Fig. 16 Reconstructed blood flow in indicated branches of venous bifurcation. Arrows orientation and length indicate the blood flow direction and rate
(in μl∕s), respectively.
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velocities only for components Vx and Vy, while Vz is close to
zero, as expected for a vessel away from the optic nerve head. Vx
and Vy were averaged over the vessel cross section and the
velocity vector in the XY-plane was determined. The vector
angle of 135 deg to the x-direction at P2 is in good agreement
with the vessel orientation at this point in the fundus photo. Flow
rates Q1, Q2, Q3 at P1, P2, and P3 were calculated by integrating
the velocity components over the vessel areas.

Figure 16 illustrates flow orientation and quantity for the
three vessel branches of the bifurcation obtained at the three
measurement locations. The length of the respective arrow is
proportional to the flow quantity (in μl∕s); the arrow orientation
corresponds to the retrieved flow vector orientation. The vessel
diameters were measured to be between 0.12 and 0.17 mmwhile
the total flow rate in the respective vessels showed a range
of 0.11–0.31 μl∕s.

These results are in good agreement with the results found in
the literature: measurements done with laser Doppler velocim-
etry (LDV)49 suggest total flow rates of 0.10–0.25 μl∕s for the
same vessel diameter range. A more recently published paper24

using a Fourier domain D-OCT system reported flow rates of
0.05–0.23 μl∕s for vessel diameters of 0.070–0.152 mm.

Table 1 summarizes the results. The total measured inflow
(0.34 μl∕s) is in good agreement with the total measured out-
flow (0.31 μl∕s).

4 Discussion and Conclusion
We developed a new three-beam DOCT system that allows the
3-D reconstruction of flow orientation and the determination of
the absolute flow velocity, without the need for information on
the orientation of the vessel. We demonstrated the functionality
of the new system in a simple test object, a glass capillary, and—
to the best of our knowledge for the first time—in the retina of a
human volunteer in vivo.

By measurements performed on a rotating disc, we demon-
strated the functionality of our system for velocity vector
reconstruction in all 3-D. Scanning a single point on an evenly
moving object, a good correlation between preset velocities and
measured velocities was observed. It should be mentioned that
with this simple test object, no scanning was performed. In the
more realistic flow phantom, we tested the performance of our
system in a real imaging situation, i.e., with beam scanning in
operation. By pumping a scattering fluid through the capillary, a
constant flow was provided for measurements. Aligning the
flow in a plane orthogonal and parallel to the optical axis,

we showed that our approach allows one to reconstruct the
velocity vector in all 3-D for arbitrary velocity orientations.
The observed deviations between expected and measured
flow values are probably caused by refractions at the glass capil-
lary which distort the sampling beam geometry. Since the refrac-
tive index differences between vessel walls and surrounding
tissue are considerably smaller than those between the capillary
glass and its adjacent media (air and aqueous solution) we
expect that this effect will be lower for measurements in tissue.
However, since the local distribution of refractive index in tissue
is not exactly known, this effect might cause minor deviations of
velocity measurements from true values.

Applying the new three-beam DOCT technique to the human
eye yielded retinal blood velocity and blood flow results which
are in the same range as those measured by other meth-
ods.24,35,49,50 Furthermore, the good agreement between bifurca-
tion in- and outflow is very promising and supports the
reliability of the measurements. Present shortcomings comprise
the rather low transversal resolution of ∼60 μm, caused by the
low numerical aperture of the beams used, and the presently
complicated alignment procedure for in-vivo measurements
that requires feedback from the subject. The former problem
might be mitigated by using collimators with a larger beam
diameter (although there is a trade-off with beam separation),
and the latter problem might be solved by adding a fundus
view capable of resolving the laser beams on the retina for
quick and objective focusing.

To summarize, we developed a new three-beam SD-DOCT
system and demonstrated its ability to reconstruct the velocity
vector in 3-D. The instrument was demonstrated in test samples
and in the retina of a human volunteer in vivo. Reliable quanti-
fication of the flow was demonstrated by measuring in- and out-
flow at a venous bifurcation.
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4.2 PS-OCT Using SM Fibers

4.2.1 Motivation

PS-OCT (as introduced in section 2.5) is the second phase sensitive,

multichannel OCT modality covered by this work. As for D-OCT, also PS-

OCT is well suited for ophthalmic imaging due to its fast and non-invasive

character. However, a polarization sensitive detection unit can provide

additional contrast and information when birefringent and depolarizing

tissue is imaged.

Several structures in the human eye can change the polarization state of

light. While for example the retinal nerve �ber layer (RNFL) is birefringent,

the retinal pigment epithelium (RPE) acts depolarizing. These two layers

play a major role in glaucoma and age-related macular degeneration (AMD),

respectively. For glaucoma PS-OCT can measure the retardation of the

RNFL. Decreased retardation indicates a thinning of the respective layer

and is an early indicator for glaucoma. The polarization scrambling of

the RPE can be used to provide the backbone for segmentation processes.

Thereby, RPE lesions, which frequently occur in AMD can be evaluated.

In general PS-OCT setups can be designed with bulk optics, single

mode (SM) or polarization maintaining (PM) �bers. All approaches bear

their advantages but also come with certain drawbacks. While bulk optics

allow a de�ned polarization state at the sample, it also requires a lot of

alignment e�ort. PM-�bers also provide a de�ned polarization state at the

For the sake of better readability no references are included in the motivation. All

necessary and relevant references are provided in the actual paper.
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sample but are likely to introduce artifacts and ghost images due to cross

coupling between the polarization channels at �ber connectors. Furthermore,

PM-�bers are expensive. SM-�ber based approaches required sequential

illumination or multiplexing due to the polarization state transformation of

the �ber. This slows down the acquisition process and introduces additional

complexity.

Seeking the combination of easy alignment, fast acquisition, artifact

free and low cost an ideal PS-OCT setup should have SM-�bers and allow a

circular input state at the sample. Therefore, the second aim of this thesis

was to introduce a SM-�ber based PS-OCT system, using a single sampling

state, for ophthalmic imaging.
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4.2.2 Paper 2 - Single Mode Fiber Based Polarization

Sensitive OCT Using a Single Input State
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1. Introduction 

Developed more than two decades ago OCT is nowadays widely used in medical research, 
diagnostics and many other fields [1–4]. Due to its ability to non-invasively provide high 
resolution cross-sectional data at short acquisition times, OCT is best suited for in vivo 
imaging. The combination of these characteristics with the transparency of ocular media, as 
well as its thin layer composition, paved the way to OCT’s most prominent applications in 
ophthalmology [5]. Until today, the initially developed time domain OCT technique was 
almost entirely replaced by Fourier domain (FD) techniques, mainly due to sensitivity and 
imaging speed advantages [6–8]. Nowadays two different FD-OCT techniques, spectral 
domain (SD) [9] and swept source OCT (SS-OCT) [10] are used. While the first approach 
uses a broadband light source and a spectrometer in the detection unit, the latter features a 
tunable light source in combination with a point detector. In general SS-OCT is associated 
with a higher imaging speed, currently being up to 10 times faster than SD-OCT [11]. 

Driven by its use in ophthalmology and the available light sources, the commercially 
available OCT devices mainly feature light in the 840 nm regime. In recent years other 
wavelength ranges gained more and more interest in research. Due to the water absorption 
minimum, lower scattering and therefore deeper tissue penetration the use of light centered 
around 1050 nm showed promising results especially in retinal imaging [12]. 

After its introduction OCT was not only further developed in terms of imaging speed and 
sensitivity but also functional extensions were developed. Modalities like Doppler-OCT, 
which targets information on the movement of backscattering particles [13–15], or 
polarization sensitive OCT (PS-OCT) [16–18], provide additional image contrast. The latter 
measures alterations of the polarization state of the light induced by the sample. In biological 
samples light-tissue interactions like birefringence and depolarization are responsible for 
changes of the polarization state [19]. This enables to distinguish polarization preserving, 
birefringent and depolarizing tissue by a polarization sensitive detection. 

In recent years PS-OCT showed promising results in diagnosing ocular diseases which 
involve tissue that changes the polarization state of the probing light. Especially in glaucoma 
and age related macular degeneration (AMD), PS-OCT can provide important information. 
Both of the mentioned diseases are leading causes of blindness worldwide [20,21]. 

The retinal nerve fiber layer (RNFL) is a birefringent layer of the retina [22]. During the 
progression of glaucoma, the ganglion cell axons degrade, leading to a thinning of the RNFL, 
to visual field defects, or even blindness. One measure for RNFL degradation is via its 
birefringence: The reduced RNFL thickness leads to reduced retardation between orthogonal 
polarization states, and by using PS-OCT this effect can be observed in depth resolved 
manner [23,24]. 
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As has been shown, the retinal pigment epithelium (RPE) has depolarizing properties, 
most likely due to its melanin content [25]. This characteristic can be used to segment this 
layer using PS-OCT [26] and provide a means of quantitative evaluation of RPE lesions that 
frequently occur in AMD like drusen [27] and geographic atrophies [28]. 

Various schemes of FD PS-OCT setups were developed in the past [16,18,29,30]. Using 
bulk optics, the sample can be illuminated by a well-defined polarization state while the state 
is maintained throughout the setup. For the case of fiber based techniques polarization 
maintaining (PM) fibers can avoid unwanted polarization state transformations [31]. This 
provides a robust OCT setup with little alignment effort. However, cross coupling between 
the polarization channels at fiber connectors and splices can introduce ghost images and other 
artefacts [30,31]. These effects arise due to the refractive index difference for the orthogonal 
polarization modes traveling in the fiber. Primary image and ghost can be separated in depth 
by using long PM fibers after the leaking position. This shifts the ghost to a position where it 
does not influence the measurement. However, this increases the complexity of such a system. 
The use of normal single mode (SM) instead of PM fibers avoids these problems, however, 
implies that the polarization state of the light is not maintained. This can lead to unknown 
polarization states at the sample and along the fiber based system. PS-OCT techniques that 
probe the sample with different input polarization states, either by sequential illumination 
[29,32] or multiplexing [33,34] can circumvent the necessity of a predefined polarization state 
at the sample. Although these approaches enable the application of normal SM fibers, their 
use is traded for increased system complexity and a slower data acquisition or limited imaging 
depth. 

Using conventional SM fibers in combination with a single, predefined polarization state 
would reduce system complexity, ghosts and could decrease the fiber length without 
sacrificing acquisition speed or image depth. A hybrid PM/SM fiber based system, using a 
predefined sampling beam polarization state, has been reported [35]. Furthermore, an SM 
fiber based system providing additional polarization sensitive image contrast is available from 
Thorlabs Inc. (PSOCT-1300 Module, thorlabs.com). However, for this system no information 
on the polarization state of the sample beam is provided and it seems not to enable 
quantitative birefringence measurements. Therefore, to our knowledge, no single input state 
PS-OCT system, that provides quantitative polarization sensitive measurements, was 
published so far without any PM fibers or bulk polarizing components in the interferometer or 
detection unit. 

In this work, we introduce a fiber based PS-OCT system featuring only conventional SM 
fibers in the interferometer and the detection unit. The use of a swept source with a central 
wavelength of 1040 nm provides fast imaging and deep penetration. Illuminating the sample 
with circular polarized light is provided by polarization control paddles in the sample arm 
while further paddles are used to achieve equal reference illumination power at the detector 
inputs and to control the polarization state throughout the fiber based system. We explain the 
polarization paddle arrangement and alignment sequence, which are key elements to the 
proper functionality of the system. Furthermore, we show results of calibration measurements 
and provide imaging results obtained in the macula and the nerve head area of healthy human 
volunteers. 

2. Methods 

2.1 Polarization sensitive single mode fiber based SS-OCT setup 

Our system is based on a Mach-Zehnder interferometer. A sketch of the setup is shown in Fig. 
1. Light from a swept source (SS, Axsun Technologies, sweep rate: 100 kHz, average sweep 
speed: 18 nm/µs) with a central wavelength of 1040 nm and a sweep range of 110 nm enters 
the input of a fiber based linear polarizer (LP). Polarization control paddles (PC, FPC030, 
Thorlabs Inc.) are used to set the illumination power at the sample by manipulating the 
polarization state before the polarizer. Linear polarized light enters fiber 1 of the first SM 
fiber based non-polarizing beam splitter, BS1 (50⁄50 (R/T)), where it is split into sample and 
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reference light. The light of the sample arm travels through fiber 2 of BS1 and a circular 
polarization state at the sample is achieved by adjusting PC1. After a galvo-scanner the light 
passes a scanning telescope with a focal length ratio of 75⁄50. The position of the second 
telescope lens can be shifted along its optical axis in order to compensate refractive errors of 
the eye. After being backscattered at the sample the light travels back to BS1 (via fiber 2 of 
BS1) and BS2 (via fiber 3 of BS1 and fiber 1 of BS2 (50⁄50 (R/T))). The output fiber 3 of 
BS1 and input fiber 1 of BS2 are directly linked to each other by a fiber connector. In the 
reference arm, the light travels along the output fiber 4 of BS1 and enters a free space section. 
This section is used to account for a mismatch in optical path length and dispersion between 
sample and reference arm. In order to compensate for the double pass through the BS1 fiber 2 
in the sample arm section, an additional SM fiber is inserted into the reference arm. PC4 is 
adjusted in order to achieve equal reference power at the detector inputs (1.a, 1.b of PBS1 and 
2.a, 2.b of PBS2). Both BS2 outputs are equipped with polarization control paddles (PC2 and 
PC3) and are connected to the inputs of PBS1 and PBS2. PC2 and PC3 are used in order to 
adjust the polarization state of the light entering PBS1 and PBS2 as described in the next 
section 2.2. The PBSs split the interfered light according to their polarization axis into a 
horizontal and a vertical polarization channel. At the detectors (Thorlabs, PDB 460C) the two 
corresponding signals are combined to obtain a balanced detection. The balanced signals are 
digitized using a dual channel digitizer (AlazarTech, Inc.) with 12 bit resolution at a 
frequency of 500 MHz. 

In order to resample the signal to achieve equal spacing in k-space, an auxiliary common 
path interferometer was used to record a reference scan prior to OCT imaging. From this 
reference scan, nonlinearities of the sweep in k-space are determined, and the information is 
used to resample the OCT signals recorded thereafter. 

2.2 Polarization state alignment 

Like in our former work on PS-OCT we illuminate the sample with circular polarized light. 
This enables the measurement of backscattered intensity, retardation, and optic axis 
orientation simultaneously within a single A-scan [18]. Since SM fibers distort the 
polarization state of the light in an unpredictable way (depending on torsion, bending, etc.) the 
polarization state has to be carefully controlled by the polarization paddles. A proper 
alignment sequence for these paddles is a key to achieve correct functionality. The 
corresponding procedure to align the polarization for our novel SM fiber based SS-PS-OCT 
instrument is explained in the following. 

Linear polarized light, output by the PM fiber of the polarizer, enters the SM fiber 
interferometer. Therefore, the fibers 1 plus 2 of BS1 have to mimic a quarter-wave-plate 
(QWP) in order to obtain circular polarized light at the sample. This can be achieved by 
aligning the paddles of PC1. We checked for the circularity of the polarization state at the 
sample position by rotating a linear polarizer mounted at the sample position and monitored 
the transmitted power. The power (integrated over the spectrum) was constant to within 2% 
during rotation of the polarizer by 360°, demonstrating a well-defined circular polarization 
state at the sample. In section 3, a further calibration experiment will be presented to 
demonstrate the circular state at the sample position. In a next step, PC2 and PC3 are aligned. 
For that purpose we block the reference arm and introduce a mirror in the sample arm to 
backreflect the light into the sample arm. For the backreflected light, the combination of the 
fibers 2 of BS1, 3 of BS1, 1 of BS2, 2 of BS2 (3 of BS2) and the input fiber 1.I (2.I) of PBS 1 
(PBS2) have to work as a QWP. This means that, in absence of polarization alterations caused 
by the sample, circular polarized light reflected at the sample is converted into linear 
polarized light at the PBSs. In order to achieve this condition we adjust the paddles of PC2 
(PC3) while monitoring the outputs of PBS1 (PBS2). This is done until a minimum is found 
at one output while a power maximum is present at the respective other output. The circular 
polarized light from the sample was transformed into a linear polarized state, being parallel to 
one of the polarization axes of the PBS, by the collective action of the fibers. The power ratio 
between the two outputs of PBS 1 (and 2), defining the linearity of the polarization state, was 
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measured to be 50:1. In a final step the polarization state of the reference light is adjusted to 
provide equal reference power in all 4 detector inputs. For that purpose, we block the sample 
arm and align the paddles of PC4 to achieve equal power at both outputs of PBS1 (PBS2). 

 

Fig. 1. Schematic diagram of the single mode fiber based SS-PS-OCT setup: SS, swept source; 
FC, fiber connector; PC, polarization controller; LP, linear polarizer; BS, beam splitter; C, 
collimator; GS, galvo scanner; T, Telescope; DCG, dispersion compensation glass; M, mirror; 
RS, reference stage; PBS, polarizing beam splitter; BD, balanced detector 

The described procedure provides an SM fiber based PS-OCT system which has similar 
properties as previously reported bulk and PM-fiber based systems that also use a circular 
polarization state at the sample [18,36–38]. Accordingly, for light that has double passed the 
sample, reflectivity R, (single pass) phase retardation δ, and (relative) axis orientation θ, can 
be obtained as follows: 

 2 2
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where A1 and A2 are amplitudes as recorded by the two polarization channels, Δφ is the phase 
difference between the two channels at the same sample position, z is the depth coordinate 
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and φ0 is an axis offset. It should be mentioned that Eqs. (2) and (3) are based on the 
assumption of a constant axis orientation with depth. 

With an A-scan rate of 100 kHz and an illumination power of 2 mW we achieved a 
maximum sensitivity of 97.5 dB close to the zero delay. The roll off over 2 mm was measured 
to be 0.5 dB. The axial resolution in air was measured to be 9 µm. This setup provides various 
scan patterns and a maximum scan field of up to 40° × 40°. However, for the results presented 
in this paper we used a scan pattern of 1024 × 256 A-scans and a scan field of 25° × 25°. 

2.3 Polarization sensitive data analysis 

Polarization sensitive data evaluation was done according to concepts published in more 
detail elsewhere [18,36]. First we applied a series of standard FD-OCT post processing 
procedures (rescaling, zero padding, dispersion correction, inverse Fourier transformation and 
subtraction of the mean pattern). From the obtained amplitude and phase data we calculated 
reflectivity, retardation, optic axis orientation, Stokes vectors and degree of polarization 
uniformity (DOPU) [26]. 

For retinal imaging, additional post processing steps were performed: The polarization 
effects caused by the anterior eye segment birefringence were corrected by a software 
compensation algorithm [39]. 

RPE segmentation was performed according to DOPU values [26], which were calculated 
by Stokes vector analysis, within windows of 14 × 14 pixel (axial × lateral = 20 × 100 µm). 
Tissue showing DOPU values below a threshold of approximately 0.87 was classified as RPE. 
Both parameters, window size and threshold, were determined empirically according to the 
best visual impression. All evaluations for the different subjects were performed with the 
same window size and similar threshold values (0.85-0.90). In a next step 2D maps of retinal 
retardation and optical axis orientation were calculated [37]. In order to do so, light that has 
double passed the respective retinal layers, has to be evaluated. For this purpose we choose 
the signal backreflected from posterior retinal layers. Because of the strong reflectivity of the 
layers of the inner/outer photoreceptor segments junction (IS/OS junction) and the end tips of 
the photoreceptors (ETPR), they are well suited for this purpose. These layers are located 
directly anterior to the RPE. Using the RPE segmentation the anterior of the RPE can be 
found. Along each A-scan all retardation and axis orientation values within a band 
approximately 80 µm anterior to the RPE are averaged, thereby IS/OS junction and ETPR 
signals are considered exclusively. The respective averaged retardation and axis orientation 
values are then assigned to the corresponding transversal position. This yields 2D maps of 
retinal retardation and optical axis orientation. 

3. Results 

In order to show that the polarization alignment procedure of our fiber based PS-OCT setup is 
valid we performed measurements in a simple test sample of fixed retardance (rotatable wave 
plate). Furthermore we demonstrate the suitability of the system for in vivo retinal imaging on 
healthy human volunteers. 

3.1 Measurements on a test sample 

Based on our alignment procedure and according to theoretical considerations published 
elsewhere [18,35] retardation and axis orientation measurements should be independent of 
each other (also see Eq. (2) and (3)). As a test sample, we used a rotatable wave plate 
(retardation 67.5°), which we placed in front of a mirror into the sample arm. The retarder 
was rotated in steps of 10° for a total of 180°. At each orientation 16k A-scans were recorded. 
Retardation and axis orientation were obtained according to Eq. (2) and (3), the values were 
averaged and displayed versus the set retarder orientation. 

Figure 2 shows that the measured retardation (blue triangles) remains nearly constant 
while the retarder orientation is changed. However, a slight modulation around the expected 
value (solid blue line) can be observed. The mean retardation value of all retarder orientations 
yields a value of 69.7° with a standard deviation of 1.4°. This is in good agreement with the 
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expected retardation of 67.5°. Furthermore a linear relation between measured and set axis 
orientation values (red squares) is observed. Subtraction of the axis orientation offset and 
unwrapping yields a linear increase of the axis from 0° to 180°, as expected (green squares). 
The agreement with expected values (solid green line) is excellent. Due to the observed offset 
the measured axis orientation has to be considered a relative axis orientation. 

 

Fig. 2. Plot of measured axis orientation (scaled according to ordinate on the left) and 
retardation values (scaled according to ordinate on the right) versus set retarder orientation: 
averaged axis orientation values (red squares); unwrapped and offset subtracted axis 
orientation values (green squares); expected axis orientation values (solid green line); averaged 
retardation values (blue triangles); expected retardation values (solid blue line) 

Since our setup uses conventional SM fibers, the polarization state stability of our system 
needs to be investigated. Fiber movement can lead to polarization state changes and thereby 
corrupt the measurement. In order to minimize these disturbances, SM fibers were placed into 
foam boxes and, where necessary, fixed to stable structures. These measures should minimize 
axis orientation or retardation drifts due to temperature changes or mechanical disturbances. 
To evaluate the stability of the setup, we performed repeated measurements on the test 
sample. The baseline was determined directly after alignment of the polarization paddles 
while two further measurements were performed 6 hours and 14 days after the alignment. The 
results are shown in Table 1. A maximum deviation of measured retardation of 4.4° was 
observed after 14 days with a standard deviation of 2°. The maximum change of axis offset 
was 3° while slope and range of axis orientation remained constant. 

Tab. 1 Table of repeated measurement, baseline, 6 hours and 14 days after paddle 
alignment 

time after paddle 
alignment 

single pass 
retardation [°] axis offset [°] axis slope [-] 

mean SD 

baseline 66.9 1.6 132.1 0.99 

6 h 66.5 1.5 129.1 1.01 

14 d 70.9 2 131.6 1.00 
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3.2 Measurements in human retina 

To demonstrate the full functionality of our novel SM fiber based SS-PS-OCT system for in 
vivo retinal imaging we performed measurements in the macula and the nerve head region of 
healthy human volunteers. Three-dimensional data sets were acquired and evaluated 
according to the procedure described in section 2.3. Before the measurement full informed 
consent was obtained from all volunteers. The ethics committee of the Medical University of 
Vienna approved all measurements following the tenets of the Declaration of Helsinki. 

 

Fig. 3. PS-OCT imaging results of the macula region from a healthy human volunteer (scan 
angle 25° × 25°, scan pattern 1024 × 256 A-scans). The yellow line in (a) indicates the position 
of the corresponding B-scans in (b) to (e): (a) fundus projection image; (b) intensity B-scan on 
logarithmic gray scale; (c) retardation image (color scale 0° to 30°); (d) DOPU image (color 
scale 0 to 1); (e) overlay of segmented depolarizing structures (red) with the intensity image; 
(f) 2D en face retardation map retrieved at IS/OS and ETPR (color scale 0° to 30°); (g) 2D en 
face axis orientation map retrieved at IS/OS and ETPR (color scale −90° to + 90°) 

During measurements a movable headrest is used to align the head of the volunteer while 
a fixation target is displayed to the contralateral eye. Monitoring of the beam position is done 
with a CCD pupil camera. At an A-scan rate of 100 kHz we used an illumination power of 2 
mW at the cornea, which is within the laser safety limits for a scanning beam in this 
wavelength region [40,41]. 

Figures 3 and 4 show exemplary sets of retinal en face images and B-scans as measured 
with our instrument. The yellow line in the fundus projection image (Fig. 3(a) and Fig. 4(a)) 
indicates the position of the corresponding B-scans. 

Figure 3(a) provides an overview of the scanned region of the retina around the macula. In 
the tomographic intensity image, Fig. 3(b), the four posterior layers (external limiting 
membrane (ELM), IS/OS, ETPR and RPE) can be distinguished. While the posterior three of 
these layers show approximately similar reflectivity, additional contrast is provided in the 
cornea compensated retardation image, Fig. 3(c). In this image the RPE clearly changes the 
polarization state of the backscattered light while this is not the case for the other layers. By 
computing DOPU values the depolarizing nature of the RPE can be displayed in an even more 
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pronounced way, Fig. 3(d). The mean DOPU value in the RPE was 0.81 (range: 0.60 – 0.87) 
while the inner retinal layers showed a mean value of 0.96 (range: 0.87 – 0.99). By extracting 
pixels with a DOPU value lower than 0.87, indicating depolarizing tissue, the RPE can be 
segmented. Figure 3(e) shows the extracted low DOPU values in red, overlaid with the 
respective intensity image. 2D maps of retardation and axis orientation measured at the level 
of the photoreceptors are presented in Fig. 3(f) and 3(g). In the foveal region of (f) the 
doughnut shaped retardation pattern caused by Henle’s fiber layer can be observed [42]. 
Furthermore elevated retardation values can be seen superior and inferior of the nasal region 
on the right. These effects are caused by the nerve fiber bundles spreading from the optic 
nerve [43]. In Fig. 3(g) the radial pattern of the axis orientation can be observed which is also 
caused by the Henle fibers [42]. 

Figure 4 shows a further set of en face images and B-scans taken from another volunteer, 
showing the area around the optic disc. Similar to the first set of images, the cornea 
compensated retardation image, Fig. 4(c), provides additional image contrast and information. 
In the center of this image an increase of retardation with depth (from blue to green colors) 
can be observed in the thick part of the RNFL (topmost bright layer in the intensity image Fig. 
4(b)). The extraction of low DOPU values from Fig. 4(d) yield a satisfying image in the 
overlay with the intensity B-scan in Fig. 4(e). Occasionally slight depolarization was observed 
in the areas beneath larger blood vessels of the retina and in parts of the choroid which is also 
slightly pigmented. RPE segmentation errors caused by such effects can be handled by more 
sophisticated algorithms [44]. Furthermore the B-scans show a good penetration depth, 
enabling the visualization of the junction between choroid and sclera (see white arrows in Fig. 
4(b)). The retardation map displayed in Fig. 4(f) shows increased retardation values in the 
superior and inferior region around the optic nerve head which are caused by the thick nerve 
fiber bundles of the RNFL layer in these areas. Moreover, thin nerve fiber bundles and their 
spreading along the major blood vessels can be observed. Figure 4(g) displays the RNFL axis 
orientation en face map. The approximately radial distribution pattern of the axis orientation 
values is caused by the nerve fiber bundle distribution which radiate from the optic disc 
[43,45]. 

Retardation and DOPU B-scan images were intensity thresholded in order to exclude 
noisy areas whose polarization states are unreliable. Excluded pixels appear in grey. For all of 
the displayed 2D en face maps blood vessels and areas with low signal quality (mainly at the 
corners of the images and at the nerve head) are displayed in dark grey. The results obtained 
by polarization sensitive evaluation of data collected in the retina with our novel SM fiber 
based SS-PS-OCT setup, as shown in Fig. 3 and 4, are in good agreement with work that was 
published previously [23,24,42,46]. 
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Fig. 4. PS-OCT imaging results of the optic disc region from a healthy human volunteer (scan 
angle 25° × 25°, scan pattern 1024 × 256 A-scans). The yellow line in (a) indicates the position 
of the corresponding B-scans in (b) to (e): (a) fundus projection image; (b) intensity B-scan on 
logarithmic gray scale; (c) retardation image (color scale 0° to 40°); (d) DOPU image (color 
scale 0 to 1); (e) overlay of segmented depolarizing structures (red) with the intensity image; 
(f) 2D en face retardation map retrieved at IS/OS and ETPR (color scale 0° to 40°); (g) 2D en 
face axis orientation map retrieved at IS/OS and ETPR (color scale −90° to + 90°) 

4. Discussion and conclusion 

We developed a new SS-PS-OCT system built with conventional SM fibers in the 
interferometer and detection unit. The only remaining PM fiber in our setup is located 
between the light source and the SM fiber based interferometer. It forms the output of a fiber 
based linear polarizer, which, in combination with a polarization controller before the 
polarizer, is used as a convenient means of illumination power regulation at the sample. 
However, by using another method for power control, this PM fiber could be omitted. The use 
of conventional SM fibers in the interferometer and detection part avoids long PM fibers. 
Polarization paddles are used to set a circular polarization state for the sample illumination, to 
handle the polarization state throughout the system, and to provide equal reference power at 
the detector inputs. Aligning the polarization state with the polarization paddles needs little 
additional equipment, is reliable and can be completed in less than 30 minutes. Measurements 
in a test sample (wave plate) proved that retardation measurements and optical axis 
orientation measurements are independent of each other. This indicates that our polarization 
state alignment procedure works well. Moreover, this demonstrates the correct adjustment of 
polarization states throughout the SM fiber system and that the application of the respective 
equations to calculate retardation and axis orientation is justified. The observed results show 
low deviations from expected values which are in the same range as reported previously with 
bulk optics and PM fiber based systems [18,35]. Furthermore, repeated measurements over 
extended time periods demonstrate that our system is rather stable over time with respect to 
the set polarization states. For the measurements of axis orientation we observed an offset. 
The reason for this might be the unknown reference beam polarization state at the polarizing 
beam splitters. Deviations from a linear state oriented at 45° will introduce a phase offset, 
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associated with a corresponding axis offset. Therefore, the measured axis orientation is a 
relative value, i.e. consistent within a data set but not an absolute value with respect to the 
instrument coordinate frame. If absolute values of axis orientation are required, this axis offset 
can be accounted for by a calibration measurement. The remaining very slow retardation drift 
of the order of 1-2° per week might be further reduced by improved shielding of the SM 
fibers against environmental disturbances which also seems advisable for the use in a clinical 
setting. 

In vivo retinal measurements on healthy human volunteers nicely correlate with work that 
has been published before. Compared to PS-OCT at 840 nm improved penetration depth was 
achieved. Polarization changing tissues like the depolarizing RPE [25,45], or the birefringent 
RNFL [43,45] were identified and imaged with high quality. Using DOPU values in order to 
segment the RPE also showed satisfying results. Birefringence of Henle fibers can be 
observed in the retardation and axis orientation en face maps of the macula region [42,45]. 
The doughnut shaped retardation pattern of Henle’s fiber layer with its radial distribution of 
axis orientation values was clearly observed. In the optic nerve head area the computed en 
face maps of retardation and axis orientation show the spreading of nerve fiber bundles in 
high detail as well as the radially symmetric distribution of axis orientation values [37,43]. 
The observed 6h drift of measured retardation during the stability measurements of 0.4° (SD 
= 1.6°) is low compared to typical retardation values of up to 12° in the macula and 30° in the 
optic disc area. However, the retardation drift after 14 days of 4.0° (SD = 2.0°) suggests either 
improved shielding against environmental disturbances, a more frequent alignment check or 
numerical correction. 

Recently another fiber based single input state PS-OCT setup, partially built with SM 
fibers was reported [35]. This system is equipped with SM fibers spliced to sample and 
reference arm PM fibers of a BS. Polarization controllers along these SM fibers are adjusted 
to mimic QWPs and therefore enable to avoid any bulk optics wave plates, paving the way to 
endoscopic applications. However, a substantial part of the interferometer unit and the entire 
detection unit of that system still uses PM fibers and PM fiber components. 

To summarize, we presented, to the best of our knowledge, the first PS-OCT system that 
uses a singular circular polarization state at the sample, featuring exclusively conventional 
SM fibers in both, interferometer and detection unit. Nonetheless it shows all advantages for 
in vivo retinal imaging that a fiber based PS-OCT systems using a swept source at 1040 nm 
can provide. 
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Chapter 5

Conclusion

During the course of this thesis two enhancements to the OCT modalities

D-OCT and PS-OCT were developed. Both devices explore the phase of

the interference signal and use two or three detection channels, respectively.

This is re�ected by the name of this thesis: Phase Sensitive Multichannel

OCT.

The performed work included the development of ideas and solutions, the

design, the assembly and alignment as well as the software development.

Several people, including physicists, medical doctors and engineers, which

are all listed as co-authors of the respective scienti�c papers contributed to

the output of this thesis.

In the �rst part of this thesis a phase sensitive, multichannel D-

OCT approach for retinal blood �ow measurement was developed. A

solution involving 3 beams was realized as a combination of three individual

SD-OCT systems [74]. Accordingly ,the sample was probed with three
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di�erent sampling beams simultaneously, with each beam having a di�erent

orientation. Through knowledge of the respective beam geometry, this

approach provides the possibility of reconstructing the absolute velocity

vector. In vitro measurements, on a simple test sample and a �ow phantom,

as well as retinal in vivo measurements, on healthy human volunteers, proved

the functionality of the novel 3-beam D-OCT device. The measurements

successfully demonstrated the reconstruction of arbitrary velocity vectors in

3D.

The use of three independent OCT channels with individual light

sources provides the full depth range, measures orientation and velocity

simultaneously and avoids crosstalk between the channels. However, due to

the special sample arm optics the lateral resolution of approximately 60 µm

left room for improvement. Furthermore, retinal in vivo measurements

required cooperation of the measured subject to properly align the sampling

beam and provide the correct sampling geometry. Due to the limited pupil

size, the unavoidable o�-pivot positions of the beams on the galvo scanner

mirrors severely reduced the possible scan patterns to linear ones. Finally,

the relatively low read out rate of the used line scan cameras of maximal 27

kHz could lead to signal loss in vessels due to phase washout [75].

The �rst shortcoming can be circumvented by collimators with a larger

beam diameter or by choosing facet prisms instead of lenses in the �rst

sample arm telescope. Such a telescope would only reduce the beam spacing

but leave the individual beam diameters unchanged. Next, a fundus view

capable of monitoring the sampling beams at the retina would enable the

quick and objective checking of the focusing and therefore avoid subject
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cooperation with respect to this matter. The third problem can be solved by

the use of a gimbal less MEMS mirror instead of the two axis galvo scanner

mirrors. Finally, faster cameras would enable the imaging of higher �ow

rates in larger retinal vessels.

Two of the three mentioned improvements of the 3-beam D-OCT approach

presented herein, namely the prism telescope and the MEMS mirror, were

realized in cooperation with Haindl et al. [76]. These developments will pave

the way towards circular scans around the optic nerve head and therefore

the measurement of total retinal in and out�ow.

The second part of this thesis was dedicated to PS-OCT, also a

phase sensitive multichannel modality of OCT. Here the aim was to develop

a single mode (SM) �ber based solution for PS-OCT using a single sampling

state and to show its applicability for ophthalmic imaging. To bene�t

from shorter acquisition times during in vivo measurements a tunable

light source was chosen (SS-OCT). Furthermore, it was decided to use

light centered around 1040 nm. The motivation for this was the better

tissue penetration for retinal imaging as compared to the conventional

840 nm [12]. To overcome unwanted polarization state transformations

due to the SM-�bers, four polarization controlling paddles were added to

the sample and reference arm, as well as to the input of the polarization

sensitive detection units [77]. In order to obtain a fully functional PS-OCT

system using one sampling state, it was crucial to develop the correct paddle

alignment sequence. The correctness of the SM-�ber design and the paddle

alignment sequence was demonstrated by calibration measurements on a
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constant retarder with known retardation and axis orientation. Moreover,

in vivo retinal measurements obtained in the macula and the nerve head

area of healthy human volunteers showed the applicability with respect to

ophthalmic imaging.

The combination of SM-�bers and polarization paddles enables data

acquisition at the fastest rate possible due to the single sampling state.

Furthermore, no long �bers to avoid ghost images or other artifacts are

necessary with this approach. In addition, the setup avoids bulk optic

components in the interferometer and detection uni. Alignment of the

polarization state according to our paddle alignment sequence needs little

additional equipment, proved to be reliable and does not take more than

30 minutes. Although it was demonstrated that the system is stable

over time with respect to measured retardation and axis orientation

values, a procedure of 30 minutes is too long for a clinical environment.

Furthermore, while retardation measurements on the calibration target

showed a good correlation with preset values, an o�set was observed for the

axis orientation. Additionally, the repeated measurements over extended

time periods revealed a slight retardation drift.

To solve the mentioned shortcomings, several improvements can be

suggested. Regarding the relatively time consuming paddle alignment

scheme and the long term stability two di�erent strategies could lead to a

solution and therefore make the setup suitable for a clinical environment.

Either the alignment scheme is accelerated, so that a sudden realignment

would not impede patient measurements, or the long term stability is

improved in a way that it can be guaranteed for certain periods that no
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recalibration is necessary. The �rst strategy could be realized by including

additional equipment, e.g. a polarimeter, to facilitate and accelerate the

alignment. Better long term stability could be achieved by improved

shielding against environmental disturbances, e.g. special casing with

constant temperature and protection regarding mechanical disturbances.

However, for both strategies numerical corrections of the polarization state

during postprocessing could also improve the stability performance. For the

case that absolute axis orientation values are desired, a single calibration

measurement using a sample of known axis orientation can account for the

observed axis o�set.

After the implementation of improvements regarding the polarization state

alignment and the stability, the introduced setup will be used for patient

imaging. This shall be done in the course of clinical studies in cooperation

with the Department of Ophthalmology at the Medical University of Vienna.

To summarize, this thesis presented the �rst three-beam SD-D-OCT

system with the ability to reconstruct the total velocity vector in 3-D during

in vivo retinal measurements and the �rst SM-�ber based PS-OCT system

using a single input state for ophthalmology. Both devices successfully

prove the power and potential of phase resolved, multichannel OCT in

ophthalmology.

86



Bibliography

[1] D Huang, EA Swanson, CP Lin, JS Schuman, WG Stinson, W Chang,

MR Hee, T Flotte, K Gregory, CA Pulia�to, and James G. Fujimoto.

Optical coherence tomography. Science, 254(5035):1178�1181, 1991.

[2] AF Fercher, CK Hitzenberger, W Drexler, G Kamp, and H Sattmann.

In vivo optical coherence tomography. American Journal of

Ophthalmololgy, 116:113�114, 1993.

[3] W Drexler and JG Fujimoto. State-of-the-art retinal optical coherence

tomography. Progress in Retinal and Eye Research, 27(1):45�88, 2008.

[4] D Stifter. Beyond biomedicine: A review of alternative applications

and developments for optical coherence tomography. Applied Physics B,

88(3):337�357, 2007.

[5] RA Leitgeb, CK Hitzenberger, and AF Fercher. Performance of Fourier

domain vs. time domain optical coherence tomography. Optics Express,

11(8):889�894, 2003.

[6] JF de Boer, B Cense, BH Park, MC Pierce, GJ Tearney, and BE Bouma.

Improved signal-to-noise ratio in spectral-domain compared with time-

87



domain optical coherence tomography. Optics Letters, 28(21):2067�2069,

2003.

[7] M Choma, M Sarunic, C Yang, and J Izatt. Sensitivity advantage of

swept source and Fourier domain optical coherence tomography. Optics

Express, 11(18):2183�2189, 2003.

[8] M Wojtkowski. High-speed optical coherence tomography: Basics and

applications. Applied Optics, 49(16):D30�D61, 2010.

[9] AF Fercher, CK Hitzenberger, G Kamp, and SY El-Zaiat. Measurement

of intraocular distances by backscattering spectral interferometry. Optics

Communications, 117(1-2):43�48, 1995.

[10] SR Chinn, EA Swanson, and JG Fujimoto. Optical coherence

tomography using a frequency-tunable optical source. Optics Letters,

22(5):340�342, 1997.

[11] T Klein, W Wieser, L Reznicek, A Neubauer, A Kampik, and R Huber.

Multi-MHz retinal OCT. Biomedical Optics Express, 4(10):1890�1908,

2013.

[12] A Unterhuber, B Povazay, B Hermann, H Sattmann, A Chavez-Pirson,

and W Drexler. In vivo retinal optical coherence tomography at 1040

nm - enhanced penetration into the choroid. Optics Express, 13(9):3252�

3258, 2005.

88



[13] Z Chen, TE Milner, D Dave, and JS Nelson. Optical Doppler

tomographic imaging of �uid �ow velocity in highly scattering media.

Optics Letters, 22(1):64�66, 1997.

[14] JA Izatt, MD Kulkarni, S Yazdanfar, JK Barton, and AJ Welch. In

vivo bidirectional color Doppler �ow imaging of picoliter blood volumes

using optical coherence tomography. Optics Letters, 22(18):1439�1441,

1997.

[15] W Geitzenauer, CK Hitzenberger, and UM Schmidt-Erfurth. Retinal

optical coherence tomography: Past, present and future perspectives.

British Journal of Ophthalmology, 95(2):171�177, 2011.

[16] RA Leitgeb, RM Werkmeister, C Blatter, and L Schmetterer. Doppler

optical coherence tomography. Progress in Retinal and Eye Research,

41(0):26 � 43, 2014.

[17] J Barton and S Stromski. Flow measurement without phase information

in optical coherence tomography images. Optics Express, 13(14):5234�

5239, Jul 2005.

[18] H Asai. Proposal of a simple method of �uorescence correlation

spectroscopy for measuring the direction and magnitude of a �ow of

�uorophores. Japanese Journal of Applied Physics, 19(11):2279�2282,

1980.

[19] Y Wang and RWang. Autocorrelation optical coherence tomography for

mapping transverse particle-�ow velocity. Optics Letters, 35(21):3538�

3540, 2010.

89



[20] J Lee, W Wu, JY Jiang, B Zhu, and DA Boas. Dynamic light scattering

optical coherence tomography. Optics Express, 20(20):22262�22277,

2012.

[21] Y Zhao, Z Chen, C Saxer, S Xiang, JF de Boer, and JS Nelson. Phase-

resolved optical coherence tomography and optical Doppler tomography

for imaging blood �ow in human skin with fast scanning speed and high

velocity sensitivity. Optics Letters, 25(2):114�116, 2000.

[22] RA Leitgeb, L Schmetterer, W Drexler, AF Fercher, R Zawadzki,

and T Bajraszewski. Real-time assessment of retinal blood �ow with

ultrafast acquisition by color Doppler Fourier domain optical coherence

tomography. Optics Express, 11(23):3116�3121, 2003.

[23] S Makita, Y Hong, M Yamanari, T Yatagai, and Y Yasuno. Optical

coherence angiography. Optics Express, 14(17):7821�7840, 2006.

[24] S Zotter, M Pircher, T Torzicky, M Bonesi, E Götzinger, RA Leitgeb,

and CK Hitzenberger. Visualization of microvasculature by dual-beam

phase-resolved Doppler optical coherence tomography. Optics Express,

19(2):1217�1227, 2011.

[25] S Makita, F Jaillon, M Yamanari, M Miura, and Y Yasuno.

Comprehensive in vivo micro-vascular imaging of the human eye by

dual-beam-scan Doppler optical coherence angiography. Optics Express,

19(2):1271�1283, 2011.

[26] F Jaillon, S Makita, EJ Min, BH Lee, and Y Yasuno. Enhanced

imaging of choroidal vasculature by high-penetration and dual-velocity

90



optical coherence angiography. Biomedical Optics Express, 2(5):1147�

1158, 2011.

[27] DP Dave and TE Milner. Doppler-angle measurement in highly

scattering media. Optics Letters, 25(20):1523�1525, 2000.

[28] CJ Pedersen, D Huang, MA Shure, and AM Rollins. Measurement of

absolute �ow velocity vector using dual-angle, delay-encoded Doppler

optical coherence tomography. Optics Letters, 32(5):506�508, 2007.

[29] RM Werkmeister, N Dragostino�, M Pircher, E Götzinger,

CK Hitzenberger, RA Leitgeb, and L Schmetterer. Bidirectional

Doppler Fourier-domain optical coherence tomography for measurement

of absolute �ow velocities in human retinal vessels. Optics Letters,

33(24):2967�2969, 2008.

[30] SM Daly, C Silien, and MJ Leahy. Feasibility of capillary velocity

assessment by statistical means using dual-beam spectral-domain optical

coherence tomography: a preliminary study. Journal of Biophotonics,

6(9):718�732, 2013.

[31] A Røyset, T Støren, F Stabo-Eeg, and T Lindmo. Quantitative

measurements of �ow velocity and direction using transversal Doppler

optical coherence tomography. Proc. SPIE, 6079(25), 2006.

[32] YC Ahn, W Jung, and Z Chen. Quanti�cation of a three-

dimensional velocity vector using spectral-domain Doppler optical

coherence tomography. Optics Letters, 32(11):1587�1589, 2007.

91



[33] MR Hee, D Huang, EA Swanson, and JG Fujimoto. Polarization-

sensitive low-coherence re�ectometer for birefringence characterization

and ranging. Journal of the Optical Society of America B: Optical

Physics, 9(6):903�908, 1992.

[34] M Pircher, CK Hitzenberger, and U Schmidt-Erfurth. Polarization

sensitive optical coherence tomography in the human eye. Progress in

Retinal and Eye Research, 30(6):431�451, 2011.

[35] Y Yasuno, S Makita, Y Sutoh, M Itoh, and T Yatagai. Birefringence

imaging of human skin by polarization-sensitive spectral interferometric

optical coherence tomography. Optics Letters, 27(20):1803�1805, Oct

2002.

[36] J Zhang, W Jung, J Nelson, and Z Chen. Full range polarization-

sensitive Fourier domain optical coherence tomography. Optics Express,

12(24):6033�6039, 2004.

[37] E Götzinger, M Pircher, and CK Hitzenberger. High speed spectral

domain polarization sensitive optical coherence tomography of the

human retina. Optics Express, 13(25):10217�10229, 2005.

[38] B Cense, TC Chen, M Mujat, C Joo, T Akkin, BH Park, MC Pierce,

A Yun, BE Bouma, GJ Tearney, and JF de Boer. Spectral domain

polarization-sensitive optical coherence tomography at 850 nm. Proc.

SPIE, 5690:159�162, 2005.

[39] E Götzinger, B Baumann, M Pircher, and CK Hitzenberger.

Polarization maintaining �ber based ultra-high resolution spectral

92



domain polarization sensitive optical coherence tomography. Optics

Express, 17(25):22704�22717, 2009.

[40] CK Hitzenberger, E Götzinger, M Sticker, M Pircher, and AF Fercher.

Measurement and imaging of birefringence and optic axis orientation

by phase resolved polarization sensitive optical coherence tomography.

Optics Express, 9(13):780�790, 2001.

[41] CE Saxer, JF de Boer, BH Park, Y Zhao, Z Chen, and JS Nelson. High-

speed �ber based polarization-sensitive optical coherence tomography of

in vivo human skin. Optics Letters, 25(18):1355�1357, 2000.

[42] B Park, MC Pierce, B Cense, SH Yun, M Mujat, G Tearney, B Bouma,

and J de Boer. Real-time �ber-based multi-functional spectral-domain

optical coherence tomography at 1.3 um. Optics Express, 13(11):3931�

3944, 2005.

[43] WY Oh, SH Yun, BJ Vakoc, M Shishkov, AE Desjardins, BH Park,

JF de Boer, GJ Tearney, and BE Bouma. High-speed polarization

sensitive optical frequency domain imaging with frequency multiplexing.

Optics Express, 16(2):1096�1103, 2008.

[44] M Yamanari, S Makita, and Y Yasuno. Polarization-sensitive

swept-source optical coherence tomography with continuous source

polarization modulation. Optics Express, 16(8):5892�5906, 2008.

[45] DP Dave, T Akkin, and TEMilner. Polarization-maintaining �ber-based

optical low-coherence re�ectometer for characterization and ranging of

birefringence. Optics Letters, 28(19):1775�1777, 2003.

93



[46] M Born and E Wolf. Principles of Optics: Electromagnetic Theory

of Propagation, Interference and Di�raction of Light (7th Edition).

Cambridge University Press, 7th edition, 1999.

[47] BEA Saleh and MC Teich. Fundamentals of Photonics. Wiley, 2 edition,

2007.

[48] W Drexler and JG Fujimoto, editors. Optical Coherence Tomography.

Springer-Verlag Berlin Heidelberg, 1 edition, 2008.

[49] AF Fercher. Optical coherence tomography - development, principles,

applications. Zeitschrift für Medizinische Physik, 20(4):251�276, 2010.

[50] W Drexler, J G Fujimoto, and P Gueye. Optical coherence tomography

- technology and applications. Medical Physics, 36(10):4842�4843, 2009.

[51] E. A. Swanson, D. Huang, M. R. Hee, J. G. Fujimoto, C. P. Lin, and

C. A. Pulia�to. High-speed optical coherence domain re�ectometry.

Optics Letters, 17(2):151�153, 1992.

[52] M Wojtkowski, R Leitgeb, A Kowalczyk, T Bajraszewski, and

AF Fercher. In vivo human retinal imaging by Fourier domain optical

coherence tomography. Journal of Biomedical Optics, 7(3):457�463,

2002.

[53] AF Fercher, R Leitgeb, CK Hitzenberger, H Sattmann, and

M Wojtkowski. Complex spectral interferometry OCT. In Proc. SPIE,

volume 3564, pages 173�178, 1998.

94



[54] M Wojtkowski, A Kowalczyk, R Leitgeb, and AF Fercher. Full

range complex spectral optical coherence tomography technique in eye

imaging. Optics Letters, 27(16):1415�1417, 2002.

[55] RA Leitgeb, R Michaely, T Lasser, and SC Sekhar. Complex ambiguity-

free Fourier domain optical coherence tomography through transverse

scanning. Optics Letters, 32(23):3453�3455, 2007.

[56] B Baumann, M Pircher, E Götzinger, and CK Hitzenberger. Full

range complex spectral domain optical coherence tomography without

additional phase shifters. Optics Express, 15(20):13375�13387, 2007.

[57] G Haeusler and MW Lindner. �Coherence radar� and �spectral radar�

- new tools for dermatological diagnosis. Journal of Biomedical Optics,

3(1):21�31, 1998.

[58] S Yun, G Tearney, J de Boer, N Iftimia, and B Bouma. High-speed

optical frequency-domain imaging. Optics Express, 11(22):2953�2963,

2003.

[59] F Lexer, CK Hitzenberger, AF Fercher, and M Kulhavy. Wavelength-

tuning interferometry of intraocular distances. Applied Optics,

36(25):6548�6553, 1997.

[60] AM Rollins and JA Izatt. Optimal interferometer designs for optical

coherence tomography. Optics Letters, 24(21):1484�1486, 1999.

[61] T Bajraszewski, M Wojtkowski, M Szkulmowski, A Szkulmowska,

R Huber, and A Kowalczyk. Improved spectral optical coherence

95



tomography using optical frequency comb. Optics Express, 16(6):4163�

4176, 2008.

[62] JA Izatt and MA Choma. Optical coherence tomography, chapter Theory

of Optical Coherence Tomography, pages 47�72. Biological and Medical

Physics, Biomedical Engineering. Springer Berlin Heidelberg, 2008.

[63] RA Leitgeb. Advances in Imaging and Electron Physics, volume 168,

chapter 3 Current Technologies for High-Speed and Functional Imaging

with Optical Coherence Tomography. Elsevier, 2011.

[64] XJ Wang, TE Milner, and JS Nelson. Characterization of �uid �ow

velocity by optical Doppler tomography. Optics Letters, 20(11):1337�

1339, 1995.

[65] JF de Boer, TE Milner, MJC van Gemert, and JS Nelson. Two-

dimensional birefringence imaging in biological tissue by polarization-

sensitive optical coherence tomography. Optics Letters, 22(12):934�936,

1997.

[66] B White, M Pierce, N Nassif, B Cense, B Park, G Tearney, B Bouma,

T Chen, and J de Boer. In vivo dynamic human retinal blood

�ow imaging using ultra-high-speed spectral domain optical coherence

tomography. Optics Express, 11(25):3490�3497, 2003.

[67] JF de Boer, TE Milner, and JS Nelson. Determination of the depth-

resolved Stokes parameters of light backscattered from turbid media

by use of polarization-sensitive optical coherence tomography. Optics

Letters, 24(5):300�302, 1999.

96



[68] E Götzinger, M Pircher, W Geitzenauer, C Ahlers, B Baumann,

S Michels, U Schmidt-Erfurth, and CK Hitzenberger. Retinal pigment

epithelium segmentation by polarization sensitive optical coherence

tomography. Optics Express, 16(21):16410�16422, 2008.

[69] S Jiao, G Yao, and LV Wang. Depth-resolved two-dimensional

Stokes vectors of backscattered light and Mueller matrices of biological

tissue measured with optical coherence tomography. Applied Optics,

39(34):6318�6324, 2000.

[70] M Sugita, M Pircher, S Zotter, B Baumann, K Saito, T Makihira,

N Tomatsu, M Sato, and CK Hitzenberger. Analysis of optimum

conditions of depolarization imaging by polarization-sensitive optical

coherence tomography in the human retina. Journal of Biomedical

Optics, 20(1):016011, 2015.

[71] B Baumann, S Zotter, M Pircher, E Götzinger, S Rauscher,

M Glösmann, J Lammer, U Schmidt-Erfurth, M Gröger, and

CK Hitzenberger. Spectral degree of polarization uniformity

for polarization-sensitive OCT. Journal of Modern Optics,

DOI:10.1080/09500340.2014.945501:1�6, 2015.

[72] I Krebs and W Krebs. Primate retina and choroid : Atlas of �ne

structure in man and monkey, volume vii. Springer-Verlag, New York,

1991.

[73] H Gray. Gray's Anatomy - The classic anatomical handbook for doctors,

students and artists. Bounty Books, 15 edition, 2012.

97



[74] W Trasischker, RM Werkmeister, S Zotter, B Baumann, T Torzicky,

M Pircher, and CK Hitzenberger. In vitro and in vivo three-

dimensional velocity vector measurement by three-beam spectral-

domain Doppler optical coherence tomography. Journal of Biomedical

Optics, 18(11):116010, 2013.

[75] SH Yun, G Tearney, J de Boer, and B Bouma. Motion artifacts in optical

coherence tomography with frequency-domain ranging. Optics Express,

12(13):2977�2998, 2004.

[76] R Haindl, W Trasischker, B Baumann, M Pircher, and CK Hitzenberger.

Three-beam Doppler optical coherence tomography using a facet prism

telescope and MEMS mirror for improved transversal resolution. Journal

of Modern Optics, DOI:10.1080/09500340.2014.983569:1�8, 2014.

[77] W Trasischker, S Zotter, T Torzicky, B Baumann, R Haindl, M Pircher,

and CK Hitzenberger. Single input state polarization sensitive swept

source optical coherence tomography based on an all single mode �ber

interferometer. Biomedical Optics Express, 5(8):2798�2809, 2014.

98



Curriculum vitae 
 

Wolfgang Trasischker  
 

Center for Medical Physics and Biomedical Engineering 
Medical University of Vienna 
Waehringer Guertel 18-20/4L 
A-1090 Vienna, Austria    
 Phone:    +43 1 40400 39225  
 Mobile:     +43 650 8209986 
 Email:   wolfgang.trasischker@gmail.com 
  Date of birth:   20. April 1985     
  Nationality:   Austria 
 Acad. Degree:   Magister (equiv. to Master) 
 
Education: 

 University 
Since October 2011   Doctor of Philosophy – Medical Physics 
  Medical University of Vienna, Austria 
 
 PhD thesis on OCT supervised by Prof. Christoph Hitzenberger: 

  Phase Sensitive Multichannel Optical Coherence Tomography 
  (in cooperation with Canon Inc.) 
 

October 2006 – April 2011  Diploma Study - Physics 
  University of Vienna, Austria  
  Diploma examination with distinction  
 
 Diploma thesis in material physics supervised by Prof. Brigitte Weiss: 

  Accelerated Lifetime Estimation of Copper Ball Bonds  
  using Experimental Methods and Finite Element Analysis 
  (in cooperation with Infineon Tech. AG) 
 

October 2005 – October 2006  Diploma Study - Geophysics 
  University of Vienna, Austria  
 
 High School and A-Levels 
1999 – 2004 Secondary technical college Villach – Civil Engineering 
  Final exam with distinction  

 
 Junior High  
1995 – 1999 Grammar school – Feldkirchen 

 
International Experience: 

 Visiting Researcher 
May 2011 – September 2011 University of Southampton, UK  
  Faculty of Physics and Astronomy  
  
  Quantum Nanophysics and Matter Waves with Dr. Hendrik Ulbricht   

 
 Academic Residence 
February 2009 – July 2009 Complutense University of Madrid, Spain 
  Faculty of Physics 

  



 
 
Publications: 
 
R. Haindl, W. Trasischker, B. Baumann, M. Pircher, C.K. Hitzenberger, “Three-beam Doppler optical 

coherence tomography using a facet prism telescope and MEMS mirror for improved transversal resolution,” 

Journal of Modern Optics, DOI:10.1080/09500340.2014.983569, 1-8 (2014) 
 

W. Trasischker, S. Zotter, T. Torzicky, B. Baumann, R. Haindl, M. Pircher, C.K. Hitzenberger, “Single input 

state polarization sensitive swept source optical coherence tomography based on an all single mode fiber 

interferometer,” Biomedical Optics Express, 5, 2798-2809 (2014) 
 

W. Trasischker, R. M. Werkmeister, S. Zotter, B. Baumann, T. Torzicky, M. Pircher, and C. K. Hitzenberger, 

"In vitro and in vivo three-dimensional velocity vector measurement by three-beam spectral-domain Doppler 

optical coherence tomography," Journal of Biomedical Optics, 18, 116010 (2013). 
 

T. Torzicky, S. Marschall, M. Pircher, B. Baumann, M. Bonesi, S. Zotter, E. Götzinger, W. Trasischker, T. Klein, 

W. Wieser, B. Biedermann, R. Huber, P. Andersen, and C. K. Hitzenberger, "Retinal polarization-sensitive 

optical coherence tomography at 1060 nm with 350 kHz A-scan rate using an Fourier domain mode locked 

laser," Journal of Biomedical Optics, 18, 026008 (2013) 
 

A. Lassnig, W. Trasischker, G. Khatibi, B. Weiss, M. Nelhiebel, and R. Pelzer, "Accelerated lifetime estimation 

of thermosonic Cu ball bonds on Al metallization," Microelectronic Engineering, 106, 188-194 (2013). 
 

S. Zotter, M. Pircher, T. Torzicky, B. Baumann, H. Yoshida, F. Hirose, P. Roberts, M. Ritter, C. Schütze, E. 

Götzinger, W. Trasischker, C. Vass, U. Schmidt-Erfurth, and C. K. Hitzenberger, "Large-field high-speed 

polarization sensitive spectral domain OCT and its applications in ophthalmology," Biomedical Optics Express, 

3, 2720-2732 (2012). 

 
Conference Contributions: 
 

W. Trasischker, S. Zotter, T. Torzicky, B. Baumann, M. Sugita, P. Roberts, C. Schütze, M. Pircher, C. Vass, C.K. 

Hitzenberger, “Measurement of retinal nerve fiber layer retardation 

by polarization sensitive OCT at 840 and 1040 nm,” Gordon Research Conference - Lasers in Medicine & 

Biology, Holderness (New Hampshire, USA), July 2014 
 

W. Trasischker, S. Zotter, T. Torzicky, M. Sugita, B. Baumann, P. Roberts, C. Schütze, R. Haindl, M. Pircher, C. 

Vass, C.K. Hitzenberger, “Measurement of retinal nerve fiber layer retardation by polarization sensitive OCT at 

840 and 1060 nm,” 2014 ARVO Annual Meeting, Abstract number: 1625 - D0040, Orlando (Florida, USA), 

May 2014 
 

W. Trasischker, S. Zotter, T. Torzicky, B. Baumann, M. Sugita, M. Pircher, C. Vass, C.K. Hitzenberger, “Fibre 

based polarization sensitive optical coherence tomography using a swept source at 1040 nm,” Biomedical 

Optics (BIOMED) Topical Meeting, Presentation final ID: BT3A.66, Miami (Florida, USA), April 2014 
 

W. Trasischker, S. Zotter, B. Baumann, T. Torzicky, E. Gözinger, M. Pircher, C.K. Hitzenberger; “3d velocity 

vector measurement by 3-beam spectral-domain doppler optical coherence tomography,” SPIE BiOS, Paper 

8571-77, San Francisco (California, USA), February 2013 

W. Trasischker, A. Lassnig, G. Khatibi, B. Weiss, M. Nelhiebel, and R. Pelzer, "Lifetime of thermosonic copper 
ball bonds on aluminum metallization pads," Interconnect Technology Conference 2011 - Materials for 
Advanced Metallization (IITC/MAM), 2011 IEEE International, Dresden (Saxony, Germany), May 2011 
 
 

 
 
 
 



Awards: 

 
2011 Excellence Grant  
  Federation of Austrian Industry Carinthia  
 
2006-2010 Merit based scholarship  
  University of Vienna 

 
2005-2010 Scholarships for outstanding pupils and students of the  
   Erick Lackner Foundation 
 
Work experience: 
 

Since April 2015 Research Assistant   
  Wellman Center for Photomedicine & Harvard Medical School 
  Massachusetts General Hospital  
  MA 02114 Boston 

 
October 2011 – March 2015 Research Associate  

  Center for Medical Physics and Biomedical Engineering  
  Medical University of Vienna  

  A-1090 Vienna 

 
March – May 2013 Associate Intern 
  McKinsey & Company 
  A-1010 Vienna 
 

August 2008 & 2009 Internship 
  Crude oil exploration AG (Rohöl-Aufsuchungs AG) 
  A-1010 Vienna 
 

August 2007 Internship 
  Patent Attorneys Puchberger, Berger & Partner 
  A-1010 Vienna 
 

October 2004–September 2005 Civilian service - Paramedic 
  Red Cross Vienna 
  A-1030 Vienna 
  
 

Personal skills and competences: 
 

Languages: English (fluent in spoken and written) 
 Spanish (working knowledge) 
 German (mother tongue)  

   
Computer skills: Operating systems:  Windows, Linux, Mac OS-X  
 Tools: Microsoft-Office, Adobe CS, LaTex, aso. 
 CAD Programs:  Inventor, SolidWorks 
 Programming:  Labview, python 
 FEM: Ansys 
 

Legal knowledge: Patent law, technology transfer law, trademark law  
 

Memberships: Talents Austria, SPIE, Austrian Geophysical Society 
 

Hobbies: Running, swimming, beachvolleyball, snowboarding, reading 
    
Other skills: Driver’s license (A and B) 


