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Fig. 2-1: Schematic overview 
displaying time-domain, low-
coherence interferometry 
which can measure echo time 
delays of light. A Michel-
son-type interferometer is 
equipped with a sample and 
reference arm. Light which 
is back-reflected from the tis-
sue being imaged, interferes 
with light travelling a known 
reference path length. The 
reference arm is mechani-
cally translated in order to 
produce a time-varying path 
length difference between both 
arms. Using a low-coherent 
light source, interference will 
only be observed when light 
from the tissue arrives nearly 
at the same time as light from 
the reference arm. Axial scan 
information is obtained by de-
tecting the envelope (indica-
ted in red) of the interference 
signal. An image is formed by 
color-mapping the amplitude 
of adjacent axial scans in a 2D 
or 3D representation. 

       (2.1)

This is assuming that the spectral profile of the light source is Gaus-
sian with a center wavelength λ0, a spectral FWHM bandwidth Δλ and 
a sample of group refractive index n. Thus, the coherence length deter-
mines the resolution at which the position of a single reflector can be 
resolved. OCT can therefore be seen as an extension of the confocal mi-
croscope.  However, it is important to notice that the OCT signal mea-
sured as a detector is proportional to the field rather than the power or 
amplitude. [6]

2.3 TIME DOMAIN OCT

he interferometer described in paragraph 2.2 with a linear 
translating mirror employed in the reference arm facilitated 
the first OCT systems. During linear translation, a time-vary-
ing path length-delay is produced and interference will be ob-

served only when the path length difference between both arms is in 
the order of the coherence length. In other words, light returning from 
both arms will give a measurable interference pattern when the length 
of the two arms is equal within the coherence length of the source. Since 
the exact position of the reference mirror is known, it is possible to 

2.1 OPTICAL COHERENCE TOMOGRAPHY

ince the invention of a retinal microscope by Helmholtz in 
1851 (the ophthalmoscope) [1], we are able to see the super-
ficial retinal tissue layers and their fine structures inside of 
the eye. The possibility to see beyond these first tissue layers is 

particularly explored in the late 20th century in the field of optical co-
herence tomography (OCT).[2] OCT is a non-invasive in-vivo imaging 
modality with the unique capability to provide high resolution cross-
sectional images. The technical development in the field of OCT in the 
last decade makes this technique a reliable and fast candidate for clini-
cal imaging. [3]

The principle behind OCT is comparable with ultrasound (US) ima-
ging. US measures time delays of reflecting sound waves from different 
layers within a sample. OCT, however, uses light instead of sound. It is 
obvious that the speed of light is too high (3*108 m/s) to measure de-
lays in time directly. Therefore, a different technique based on the Mi-
chelson interferometer, is used to measure a depth-depended reflected 
signal (figure 2-1).

2.2 INTERFEROMETRY

he Michelson interferometer, which is the heart of most tradi-
tional OCT systems, was invented around 1881. Before its ap-
plication in OCT, it (unintendedly) provided the famous first 
evidence against the existence of the aether and paved the 

way for modern techniques in optical precision measurements. [4]

Each ‘arm’ in the interferometer has its own function as shown in fi-
gure 2-1. Light from a light source, is directed towards a beam split-
ter. This beam splitter divides the light into two different directions. 
One direction (the reference arm) is from the beam splitter to the refe-
rence mirror and back. The other direction (the sample arm) is from 
the beam splitter to the sample or tissue and back. Light reflected back 
from the two arms is recombined at the beam splitter and directed to 
the detector. If the light has travelled exactly the same distance in both 
arms, maximal interference will occur at the detector. The interference 
signal as function of difference in travel distance in both arms, also 
known as a ‘fringe’, will manifest itself as a sinusoidal pattern when 
read out digitally.

The full-width-half-maximum (FWHM) of the envelope as shown in fi-
gure 2-1 is also known as the coherence length or the axial resolution 
of the system and can be expressed as [5],
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With the reference mirror scanning for information in the axial direc-
tion, two orthogonal scanning galvanometer mirrors are used to scan 
in the transverse x/y directions. The acquired data can be displayed 
as a 1D axial scan, 2D cross-sectional image or a 3D rendered image 
(figure 2-3).

Light from the sample arm is focused into the tissue using an achro-
matic lens (system).  The lateral resolution wr in OCT images is deter-
mined by the focused spot size in the sample arm similar to confocal 
microscopy. Assuming a Gaussian beam at wavelength λ from and into 
a single mode fiber  (SMF, used in most OCT systems) , it can be shown 
that the response Ts   from a point reflector can be  calculated from,

              (2.2)

Here, d and x are the coordinates of the point reflector with respect to 
the center of the focus, wr describes the waist and Zr is the Rayleigh 
length.[6]–[8] A higher lateral resolution would be at the expense of 
depth-of-focus, whereas a larger depth-of-focus would be at the ex-
pense of lateral resolution (e.g. the confocal suppression of out-of-focus 
light). The Rayleigh length Zr , is defined as,

               (2.3)

It is important to realize that, unlike conventional confocal microsco-
py, the axial resolution in OCT only depends on the coherence proper-
ties of the source, and not on the diameter-limited numerical aperture 
of the used optics or ocular aberrations.

Although the TD-OCT systems have readily achieved the limits in reso-
lution and sensitivity, many important clinical applications remained 
out of reach. A common barrier is the image acquisition rate. Many 
important diagnostic applications in ophthalmology require screening 
of large areas, thus high imaging speed is necessary. Moreover, most 
biomedical applications cannot tolerate a reduction in SNR to achieve 
a higher image acquisition rate. Therefore, facilitating comprehensive 
tissue screening required a paradigm shift in OCT technology.

2.4 SECOND GENERATION FOURIER DOMAIN OCT 
TECHNOLOGY

fter the development of the standard TD-OCT systems, re-
search progressed towards a faster method due to limita-
tions of the time domain setup as described in paragraph 2.3. 
The first measurements in a clinical setting with a standard 

determine exactly from which position the light from the sample arm 
is originating within the coherence length and, while translating the 
reference arm, an axial depth profile is obtained in time at one particu-
lar lateral position, hence the name time domain OCT (TD-OCT).  The 
development of optical fibers for light transport in telecommunication, 
made fiber based OCT systems possible. A simple fiber based scheme of 
such as system suitable for ophthalmic applications is shown in figure 
2-2.

Fig. 2-2: A typical TD-OCT setup using a broadband light source (BBLS), a moving reference mir-
ror (MRM) and polarization controllers (PC) in both reference and sample arm. The sample arm 
is equipped with a x/y scanner, allowing three-dimensional imaging.

Similar as in ultrasound terminology, a one-dimensional depth profile 
versus intensity is called an A-scan. Several of these measurements 
in a row will create a two-dimensional B-scan or cross-sectional OCT 
image; likewise, multiple B-scans form a volumetric image dataset. 

Fig. 2-3:  Buildup of an retinal OCT dataset. Left: A 1-D axial scan or A-scan, showing reflectiv-
ity vs. depth. Middle: A typical cross-sectional image or B-scan created by successive A-scans in 
transverse direction. Right: A 3-D rendered image made from a number of successive longitudinal 
B-scans.
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time domain OCT setup showed that a higher data acquisition speed 
was desired. This resulted in the development of Fourier domain OCT 
(FD-OCT) also known as spectral domain OCT (SD-OCT)[9]–[11] using 
a spectrometer based detection or swept source OCT (SS-OCT) utilizing 
a wavelength swept light source. [12], [13] These two approaches will 
be discussed in the following paragraphs. After detection of the FD-OCT 
signal, the spectral interference signal is digitally processed and Fou-
rier transformed to get the depth profile. From a computing-time per-
spective, preferably Discrete Fourier Transform (DFT) algorithms are 
used. This requires data to be scaled linearly on a wavenumber k=2π/λ 
axis, where λ is the wavelength. If data is not linearly acquired on a 
k-axis, first software-based rescaling is needed. As discussed in para-
graph 2.5 and 2.6, hardware solutions are also feasible. 

2.5 SPECTRAL DOMAIN OCT

s shown before, TD-OCT setups are based on a scanning mir-
ror in the sample arm to acquire an interference pattern 
from every sample point. A SD-OCT based setup detects the 
entire depth profile at once using a spectrometer as detector 

while the reference arm path length is fixed at one position. The spec-
trometer consists of an optical (holographic) transmission grating 
generating angular wavelength dispersed light in a linear plane. The 
dispersed light is then projected on a digital line scan (CCD or CMOS) 
camera via  a telescopic lens system. This results in small wavelength 
bands that are projected on every single pixel in the array A schematic 
overview is given in figure 2-4. [10]

Fig. 2-4: A typical SD-OCT setup using a broadband light source (BBLS), a fixed reference mirror 
(FRM) and polarization controllers to maintain an optimal polarization state for the OCT system 
(PC) in both the reference and sample arms. The sample arm is equipped with a x/y scanner, al-
lowing three-dimensional imaging. The spectrometer comprises a holographic transmission gra-
ting (HTG), an lens system (LS) and a line scan camera (CCD).

The development of SD-OCT in particular, resulted in the first ultra-
high-resolution video-rate imaging [14] with a higher sensitivity than 
the available state of the art TD-OCT systems at the time.[15]–[17] 
SD-OCT also enabled real time in-vivo three-dimensio-nal imaging of 
biological tissue, which can potentially provide accurate physiological 
information of the scanned region. Examples of such information are 
flow velocity profiles in retinal arteries [18] and cha-racterization of 
structural properties such as retinal nerve fiber layer birefringence.
[19]

Currently, novel spectrometers and interferometers are developed 
which are based on integrated optical circuits (IOC).[20], [21] These 
optical chips reduce the footprint of an OCT system dramatically and 
combined with novel chip size light sources they could reduce the pro-
duction costs of an OCT system.

Most common spectrometer layouts do not acquire spectra on a linear 
k-scale (and thus resampling prior to Fourier transform is needed). 
Hardware-based solutions, by introducing additional optical elements 
in the spectrometer light path have been proposed. [22]

2.6 SWEPT SOURCE OCT

wept source OCT (SS-OCT) is the another form of the second 
generation of OCT technology and is the imaging analog of 
optical frequency domain reflectometry (OFDR) [23], a well-
known interferometric technique that has been extensively 

developed for axial back-scattering measurement of long optical fiber 
cables and waveguide devices. SS-OCT differs from SD-OCT with res-
pect to key-system-performances due to the hardware configuration. 
However, both SD-OCT and SS-OCT has no scanning reference mirror, 
and offers the same sensitivity/imaging speed advantage.  Both SD-
OCT and SS-OCT acquire the same information (i.e., spectrally resolved 
fringes), allowing ultra-high speed imaging without loss of image qua-
lity.[15]–[17]

SS-OCT adapt its name from the fact that it creates consecutive nar-
row wavelengths (bands) in time, over the whole bandwidth of the 
OCT light source (i.e. the output wavelength is ‘swept’ in time). Several 
swept source layouts have been developed over time. Most lasers are 
based on a rotating polygon in the filter of the laser cavity due to the 
linear wavelength sweep in time.[12] These systems are stretched to 
A-line rates up ~400 kHz [24], but this might be limited due to me-
chanical stress on the fast sweeping polygon and are therefore usually 
restricted to 50 kHz. An alternative method to create a wavelength 
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in this system are commercially available for this wavelength region.

SS-OCT encompasses some advantages over SD-OCT which are mainly 
due to the differences in hardware configuration. For example, the op-
tical components used to build a swept source allows a much smaller 
line-width (distance between wavelengths during a sweep compared 
to the spectral resolution of a spectrometer) which in turn results in 
an improved performance for the system sensitivity roll-off in depth. 
[28] Additionally, it is more convenient to implement components such 
as acoustic optical modulators (AOM) to remove the depth degenera-
cy,[29] and since an additional photo detector is more convenient and 
less expensive than an additional spectrometer, it is easier to imple-
ment polarization sensitivity,[30] and spectrally balanced detection. 
[31]

2.7 FUNCTIONAL OCT

ver the years, quantitative or functional OCT has been studied 
by many research groups. This research area investigates the 
origin of the OCT signal, covering the physics of both scatte-
ring and absorption[8], [32]–[35], phase sensitivity including 

polarization sensitivity[36], Doppler shift [37] and speckle.[38] Un-
derstanding and quantification of these principles based on known op-
tical and electronic properties of the used OCT system, and the optical 
and mechanical properties of the material under study, could result in 
a powerful tool in medical diagnostics. Physical properties such as re-
fractive index, Brownian motion of cells or cell organelles, orientation, 
size and phase function of tissue scatterers are parameters that play 
a major role in light scattering of tissue and are related to biological 
conditions of tissue or cells. [39]–[43]

2.8 QUANTITATIVE MEASUREMENT OF THE OPTICAL 
ATTENUATION AND BACKSCATTERING COEFFICIENT

linical usability of OCT imaging depends on obvious factors 
such as high resolution, high imaging speed and adequate 
contrast to discriminate between resolved structures. Image 
contrast in OCT originates from variation in reflectivity of dif-

ferent structures. These variations are caused by local changes in re-
fractive index n. In tissue however, this contrast is limited since the 
refractive index variation is only ranging from ~1.3 to 1.4. Within this 
range however, OCT is very sensitive to changes in the strength of light 
scattering – which is caused by this same spatial variation of refractive 
index.

sweep is based on a long fiber ring cavity of several kilometers, a tech-
nique also known Fourier domain mode locking (FDML). Wavelengths 
are dispersed inside the fiber since the speed of light depends on the 
refractive index of the glass medium and are filtered using a tunable 
Fabry Perot filter. Each wavelength experiences the same roundtrip 
time which is equal to the period of the wavelength filter. Subsequently, 
a wavelength sweep is created that is nonlinear in k-space (and thus 
requires resampling). This method is very fast (up 5.2 MHz)[25] but 
depends on expensive detectors and data acquisition cards to resolve 
the separate wavelengths adequately. More recently, a new wavelength 
swept source has been developed which is in principle similar to the 
polygon based system but uses a scanning microelectromechanical 
system (MEMS) equipped with a mirror. This method creates very fast 
wavelength sweeps up to 760 kHz, but is also not linear in k-space, 
due to acceleration and deceleration of the MEMS mirror during one 
sweep.[26] Both described nonlinear methods can benefit from an ad-
ditional k-clock which creates linearly spaced clock pulses in the k-do-
main during the sweep making data sampling more convenient.[27]

Fig. 2-5: A typical polygon based SS-OCT setup as used throughout this thesis. This system em-
ploys a Swept laser source, a reference arm in transmission, designed for balanced detection and 
polarization controllers (PC) in both the reference and sample arms. The sample arm is equipped 
with a x/y scanner, allowing three-dimensional imaging. The swept laser source comprises a semi-
conductor optical amplifier (SOA) as gain medium; light from the SOA is directed towards a re-
flection grating. Angular dispersed light is displayed on a seeping polygon mirror via a telescope 
lens system. Small wavelength bands are selected by polygon rotation and sent back into the SOA 
and a ring cavity that allows 70 % of the signal into the OCT system and 30% back into the laser.

The first clinical applications of SS-OCT took place in the 1300 nm range.
[13] The main reason is that most of the fiber optical components used 
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The optical attenuation of light is an extensive studied functional ex-
tensions for OCT. This is because many known diseases are usually ac-
companied with changes in cellular, or gross tissue, morphology. These 
changes of cellular structure will induce change in light scattering. 
One striking example of this is programmed cell death or apoptosis, 
a mechanism that prevent cells going into carcinogenesis.[44], [45] 
During apoptosis, a cell undergoes dramatic intra cellular and cell 
membrane changes that results in changes in light scattering as well. 
[46]–[48] Another example is the development of cancer, also known 
as carcinogenesis. During carcinogenesis, changes occur in the cellu-
lar architecture resulting in an increased nuclear-to-cytoplasm ratio 
and an increased number of mitochondria. [49], [50] Physically, this 
subcellular tissue organization determines light scattering properties. 
[40]–[43] Therefore, measurement of the optical scattering by means 
of the attenuation coefficient can improve on the clinical relevance 
of OCT, allowing quantitative discrimination between different tissue 
types, follow-up tool during watchful waiting protocols in the manage-
ment of cancer or as a follow-up tool for i.e. apoptosis based treatment 
of disease.

The attenuation coefficient is a value that can be measured with OCT 
by fitting a theoretical model to the measured depth depended intensi-
ty id. The most widely used model for this is based on single scattering 
that assumes that light is only backscattered once within the Rayleigh 
length of the sample arm optics before it is detected by OCT.[34] This 
model is also known as Beers Law. A model that takes multiple scat-
tering into account is also proposed by Thrane etal.[35] This model 
assumes that photons that scatter in the forward direction still con-
tribute to the OCT signal. The contribution of scattering from outside 
the focus is suppressed by choosing the right sample arm optics, resul-
ting in a situation that is equal to a confocal microscope setup. For this 
thesis, we only take the single scattering model into account where the 
detector current id is described as,

       (2.4)

where μB,NA is the backscattering coefficient of the sample, integrated 
over the detection numerical aperture of the system,  lc is the coher-
ence length of the light source which also represents the axial resolu-
tion of the OCT system, 2z is the round-trip path length of the light 
in the sample and µoct is the attenuation coefficient. The square root 
accounts for the fact that the detector current is proportional to the 
field returning from the sample, rather than intensity. The attenuation 
coefficient µoct is then extracted from the OCT data by fitting Beer’s law 
to the averaged A-scans from a selected region of interest in the OCT 

image. The fit model features three parameters, amplitude for scaling, 
the attenuation coefficient, and an offset, which is fixed at the mean 
noise level. An uncertainty for the fitted µoct is specified as the 95% con-
fidence interval of the mean over  n number of fits, in which the ROI 
size is varied within (typically) 10%. The fitting procedure is shown in 
figure 2-6.

Additionally, μB,NA can be calculated by taking the mean of the ampli-
tude of the OCT signal within a 3D region of interest in a full OCT data-
set. First, the ROI in depth (z direction) is  indicated by selecting the 
visible reflection in the OCT image. Secondly, the ROI can extended for 
a desired B-scan range scan range. This finally results in a total back-
scattering value μB,NA of the selected ROI.

Fig 2-6: Extracting the µoct 
from a scattering phantom. 
The image is taken with a 
TD-OCT system operating at 
800 nm. Focus tracking was 
employed during image ac-
quisition. The 3-dimensional 
representation at the top of 
the figure illustrates the lo-
cation of the OCT image. An 
average reflectivity profile is 
calculated from the selected 
region of interest in the OCT 
image and plotted in the 
graph at the bottom of the 
image with the attenuation 
fit shown in blue. The µoct for 
this particular phantom was 
6.2±0.2 mm-1.

2.9 OCT SYSTEM CALIBRATION

Focus tracking
ince the A-line speed in most TD-OCT systems is rather slow, 
it is possible to keep confocal conditions during an entire axial 
scan in depth. It is achieved by synchronized translation of the 
focal plane in depth during the acquisition of an entire axial 

depth profile also known as focus tracking. This results in matched po-
sitions of the coherence and con focal gates during a measurement. [8] 

Fixed Focus
Using mechanical focus tracking is impossible in FD-OCT due to the 
high A-line speed of these systems and the fact that reflections from all 
depths are captured at once (in the Fourier domain).
Therefore, the focusing lens in a sample arm is in a fixed position. De-
pending on the numerical aperture (NA) of the lens, it will introduce 
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a depth dependency of the OCT signal, also known as the axial point 
spread function (PSF): the OCT signal will decrease with distance away 
from the position of the focal point. The PSF can be  measured as the de-
tector signal while translating a mirror through the focus of the sample 
arm optics.  The power transmission Ts of a specular (mirror) reflec-
tion as measured with OCT is given by equation 2.5 where d is the dis-
tance from the focus and Zi is the Rayleigh length.

       (2.5)

In specular reflection, the direction of propagation of the light is simply 
inverted. The situation for tissue is more complicated because of the 
random variation of refractive index (e.g. reflectivity) – leading to dif-
fuse reflection. This situation is mathematically addressed by treating 
the scattered light as a new light beam, with new waist and new Ray-
leigh length given by the respective values of the illuminating beam at 
the site of scattering. The PSF is then calculated as the overlap integral 
of the illuminating and scattered beam, resulting in a slightly modified 
version of the previous equation: 

       (2.6)

For further details, see [6][8].

Depth depended roll off in Fourier Domain systems
The maximum depth range in SD-OCT is limited by the spectral resolu-
tion of the spectrometer which is dictated by the applied optical gra-
ting, optics and pixel spacing on the camera. If we for a moment as-
sume infinitely small pixel size of the camera, still each pixel would be 
illuminated by a certain bandwidth Δk because of the dispersion pro-
perties of the spectrometer optics. We can regard each of these pixels 
as point detector analogous to the detector in time domain OCT, and 
can thus also define a coherence length (range over which interference 
is observed), in this case determining the maximum probing depth. In 
reality, the pixel size is not infinitely small, so that the bandwidth seen 
by a pixel is non-zero. Formally taking into account the square shape 
of the pixel, and assuming a Gaussian spectral profile in the spectrome-
ter, the factor describing the decrease of sensitivity with distance from 
zero-delay becomes. [6], [15]–[17]

       (2.7)

In addition, the detected signal is integrated during an entire A-scan 
acquisition which can result in fringe washout due to time depended 

phase instability – consequently short integration times are needed.

For SS-OCT systems, a similar analysis holds. The instantaneous out-
put line width of the swept source Δk causes a ‘finite’ coherence length 
(and the exponential contribution to the roll-off function), whereas the 
temporal integration time of the detector determines averages spec-
trally over a bandwidth δk. However, in SS-OCT it is much easier to 
realize narrow line widths Δk as well as short integration times, so that 
sensitivity roll-off with depth in state of the art OCT systems is much 
less compared to spectrometer-based systems.

The practical solution
Both the confocal PSF as well as the system roll-off contributes to the 
attenuation of the OCT signal. Calibrating an OCT system for both the 
PFS and the system roll-off can be achieved by measurement of the 
total OCT system roll-off in an extremely weak scattering medium, i.e 
Intralipid® 0.0002 volume %. The attenuation by scattering of this me-
dium in negligible due to the low concentration. The resulting attenua-
tion from this low scattering medium can therefore be regarded as the 
total system roll-off and by simple subtraction of the attenuation coef-
ficient of this measurement from the attenuation coefficient from any 
given OCT measurement will result in the true attenuation coefficient. 
An example of such a measurement is given in figure 2-7.

Fig 2-7: The practical solution to obtain real attenuation coefficient values from a sample. By 
simple subtraction of the attenuation coefficient of a 0.0002% Intralipid ® measurement from the 
attenuation coefficient from any given OCT measurement will result in the roll off corrected, and 
therefore true attenuation coefficient.
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