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GENERAL INTRODUCTION

Imaging the human body has been of interest since the dawn of 
modern medicine. In today’s clinical practice, monitoring and 
imaging techniques are indispensable in disease management. 
A variety of technologies has been developed over time, co-

vering a large part of the electromagnetic spectrum. When these tech-
nologies are categorized in terms of imaging depth versus resolution, it 
can be quickly seen that all these technologies suffer from fundamental 
limitations coming from an apparent inverse relationship between 
depth and resolution (figure 1-1).

Single photon emission 
computed tomography 
(SPECT) and positron 
emission tomography 
(PET) both use radia-
tion from radio nuclides 
which, after distribution 
through the human body, 
result in whole organ 
imaging with high con-
trast. Imaging modalities 
like magnetic resonance 
imaging (MRI) and com-
puted tomography (CT) 
are also responsible for 
imaging tissue morpho-
logy and, in case of MRI, 
local functionality due to 
high sensitivity to water in tissue. These techniques are followed by a 
range of ultrasound (US) modalities. Ultrasound imaging has the ca-
pability to visualize tissue with a relatively high resolution (~100 µm) 
and depth (~10 cm), but is limited in applicability because it needs con-
tact with the sample under study.[1]

The invention of the light microscope by Antonie van Leeuwenhoek 
made it possible to image tissue down to the cellular level. With lenses 
and mirrors, the microscope equipped scientists with an instrument to 
study samples at an unprecedented level. Depending on the wavelength 
used, diffraction limited resolutions can be obtained of 2 to 1 µm. How-
ever, imaging depth is limited due to absorption and scattering of the 
imaged tissue sample. These numbers on resolution were stretched to 
approximately 0.4 µm due to the invention of the confocal microscope, 
which uses point illumination and point detection (by means of pin-

Fig 1-1: An overview of most available imaging technologies. 
A trade-off is visible between Imaging depth and resolution. 
Optical Coherence Tomography (OCT) is depicted in red fill-
ing the gap between microscopy modalities and the other 
techniques.

holes) to eliminate detection of out-of-focus light which becomes more 
predominant when deeper tissue structures are visualized. [2]

The resolution/imaging-depth gap between high resolution ultrasound 
modalities and the (confocal) microscope has not been filled until the 
invention of optical coherence tomography (OCT) in 1991. [3] At this 
time, it emerged as a promising technology using backscattered light 
for three-dimensional imaging of retinal tissue by offering high trans-
versal and axial resolution (< 10 µm) with an imaging depth of approxi-
mately 2 mm.

From the moment that OCT saw its first light, it was quickly realized 
by both researchers and physicians that this technology could have a 
major contribution in the field of Ophthalmology given the transparent 
nature of the eye. It is therefore no surprise that almost 50 percent 
of all peer reviewed publications in OCT to date are on clinical appli-
cations of imaging the eye, as depicted in figure 1-2 (2013 Thomson 
Reuters). The first OCT systems were all operating in the near infrared 
region at 800 nm were water absorption is close to zero (see also figure 
1-3).  Detailed descriptions are now available of the morphology of the 
cornea and retina and even physiological functions are studied with 
OCT.[4] Another vast field of the research originated from a techno-
logical point of view with great emphasis on imaging speed, resolution 
(associated with different wavelength regions) and design of smart in 
vivo and ex vivo machine-patient interfaces. The latter has led to an 
increase of imaging on the inside of the human body, since small sized, 
smart catheter interfaces are more and more developed.[5] Today, 
several clinical OCT systems are commercially available for ophthal

Fig. 1-2  All peer reviewed publications in OCT to date (2013 Thomson Reuters) 
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mological and cardiovascular imaging applications. All in all, OCT is 
becoming increasingly available for different clinical settings ranging 
from ophthalmology to cell biology.[6]

Next to morphological imaging, information on the physiological func-
tion of tissue can be derived from the OCT signal. Several functional ex-
tensions to OCT imaging are proposed and researched over the years.  
This research area investigates the origin of the OCT signal, covering 
the physics of scattering and absorption and phase sensitivity that in-
cludes polarization sensitivity, Doppler shift and speckle. Understan-
ding and quantification of these principles based on known optical and 
electronic properties of the used OCT system, and the optical and me-
chanical properties of the material under study, will define OCT as a 
powerful tool in medical diagnostics.[7]

1.1 THESIS MOTIVATION AND AIM

CT has great potential as an optical biopsy tool because the 
images resemble architectural similarities to normal histo-
logy. Moreover, physical properties such as refractive index, 
Brownian motion of cells and/or cell organelles, orientation, 

organization, size and phase function of tissue scatterers are para-
meters that play a major role in light scattering of tissue and is related 
to biological condition of tissue or cells. 

Throughout this thesis, OCT 
is explored to extract quanti-
tative light scattering proper-
ties from OCT data by means 
of the optical attenuation of 
light. The attenuation coef-
ficient μoct, [mm-1], describes 
the decay of the detected OCT 
signal as deeper structures 
are probed and is intimately 
related to the organization of 
the measured tissue. The at-
tenuation coefficient is the 
sum of the absorption and 
scattering coefficients, where 
the former is determined by 
the concentrations of light ab-

sorbing chromophores in the measurement volume, whereas the latter 
reflects size- and refractive index distributions of the different tissue 
constituents. Because the progress of many diseases is accompanied 
by changes in these distributions (both intra- and extra-cellular), light 

Fig. 1-3: Graph showing absorption coefficients (µa) 
vs. Wavelength of some important tissue absorbers 
such as water, oxygenized and de-oxygenized blood. 
Note that absorption from 800 up to 1300 nm, the so 
called tissue optical window, is relatively low.

scattering techniques have great potential as monitoring and diagnos-
tic tools – OCT especially so because it allows highly localized quantita-
tive analysis of these scattering properties. The viability and limita-
tions of this approach are first tested in a tissue-simulating ‘phantom’ 
environment and studied in-vitro by monitoring cell death in retinal 
pigment epithelial cells, processes that are well known to be accompa-
nied by intracellular changes. From a practical perspective, the atten-
uation coefficient of tissues at 800 nm were most ophthalmic systems 
operate is rather high (typically 5-20 mm-1) and limits imaging depth. 
To overcome this limitation, we developed one of the first swept source 
laser systems which operates at 1050 nm, and furthermore used com-
mercially available OCT systems operating around 1300 nm. To assess 
clinical relevance of our approach, several applications are studied u-
sing functional OCT attenuation mapping at 800 and 1300 nm with a 
main emphasis on the differentiation of tumorous from normal tissue.

The aim of the work presented in this thesis is to show the potential of 
functional OCT to discriminate pathological from normal tissues in sev-
eral clinical settings, by means of the attenuation coefficient. To that 
end, several fundamental studies are carried out to increase the fun-
damental understanding of the measured signals (in phantoms, during 
apoptosis) and both ex and in vivo investigations are performed in the 
urological and gynecological clinic.

1.2 THESIS STRUCTURE

n this thesis, an exhibit is given in chapter 2 on OCT, were all 
systems are described that are used throughout the thesis. Ad-
ditionally, functional extensions of OCT enabling quantitative 
measurement of local scattering properties are also described 

in chapter 2. A brief overview is given in Chapter 3 on the development 
of optical phantoms as test and calibration tool for (functional) OCT sys-
tems. The use of optical phantoms as calibration tool for commercially 
available ophthalmic OCT systems is studied in chapter 4. Other than 
in phantoms, changes in light scattering are induced by fundamental 
changes in cellular properties such as apoptosis (programmed cell 
death) or carcinogenesis (development of cancer).  We show in chapter 
5 that induced apoptosis in cells in vitro give changes to light scattering 
which we quantify with functional OCT. In chapter 6, Swept Source OCT 
operating at a wavelength of 1050 nm is discussed and prototypically 
used for the improved detection of age related macular degeneration. 
Chapter 7, 8 and 9 describe urological applications of functional OCT, 
ranging from ex vivo grading of bladder cancer to the differentiation 
of kidney cancer ex vivo and the application of in vivo endoscopic OCT 
during renal surgery. Chapter 10 applies our procedure to gynecologi-
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cal pre-cancerous lesions known as vulvar neoplastic tissue.  Finally, 
a summary is given in chapter 11 , concluding remarks in chapter 12 
and an outlook in chapter 13.
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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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ABSTRACT

Purpose
o assess the application of optical frequency domain imaging 
(OFDI) at 1050 nm for the detection of choroidal neovascu-
larization (CNV) in age-related macular degeneration (AMD) 
and its response to treatment. Three patients presenting with 

blurred vision and exudative AMD were imaged before and after anti-
VEGF treatment with ranibizumab.

Methods
The patients were imaged with OFDI, a swept-source–based, high-speed 
optical coherence tomography (OCT) system developed at the Wellman 
Center for Photomedicine. A center wavelength of 1050 nm was used 
that has been demonstrated to provide better imaging of the deeper 
structures of the retina below the RPE, such as the choroidal vascu-
lature. Three-dimensional data sets were acquired in 2 to 4 seconds.

Results
En face images were compiled from cross-sectional OFDI data and cor-
related with color fundus photography (CF) and fluorescein angio-
grams (FAs). Cross-sectional images were coregistered with CF and FA 
to obtain depth-resolved information about CNV, CNV volume, retinal 
thickness, subretinal fluid volume and height of neurosensory detach-
ment before and after treatment with ranibizumab. A band of reduced 
reflectivity below the RPE was identified in all three subjects that cor-
responded to areas of confirmed and suspected occult CNV on FA. After 
treatment, this band was reduced in volume in all patients.

Conclusions 
High-speed 3-D OFDI at 1050 nm is a promising technology for imaging 
the retina and choroid in neovascular AMD. The developed system at 
1050 nm provides good contrast for occult (type 1) CNV and may have 
advantages compared with time domain and current state of the art 
spectral domain OCT systems (SD-OCT) at 850 nm.

INTRODUCTION

ptical coherence tomography (OCT) is a noninvasive, high-res-
olution technique capable of acquiring cross-sectional images 
of tissue morphology.[1] In ophthalmology, OCT is already a 
well-established clinical imaging method for the investigation 

of physiological properties and diseases of the eye.[2-5] Until recently, 
almost all commercially available systems used in retinal OCT ima-
ging were based on first-generation time-domain OCT (TD-OCT) tech-
nology,[1,2,6] which has limited speed and sensitivity. More recently, 
spectral, or Fourier domain–based OCT systems (SD/FD-OCT)[7] have 
been developed to overcome limitations prevalent in TD-OCT.[8-11] As 
a result, SD-OCT achieves a 2- to 3-order-of-magnitude increase in sen-
sitivity,[12-14] translating to a nearly 100-fold faster imaging meth-
od that achieves video rate speeds without sacrificing image quali-
ty.[11,15,16] Operating at higher speeds permits acquisition of three-
dimensional (3-D) data sets[11,17,18] and simultaneous ultrahigh 
speed and ultrahigh resolution.[15,16] These improvements accumu-
latively result in images with more detailed information of the intra-
retinal layers, including the ganglion cell layer, photoreceptor layer, 
plexiform layers and nuclear layers.

Because of the design of the spectrometer used in SD-OCT, the effec-
tive ranging depth is limited by a depth-dependent sensitivity decay 
of approximately 6 dB over 1 mm.[11] An alternative technique to SD-
OCT is optical frequency domain imaging (OFDI).[19] In OFDI, a rap-
idly tuned laser source is used and the spectrally resolved interference 
fringes are recorded as a function of time in the detection arm of the in-
terferometer. Published results in healthy volunteers have shown that 
OFDI has better immunity to sensitivity degradation due to lateral and 
axial eye motion and has an effective ranging depth that is 2 to 2.5 
times better then SD-OCT (depth-dependent sensitivity decay of 6 dB 
over 2 to 2.5 mm).[19-21]

More important, recent research at a 1050-nm spectral range has 
demonstrated a better retinal penetration depth,[20-23] particularly 
important for detecting retinal abnormalities at or below the retinal 
pigment epithelium (RPE). A wavelength of 1050 nm has less attenua-
tion from scattering in opaque media, commonly seen in patients with 
cataract.[24] Although the water absorption at 1050 nm is higher than 
in the 850-nm region, the difference is partially compensated for by 
the approximately three times higher maximum permissible exposure 
according to the ANSI standards (1.9 mW at 1050 nm). [25]

Age-related macular degeneration (AMD) is one of the leading causes 



36 37

of vision loss in people over age 65 in Western countries.[26,27] The 
gold standard methods for the diagnosis of exudative AMD include co-
lor fundus photography (CF) and fluorescein angiography (FA). These 
methods provide detailed information about the en face location and 
global dimension of leaking macular abnormalities, but stereo FA and 
CF images donot offer optimal depth information.[28] TD-OCT has 
been compared with FA for the detection of choroidal neovasculariza-
tion (CNV) in AMD.[29] Although the sensitivity of TD-OCT is high, 
the specificity is not sufficient for it to supplant FA. TD-OCT systems, 
however, can quantify retinal thickening and subretinal fluid. This has 
been useful in following the results of treatment of neovascular AMD.
[30,31] Classic CNV has been visualized with both TD-OCT and SD-OCT.
[32,33] Small studies have demonstrated regression of classic (pre-
sumably type II, or subretinal) CNV with anti-VEGF treatment.[34] A 
recent study by Coscas et al.[35] demonstrated that limited or com-
plete RPE detachments could be found in 98% of patients by TD-OCT, 
often correspon-ding with areas of occult leakage on FA or ICG. In the 
images presented in that paper, it is difficult to see Bruch’s membrane. 
Drexler et al.,[36] in a study of a new ultrahigh-resolution OCT sys-
tem, presented one case of occult neovascularization. In their images, 
Bruch’s membrane could be readily seen.

In this study we present the first application of OFDI at a longer wave-
length (1050 nm) for the study of AMD. We hypothesized that the bet-
ter penetration depth and deeper effective ranging depth of this in-
strument is particularly important for detecting retinal abnormalities 
expressed in patients with AMD, such as pigment epithelium detach-
ment (PED) and visualizing occult (type 1) CNV below the RPE.

An ultrahigh-speed OFDI system was developed that constituted a 
nearly twofold speed improvement to 30,000 A-lines/second over the 
system described in detail in a previous publication regarding the reti-
nal OFDI system.20 Patients underwent CF, FA, TD-OCT (Stratus; Carl 
Zeiss Meditec, Dublin, CA) and OFDI imaging. After anti-VEGF treat-
ment, OFDI and color fundus photography were repeated. 3-D-OFDI 
images were coregistered with CF and FA images. Sub-RPE fluid/CNV 
thickness and volume, retinal thickness, subretinal fluid volume, and 
the presence of the photoreceptor layer were evaluated before and af-
ter anti-VEGF treatment.

MATERIALS AND METHODS

prototype fiber-based ultrahigh-speed OFDI was developed 
and used for this study at the Wellman Center for Photomedi-
cine. The OFDI system (Fig. 1) follows the configuration pu-

Fig. 1. Overview of the OFDI 
system. A 30/70 splitter se-
parates light from the swept 
source. Thirty percent of the 
light is directed toward the 
sample arm with the inte-
grated x/y scanning human 
interface. Seventy percent of 
the light is directed to a re-
ference arm in transmission 
configuration, thus allowing 
for balanced detection, as 
shown.

blished by Yun et al.1[9]and Lee et al.[20] and consists of a swept laser 
source with a tunable 3-dB bandwidth of 65 nm (Δλ) centered around 
1050 nm (λ) (Fig. 2) , resulting in a theoretical axial resolution ΔL of 
7.5 μm, according to ΔL = 2 ln(2)(λ)2/(πΔλ).[37]

The measured axial resolution of 11 μm differs from the theoretical 
value due to a non-Gaussian spectral shape of the light source, imper-
fect k-space interpolation, and dispersion compensation.[20] A 6-dB 
sensitivity drop was measured over a distance of 2.5 mm (Fig. 2) .[20] 
The system operated 12 dB below the theoretical shot noise limit.[38]

Patients were enrolled after informed consent in accordance with an 
Institutional Review Board (IRB)/Ethics Committee approved proto-
col at Massachusetts General Hospital (MGH) and Massachusetts Eye 
and Ear Infirmary (MEEI) and in compliance with the Declaration of 
Helsinki. The OFDI system was interfaced with a modified slit lamp, 
with a power incident on the eye between 0.7 and 1.9 mW, at or below 
themaximum permissible exposure as defined by the ANSI.[25]  

Fig. 2. Source spectrum and depth-dependent sensitivity for the OFDI system at 30,000 A-lines/
second. (A) Source spectrum shown on a logarithmic scale, demonstrating a 64-nm full-width at 
half maximum (FWHM) spectral width. (B) Coherence peaks for a mirror at different positions 
in the sample arm. Reflected sample arm power was 6 nW. Effective ranging depth, defined as the 
distance over which the sensitivity drops by 6 dB, was 2.5 mm. 
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A fixation spot was provided to stabilize eye motion during measure-
ments. The used scanning protocol consists of a volumetric scan cover-
ing a 9 × 8 × 2.5 mm (x, y, z) scanning area around the macula. Each 
obtained cross-sectional image or frame consisted of 512 or 1024 A-
lines, where each A-line contained 512 points in depth. Images were 
logarithmic gray scale encoded. The A-line rate of the swept source is 
32.4 kHz, resul-ting in an image-acquisition speed of 30 to 60 frames/
second, depen-ding on the number of A-lines per image. Patient data 
sets consisted of 120 to 228 frames/512 A-lines per frame, and 60 to 
120 frames/1024 A-lines per frame, corresponding to a 2- to 4-second 
measurement time per dataset. The choice of presented datasets for a 
particular patient was made based on the quality of the images in the 
set.

The images shown are constructed after correct wavelength mapping 
and dispersion compensation. The first step in data processing was to 
compensate for patient motion artifact during measurement time. To 
reconstruct properly an en face image or a 3-D topography from the 
data set, we used a published automated 2-D cross-correlation pro-
gram to align frames in both the lateral and axial directions.[39] En 
face images were reconstructed by integrating the gray-level inten-
sity over depth for each A-line on all frames. The individual frames 
were coregistered with the en face image and the locations of the in-
dividual frames were indicated on the en face image. The cross-sec-
tional images correspond to the Movies, compiled of all frames of the 
3-D data set (all Movies are online at http://www.iovs.org/cgi/content/
full/49/10/4545/DC1).

Along with the OFDI images, FA and CF images were obtained for each 
patient. The locations of the presented individual OFDI cross-sectional 
images were indicated on the FA and fundus photographs after core-
gistering with the OCT en face images by overlaying the images (Photo-
shop CS; Adobe Systems, San Jose, CA) and finding the optimal align-
ment of blood vessels.

Distinct structures visible in the OFDI image datasets can be identified, 
and the 3-D topography was reconstructed by using a combination of 
commercially available software (Amira; Mercury Computer Systems 
Inc., Chelmsford, MA) interfaced with open-source C++ algorithms 
(Insight Registration and Segmentation Toolkit; Kitware Inc., Clifton 
Park, NY).[40] The subretinal fluid and retinal edema volumes were 
segmented by using a semiautomated 3-D algorithm to propagate a 
contour within the volume of interest, while stopping at the prominent 
edges. The volume bounded by the RPE band and Bruch’s membrane 

was segmented on each 2-D frame individually by using a seed voxel-
initiated, connected-threshold algorithm and was propagated within 
specified boundary limits. In the final step, the 3-D reconstruction was 
achieved by interpolating the segmentation sequentially between each 
2-D frame. This defined all the points in 3-D space, which were then 
connected and the surface topography displayed. The volume of the 
3-D topography was calculated by determining the number of voxels 
and volume per voxel within the segmentation. Each segmentation 
was repeated five times with different seed voxels to characterize the 
segmented volume reproducibility. The rendered 3-D objects were in-
cluded in the en face images for optimal correlation with FA and color 
fundus images.

RESULTS

atient 1 was a 70-year-old man with a history of mild nonpro-
liferative diabetic retinopathy, cataract extraction with in-
traocular lens implantation in the right eye, and previously 
non-neovascular AMD who presented with a chief complaint 

of increasingly blurred vision in the right eye. Visual acuity with spec-
tacle correction in the right eye measured 20/50 by ETDRS (Early 
Treatment Diabetic Retinopathy Study) chart. Comprehensive exami-
nation including fundus biomicroscopy, FA, and OCT imaging (Stratus; 
Carl Zeiss Meditec) of the macula revealed CNV in the affected eye. 
OFDI was then obtained, followed by nine total treatments with intra-
vitreous ranibizumab (Genentech, Inc., San Francisco, CA) over the 
ensuing 10 months. Repeat imaging by OFDI was performed immedi-
ately before the ninth injection, at which time the visual acuity in the 
affected eye measured 20/32-1 by ETDRS chart.

Pretreatment
Figures 3A 3B 3C 3E show the color fundus photograph, FA at 36 se-
conds, FA at 6 minutes 38 seconds, and the en face OFDI image compu-
ted from 120 OFDI cross-sectional images. The en face image was used 
to locate the OFDI images in the color fundus and FA photographs. The 
late-phase FA showed leakage in two distinct locations (indicated by 
white circles). The FA appearance suggested occult CNV. OFDI scans 
taken at these locations showed a distinct feature corresponding to the 
location of leakage interpreted as possible occult CNV inFigure 3E.II 
(feature H). The image in Figure 3E.II (feature F) also showed reduced 
scattering in the photoreceptor layer at the location of largest subreti-
nal fluid thickness. In the periphery of the subretinal fluid volume, a 
substantial increase in scattering by the photoreceptors was observed 
(Fig. 3E.II , feature G). Figure 3E.III shows a scan of the periphery of 
the subretinal fluid with strong scattering by the photoreceptors over 
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Fig.3. Patient 1. Pretreatment: (A) CF image, (B) FA 36 seconds, (C) FA 6.38 m, (E) OFDI en face 
reconstruction; red lines: cross-sections E.I–III (see Movie 1). Posttreatment: (D) color fundus, 
(F) OFDI en face reconstruction; red lines: cross-sections F.I–III (see Movie 2). Features are: A, 
drusen; B, blood clot; C, subretinal fluid; D, RPE detachment; E, cystic changes; F, weak scattering 
in photoreceptors; G, strong scattering in photoreceptors; H, presumed sub-RPE CNV; I, strong 
scattering from photoreceptors in the periphery of the subretinal fluid.

the full width of the subretinal fluid. The location and extension of the 
subretinal fluid volume (Fig. 3E , green) corresponded to the slight yel-
low discoloration in the fundus image (Fig. 3A , white arrows). Other 
observable features were drusen, blood, subretinal fluid, RPE detach-
ment, and cystic changes. OCT showed thickening and cystic change of 
the neurosensory retina, subretinal fluid, highly scattering subretinal 
material consistent with blood, irregularity of the RPE, and a serous 

RPE detachment (see the Supplementary Document online at http://
www.iovs.org/cgi/content/full/49/10/4545/DC1).

Posttreatment
The patient was studied again 10 months later, after eight ranibizumab 
injections.Figures 3D and 3F show the color fundus photograph and 
the en face OFDI image from 114 OFDI cross-sectional images. The OFDI 
data were obtained from the same region as the pretreatment scan 
was taken, and an obvious change in subretinal fluid and RPE detach-
ment volume was visible in the cross-sectional images (Figs. 3F.I 3F.II 
3F.III ). The resultant en face with topography overlay showed clearly 
the almost complete absence of this area. The presumed sub-RPE CNV 
seemed to be changed, compared with the pretreatment data, perhaps 
because of the absorption of the blood in the pretreatment dataset at 
this location (Figs. 3E/F.I 3E/F.II , feature B). The apparent CNV and/
or fluid volume was reduced by a mean of 46% ± 7.8% (see Table 1 and 
the Supplementary Document).

Patient 2
Patient 2 was a 78-year-old man with an ocular history of moderate 
nuclear sclerotic cataracts and non-neovascular AMD who presented 
with new-onset vision loss and distortion in the right eye. Visual acuity 
in this eye measured 20/50-2 without correction by ETDRS chart. Re-
sults with examination with fundus biomicroscopy, FA, and OCT were 
consistent with CNV in the affected eye. OFDI was then performed, fol-
lowed by monthly intravitreous injections with ranibizumab for a total 
of four treatments. After treatment, visual acuity of the right eye sta-
bilized at 20/50, and there was a marked reduction in CNV-associated 
exudative changes, as seen on fundus biomicroscopy and confirmed 
by OCT. The patient persisted at this level, and treatment was with-
held during a 6-month period of close observation, at the conclusion of 
which OFDI imaging was repeated.

Pretreatment
Figures 4A 4B 4C 4E show the CF image, FA at 35 seconds, FA at 2 mi-
nutes 58 seconds, and the en face OCT image computed from 60 OFDI 
cross-sectional images. Figure 4A shows a small area of subretinal 
blood (white circle). There are many areas of focal hyperpigmentation. 
Lighter areas represent atrophy of the RPE, particularly below the 
fovea. The late-phase FA showed diffuse hyperfluorescence that pro-
bably represents leakage from occult CNV. The OFDI scans showed a 
membrane suspected as CNV below the RPE at all four locations of the 
cross-sectional images (Figs. 4E.I 4E.II 4E.III 4E.IV , feature B). Other 
features that were observed are pigmentation (Figs. 4E.I 4E.II 4E.III , 
feature A), cystic changes, such as edema (Figs. 4E.II 4E.III, feature C), 
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Fig.4. Patient 2. Pretreatment: (A) CF image, (B) FA 35 seconds, (C) FA 2.58 m, (E) OFDI en 
face reconstruction; red lines: cross-sections E.I–IV (see Movie 3). Posttreatment: (D) col-
or fundus, (F) OFDI en face reconstruction; red lines: cross-sections F.I–IV (see Movie 4). 
Features are: A, pigment; B, suspected type I CNV; C, cystic edema; D, highly scattering 
structure compatible with type II CNV; E, possible breach through RPE; F, subretinal fluid.

a highly scattering structure compatible with type II CNV (Figs. 4E.II 
4E.III , features D), a potential breach of the RPE (Fig. 4E.III , feature 
E), and subretinal fluid (Fig. 4E.IV , feature F). OCT demonstrated 
thickening and cystic change of the neurosensory retina, highly scat-
tering intraretinal material corresponding to pigment, a small area of 
subretinal fluid, and irregularity of the RPE (see the Supplementary 
Document).

Posttreatment
The patient was studied again 9 months later, after 4 ranibizumab in-
jections.Figures 4D and 4F show the CF photograph and the en face 
OFDI image from 114 OFDI cross-sectional images. The OFDI posttreat-
ment en face image showed a change in scattering (Fig. 4F) , whereas 
in the pretreatment en face image the presumed CNV was still present 
at this location (Fig. 4E) . The corresponding cross-sectional images 
showed bands of increased scattering where CNV leakage was previ-
ously detected—particularly visible in Figure 4F.IV , feature B. These 
bands may be due to atrophy of the RPE, which was evident on the 
color fundus photograph. The posttreatment dataset showed, besides 
the reduction of subretinal elevation and subretinal cysts, a reduction 
of the CNV volume by a mean of 73% ± 3.9% (see Table 1).

Patient 3
Patient 3 was a 72-year-old man with history of mild nuclear sclerotic 
cataracts and non-neovascular AMD who presented with visual distor-
tion and decreased acuity in the right eye. Visual acuity testing in this 
eye was 20/320-1 by ETDRS chart, and examination findings by fun-
dus biomicroscopy, FA, and OCT were consistent with CNV. OFDI was 
then performed, followed by monthly intravitreous injections with ra-
nibizumab for a total of five treatments. OFDI was repeated before the 
fifth injection, at which time the visual acuity in the affected eye mea-
sured 20/200-3 by ETDRS chart.

Pretreatment.
The OFDI images for this patient consist of 512 A-lines per cross-sec-
tional image, resulting in 228 frames per dataset. Figures 5A 5B 5C 5E 
shows the color fundus photo, FA at 54.4 seconds, FA at 3 minutes and 
10 seconds, and the en face OFDI image from 228 OFDI cross-sectional 
images. The early-phase FA (Fig. 5B) showed the presence of obvious 
but probably occult CNV indicated by the arrows. The CNV in both FA 
images appeared as an oval-shaped diffuse fluorescence. This shape 
and location was confirmed by OFDI cross-sectional scans taken in 
this area (Figs. 5E.I 5E.II 5E.III , feature C), and the rendered 3-D vol-
ume, showing the presumed CNV in red (Fig. 5E) . The cross-sectional 
images and 3-D rendering also showed the existence of cystic edema in 
purple (Figs. 5E.II E5.III , feature D), above the presumed CNV. It is no-
table that the existence of the cystic edema was not visible in both FA 
images and the CF image, but the OFDI cross-sectional images showed
these abnormalities clearly. A large area of retinal edema, also in pur- 
ple (Figs. 5E.I 5E.II 5E.III , feature A), was also visualized, but due to 
limitations in scanning range, this area was not completely covered, 
and therefore a partial volume was calculated. Hard exudates were 
visible in all the cross-sectional images and appeared as individual 
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Fig. 5. Patient 3. Pretreatment: (A) CF image, (B) FA 54.4 seconds, (C) FA 3.10 m, (E) OFDI en face 
reconstruction; red lines: cross-sections E.I-III (see Movie 5). Posttreatment: (D) color fundus, 
(F) OFDI en face reconstruction; red lines: cross-sections F.I–III (see Movie 6). Features are: A, 
retinal edema; B, hard exudates; C, presumed CNV from FA; D, cystic edema; E, strong scattering 
from RPE; F, weak scattering from RPE. 

strong scattering accumulations in the retina. OCT showed severe reti-
nal thickening and cystic change and marked RPE irregularity (see the 
Supplementary Document).

Posttreatment.
The patient was studied again 4 months later after 4 ranibizumab in-
jections.Figures 5D and 5F show the CF photograph and the en face 
OFDI image from 114 OFDI cross-sectional images. The first obvious 
change visualized in the cross-sectional images (Figs. 5F.I 5F.II 5F.III ) 

was the absence of retinal edema, which was greatly reduced compared 
with the first data set (Figs. 5E.I 5E.II 5E.III ). The signal-to-noise ratio 
(SNR) in the second data set, compared with the first one was also im-
proved, resulting in cross-sectional images with more detail. The pre-
sumed CNV area, however, did not qualitatively appear to be reduced 
after the treatment, but the volume was reduced by a mean of 42% ± 
3.3% (see Table 1 and the Supplementary Document).

DISCUSSION

igh-speed OFDI at 1050 nm is a promising technology for 
imaging the retina and choroid in AMD. The developed sys-
tem provides a large effective depth range (up to 2.5 mm in 
air), and previous work suggests that a center wavelength at 

1050 nm provides better penetration below the RPE than does the 850-
nm wavelength.20 22 This method could eventually result in a better 
detection and quantification of sub-RPE changes, particularly in exuda-
tive AMD. The sub-RPE changes in exudative AMD demonstrated in 
our cases, as well as those previously reported, could represent type 
I CNV, sub-RPE fluid, or both. The ima-ges showed good definition of 
the choroidal vasculature, except in the areas of substantial subretinal 
blood accumulation. Three-dimensional imaging and rendering gave 
valuable additional volumetric information on CNV, subretinal fluid, 
and retinal edema. The low variability in the repeated volume measure-
ments suggests good reproducibility of the segmentation techniques. 
The resultant en face images demonstrated excellent correlation with 
CF and FA images. Comparisons of the pre- and postvolumetric data-
sets showed interesting changes after treatment and made it possible to 
determine the effectiveness of treatment in the future. CNV thickness 
maps and corresponding 3-D reconstructions have been compared for 
both pre- and posttreatment scans and are shown in the Supplemen-
tary Document.

In Patient 1, the cross-sectional images were coregistered with the CF 
and FA images before and after treatment. The locations in the pre-
treatment dataset with CNV are showing small well-defined structures 
beneath the RPE layer, and the RPE layer itself shows a significant in-
crease in contrast in the image (Fig. 3E.I). Other striking features in 
the Figure 3E cross-sectional images are the existence of cystic chan-
ges, drusen, blood clots, RPE detachment, and a large subretinal fluid 
pool. This fluid pool appears in a large part of the scanned area, and in 
Figure 3E.II the changes in the photoreceptor layer, which is located 
above the fluid pool, are clearly visualized. We hypothesize that the re-
duced scattering at the point of highest elevation of the subretinal fluid 
is a signature of the absence of the photoreceptors or their outer seg-
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ments in Figure 3E.II , feature F, due to prolonged separation from the 
RPE, whereas the strong scattering in the periphery (Fig. 3E.II , fea-
ture G) indicates the presence of the photoreceptor layer. The scatte-
ring between the RPE and Bruch’s membrane could represent CNV and/
or fluid. The segmentation of this structure for patient 1 included the 
entire area of RPE elevation (i.e., the volume of the RPE detachment 
and the region between the RPE and Bruch’s below the hemorrhage, 
by extrapolating the extension of Bruch’s membrane). The volumetric 
amount of subretinal fluid and presumed CNV and/or fluid was calcu-
lated from the 3-D rendering of the segmentation. The posttreatment 
data set showed dramatic change in elevation suggesting reduction of 
subretinal fluid and blood. The apparent CNV and/or fluid volume was 
reduced by a mean of 46% ± 7.8% (see Table 1).

In patient 2, the cross-sectional images were coregistered with the CF 
and FA images before and after treatment. In the pretreatment data-
set, the OFDI scans showed a membrane suspected to be CNV between 
the RPE and Bruch’s membrane at different locations of the cross-sec-
tional images. The cross-sectional images showed disrupted RPE layers 
at the suspected CNV locations. The appearances of pigment accumu-
lations were also clearly visible in all the images. A highly scattering 
structure compatible with type II CNV is observed in Figures 4E.II and 
4E.III . In Figure 4E.III , a possible breakthrough of the RPE and cys-
tic changes are observed, and in Figure 4E.IV subtle subretinal fluid 
is visible. The volume for the retinal edema, the subretinal fluid, and 
CNV was calculated from the 3-D rendering of the segmentations. The 
posttreatment dataset showed, besides the reduction of subretinal ele-
vation and subretinal cysts, a reduction of the CNV volume by a mean 
of 73% ± 3.9% (see Table 1 and the Supplementary Document). A dark 
band was visible in the cross-sectional images and the en face image, 
indicating change in scattering at the location where CNV had been 
detected. We believe this band was due to overlying atrophy of the RPE.

Patient 3 had exudative AMD with obvious, though occult CNV. Cor-
relation of OFDI images with CF and FA at the suspected areas showed 
changes between the RPE band and Bruch’s membrane that correspond 
to occult CNV. The cross-sectional images of the pretreatment dataset 
consisted of 512 A-lines and therefore had a noisier appearance, which 
can also be partly due to poor focusing of the eye lens in this patient. 
The rendered 3-D volume of this dataset showed a large, oval, pre-
sumed area of CNV, with good correlation with the oval-shaped diffuse 
fluorescence in the FA images (Figs. 5E.I 5E.II 5E.III , feature C). The 
large cystic edema compartment was visible only in the cross-sectional 
images and the rendered en face 3-D volume (Figs. 5E.II 5E.III , fea-
ture D). This limitation was also the case for the retinal edema (Fig. 

5E.I 5E.II 5E.III , feature A). Furthermore, the scanned area did not 
completely cover the area of retinal edema due to the limitations of the 
hardware in the slit lamp. The different volumes could be calculated 
for the retinal edema and the presumed CNV area. Again the posttreat-
ment dataset showed a marked change in subretinal elevation. The re-
tinal edema had completely disappeared. The presumed CNV was still 
visible, covering approximately the same area, but had decreased in 
volume by a mean of 42% ± 3.3% (see Table 1).

The changes demonstrated between the RPE band and Bruch’s mem-
brane could represent fluid or type I CNV, or both. We doubt that they 
represent hemorrhage, given the lack of characteristic color on fundus 
photographs. The variable extent of regression of these volumes after 
anti-VEGF treatment, in contrast to the virtually complete resolution 
of retinal edema and subretinal fluid, suggests that at least some of the 
volume represents type I CNV.

In conclusion, we demonstrated high-speed 3-D imaging of exudative 
AMD with occult CNV before and after treatment, using OFDI at 1050 
nm. We believe that these images demonstrate occult, type I CNV be-
low the RPE. This relatively new OCT technology in combination with 
the wavelength in the 1-μm region can have a valuable contribution to 
early AMD research and as a follow-up treatment-imaging tool.
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ABSTRACT

urrent innovations in optical imaging, measurement tecniques 
and data analysis algorithms express the need for reliable tes-
ting and comparison methods. We present the design and char-
acterization of silicone elastomer based optical phantoms. Ab-

sorption is included by adding a green dye and scattering by adding 
TiO2 or SiO2 particles. Optical coherence tomography measurements 
demonstrated a linear dependence of the attenuation coefficient with 
scatterer concentration in the absence of absorbers. Optical transmis-
sion spectroscopy of the non-scattering absorbing phantoms showed a 
linear concentration dependent absorption coefficient. Both types of 
samples were stable over a period of 6 months. Confocal microscopy 
of the samples demonstrated a homogeneous distribution of the scat-
terers, albeit with some clustering. Based on layers with thicknesses 
as small as 50 µm, we made multifaceted structures resembling flow 
channels, (wavy) skin like structures and a layered and curved phan-
tom resembling the human retina. Finally, we demonstrate the ability 
to incorporate gold nanoparticles within the phantoms. In conclusion, 
our phantoms are easy to make, are based on affordable materials, ex-
hibit well defined and controllable thickness, refractive index, absorp-
tion and scattering coefficients, are homogeneous and allow the incor-
poration of novel types of nanoparticle contrast agents. We believe our 
phantoms fulfill many of the requirements for an “ideal” tissue phan-
tom and will be particularly suited for novel Optical Cohe-rence Tomo-
graphy applications.

INTRODUCTION

n today’s clinical practice, optical monitoring and imaging tech-
niques are indispensible in disease management. Morphological 
and functional information, ideally down to the cellular level, is 
needed for diagnosis, for monitoring response to therapy and 

for follow-up after treatment. Optical imaging modalities range from 
the visualization of intracellular and intercellular processes through 
(confocal) microscopy to macroscopic imaging by optical tomography. 
In between, techniques such as optical coherence tomography (OCT) 
image down to 2 mm in depth at micrometer scale resolution. The in-
teraction of light with tissue can also be used to acquire functional in-
formation of the tissue under study such as oxygenation (1), perfusion 
(2), blood content, tissue viability and chemical characterization of 
malformations (3). Alongside instrumental developments, the integra-
tion of different techniques and the use of novel contrast agents such 
as gold nanoparticles (4) are investigated to enable quantitative func-
tional and molecular imaging of tissues (5, 6). 

In vivo validation of these novel optical approaches is often difficult. 
Clinical acceptance requires proof of reproducible, device independent, 
quantitative functional information in spite of the biological variability 
in the sought after functional parameters. Moreover, for nanoparticle 
contrast agents toxicity questions may exist. In such cases, the mini-
mal detectable concentration of nanoparticle contrast agents needs to 
be determined ex vivo before their clinical use can be explored in vivo. 
For all these applications tissue mimicking phantoms can play an es-
sential role (7-11). 

Tissue often possesses structural in-homogeneity. Layers of different 
cell types can be formed, cavities containing fluid and blood vessels can 
disrupt uniform tissue structures, all resulting in a structural complex 
geometry. Disease often manifests itself as a change in the morphology 
of the tissue (e.g. blood vessels in a tumor causing increased hemoglo-
bin contrast or loss of layered architecture). It is therefore paramount 
that structural variations such as layers or inclusions can be incorpo-
rated in the phantom. An “ideal phantom” has a number of other pro-
perties (12) of which controllable tissue-like scattering and absorption 
(13), homogeneity (14), tissue-like refractive index (15) and durabili-
ty (10) have been extensively investigated. Within individual layers or 
inclusions of a structured phantom, these desirable properties should 
still be applicable.

In this paper, we describe the development of easy-to-manufacture, 
low-cost phantoms, using 50-300 µm thin layers as building blocks, that 
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fulfill the afore mentioned desirable criteria. To our best knowledge, it 
is the first time that geometrical variations such as wavy structures 
mimicking the boundary between dermis and epidermis in skin and 
small capillary channels are demonstrated. The phantoms are charac-
terized by OCT, transmission spectroscopy (TS) and confocal micros-
copy. To show that our approach enables construction of anatomically 
realistic phantoms that can be used in Optical Coherence Tomography 
applications, images of a model eye/retina are presented. The latter 
is built from 50 µm thin layers with different scattering properties. 
This model can be used to compare segmentation methods of clinically 
used OCT systems and can test their reproducibility. In addition, we 
describe protocols to include gold nanoparticle contrast agents, and 
present layered phantoms to quantify the contrast caused by these 
particles in OCT images.

MATERIALS & METHODS

Phantom ingredients
ilicone (Sylgard® 184 Silicone Elastomer DOW/Corning) is a two 
component silicone product with a refractive index of 1.41, ca-
pable of curing at room temperature or at higher temperatures 
to shorten the curing time. Silicone therefore allows construc-

tion of complex geometries and easy incorporation of scatterers. The 
most important drawback of this material is its high hydrophobicity, 
which often makes mixing with a water containing substance difficult. 

To match the optical properties of tissue as close as possible, scattering 
and absorption spectra of the phantom need to be controlled. The scat-
tering properties are determined by the refractive index mismatch be-
tween the matrix and the suspended particles. Various scattering par-
ticles have been proposed, including lipid microparticles (Intralipid) 
due to their cell mimicking bi-lipid membrane (16, 17), polymer micro  
particles (microspheres) owing to their exact controllable size (18) 

Fig. 1. Final steps in the phantom making process. A) standard thin layer phantom are molded 
between two glass plates of 1 cm thickness. B) One glass plate can be replaced with a machined 
plate with desired groove sizes. C) channels can be made by placing a wire within the phantom 
matrix material.

and metal oxide powders like titanium di-oxide (TiO2) (19). Usu-
ally, absorption is controlled by mixing-in suitable dyes (20-23). 
Scattering in our phantom building blocks is controlled by glass par-
ticles (SiO2) with a refractive index of 1.37 at 589 nm and a radius of 
500 ± 58 nm (Kisker biotech, Germany). We were not able to construct 
homogeneous phantoms containing SiO2 particles with weight percen-
tages > 1 w%. Given the small difference in refractive index between 
the particles and the matrix material, this composition did not cover 
the desired range. We therefore also used Titanium di-Oxide (TiO2) with 
a refractive index of 2.49 (anatase form, Sigma Aldrich) and a mean 
radius of ~50 nm with an unknown size distribution. Absorbing pro-
perties of the phantom are controlled by inclusion of ABS 551 (Exci-
ton) dye. Moreover, we have been able to embed gold particles with a 
mean radius of 100 nm ± 2 nm (Corpuscular). The various absorber or 
scatterer concentrations of all phantoms are based on weight percen-
tage.

Phantom protocol
Individual phantom layers are made by mixing the desired concentra-
tion of absorber and/or scatterer with the curing agent component of 
the silicone elastomer. To obtain a homogeneous mixture, the particles 
or dyes are forced to mix with the curing agent by using a tissue ho-
mogenizer with a very small spacing between tube and pillar (VWR lab-
shop). Next, the mixture is placed in an ultrasonic bath for 10 minutes 
at 30 kHz to break residual clusters. The curing agent is then mixed 
with the silicone (1 to 9 weight ratio) under careful stirring using a 
standard lab mixer for 30 minutes. Remaining air bubbles are removed 
by using a vacuum pump keeping the mixture under low pressure con-
dition for 5 minutes. As shown in Fig. 1A, a small portion (0.5 ml) of 
the final mixture is placed between two thick glass plates, separated 
by two spacers of the desired phantom thickness (ranging from 50 µm 
to 300 µm). Finally, curing at 60 oC for 6 hours or at room temperature 
for 24 hours results in a thin single layered phantom building block. 
Multiple layered phantoms are created by stacking the desired phan-
toms on top of each other. Accidental air bubbles between layers are 
removed using a vacuum pump. Electrostatic forces keep the phantom 
layers together.

Geometrical complex phantoms like skin models with wavy structures 
are prepared by replacing one of the glass plates by a machined plate 
with the desired structured interface. This plate is then placed on top 
of the viscose matrix material before curing. After curing, both plates 
are removed resulting in a structured phantom (Fig. 1B). A second la-
yer can also be molded on top of the first structured phantom and can 
be cured again, resulting in a multiple layered phantom model with in-
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corporated structure. Flow channels can be made by placing thin (elec-
trical) wires in the layer, which can be removed after curing by careful 
puling the wire out of the phantom (Fig. 1C).

Inclusion of gold particles in the phantom building blocks is challenging 
due to their high surface charge which tends to lead to clustering when 
embedded in silicone elastomer. To avoid this, the gold particles are 
coated with polyethylene glycol (PEG 6000, Sigma Aldrich), a proce-
dure used to couple antibodies to the gold particles when they are used 
as targeted contrast agents (24). The PEG was added in equal amount 
directly to 2 ml gold particle-water solution (4.1*109 particles/ml) 
at room temperature for at least 1 hour. Subsequently, the particles 
were centrifuged at 6500 RPM for 20 minutes. The PEG containing li-
quid was removed with a pipette. The pallet of gold nanoparticles was 
dispersed in the curing agent of the phantom material like described 
above for obtaining a homogeneous mixture with other particles. We 
constructed four layered phantoms consisting of TiO2 based, non ab-
sorbing phantoms (µoct = 4 mm-1, thickness 50 µm, 100 µm, 150 µm and 
200 µm thickness) placed on top of a 200 µm thin nanoparticle con-
taining phantom (~109 particles/ml) using the procedures described 
above. 

Phantom characterization
To verify the scattering and absorption properties of the phantom 
building blocks, we quantified attenuation coefficients (µoct) for vari-
ous single layered phantoms using OCT (5) and transmission spectros-
copy (TS). Micro scale homogeneity of the phantoms is assessed with 
confocal microscopy by measuring the particle size distribution inside 
the phantoms; macro scale homogeneity is assessed with OCT by fitting 
the attenuation coefficient in different regions of interest within the 
phantom. The refractive index of the phantoms is measured using OCT 
(25) in comparison with Gauge measurements. Durability is verified 
by comparison of OCT and TS measurements taken 24 hours after cur-
ing and after 6 months for scattering and 4 months for absorbing phan-
toms. Geometrical variations are visualized using OCT. These methods 
are discussed in more detail below. 

Optical coherence tomography
The employed OCT system was a standard time domain system (TD-
OCT), operating at 850 nm, using a linearly moving mirror in the re-
ference arm and dynamic focusing in the sample arm. The axial and 
lateral resolutions of the system were 14 µm and 5 µm respectively, 
measured in air. The measured signal to noise ratio (SNR) was 118 dB. 
We verified that the power coupled back from the reference arm was 
constant over the scan range. Dynamic focusing is achieved by trans-

lating the sample arm lens in depth, during A-scan acquisition. This 
arrangement allows for precise measurements of the attenuation coef-
ficient of weakly scattering media as described by Faber et al. (5, 26) 
because during the measurement, the position of the coherence and 
confocal gate are matched. Using Beer’s law, the detector current id of 
the system is described as id [e−2 μoct z12 where µoct is the attenuation co-
efficient and 2z is the round trip path length of the light in the sample. 
The square root accounts for the fact that the detector current is pro-
portional to the field returning from the sample, rather than intensity. 
The attenuation coefficient is then extracted from the OCT data by fit-
ting Beer’s law to the averaged A-scans from a selected region of in-
terest in the OCT image (~100 A-scans of 4096 points, 1.5 mm scan 
length). Prior to fitting, all A-scans are aligned. The standard deviation 
corresponding to the average A-scan is used for weighting in the fit-
ting procedure. The fit model features three parameters; an amplitude 
for scaling, the attenuation coefficient and an offset, which is fixed at 
the mean noise level. An uncertainty estimate for the fitted µoct is com-
puted from the co-variance matrix returned by the fitting algorithm 
and is specified as 95% confidence intervals of the fitted µoct. The curve 
fit typically included ~1000 data points in the averaged A-scan. The 
refractive index of the phantoms is determined by the ratio of the op-
tical path length measured with OCT and the geometrical path length 
measured with a precision Gauge tool. 

Structural complex samples were visualized with a commercially avail-
able 50 kHz swept source OCT system (Santec HSL 2000, 10 µm ax-
ial resolution, 11 µm lateral resolution. The retinal model was imaged 
with a Topcon3D-1000 O, Mark II system (6.75 µm axial resolution, 
20 µm lateral resolution), operating at 830 nm which is routinely used 
in the Ophthalmology department of our hospital. No additional image 
enhancement was performed on the presented images.

Images of the gold nanoparticle containing phantoms are obtained u-
sing the TD-OCT system described above (3.0 mm, 4096 points axially 
by 2.0 mm, 1000 A-scans laterally). To enhance the visualization of the 
gold nanoparticles in the bottom layer of the phantom, the images are 
first median filtered (5x5 pixels); subsequently Contrast-to-Noise Ra-
tio (CNR) filter was applied (the ratio of the signal standard deviation 
over mean in a 25 x 25 pixel window). Visibility of the nanoparticles 
in the image is further enhanced by applying a histogram equalization 
to re-distribute the gray values. To quantitatively analyze the contrast 
caused by the nanoparticles, we calculated the CNR as a function of 
the optical density OD of the overlying phantom layer (OD = µoct × d, 
where d is the phantom thickness). Mean CNR ± standard deviation 
was obtained from five 25x25 pixel windows in the unprocessed OCT 
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image, from both the overlying layer and the gold nanoparticle con-
taining layer. 

Optical transmission spectroscopy
Optical transmission spectroscopy (TS) uses transmission of light to 
determine a material’s optical properties, including scattering and ab-
sorption. This technique has demonstrated its value in various disci-

plines ranging from 
material science to 
tissue diagnostics 
and is routinely 
used in medicine 
to determine the 
oxygen saturation 
of blood (27). We 
utilized TS to inves-
tigate how the op-
tical properties of 
our phantoms de-
pend on the absor-
ber concentration 
and whether they

Fig. 2. Phantom attenuation coefficient (mm-1) vs. concentration (weight %) of TiO2  () and SiO2 
particles (•), measured with Optical Coherence Tomography. Solid line: linear fit and dashed 
lines: 95% confidence bounds of the linear fit. For SiO2 particles (•), the slope of the linear fit = 
4.67 ± 0.31 mm-1w%-1 and offset µoct = -0.34 ± 0.22 mm-1 (R2 = 0.986), for the TiO2 particles (), the 
slope = 21.56 ± 0.38 mm-1weight-1 and offset µoct = -0.11 ± 0.11 mm-1 (R2 = 0.998).

Fig. 3. Attenuation spectra of 5 different non scattering phantoms with ABS 551 absorber vs. 
concentration (A). Uncertainties of the data points are smaller than symbol size. 2B) Attenuation 
coefficient (mm-1) vs. absorber concentration (weight %) at 517 nm () and at 700 nm (•). Solid 
lines show linear fits; dashed lines indicate the 95% confidence bounds of the linear fits. At 517 
nm the slope was 8.01 ± 0.87 mm-1 w%-1; offset: µt = 0.016 ± 0.006 mm-1; R2 = 0.95.  At 700 nm the 
slope was 14.07 ± 0.58 mm-1w%-1; offset: µt = 0.035 ± 0.004 mm-1; R2 = 0.99. 

are stable in time. We illuminated the phantoms with a tungsten-halo-
gen light source (Ocean Optics, DH-2000). The light was collimated and 
coupled into a fiber probe with a 300 µm core diameter multimode fi-
ber and directed at the phantom. The transmitted light was collected 
with a 300 µm multimode fiber and sent to a compact CCD spectrom-
eter (Ocean Optics, USB4000). Spectra were collected from 400 to 900 
nm with 2 nm resolution. The total attenuation coefficient (µt) was 
analyzed at the wavelengths corresponding to minimal (517 nm) and 
maximum (700 nm) absorption, for all absorbing dye concentrations. 

Confocal microscopy
Micro scale homogeneity of the phantom building blocks is assessed 
by estimating the size distribution of the embedded particles from a 
set of confocal microscopy images. Images were obtained using a Lei-
ca TCS SPII2 AOBS system in which samples were imaged with 561 
nm light in reflective mode. A 40/NA1.25 oil immersion objective 
was used, resul-ting in a transversal resolution of approximately Δx, 
Δy=340 nm FWHM and an axial resolution of Δz =1400 nm. The confo-
cal voxel size was (x=240 nm, y=240 nm, z= 410 nm) for the images of 
SiO2 -based phantoms, and (x=80 nm, y=80 nm, z= 490 nm) for images 
of TiO2-based phantoms. Note that the resolution exceeds the radii of 
the SiO2 and TiO2 particles so that the estimated size distribution is a 
convolution of the actual size distribution with the response function 
of the confocal microscope. Particles are detected in each image by first 
applying a 5x5 pixel Laplacian filter to enhance the contours of the 
particles, followed by an intensity threshold to remove noise (at gray 
level 146 of 255). Subsequently, the image is converted to binary (pixel 
values 0 or1) where all pixels within a particle’s contour are set to 1. 
Particles at the boundary of the image, and particles not resistant to a 
3x3 pixel erosion operation are removed from the image. 

Fig. 4. Estimated size dis-
tribution of particle radius 
inside 300 µm phantoms ob-
tained from confocal micros-
copy. Dashed line: phantom 
containing 1 weight procent 
SiO2 particles. Mean: 220 
nm; SD: 630 nm; skewness: 
0.43; Solid line: phantom 
containing 0.5 weight pro-
cent TiO2 particles. Mean: 
730 nm; SD: 600 nm; skew-
ness: 0.6.  
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The remaining particles are assigned a unique number, which is stored 
along with center coordinates, area and mean intensity calculated 
from the original image.

Large particles or clusters of particles may appear in more than one 
image in the stack. To account for this, particle numbers are re-assigned 
for particles that have their center coordinates within the bounding 
rectangle of any particle appearing in the subsequent image. When a 
particle appears in more than one image, the record with the highest 
mean intensity is kept. After this process, for each remaining par-
ticle an equivalent radius is calculated from r=√(area/π) which finally 
yields the estimate of the size distribution. The asymmetry of this ob-
tained distribution is assumed to be proportional to the asymmetry of 
the actual size distribution.

Results

CT imaging of non-absorbing phantoms of 300 µm thickness 
with varying concentrations of SiO2 and TiO2 scattering parti-
cles was performed. From the OCT data, fitting the attenuation 
coefficients using Beer’s law (Fig. 2) showed linear relations 

between attenuation coefficient and concentration, µoct = 4.67 ± 0.31 
mm-1/(weight %) with an R2 = 0.986 for the SiO2 phantoms and µoct = 
21.56 ± 0.38 mm-1/(weight %) with an R2 = 0.998 for TiO2 phantoms. 
The intercept of both curves, µoct = -0.34 ± 0.22 mm-1 and µoct = -0.11 ± 
0.11 mm-1 show that there is no significant absorption or scattering by 
the matrix material in these phantoms at 850 nm. 

Fig. 3a shows transmission spectra of a one cm thick non-scattering 
phantoms containing the green dye as absorber with 5 different con-
centrations (0.002 – 0.01 weight %), measured with TS. In Fig. 3B, at-
tenuation spectra are shown for 517 nm (µt = 8.01 ± 0.87 mm-1 (weight 
%); R2 = 0.95) and 700 nm (µoct = 14.07 ± 0.58 mm-1 (weight %); R2 
= 0.99), corresponding to minimal and maximal absorption. Again, a 
linear relation between attenuation coefficient and concentration was 
found. The intercepts of 0.016 ± 0.006 mm-1 for the 517 nm measure-
ment and 0.035 ± 0.004 mm-1 for the 700 nm measurement, indicate 
there is some residual scattering or absorption by the matrix material 
at these wavelengths.

Fig. 4 shows size distributions measured inside 300 µm thin phantoms 
obtained from confocal microscopy. The dashed line shows the size dis-
tribution obtained from a phantom containing 1 weight percent SiO2 
particles. According to the manufacturer, the size distribution of the 
SiO2 particles is normal, with a mean radius of 500 nm and standard 

deviation of 58 nm. Calculations on the measured distribution reveal 
a mean radius of 730 nm with a standard deviation of 600 nm. Note 
that we did not correct these results for transversal resolution of the 
confocal microscope (FWHM 340 nm). The positive skewness of (0.6, 
vs. 0 for a normal distribution) reveals the asymmetry of the distribu-
tion toward larger particle radii. This suggests that some clustering 
has taken place in the phantoms. The solid line shows the distribution 
obtained from a phantom containing 0.5 weight percent TiO2 particles. 
As for the SiO2 particles, the data is not deconvolved to account for the 
transversal resolution of the microscope; the determined distribution 
therefore deviates from the expected r= 100 nm. We found a mean of 
220 nm, standard deviation 630 nm and positive skewness of 0.43. 
This indicates clustering at the microscopic level.

Macro scale homogeneity was verified with OCT for the 5 different con-
centrations of TiO2 scattering phantoms. Attenuation coefficients were 
measured in three different regions of interest within each phantom 
(µoct roi1, µoct roi2, µoct roi3). From these measurements, the average at-
tenuation coefficient (mean µoct) and SD were calculated (Table 1). The 

Fig. 5. Geometrical variations of TiO2 particles containing phantoms obtained with the Santec 
OCT system. 5A) Skin simulating phantom resembling the wavy dermal and epidermal structure 
of skin. 5B) 3-Dimensional reconstruction of the skin phantom reconstructed from 250 B-scans. 
5C) Small 200 µm channel within a 300 µm thick phantom layer. The phantom is constructed 
from 300 µm thin top layer (0.1% TiO2) and a 300 µm thin bottom layer (0.4% TiO2) which in-
cludes the vessel filled with 20 % Intralipid. 5D) 3-Dimensional reconstruction of the channel 
phantom reconstructed from 250 B-scans.
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variation in µoct, (SD/mean expressed as a percentage) was less than 
8.5% for these phantoms. Similar results were obtained for the SiO2 
phantoms with a variation in µoct less than 7.3%.

Tissue comparable refractive indices were determined for five diffe-
rent phantoms using OCT (Table 2). Optical path length measurements 
with OCT showed a mean thickness of 465 ± 29 µm and Gauge mea-
surements showed a mean thickness of 328 ± 20 µm. This resulted in a 
mean refractive index of 1.42 with standard deviation of 0.01, which is 
close to the value specified by the manufacturer (1.41).Durability was 
verified using OCT and TS. As shown in Table 3, measured µoct 24 hours 
after curing (t1) and after 6 months (t2) showed small changes of 
less than 15% increase in scattering TiO2 phantoms. These variations 
are larger than the variations in macroscale homogeneity reported in 
Table 1. Non-scattering phantoms containing only absorber measured 
with TS 24 hours after curing (t1) and after 4 months (t2) also showed 
small changes (less than 5%), except for the 0.008% weight concentra-
tion phantom (Table 4).

Structural variations were visualized with OCT. Fig. 5A demonstrates 
a skin model with wavy structures within two layers representing der-
mis and epidermis. Fig. 5B represents the 3D reconstruction of the 
skin phantom. Fig. 5C depicts a vascular phantom model with a ves-
sel of 200 µm. This phantom is constructed from a 0.4% and 0.1% TiO2 
phantom layer with a 20 % Intralipid filled channel within the bottom 
layer. Fig. 5D represents the 3D reconstruction of the vascular phan-
tom.

Fig. 6. Retinal phantom model imaged with the Topcon 3D, depicting the cross sectional image of 
the retina phantom and reconstructed 3D-image. Individual layers are 50 µm thin. Lower case a 
indicates adhesive tape. Inset: model eye with (a) water filled chamber; (b) f=20 mm achromat;  
(c) retina phantom; (d) eye length control. 

OCT images of the model eye/retina taken with the Topcon 3D OCT sys-
tem are depicted in Fig. 6. This phantom model is constructed from 
alternating 0.5% (µoct = 11 mm-1) and 0.2 % (µoct = 4 mm-1) TiO2 phantom 
layers, fixed in a curved holder placed in a water filled chamber. The 50 
µm thick layers are clearly distinguishable from each other. Also visi-
ble is the adhesive tape used to fix the phantom in the eye, which shows 
up as a relatively transparent layer. Fig. 6B is a schematic overview of 
the different parts of the model eye. Fig. 6B-(a) shows the water filled 
cube. A lens is positioned at position (b), the retina holder (c) can be 
placed inside the cube on a translation stage (d). The translation stage 
allows for changing the position of the retina holder. The cube can be 
closed with a water sealed transparent lid on top.

Fig. 7A, top row, shows a fused image from 4 OCT data sets taken with 
our time-domain OCT system at 850 nm. A phantom of 200 µm thick-
ness, containing approximately 109 gold nanoparticles per ml is placed 
underneath a stack of 50 µm thin TiO2 containing phantoms with µoct = 
4 mm-1. The nanoparticles show up as bright spots in the OCT images, 
although they become less visible with increasing layer thickness (or 
optical density, OD) of the top layer. Labels in the figure indicate the 
thickness of the overlying layer. The lower row of Fig. 7A is a processed 
version of the upper image, in which the visibility of the nanoparticles 
is enhanced by subsequent median filtering and contrast-to-noise ratio 
calculation. In Figure 6B we quantified the decrease of visibility with 
OD by calculating the contrast-to-noise ratio in five 25x25 pixel win-
dows in the phantom layer containing the gold nanoparticles (open 
squares). For reference, CNR was also calculated in the overlying phan-
tom layer (solid circles). With increasing OD of the overlying layer the 
contrast to noise ratio in the nanoparticle containing layer decreases 
to ~40% of its starting value, confirming the qualitative observations 
from the OCT images. Fig. 7B shows that for the present combination 
of nanoparticles, sample and OCT system, the nanoparitcles cause de-
tectable contrast with the optical density of the overlying layer up to 
OD=0.4. For higher OD, the particles are present but their signal is not 
strong enough to be differentiated from the background. The CNR in 
the overlying layer is independent of the layer thickness, as expected 
for a homogeneous sample.

Discussion

e demonstrated that homogeneous and durable silicone 
elastomer-based optical phantoms can be constructed us-
ing thin layers of 50 μm as building blocks, with control-

lable thickness, absorption and scattering properties, refractive index, 
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Fig. 7A. Compounded OCT imag-
es of four double layered phan-
toms, with gold nanoparticles 
in the bottom layer (200 µm, 
~109 gold nanoparticles/ml. Top 
layers are 50 µm, 100 µm, 150 
µm and 200 µm thin phantoms 
containing TiO2 particles (µoct 
= 4 mm-1). Lower image is a fil-
tered version of the top image

 to enhance the visibility of the 
nanoparticles. 7B) Visibility 
(contrast-to-noise ratio) vs. OD 
= µoctd of the overlying layer in 
the phantom layer containing 
the gold nanoparticles () and 
in the overlying phantom layer 
(•).

and allowing multifac-
eted structural varia-
tions resembling flow 
channels and wavy 
skin-like structures. 
We constructed a 
curved multilayered 
human retina phan-
tom as an example. 
Novel types of con-
trast agents can also 
be incorporated. The 
phantoms are based on 
affordable materials, 
easy to make and fulfill 

many of the criteria for an “ideal phantom” as stated by Pogue et al. We 
believe that this advanced class of phantoms is important for characte-
rizing new and already exis-ting optical techniques used in the clinic. 
Thinner layers than 50 µm can in principle be fabricated although the 
curing process may then take longer than 6 hours.

Our confocal microscopy results indicate that some microscopic clus-
tering of the particles takes place. However, from the macroscale ho-
mogeneity study by OCT we conclude that our phantom protocol is 
repeatable, and that Figs. 2 and 3 can be used to predict the optical 
properties as function of phantom ingredients. Still, individual charac-
terisation of phantoms is recommended.

The feasibility to incorporate molecules of specific interest (e.g. fluor-
ophores) in a phantom building block is largely determined by the cho-
sen matrix material and is closely related to our process of including 

nanoparticle contrast agents. The silicon matrix used in our phan-
toms is hydrophobic which means that inclusion of biological chromo-
phores may be challenging. For example, the absorption spectrum of 
the ABS 551 dye used in the measurements presented in Fig. 3changed 
from its original spectrum supplied by the manufacturer during curing 
process, which is probably due to a reaction with the curing agent. The 
original spectra were measured in methylene chloride, which is sig-
nificantly different from silicone elastomer. Nevertheless, after curing, 
the absorption spectra were stable. This behavior also suggests that 
mixing in fluorophores will not always be trivial. On the other hand, 
several absorbers specifically designed for silicone are available (28). 
The minimal changes in optical properties over time can be contributed 
to the fact that all components are inorganic and chemically stable. Ini-
tial experiments in our lab show that it is even feasible to include red 
blood cells in the phantoms without significantly altering their spectral 
signature. Therefore, inclusion of specific molecules may be possible 
using appropriate encapsulation strategies, while maintaining their 
spectral properties. This might be achieved using a comparable PEGila-
tion process as described with the gold nanoparticles. Although confo-
cal microscopy Fig. 4 and OCT images showed homogeneity (Table 4), 
it was suggested by Bisaillon et al. (10) that better homogeneity might 
be obtained by mixing hexane with the silicone resin, which results in 
a low viscose but still curable silicone mixture.

The phantom material has various avantages. The two- component sili-
con matrix allows variation of the mechanical properties by changing 
the component ratios. Silicon phantoms therefore have been used for 
elastography applications (29). Ability to incorporate Brownian mo-
tion or flow in the phantom is possible by including flow channels or 
compartments containing fluids inside the sample. In this paper we 
have already demonstrated a flow channel. Including a compartment 
containing fluid in Brownian motion, which will mimic perfusion will be 
more challenging, but we believe feasible. Assuming that the thermal 
properties of the phantom are determined by the thermal conductivity 
of the matrix material (0.17 W/mK), also this parameter is in the same 
order of magnitude of most values found for soft tissues (0.1 to 0.7 W/
mK) (30).

The time to manufacture a phantom according to the protocol presen-
ted in this paper is approximately 8 hours (including curing). Material 
costs of a phantom containing TiO2 particles and absorber is estimated 
on approximately €2 per phantom, phantoms with more expensive 
SiO2 particles are estimated to be approximately €50 per phantom for 
the highest concentration. The solid phantoms do not interact with 
their environment and are consequently easily transportable. Covered 
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transportation is desirable in order to keep the phantoms clean since 
dust is attracted due to high surface tension of the silicone.

Potential applications
We demonstrated application of our phantoms in optical coherence to-
mography, However, structured phantoms can be of enormous benefit 
for other optical modalities as well. A thin layered phantom configura-
tion might be able to evaluate diagnostic modalities which use spectral 
fitting procedures such as differential path-length spectroscopy and TS 
(31-33). By combining absorbers and scatterers in one phantom layer 
or by stacking scattering and absorbing layers on top of each other, the 
influence of absorption and scattering can be evaluated. The thin la-
yers with well-defined optical properties can also serve as calibration 
samples for integrating sphere measurements (34). Due to the elastic 
properties of the matrix material, the phantoms might also be used 
in photo acoustic systems. The acoustic wave propagation is depen-
ding on the density and elasticity of the medium (35). These values 
can be varied by changing the ratio between silicone elastomer and 
curing agent, the two components of the matrix material. 

The most common clinical application of OCT is in ophthalmology where 
it is used to image the anterior and posterior parts of the eye (36, 37). 
Many clinical decisions rely on segmentation of OCT images and sub-
sequent analysis of these segmented layers (e.g. thickness measure-
ments). However, mechanical wear (for example of galvo-scanners), 
electro-optical wear (compromising performance of the light source) 
and digital issues (analysis software updates) may cause the outcome 
of such analyses to change over time – with the associated clinical con-
sequences. Accurate and frequent calibration of these systems and 
methods is needed (38, 39). Thin layered phantoms such as presen-
ted here are well suited for this purpose. To demonstrate this, we con-
structed a model eye, using our phantoms to represent the retina Fig. 
6.

Recently, the use of nanoparticle contrast agents for (molecular con-
trast) OCT has received much attention. Before clinical acceptance of 
this technique, questions regarding the toxicity and clearing of these 
nanoparticles need to be resolved. In our opinion, the minimal concen-
tration of nanoparticles that causes a signal that is distinguishable 
from the OCT background signal (minimal detectable dose, MDD) needs 
to be determined first. The MDD will then serve as a starting point for 
toxicity studies. (4, 40) The MDD will depend on the optical proper-
ties of the nanoparticles, the optical properties of the tissue they are 
applied to, and the technical characteristics of the OCT system used 
to detect them. Using our phantoms, it is possible to correlate the OCT 

signal to a controlled amount of nanoparticles, at a controlled location 
in the sample with controlled optical properties. Fig. 7B shows that for 
the present combination of nanoparticles, sample and OCT system, the 
nanoparticles cause detectable contrast with the optical density of the 
overlying layer up to OD=0.4. For higher OD, the particles are present 
but their signal is not strong enough to be differentiated from the back-
ground.

Conclusions

he validation of novel biomedical optical imaging techniques 
require phantoms that allow creation of complex geometrical 
structures and inclusion of novel types of contrast agents. In 
this paper we have shown the design and characterization of 

silicone elastomer based optical phantoms. For the first time, thin com-
plex structures approaching real tissue geometry are demonstrated. 
Moreover, these phantoms exhibit well defined controllable absorp-
tion and scattering properties. We have presented phantoms with at-
tenuation coefficients ranging from 2 to 11 mm-1, scaling linearly with 
scatterer concentration. The phantoms were characterized using op-
tical coherence tomography, confocal microscopy and transmission 
spectroscopy. The phantoms demonstrate good microscopic and mac-
roscopic homogeneity and have tissue comparable refractive index of 
1.42 ± 0.01. The phantoms, tested by repeated OCT and TS attenuation 
measurements after 6 months show small changes in the optical pro-
perties over time. We believe our phantoms fulfill many of the require-
ments for an “ideal” tissue phantom and will be particularly suited for 
novel Optical Coherence Tomography applications.

Acknowledgements

his research is funded by a personal grant to one of the au-
thors (DJF) in the Vernieuwingsimpuls program (AGT07544) 
by the Netherlands Organization of Scientific Research (NWO) 
and the Technology Foundation STW. VMK and RdK are sup-

ported by the IOP Photonic Devices program managed by the Techno-
logy Foundation STW and SenterNovem. We would like to thank Prof. 
Dr. M.J.C. van Gemert for constructive review of the manuscript. In 
addition, we would like to thank A. Steenbeek and  C. Kools from the 
department of medical instrumentation and development, Academic 
Medical Center, for their contribution to this work.



68 69

Tables

Table 1.  Macro homogeneity measured with OCT. Each concentration is measured using 3 differ-
ent regions of interests within the phantom.

OCT at 850 nm

Conc.
Weight %

µoct roi1
mm-1

µoct roi2
mm-1

µoct roi3
mm-1

Mean  µoct ± 
SD mm-1

Δ  µoct
%

0.1 1.75 2.00 1.93 1.89 ± 0.16 8.5
0.2 4.25 5.15 5.17 4.86 ±0.08 1.6
0.3 7.50 7.64 6.73 7.29 ±0.21 2.9
0.4 8.21 8.29 8.75 8.42 ±0.29 3.4
0.5 10.00 11.30 11.6 10.97 ±0.38 3.4

Table 2. Thickness measurements of 300 µm thick phantoms measured 
with OCT and a precision Gauge tool and corresponding calculated refractive indices.

Phantom 
number

Optical 
Thickness

(µm)

Geometrical 
Thickness

 (µm)

Refractive 
index

n

1 473 332 1.43
2 465 325 1.43
3 441 311 1.42
4 509 360 1.41
5 438 312 1.41

mean± sd 465 ± 29 328 ± 20 1.42 ± 0.01

Table 3. Durability measurements of TiO2 phantoms; t1 is 24h after curing, t2 is after 6 months.

OCT at 850 nm

Conc.
Weight %

µoct t1
mm-1

µoct t2
mm-1

Δ  µoct
mm-1

Δ  µoct
%

0.1 2.04 2.34 0.30 15
0.2 4.19 4.77 0.58 14
0.3 6.47 7.18 0.71 11
0.4 8.34 9.53 1.19 14
0.5 10.74 11.21 0.47 4

Table 4. Durability measurements of ABS 551 phantoms; t1 is 24h after curing, t2 is after 4 
months.

TS at 700 nm

Conc.
Weight %

µt t1
mm-1

µt t2
mm-1

Δ  µt
mm-1

Δ  µt
%

0.002 0.063 0.060 -0.003 -4.8
0.004 0.093 0.095 0.002 2.2
0.006 0.115 0.114 -0.001 -0.9
0.008 0.152 0.212 0.060 39
0.010 0.174 0.169 -0.005 -2.9
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ABSTRACT

o quantify differences in nerve fiber layer thickness measure-
ments by various spectral-domain optical coherence tomo-
graphy (SD-OCT) systems, we developed a phantom eye mod-
el. We tested twelve SD-OCT systems of four manufacturers. 

All systems combined overestimated the 49 µm thick phantom RNFL 
thickness on average by 18 µm. Within brands, thickness measure-
ments differed statistically significant for one Topcon, one RTVue and 
one Cir-
rus. Between brands, thickness determined with RTVue and Topcon 
differed statistically significant from Cirrus and Spectralis. The max-
imum difference between mean thicknesses is 3.6 µm within brands 
and 7.7 µm between brands.

INTRODUCTION

n ophthalmology, optical coherence tomography (OCT) (1) is 
mainly used for imaging the central retina, to monitor the reti-
na-vitreous interface, sub- and intra-macular edema (2) and for 
measuring the retinal thickness (3). Accurate determination of 

the thickness of the retinal nerve fiber layer (RNFL) around the optic 
nerve is important for diagnosis and follow-up of glaucoma patients (3, 
4). Recently, several spectral domain OCT (SD-OCT) systems have be-
come commercially available that allow calculation of thickness maps 
around the optic nerve and the macula within a couple of seconds. Al-
though most systems provide a protocol to determine the RNFL thick-
ness in a circular scan around the optic nerve with a fixed diameter of 
3.4 mm, direct comparison of RNFL thickness measurements with dif-
ferent OCT devices measuring human eyes is complicated because the 
true RNFL thickness is unknown. Within one subject, spatial variations 
in thickness can induce differences in RNFL thickness measurements, 
e.g. when the position of the circular scan around the optic nerve is not 
the same or when the tested subject is fixating at another location.

Various studies have addressed the challenge to determine the repeat-
ability of RNFL thickness measurements of TD-OCT (5) and SD-OCT 
systems (6-11) using human subjects, requiring large populations and 
multiple measurements on each subject. A study by Leite et al. showed 
differences between various OCT systems when measuring the RNFL 
thickness up to 40 µm in one population (6), which exceeded the axial 
resolution of most systems (in the order of 5-10 µm). They conclude 
that the used protocol in that study, a circular scan around the optic 
nerve, caused large fluctuations in the calculated RNFL thickness due 
to the inhomogeneity of the tissue morphology, which hampered quan-
titative comparison between the devices.

Therefore, comparison using device independent, reproducible sam-
ples that mimic the relevant tissue geometry is highly preferable. 
Moreover, using a phantom with known layer thickness easily allows 
re-evaluation of the responses, for example after servicing or manufac-
turer software updates. 

We developed a phantom eye model containing a silicone based phan-
tom retina of five layers with various scattering properties (12). Using 
this eye model, we quantified the intra-brand and inter-brand variation 
of RNFL thickness measurements for four brands of SD-OCT devices.
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MATERIALS AND METHODS

Phantom eye model 
he phantom eye model (see Figure 1A) consisted of a con-
tainer (I) that was filled with water to represent the vit-
reous. An achromatic lens (Edmund Optics; NT47-692; 
f = 20mm) was positioned at the front side of the con-

tainer (II), mimicking the cornea and lens of the eye. A sili-
cone based phantom retina was placed inside a concave, hemis-
pherical holder (VI) that was positioned inside the container. The 
phantom retina was aligned in the focus of the lens using a translation 
stage (III). Changing this position mimics ametropia. To mimic cata-
ract or other disturbances of the eye, a filter can be placed in front of 
the phantom retina using a filter mount (V). A transparent cover (IV) 
was positioned on top of the phantom eye. In figure 1B, the phantom 
eye was positioned on top of a variable friction arm (Manfrotto+Co., 
244N, Italy) to ensure equal alignment between various OCT devices.

The phantom retina
The phantom retina was based on thin layered silicone tissue phan-
toms stacked on top of each other, which were previously reported by 
de Bruin [12] et al. In brief, silicone (Sylgard 184, silicone elastomer, 
DOW/Corning) is a hydrophobic, two-component product (curing agent 
and silicone) with a refractive index of 1.41.

Fig.1: A: The parts of the eye model are displayed separately. A container (I) in which the phan-
tom retina (VI) is positioned contains water and an achromatic lens, f=20mm (II). The retina can 
be put in focus by a translation stage (III). The cover (IV) is used to close the eye model. For the 
use of filters a filter holder (V) can be positioned in front of the retina.
B: To enable alignment of the phantom eye model, it was positioned on a variable friction arm.

The scattering properties of the silicone based phantom layers are de-
termined by the refractive index mismatch between the silicone and 
curing agent matrix and suspended particles. To vary the scattering 
coefficients of the layers we used different concentrations of titanium 
dioxide (TiO2) powder. Optical properties of the elastomer can be va-
ried using different concentration of particles and the optical proper-
ties were shown to be constant over a prolonged period of time (12). 
For each layer the desired concentration of scatterers was mixed with 
the curing agent of the silicone elastomer. Homogeneous mixture was 
obtained using a tissue homogenizer with a small spacing between tube 
and pillar. The mixture was mixed with silicone under careful stirring 
using a standard laboratory mixer. Air bubbles were then removed 
with a vacuum pump, which kept the mixture under low pressure con-
ditions. A small amount of the mixture was placed between two flat, 
heavy glass plates separated by placing brass foil with uniform thick-
ness (50 µm) at the edges of the glass plate. The mixture was cured at 
60 °C for 6 hours.

The phantom retina, displayed in Figure 2A, consisted of five non-light 
absorbing layers (10x10 mm2) with alternating light scattering proper-
ties (13, 14). Table 1 shows the scattering coefficients of the individual 
layers as measured previously with OCT at 830 nm (12) and average 
thickness of the layers as measured by a high precision caliper tool (5 
separate measurements; also reported are the standard errors of the 
mean). Note that the contrast between layer I and II in our phantom 
retina is larger than the contrast between a real RNFL and the next-
in-depth ganglion cell layer (GCL). We maximized contrast to ensure 
successful segmentation by the SD-OCT system.

Fig.2: A cross-sectional image of the phantom retina made with Topcon 3DOCT-1000. The top 
layer (I thickness: 49 ± 1 µm, 0.5w% TiO2 µoct=11mm-1) mimics the RNFL. Layers II to V had a thick-
ness of 63 µm, 53 µm, 63 µm, and 55 µm, respectively. The gap in the middle is used as fixation 
or marker during imaging. Total thickness of 5 layers = 283 ± 5 µm. The bottom layer is adhesive 
tape (VI). B: 3D representation of the phantom retina acquired with Topcon 3DOCT-1000. The 
bottom and top layer (containing the hole in the middle) are clearly visible. The less scattering 
layer III is also visible in between the highly scattering layers. The dimensions of the phantom 
material are 6x6 mm.
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The five silicone layers were placed on top of each other and put in a 
vacuum chamber to remove air gaps between the layers. Electrostatic 
forces keep the layers together. The total geometrical thickness was 
283±0.9 µm (layers I to V in Figure 2 2A) after stacking of the silicone 
layers of the phantom retina. The compound phantom is attached to 
the holder with adhesive tape (Layer VI in Figure 2 2). The top layer 
has a small hole in the center, which is used as fixation target during 
alignment to prevent tilting of the phantom eye in the OCT image.

OCT systems
We evaluated SD-OCT systems of four manufacturers (RTVue by Op-
toVue, software version A4.0.5.100; 3DOCT-1000 by Topcon, software 
version v4.11; Cirrus by Zeiss Systems, software version 4.5.1.11; Spec-
tralis by Heidelberg, software version 5.2.4.0). Three systems of each 
manufacturer were used to measure our phantom eye model, 5 times 
per device (which includes removing and repositioning the phantom 
eye model). The specified axial resolution of the systems, determining 
the precision of thickness measurements was ~5-10 µm.  The lateral 
resolution, normally determined by the optics of the eye in case of hu-
man subjects, was 20 µm when imaging our phantom eye.

An average RNFL thickness was determined by the software of each 
apparatus using a circular scan (Ø=3.4mm) around a fixed location in 
the phantom eye (small hole in the top layer, see Figure 2 2). Since this 
scanning protocol was not directly available in the Cirrus software, we 
used the Optic Disc cube 200x200 module to image an area of approxi-
mately 6 x 6 mm. The Cirrus software computed an RNFL thickness 
map from this data. Subsequently, RNFL thicknesses were calculated 
at every clock hour on a circle (Ø=3.4 mm, placed by the operator on 
the thickness map). Finally, we averaged these clock hour values to 
obtain a single RNFL thickness for comparison with the other instru-
ments.  

All thickness measurements were corrected for the mismatch between 
the actual refractive index of silicone (n=1.41) and the refractive index 
of tissue used by the SD-OCT devices (n=1.35), i.e. which slightly re-
duced the values reported by the OCT system software. All segmen-ted 
data was checked on segmentation artifacts e.g. due to small dust par-
ticles in the phantom construction process before the data was used 
for analysis.

Statistics
A SPSS statistical software package (Version 16.0, Release 16.0.1; 
SPSS Inc., Chicago, IL, USA) was used for data analysis. The variation 
in RNFL thickness measurements within each device was expressed as 

standard deviation of five measurements. Furthermore, a coefficient 
of variance (COV) was calculated as the percentual ratio between the 
standard deviation and the average thickness. To compare the mean 
thickness measurements of the devices from one manufacturer we 
used ANOVA tests. The Levene statistic was calculated first to verify 
equality of the variances. A post hoc test was used to determine which 
device was significantly different. The variability between the manu-
facturers was determined using a univariate ANOVA test and post hoc 
test.

Results

n OCT image of the developed phantom retina, obtained with 
Topcon 3DOCT-1000 is displayed in Figure 2A, and a three-
dimensional representation is given in Figure 2B.

The average thickness, standard deviation and coefficient of variance 
are given in Table 2.  We found low coefficients of variation for all sys-
tems ranging from 0.4% (for a Spectralis system) up to 2.9% (for a 
Spectralis system).

In Figure 3 the results of the five measurements per device of the vari-
ous manufacturers are shown in box plots. Calculation of the Le-vene 
statistic L prior to ANOVA analysis showed that the variance in thick-
ness measurements was not statistically different within brands (RT-
Vue L= 0.455, p = 0.645; Topcon L = 0.495, p = 0.621; Cirrus L = 0.862, 
p=0.447; Spectralis L = 3.545, p=0.062). RTVue 3 shows a statistical-
ly significant lower average thickness (F(2,12)=6.17, p=0.014) with a 
maximum difference between the means of the other RTVue systems 
of 3.3 µm. The results of 3DOCT-1000 of Topcon are shown in Figure 2 
3B. 

Figure 3: Thickness measure-
ments of 3 OCT systems per 
brand measured 5 times using 
the phantom eye model. The 
bottom and top of the box plot 
(indicated with bars) display 
the 25th and 75th percentile of 
the data; the band around the 
median is the 50th percentile. 
The maximum and minimum 
thickness are indicated with 
A: RTVue of OptoVue 
B: 3DOCT-1000 of Topcon.
C: Cirrus of Zeiss 
D: Spectralis of Heidelberg
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Topcon 1 differs statistically significant with the other two systems 
(F(2,12)=29.113, p<0.001), with a maximum difference between the 
means of 2.9 µm.

In Figure 3C, the results of Cirrus 2 differ statistically significant from 
the other two systems (F(2,12)=74.788, p<0.001), with a maximum 
difference between the means of 3.6 µm. In Figure 3D the results of 
the Spectralis measurements are shown. No statistically significant 
differences between the Spectralis devices are found (F(2,12)=1.11, 
p=0.361).

Figure 4: The results of ‘RNFL’ thickness mea-
surements as calculated by the manufactur-
er’s software are organized by manufacturer.

A: RTVue of OptoVue
B: 3DOCT-1000 of Topcon.
C: Cirrus of Zeiss
D: Spectralis of Heidelberg 

In Figure 4 the results of all measurements are displayed, categorized 
by manufacturer. The mean thicknesses measured using Topcon and 
OptoVue machines differ significantly from those obtained by Cirrus 
and Spectralis machines. Spectralis’ intra-brand variability is smaller 
compared to the other manufacturers (p<0.001).

discussion

e developed to our knowledge the first layered phantom eye 
model containing a silicone based phantom retina of five 
layers with various scattering properties for OCT thickness 

measurements. Scott Rowe et al. developed a retinal tissue phantom 
with uniform thickness of the layers down to 60 µm, however the mod-
el shows hardly any contrast between the layers and is therefore less 
suited for OCT thickness measurements (15). Other well calibrated eye 
models were designed for applications outside the field of OCT. For in-
stance, Mordant et al. and Lemaillet et al. used an eye phantom for ox-
imetry measurements in the retina (16, 17). Romero-Borja et al. used a 
spectralon based eye model to calibrate their adaptive optics scanning 
laser ophthalmoscope(18).

Introduction of new clinical (OCT) instruments requires demonstration 
of good repeatability and reproducibility as well as comparison of per-

formance with respect to systems that are used in clinical practice. In 
this study we have compared RNFL thickness measurements between 
various clinically used SD-OCT devices and tested their repeatability 
using a phantom eye model representative of a healthy retina that con-
tains thin silicone layers with controlled thickness and high scattering 
contrast between layers. We found minimal variation for the Spectralis 
systems (average COV: 1.8%) and highest for RTVue systems (average 
COV: 3.1%). The average COV of the Topcon and Cirrus systems are 
2.8% and 2.4%, respectively. In three brands we observed one device 
that produced statistically significant different thickness values. The 
standard deviation of RTVue measurements is somewhat larger than 
those of other brands.

In clinical practice, following patients on different OCT devices is some-
times inevitable (e.g. after software upgrade, device replacement, tran-
sition of the patient to or from other hospitals, etc). Our study shows 
that despite the statistically significant differences these patients can 
be reliably followed because of the high inter-brand (maximum diffe-
rence 7.7 µm) and intra-brand (maximum difference 3.6 µm) repro-
ducibility of the investigated systems.  Please note that it is more im-
portant that the inter-brand difference is known instead of small when 
patients are measured on a different device from another brand.

None of the devices calculated the correct geometrical thickness of 
the top silicone layer of 49 µm. Averaged over all systems, 67 ± 4.0 
µm was found (mean and standard deviation). This difference arises 
at least in part due to the unknown implementation of the segmenta-
tion algorithm(s) that is kept confidential by the manufacturers. To 
illustrate this, we show an averaged depth profile (64 A-scans) of our 
phantom retina in Figure 5.

The data was obtained with the Topcon 3DOCT-1000, the only sys-
tem that allowed us direct access to the measured data. Surpri-

Figure 5: Average depth 
profile of the phantom 
retina measured with 
3DOCT-1000 of Topcon. 
The thickness between 
the maximums at the 
layer transition match-
es the geometrical 
thickness of the phan-
tom retina. The data is 
corrected for refractive 
index mismatch and 
shows the real, geomet-
rical thickness. 
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singly, when the thickness is determined between the maximums of 
phantoms front and back surface, the thickness (289 ± 10 µm) nearly 
matches the geometrical thickness (283 µm ± 10 µm). The 10 µm uncer-
tainty estimates in the OCT data are based on the digital (pixel) resolu-
tion of the exported data.

The individual layer thicknesses are accurately retrieved using ma-
nual segmentation as illustrated in the figure. It is conceivable that the 
OCT systems’ segmentation routines use more conservative estimates 
such as Full-Width at Half-Maximum, or the position of the largest gra-
dient to determine layer thicknesses leading to larger reported thick-
ness values. However, this effect is likely less pronounced in samples 
with lower contrast than between the layers in our phantom.

Many factors can contribute to erroneous thickness measurements 
such as inadequate dispersion compensation or faulty k-calibration 
of the spectrometer (directly translating into the scaling of the depth 
axis (19)), but also specular reflection at the vitreo-retinal interface 
or broadening of response peak due to a finite optical resolution can 
contribute to erroneous thickness measurements.

To illustrate this we performed an OCT measurement on a glass slide 
(an averaged depth profile is given in Figure 6; averaged over 10 con-
secutive A-lines at the same location) with a thickness of 158 µm. The 
data is corrected for refractive index of glass (1.50).

Figure 6: Average depth 
profile of a cover glass 
(158 µm) measured with 
3DOCT-1000 of Topcon. 
Depending on the used 
algorithm the thickness 
of the glass is 194 ± 10 µm 
measured at full width, 
180 ± 10 µm full widths 
half maximum and 161 
± 10 µm measured at the 
two maximums.

The figure shows two peaks indicating the air-glass and glass-air in-
terface. The maximum value of the resulting OCT image determines 
the position of the interface assuming that the interfaces are delta re-
sponse functions. In this case, the width of the peak at the glass-air 
interfaces represents the finite resolving power of the used OCT sys-
tem. With decreasing re-solution a broadening of this peak occurs that 

results in a thicker glass slide in case of a full width at half maximum 
segmentation criterion. The signal is adequately described as the con-
volution of the reflectance profile (two delta functions) with the enve-
lope of the coherence function.

In the retina (and in the phantom), the interface between layers is bet-
ter described by a step edge instead of a delta function. This reflecti-
vity profile is convolved with the point spread function of the system, 
resulting in a degraded edge, e.g. resembling an error function. In this 
case, to accurately determine the position of the interface, one would 
look for the location of the largest gradient.

To correctly interpret these positions in relation to the actual thick-
ness, the coherent nature of the PSF, e.g. the band-pass filtering pro-
perty of OCT in the spatial frequency domain (20) needs to be taken 
into account. The incoherent point spread function is centered around 
zero-spatial frequencies (its width is the spectral bandwidth of the 
source). Such a measurement is thus sensitive to the lower frequency 
contributions of the samples’ spectrum; i.e. it has low-pass filter char-
acteristics. The coherent point spread function is centered around the 
source’s central wave number and has band-pass filter characteristics. 
It is this latter point spread function that should be used when describ-
ing OCT signal formation.

Consider an idealized single-layer sample with reflectivity R(z) = 1 
within the layer, and R(z) = 0 elsewhere, with z being the position in 
depth and layer thickness exceeding the coherence length. Using the 
incoherent PSF, the lower spatial frequencies of the reflectivity profile 
can be recovered (whereas higher spatial frequencies cannot). In rea-
lity, when using the coherent point spread function, both the lower and 
higher spatial frequencies are not recovered, only a range of frequen-
cies determined by the source spectrum. 

Figure 2 7: Convolution of the incoherent 
PSF with the simulated reflectivity profile 
shown as solid line and the coherent PSF 
as dotted line. The width of both PSF is 
16.6 µm for this particular simulation.

Figure 2 8: The gradient of the reflecti-
vity profile from Figure 2 7 is displayed as 
a solid line for the incoherent PSF and as 
dotted line for the coherent PSF.
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index (22). Throughout this paper we assumed a constant n=1.35 for 
all systems, which was confirmed by private conversations with repre-
sentatives of the different brands used in this study.

To fully elucidate the different responses of these systems requires 
the construction of multiple retina phantoms with varying (top) layer 
thicknesses. Such a study is beyond the scope of our present work and 
will be undertaken in the future. We note, however, that variations in 
layer thickness measurements within a single device much larger than 
the optical resolution are unlikely to occur in normally functioning, 
certified devices.

Leite et al (6)  assessed the agreement of RNFL measurements among 
single devices of three SD-OCT brands. Similar to our findings, they 
showed an equal average thickness between Cirrus and Spectralis but 
higher thickness measured with an RTVue system.

conclusion

o quantitatively compare RNFL thickness measurements be-
tween four brands of commercially available OCT systems, we 
developed a phantom that mimics the layered anatomy of the 
retina and provides high scattering contrast. The top layer (49 

µm thickness) provides a constant RNFL-like “stimulus” to all OCT sys-
tems.

Statistically significant differences in thickness measurement between 
devices of one brand, and between brands were found. The clinical sig-
nificance of these differences (maximum 3.6 µm within and maximum 
7.7 µm between brands) is however difficult to determine. All systems 
overestimate the top layer thickness by 13 – 23 µm. To adequately ex-
plain this difference, knowledge on the implementation of the manu-
facturers’ proprietary segmentation algorithm is needed.

Comparison of thickness measurements by SD-OCT systems using de-
vice independent, reproducible samples that mimic the relevant tissue 
geometry and optical properties is highly preferable. The phantom eye 
model, described in this study, is a useful tool to quantitatively deter-
mine differences between devices.

The OCT signal shows two peaks, located at the layer’s interfaces (ana-
logous to the image obtained from a glass slide, dotted line in figure 7). 
The specific appea-rance of the peaks depends on the range of spatial 
frequencies that is sampled, e.g. on the spectral bandwidth of the OCT 
system.

To illustrate the argument, we performed a pilot simulation as follows. 
A reflectivity profile of a numerical phantom is constructed by ran-
domly placing a large number of delta-function reflectors within the 
layer’s boundaries, with randomly chosen amplitude. We subsequently 
performed two analyses: we convolved the reflectivity profile with the 
incoherent and coherent PSF (see figure 7, the width of both PSF is 16.6 
µm to illustrate the difference). In the latter case, we calculated the 
OCT A-line amplitude by taking the Hilbert transform of the simulated 
OCT signal and subsequently calculating the magnitude of the result-
ing complex signal. From both signals we determined the positions of 
the maximum signal gradients (the gradient of reflectivity profile is 
displayed in figure 8) to localize the edges, and thus layer thickness. 
The results of are presented in figure 9. Clearly, the incoherent point 
spread function recovers the correct layer thickness, i.e. 62.5 µm used 
in the simulation. However, it is the coherent PSF that is involved in 
OCT signal formation. Given the linear relation between recovered 
thickness and optical resolution found in this simulation, we propose 
that advanced segmentation algorithms may take this effect into ac-
count.

In addition, speckle noise can 
in principle be a source of error, 
however, we used the average 
thickness of a circular A-scan 
around the fixation target and 
the influence of speckle noise can-
cels out. Moreover, in a previous 
study (21), using a Zeiss Stratus 
OCT system, it was shown that 
the signal strength or image qua-
lity influences the calculation of 
the RNFL thickness. Thickness 
was found to decrease when the 

Figure 9: Simulated sample thickness for the coherent and incoherent point spread function dis-
played versus simulated coherence length. Dashed line shows input thickness.

signal strength was decreased. In our study we kept the image quality 
at a maximized level for all measurements. Likely the most important 
factory setting influencing thickness measurements is the refractive 
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tables

Table 1: Optical properties of the layers in the phantom eye model and the geometrical thick
nesses a measured with a high precision caliper.

Layer
(see figure 

2-2A)

OCT attenuation 
coefficient
(see(12))
µoct [mm-1]

Caliper thickness measurements

Mean                             Stand. Error
 [µm]                                    [µm]

I 11                                  49                                    0.2
II 0                                    63                                    0.5
III 2.1                                53                                    0.2
IV 0                                    63                                    0.5
V 17                                  55                                    0.4

Table 2: The average thickness, standard deviation and coefficient of variance are shown for 
three devices of 4 different SD-OCT manufacturers that were measured 5 times.

OCT 
device 

(Brand)

OCT 
device (#)

Average 
thickness 

[µm]

standard 
deviation 

[µm]

COV 
[%]

RTVue of
Optovue (A)

1
2
3

average

65.1
66.1
62.8
64.7

1.1
1.5
1.6
2.0

1.7
2.7
2.5
3.1

3DOCT-
1000 of

Topcon (B)

1
2
3

average

63.9
66.8
66.5
66.1

0.5
1.0
0.9
1.8

0.8
1.5
1.4
2.8

Cirrus of
Zeiss (C)

1
2
3

average

67.7
70.5
66.9
68.4

0.4
0.9
1.2
1.7

0.6
1.3
1.8
2.4

Spectralis of 
Heidelberg 

(D)

1
2
3

average

69.0
67.9
68.3
68.4

0.6
0.3
2.0
1.3

0.9
0.4
2.9
1.8
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INTRODUCTION

ith increasing knowledge about the role of cell death in 
disease and disease management, the need has been ex-
pressed for an in vivo imaging technology that allows 
quantitative follow-up and differentiation between apop-

tosis and necrosis.(1–3) This is emphasized by the recent clinical in-
troduction of novel small cancer treatment strategies which rely on a 
balanced activation of apoptosis and necrosis to ensure efficient can-
cer cell death.(4, 5) Moreover, it was recently suggested that apoptosis 
of retinal cells plays a vital role in the development of ocular diseases 
such as glaucoma and is an early indicator of the development of Alz-
heimer’s disease. (6–8) 

Morphologically, cell death can occur with an apoptotic or necrotic phe-
notype.(9, 10) Necrotic cell death is typically induced spontaneously 
by mechanical or chemical damage of the cellular plasma membrane, 
causing initial cell swelling and membrane rupture and the subsequent 
release of intracellular components into the tissue micro-environment 
that triggers an inflammatory response. The apoptotic phenotype is 
characterized by a dynamic process that includes mitochondrial swel-
ling, cell shrinkage, clustering of chromatin at the nuclear membrane, 
nuclear fragmentation (karyorhexis), and the cellular disintegration 
into apoptotic bodies. In contrast to the spontaneous cellular demise 
via necrosis, apoptosis is typically the result in an imbalance between 
pro- and anti-apoptotic signals, leading to the leakage of cytochrome-c 
from the inner mitochondrial membrane space, subsequent activation 
of proteolytic caspases and nucleases that disintegrate the cytoske-
leton and degrade genetic material. A plethora of environmental and 
intracellular stimuli can activate the apoptotic process, including oxi-
dative stress, DNA damage, and infection. (11–13)

Well known clinical imaging modalities such as high frequency ultra-
sound (HIFU), magnetic resonance imaging (MRI) and optical ima-
ging using fluorescent markers, have been used to image cell death (14, 
15). And, although these technologies are already fully integrated in 
the medical clinic, they lack micrometer resolution and local specifi-
city which is needed for optimal determination of cell death in small 
lesions. Accurate detection of cell death can be carried out with use of 
molecular and cell biological techniques such as fluorescence activated 
cell sorting, histology, assaying genomic disintegration, and protein 
analysis. However, these techniques lack the option for real-time in 
vivo monitoring and require invasive sample harvesting procedures.
(16–18) To overcome these disadvantages. we propose to apply opti-
cal coherence tomography (OCT), an optical imaging technology that 

allows visualization and quantification of micrometer scale tissue mor-
phology (19) including information on cell death and related proces-
ses.(20, 21)

OCT is analogous to ultrasonography, using back-scattered light instead 
of back-reflected sound waves to produce micrometer-scale resolution 
cross-sectional images, in which layered tissue anatomy can be distin-
guished. OCT additionally allows for local quantitative measurement 
of light scattering related tissue properties.(22–25) Light scattering 
causes a decrease of OCT signal magnitude with depth, and limits the 
imaging depth range to approximately 2 mm.(26–28) This rate of OCT 
signal decrease is quantified by the attenuation coefficient μOCT (mm-1) 
that allows for in-vivo differentiation between different tissue types.
(22, 23, 29) This functional extension of OCT is typically determined 
over a >50 µm depth range. Backscattered light can also be measured 
locally, on a single depth position, resulting in a backscattering coef-
ficient integrated over the numerical aperture μB,NA (mm-1) that allows 
for quantitative assessment of optical properties of cellular layers <50 
µm, e.g. as found in the human retina, thin epithelial cell layers and in 
monolayer cell cultures. (30). 

Thus, the characteristic changes in morphology during cell death give 
rise to radical changes in light scattering.(20, 21) It is well known from 
light scattering theory that changes in light scattering intensity de-
pend on changes in size, refractive index and spatial distribution of 
involved particles.(31, 32) Moreover, it has been suggested that during 
apoptosis, light scattering is also influenced by mitochondrial activity 
in the cell through dynamic changes in size and composition.(33–35) 
We therefore hypothesize that OCT, by means of μOCT and μB,NA, is able to 
identify cell death related changes in light scattering. 

Our aim is to investigate functional OCT by means of μOCT and μB,NA to 
quantify alcohol (EtOH) mediated necrotic and apoptotic cell death in 
cultured human retina pigment epithelial cells. Three additional ex-
periments were performed to confirm apoptosis as well as mitochon-
drial activity. First, fluorescence activated cell sorting (FACS) to con-
firm induction of apoptosis. Second, to understand the contribution of 
mitochondria on the changes in light scattering during the process of 
apoptosis, the formation of reactive oxygen species (ROS) was mea-
sured simultaneously with the OCT imaging. Third, confocal fluores-
cence microscopy was employed to confirm increased mitochondrial 
activity during the initiation of apoptosis.
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MATERIALS & METHODS

Cell culturing
human retinal pigment epithelium cell line ARPE-19 
(ATCC®No. CRL-2302) was obtained from the Netherlands 
Institute for Neurosciences (NIN). Cells were maintained in a 
37°C stove with 5% CO2 on DMEM: F12 1:1, containing 10% 

Fetal Bovine Serum, 1% Penicillin/Streptomycin and 2.5 mM L-Gluta-
mine. Cells were washed with 5 ml Dulbecco’s PBS prior to trypsiniza-
tion with 0.05% Trypsin, 0.53mM EDTA (All from Gibco®, Invitrogen, 
Carlsbad CA, USA). Cells were trypsinized 5-10 minutes in 37°C. The 
cells were grown in 75 ml flasks for both FACS and OCT μOCT measure-
ments on a cell pellet (12 ml medium per flask, 1 flask per time point). 
OCT μB,NA measurements, ROS formation measurements and mitochon-
drial activity measurements were done on 6 well plates (2 ml medium 
per well, 1 well per time point). 

Inducing cell death
Cell death was induced by constant exposure to ethanol (EtOH). For 
the induction of apoptosis, culture medium was removed from the cell 
flask or plate and was replaced with serum free medium containing 
10% EtOH. For the induction of necrosis, cells were harvested as de-
scribed in paragraph 2.1 and subjected to a heatshock (for the FACS 
experiments) or 30% EtOH (for all other experiments). Healthy cells 
used for control measurements were incubated with 10 % PBS to keep 
the concentration of medium on cells constant, relative to apoptotic 
conditions. Prior to OCT μB,NA measurements, ROS fluorescence mea-
surements and Mitotracker fluorescence measurements (see para-
graphs 2.6, 2.7), cells were washed with PBS. As a results, necrotic 
cells were readily removed.

Optical coherence tomography imaging
Three dimensional images of 5 mm (x) by 5 mm (y) by 3.72 mm (z, 
based on a refractive index =1.4) were acquired employing  a commer-
cially available 50 kHz swept source OCT system, operating at 1300 
nm (Santec Inner Vision 2000) with an axial (z) resolution of ~10 μm 
and a lateral (x, y) resolution of ~20 μm. To asses μOCT of cell pellets, 
cells were first centrifuged in 15 ml tubes for 5 min at 400g. The super-
natant was removed using decanting and careful pipetting. Secondly, 
the cell pellets were immersed in blank medium to prevent the cells 
from drying. Finally, the cell pellet was placed under the sample arm 
of the OCT system for imaging. For analysis of μB,NA  of a cell monolayer, 
a 6-well plate was centrifuged in a dedicated well centrifuge for 5 min-
utes at 500 g. Hereafter, the whole plate was placed under the scan-
ning interface of the OCT system.

Optical coherence tomography data analysis
Prior to attenuation analysis, the data were corrected for OCT system 
dependent signal roll-off, including the confocal point spread function 
(28, 36). After this correction, based on a calibration measurement 
on samples with accurately known optical properties, Beer’s law des-
cribes the OCT signal as: 

where μB,NA is the backscattering coefficient of the sample, inte-
grated over the detection numerical aperture of the system,  lc is 
the coherence length of the light source which also represents the 
axial resolution of the OCT system, 2z is the round-trip pathlength 
of the light in the sample and μOCT is the attenuation coefficient. The 
square-root accounts for the fact that the detector current is propor-
tional to the field returning from the sample, rather than intensity. 

First, the attenuation coefficient μOCT is extracted from the OCT data by 
fitting Beer’s law to the averaged axial scans from a selected region of 
interest (ROI) in the OCT image (~200 A-scans, each consisting of 400 

Figure 1: OCT measurements and analysis of a cell pellet (a) and a cell monolayer (b). Each 3d 
scan (a1, b1) is build up from 400 consecutive cross-sectional images (B-scans) as shown beneath 
the 3D reconstruction (a2, b2). A single B-scan is build up from 400 adjacent depth profiles (A-
lines), depicted in the graphs (a3, b3). A region of interest (ROI) within a B-scan as shown as the 
red square box in a2 and b2 is selected for analysis of the µoct and μB,NA .



96 97

pixels over 3.73 mm imaging depth, figure 1a). 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% confidence interval of the mean 
over n number of fits, in which the ROI size is varied within (typically) 
10%. (30, 37)

Second, analysis of the OCT backscattering  μB,NA of the monolayer was 
achieved by calculating the mean of the amplitude of the OCT signal 
within a 3D region of interest in a full OCT dataset (Figure 1b-1). First, 
the ROI in depth (z direction) was indicated by selecting the visible top 
reflection of the bottom of the well that also comprises the cell mono-
layer (Figure 1b2). This ROI also includes reflective pixels originating 
from the plastic well bottom and the cell growth medium on top of the 
cells (± 20 pixels). Secondly, the ROI was extended for the whole 10 
by 10 mm scan range (x= 400 A-lines, y = 400 b-scans, z= 40 pixels in 
depth (figure 1b-2). This finally results in a total backscattering value 
μB,NA of the selected ROI. Normalization was done on the first data point 
of the untreated healthy cells.

Fluorescence activated cell sorting
After trypsinization, samples of ~5*106 cells were taken out of the 
flasks for FACS analysis, while the remainder of the cells was used for 
OCT imaging on a cell pellet. FACS analysis was performed by cell stain-
ing using the Vybrant Apoptosis Detection kit #2 (Molecular Probes 
Invitrogen, Eugene OR, USA) in accordance with the manufacturer’s 
protocol, followed by centrifugation at 400 g for 5 minutes. The super-
natant was removed and the cells were washed using 500 µl cold PBS. 
After a second centrifugation, the cell pellet was dissolved in 100 µl 1x 
Annexin V-Binding buffer following the addition of 10 µl AlexaFluor® 
488-Annexin V. After incubation (15 minutes at room temperature), 
400 µl 1x Annexin V-Binding buffer was added and the stained cells 
were transferred to Becton Dickinson FACS tubes and kept on ice. 
Shortly prior to the FACS measurements, 1 µl of 100 µg/ml propidium 
iodide (PI) was added to stain necrotic cells. FACS analysis was done 
using the BD FACSCanto II™ (Becton Dickinson, Franklin Lakes NJ, 
USA) by measuring the side scattering (SSC), forward scattering (FSC) 
and fluorescence emission at 503 and 535 nm respectively (excitation 
at 488 nm). Data analysis was performed using FlowJo v8.8 (Tree Star 
Inc., Ashland OR, USA). 

Measuring reactive oxygen species formation
Intracellular ROS production was measured by fluorescence with the 
use of dichlorodihydrofluorescein-diacetate (DCFH2-DA). DCFH2-DA 
is able to cross cellular membranes after which it is cleaved by intra-

cellular esterases to from dichlorodihydrofluorescein (DCFH2) that 
is trapped inside the cytosol. DCFH2 is oxidized by ROS to form the 
fluorescent dichlorofluorescein (DCF), of which the emission is meas-
ured at 540±15 nm when excited at 480±20 nm. For this assay, cells 
were seeded in 24-wells plates, grown to confluence, and were allowed 
to mature over a period of 3 weeks. Subsequently, cells were washed 
with PBS and incubated with serum free medium (negative control / 
background), serum free medium supplemented with 25 μM DCFH2-
DA (healthy), serum free medium supplemented with 10% EtOH and 
25 μM DCFH2-DA (apoptosis), or 100 μM H2O2 supplemented with 25 
μM DCFH2-DA (positive control). Cells were placed in a fluorescence 
plate reader (BioTek Synergy HT, Winooski, VT) which was kept at 
37°C for 8 hours, during which the DCF emission was measured every 
30 minutes (for all conditions N=6). In a parallel experiment, the exact 
same culture media were assayed in a 24-wells plate without cells in 
order to confirm the intracellular conversion of DCFH2-DA to DCF. All 
data were corrected for the negative control values at each time point 
(background fluorescence).

Assessment of mitochondrial changes
In order to assess the contribution of mitochondrial changes to diffe-
rences in OCT signal, cells were seeded in 6-wells plates, grown to con-
fluence, and allowed to mature for 3 weeks prior to the induction of cell 
death. Cells were exposed for 0, 2, and 4 hours to serum-free medium 
supplemented with 10% PBS (control) or 10% EtOH (apoptosis). At each 
time point, the medium was removed, and cells received fresh serum-
free medium supplemented with 250nM MitoTracker Green DCF (Mo-
lecular Probes, Life Technologies, Paisley, United Kingdom) and were 
incubated for 30 minutes. After incubation, the medium was removed 
and cells were washed three times with PBS, and immediately there-
after, the Mitotracker Green DCF fluorescence was determined at λex: 
460±40 nm, λem: 560±20 nm in a fluorescence plate reader (BioTek 
Synergy HT). Afterwards, the total protein content in the wells was de-
termined using a bicinchoninic acid assay (Thermo Scientific) and the 
fluorescence intensities per well were corrected for the total protein 
content. Average fluorescence intensities/mg protein and standard 
deviations were calculated. For all measurements at each time point, 
N=6.  

In a similar experiment, cells were seeded onto microscope slides, 
grown to confluence, and allowed to mature for a period of three weeks. 
Cells were incubated for 4 hours with serum-free medium supplement-
ed with either 10% PBS (healthy cells) or 10% EtOH (apoptosis). After 
EtOH exposure, cells were incubated for 30 minutes with 250 nM Mito-
Tracker Green DCF and washed three times with PBS. Cover slips were 
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mounted unto the cells using Vectashield mounting fluid with DAPI 
(Vectashield). Cells were imaged using a Leica SP-2 confocal fluores-
cence microscope (Leica Microsystems CMS GmbH, Mannheim, Ger-
many), at λex: 405 nm, λem: 415-500 nm (DAPI), and λex: 488 nm, 
λem: 498-600 nm (MitoTracker Green DCF). 

results

Establishing in vitro models for apoptotic and necrotic cell death.
n a first set of experiments, we set out to establish a defined 
method to induce apoptotic and necrotic cell death in an in vi-
tro setting. Staining of cells with Annexin-V-AlexaFluor488 
and PI, and the subsequent FACS analysis revealed a stable 

healthy cell population when cells were incubated with normal culture 
medium for 6 hours. As shown in figure 2a and 2c, apoptotic and ne-
crotic cell populations  did not exceed the 5% of the total gated events 
at all time points.

Figure 2: Cellular death profiles based on FACS analysis according to the Annexin-V (FITC-A) 
and PI (PerCP-Cy5-5A ) staining method. Panels a to c show the cell death profiles of untreated 
healthy cells (a), apoptotic cells (b), and necrotic cells (c). Percentages of the cell populations 
show healthy cells in blue lines, apoptotic cells in red lines, and necrotic cells in green lines. Pa-
nels d to f show typical dot plots obtained after 3 hours of untreated healthy cells (d), apoptotic 
cells (e), or necrotic cells (f) respectively. The quadrants show healthy cells in the lower-left quad-
rant (negative for both annexin-V-Alexfluor488 and PI) apoptotic cells in the upper-left quadrant 
(positive for annexin-V-Alexafluor488, not negative for PI), and necrotic cells in the upper-right 
quadrant (PI positive regardless of annexin-V-Alexafluor488 status). The numbers in the quad-
rant represent the percentage per quadrant of the total amount of cell counts.

Typical FACS dot-plots showing FITC-A representing Annexin-V-Al-
exaFluor488 on the y-axis and PerCP-Cy5-5A representing PI staining 
on the X-axis at t=3 hours of incubation are shown in figure 2d-f. FACS 
analysis revealed that the constant exposure of matured ARPE-19 
cells medium supplemented with 10% EtOH induced a steady increase 
in apoptotic cells that exceeded the healthy and necrotic populations 
at 3 hours.

Figure 3: The temporal changes in attenuation coefficient are given as measured with 1300 nm 
Swept Source OCT (3a).  The pattern of the attenuation coefficients of healthy, necrotic, and apop-
totic cell pellets are shown in blue, black, and red lines, respectively. The data points are mean 
values and standard deviations of 3 individual cell pellets. From each experiment, 5 individual 
cross-sectional OCT scans from a single 3D OCT measurement were used for the attenuation ana-
lysis. Three exemplary cross-sectional OCT scans (B-scans) and extracted (3b) corresponding 
A-scans with attenuation profiles at t=3 hours are shown in the adjacent panel 3c. 

The temporal effects of cell death dynamics on light scattering by OCT.
During the second set of experiments, the effects of the different treat-
ments of the cell cultures on patterns of light scattering were tested by 
OCT. Untreated cells (healthy), cells exposed to 30% ethanol (necrotic) 
and cells exposed to 10% ethanol (apoptotic) were pelleted and imaged 
with OCT for 6 hours. Figure 3 illustrates the change in attenuation 
coefficient (μOCT vs. time (hours) measured on cell pellets following the 
method shown in figure 1a. Apoptotic cells show a clear rise in the at-
tenuation coefficient with the highest value after 3 hours (μOCT = 4.9 
± 0.4 mm-1) followed by a modest decrease in attenuation (μOCT = 4.1 ± 
0.3 mm-1 after 6 hours). Healthy cells show a very small increase in at-
tenuation coefficient (μOCT = 3.1 ± 0.1 to 3.5 ± 0.3 mm-1). Necrotic cells 
show a lower attenuation at starting point with a small decline (μOCT = 
2.8 ± 0.1 to 2.3 ± 0.1 mm-1). 



100 101

Figure 4: The change in OCT backscattering (μB,NA) vs. time (hours) measured on healthy and 
apoptotic cell monolayers as shown in figure 1b. The data points are the mean value and standard 
deviation of 3 cell wells. From each experiment, one 3D OCT measurement was used to calculate 
the backscattering value. Two exemplary en-face OCT scans at t=3 hours are shown in the adja-
cent panel 4b. 

To observe whether differences in scattering profiles as a result of cell 
death could also be measured in a cell culture monolayer, cells were 
seeded in 6-wells plates, exposed to either 10% ethanol (apoptosis) or 
30% ethanol (necrosis). Typical en-face scans of the monolayers are 
shown in Figure 4b for healthy and apoptotic monolayers after 3 hours 
of exposure. Because the monolayers were typically too thin to derive 
an attenuation coefficient, only the backscattering coefficient μB,NA, 
normalized to the value of untreated cells at t=0 hour, was taken as val-
ue of interest. As shown in Figure 4a, apoptotic cells display a distinct 
increase of the backscattering measured by OCT (μB,NA = 1.03 ± 0.01 to 
1.17 ± 0.02 mm-1). Healthy cells show a small increase in backscatter-
ing (μB,NA = 1.00 ± 0.01 to 1.030 ± 0.004 mm-1). Necrotic cells could not 
be measured because they were discarded during the washing steps.

3.4 Assessment of ROS production induced by 10% ethanol.
Mitochondria are thought to be major intracellular light scatterers and 
it is known that both size and quantity of mitochondria are influenced 
by oxidative stress.(38) To assay oxidative stress, cells were seeded 
in 24-wells plates and incubated with 25 μM DCFH2-DA which is oxi-
dized by ROS to produce the fluorescent DCF. As a positive control for 
DCFH2-DA oxidation, cells were incubated with 100 μM of H2O2. Re-
sults, shown in Figure 5, reveal a steady increase in DCF fluorescence 

Figure 5:  DCF fluorescence intensity reveals a steady increase, indicating an increase in intracel-
lular ROS, in the cells exposed to 10% ethanol (apoptosis red), a very modest increase in negative 
control cells (healthy blue), and a sharp increase DCF fluorescence in the positive controls (green 
H2O2). 

indicating an increase in intracellular ROS in the cells exposed to 10% 
ethanol, a very modest increase in healthy control cells (auto-oxida-
tion), and a sharp increase in DCF fluorescence in the positive controls. 
In order to determine whether the increase in ROS-catalyzed DCF for-
mation was the result of intracellular ROS formation, and not through 
a direct conversion by ethanol, the same experiment was performed in 
the absence of a cell monolayer. These results (not shown) confirmed 
that the apoptotic cell culture medium (10% EtOH) did not induce a sig-
nificantly different DCF fluorescence pattern compared to the healthy 

Figure 6: a) Clear visual difference is observed between t=0 and t=4 hours in Mitochondrial fluo-
rescence (second image row). No changes were seen for the nuclear DAPI fluorescence (first im-
age row). b) Increase of mitochondrial fluorescence was confirmed by fluorescence spectroscopy 
showing a clear rise in the Mitotracker fluorescence intensity per mg protein of apoptotic cells 
compared to the healthy controls.
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control cells (10% PBS). The DCF fluorescence in the positive control 
medium (1 mM H2O2) showed a similar pattern in the absence of cells 
as in the presence of cells.

Assessment of mitochondrial changes by 10% ethanol.
To confirm the contribution of mitochondrial activity during EtOH in-
duced apoptosis, con-focal microscopy was executed to visualize DAPI 
(blue) stained nuclei and Mitotracker (green) stained mitochondria 
for time points 0 and 4 hours. A clear difference is observed between 
t=0 and t=4 hours in green mitochondrial fluorescence. No aberra-
tions in nuclear morphology was observed. With use of fluorescence 
spectroscopy, Mitotracker green fluorescence was measured during 6 
hours of EtOH exposure in ARPE19 cells. Results (Figure 6a) show a 
clear increase in the Mitotracker fluorescence intensity per mg protein 
of apoptotic cells compared to the healthy controls. Normalization of 
the fluorescence intensity values was done on the first time point (t=0 
hour) of the healthy cells.

Discussion

o our knowledge, this is the first description of the optical 
temporal changes that occur during cellular death by necro-
sis and apoptosis. The observed differences between the ef-
fects of necrosis and apoptosis as measured with the 1300 

nm swept source OCT are directly related to changes in mitochondrial 
activity over the time-course of 6 hours. Because apoptosis or retinal 
pigment epithelial cells is believed to be an early sign of age related 
macular degeneration (AMD), and because OCT is a widespread diag-
nostic tool in ophthalmology, the human epithelial pigment (ARPE 19) 
cells were chosen for our OCT study of cell-death.

Our earlier work on human fibroblasts has shown that OCT is sensitive 
to (intra)cellular changes that occur during cell death. By means of the 
attenuation coefficient, it was possible to discriminate between healthy, 
apoptotic and necrotic cell pellets.(20) Nevertheless, fundamental in-
sight into the time course of the measured signals was still unsatisfac-
tory. In the wavelength range employed in our studies (around 1300 
nm), the probability of light absorption in tissue is much smaller than 
the probability of scattering – consequently the latter process domi-
nates the attenuation coefficient and backscattering coefficient. Light 
scattering is intimately related to the organization of tissue (within 
and between cells). The pathophysiologic pathways of cell death are 
expected to lead to changes in the spatial distribution of refractive 
index of the probed samples, which in turn may lead to measureable 

changes in light scattering. (18, 20, 33, 34, 39)

Here, we used the two light-scattering related parameters that are ac-
cessible through OCT measurements: the attenuation coefficient μOCT 
(describing the loss of signal with imaging depth of a small diameter 
light beam after careful correction of system-dependent losses) and 
the backscattering coefficient μB,NA which quantifies the amount of light 
scattered back into the detection aperture from a given depth. Both 
measures can be expected to yield additional information since the 
first quantifies scattering losses integrated over all scattering angles, 
whereas the latter only probes a small subset of these. Moreover, re-
flection measurements (μB,NA) are more sensitive to small scale (~1/λ, 
where λ is wavelength) morphological variations whereas attenuation 
measurements (μOCT) provide information over larger length scales as 
well. (30)

A second mechanism, related to experimental conditions, may also be 
responsible for the observed differences between μOCT and μB,NA. Attenu-
ation measurements are performed on large volumes of pelleted cells, 
whereas backscatter measurements are performed on cell monolayers.  
It is not immediately clear whether the inter-cellular interaction dur-
ing the apoptotic or necrotic process leads to equivalent organizational 
changes in the sample (and thus equivalent temporal evolution of light 
scattering) in both geometries. Our apoptosis data show a near-linear 
increase of backscattering in time (figure 4), whereas the attenuation 
measurement (figure 3) increases up until three hours after induction 
of cell death, after which a leveling off is observed. Part of this may be 
caused by secondary necrosis of the apoptotic cell which in the attenu-
ation geometry would result in a lowering of the average attenuation 
coefficient; but would hardly influence the measured backscattering 
coefficient since in the monolayer geometry, necrotic cells are readily 
removed by the washing steps. Likewise, mitochondrial swelling may 
be responsible for disintegration of the mitochondrial membrane, lead-
ing to cytochrome-C leakage and apoptosis. Yet, mitochondria are also 
considered to be one of the main scatterers in cells,(34) and mitochon-
drial swelling may increase the surface area of these backscattering 
particles, or alter the refractive index of the mitochondrial membrane, 
leading to an increase in attenuation coefficient. Finally, mitochondrial 
swelling might be a premature step that can ultimately lead to apopto-
sis, explaining the high attenuation coefficient we measure with OCT. 
During the second stage of apoptosis, also called secondary necrosis, 
secondary necrosis of the apoptotic bodies may contribute to the fall of 
the attenuation after t=3 hours. Nevertheless, the backscattering mea-
surements and the fluorescence microscopy, performed to determine 
mitochondrial activity, are carried out in the same (monolayer) mea-
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surement configuration. Correspondence is found between (a) tempo-
ral increase in reactive oxygen species as measured by DCF fluores-
cence (figure 5), (b) mitochondrial activity as measured by increased 
Mitotracker fluorescence (figure 6) and (c) backscattering coefficients 
as measured by OCT (figure 4). These results indicate that mitochon-
drial dynamics play a significant role in the optical properties of cells 
undergoing apoptosis.  

Recently, a fluorescent marker for in vivo detection of retinal ganglion 
cell apoptosis was developed (8), which is reported to have diagnostic 
value in the detection of Alzheimer’s disease. With the study presented 
here, we have shown that the OCT signal is sensitive to apoptosis in a 
human cellular monolayer as found in the retina. This warrants inves-
tigation of the sensitivity of OCT for the detection of similar degenera-
tive diseases in the human eye. 

The sensitivity of OCT for the detection of apoptosis may have a contri-
bution in the field of cancer therapy that uses the apoptotic mechanism 
to induce cancer eradication, i.e., radiation therapy (RT) and photody-
namic therapy (PDT), which both aim to induce controlled apoptosis 
in cancerous cells. In case of photodynamic therapy, the accumulated 
photosensitizing agent in malignant tissue is irradiated with light, re-
sulting in eradication of tumor cells by apoptosis and necrosis.(5, 40) 
Radiation therapy uses photon energy to damage DNA directly which 
leads to apoptosis.(41, 42) Both therapies are usually applied over a 
period of time. This expresses the need for a non-invasive in vivo follow 
up on the resulting therapeutic response. 

One of the main benefits of OCT over ultrasound, a technique that has 
also been able to monitor the apoptotic process, besides the resolution, 
is that OCT does not need contact with the tissue under study. Usu-
ally, this is not a problem in normal ultrasound imaging. However, in 
cancerous (epithelial) tissues that are also over-stimulated by local 
therapy, contact with the lesion is not recommendable. This contact 
can inflict pain in patients and can also result in possible areal activa-
tion and inflammation response. Ultrasound, on the other hand, has 
the obvious advantage of the much larger depth penetration. For larger 
lesions, this might be the preferable technology of choice. For epithelial 
lesions however, OCT has a clear benefit.

Conclusion

ur results confirmed by FACS, DCF and confocal fluorescence 
microscopy experiments, have demonstrated that cellular 
death may be measured in real-time by OCT and that discri-
mination between necrosis and apoptosis is possible. Necro-

sis decreases attenuation coefficient μOCT whereas apoptosis increases 
μOCT compared to healthy cells. The former may be due to complete loss 
of cellular structure; the latter may be related to change of intracellular 
morphology of cells., particular oxidative stress-induced mitochondri-
al swelling could be responsible for the initial increase, while cell bleb-
bing and secondary necrosis subsequently for the observed decrease. 
Additionally, an increased backscattering μB,NA in time was observed 
for apoptotic cells compared to healthy cells. Thus, our results show 
the possibility to image molecular processes of cellular death based on 
changes in cell morphology.  The ability to measure real time cellular 
death could have far reached implications in the field of radiation the-
rapy (RT) of the esophagus. Understanding the dose-effect relation for 
RT of esophageal cancer is not yet understood due to impaired imaging. 
Combining recently developed esophageal OCT imaging with our novel 
analysis methods could provide the dose-effect relation and would im-
prove the clinical outcome greatly.
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Abstract

eal-time grading of bladder urothelial carcinoma (UC) is cli-
nically important, but the current standard for grading (his-
topathology) cannot provide this information. Based on Op-
tical Coherence Tomography (OCT) measured optical atten-

uation (µoct) the grade of bladder UC could potentially be assessed in 
real-time. We evaluated ex vivo whether µoct differs between different 
grades of UC and benign bladder tissue. 

Materials&Methods: Human bladder tissue specimens were examined 
ex vivo by 850 nm OCT using dynamic focusing. Three observers inde-
pendently determined the µoct from the OCT-images and 3 pathologists 
independently reviewed the corresponding histology slides. For both 
methods a consensus diagnosis was made.

Results: We included 76 OCT scans from 54 bladder samples obtained 
in 20 procedures on 18 patients. The median (interquartile range) µoct 
of benign tissue was 5.75 mm-1 (4.77-6.14) versus 5.52 mm-1 (3.47-
5.90), 4.85 mm-1 (4.25-6.50) and 5.62 mm-1 (5.01-6.29) for grade 1, 2 
and 3 UC, respectively (p=0.732). Interobserver agreement of histopa-
thology was “substantial” (Kappa 0.62, 95%CI 0.54-0.70) compared to 
“almost perfect” (ICC 0.87, 95%CI 0.80-0.92) for OCT.

Conclusion: Quantitative OCT analysis (by µoct) did not detect morpho-
logical UC changes. This may be due to factors typical for an ex vivo 
experimental setting.

Introduction

he current standard for grading and staging of urothelial car-
cinoma (UC) of the bladder is histopathology: the patholo-
gists’ assessment of the bladder specimen obtained by transu-
rethral resection or biopsies. However, various clinical scena-

rios would benefit from real-time endoscopic diagnosis, which cannot 
be provided by histopathology. First, for instance, when a bladder tu-
mour is treated by electric coagulation or laser ablation, no tissue is 
harves-ted and thus the urologist has to rely on his/her estimation of 
the stage and grade of that tumour, without histopathological confir-
mation. This estimation of grade or stage often is inaccurate  [1]. Sec-
ond, and likewise, in many centers nowadays patients with a history 
of low grade NMIBC with small recurrent bladder tumours are being 
followed-up by regular cystoscopy, instead of directly being treated by 
transurethral resection (i.e. no biopsy)  [2,3]. The possibility of deter-
mining grade or stage at time of the cystoscopy would be very useful for 
both patient populations. A third example is a red lesion seen during 
cystoscopy, which may be either inflammation or CIS. Currently, if the 
urine cytology is suspicious for bladder cancer, random and targeted 
biopsies need to be taken for these lesions to exclude CIS. This strategy 
leads to a significant proportion of unnecessary biopsies, which might 
be avoided by use of a reliable, real-time diagnostic technique. 

Grade is an important prognostic factor in predicting the biological ag-
gressiveness of papillary UC of the bladder. It is the most important 
factor for progression in the European Organization for Research and 
Treatment of Cancer risk tables  [4]. Therefore, grade has a strong 
impact on the clinical management of non-muscle invasive bladder 
cancer (NMIBC) patients  [5,6]. Grade is defined based on the degree 
of morphological changes in the bladder tissue. In normal tissue, the 
urothelium usually contains less than 7 cell layers, has normal sized 
nuclei and a well preserved polarity, whereas in papillary UC, the uro-
thelium is broadened, shows higher mitotic activity, cyto-nuclear ratio 
is changed and in high grade tumours the polarity is also disturbed. 
The first 3 changes are more pronounced as the grade increases. Be-
sides papillary UC with different grades, carcinoma in situ (CIS) is a 
high grade flat lesion in which the urothelium is not per se broadened, 
shows high mitotic activity, severe disturbance in the cyto-nuclear ra-
tio and loss of the polarity.

Optical Coherence Tomography (OCT) is a high-resolution, cross-sec-
tional imaging technique that was studied for real-time endoscopic 
detection of bladder cancer  [7-10]. The reported diagnostic accuracy 
is relatively high, with a sensitivity of 84-100% and specificity of 78-
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89%  [9,11,12]. For this, the OCT image is evaluated in a qualitative 
way (based on differences in gray scale levels and structural appear-
ance)  [10], which requires training and thus makes the diagnosis de-
pendent on the skills of the observer. Assessment of the stage (i.e. the 
depth of tumour invasion into the different bladder tissue layers) of a 
bladder tumour by means of this method appears to be feasible  [9], 
but grade is difficult to determine from qualitative analysis of OCT im-
ages. However, by additional OCT data analysis, the optical properties 
of tissue can be quantified: from the intensity of detected light versus 
depth the attenuation coefficient (μoct) can be fitted using Beers law  
[13]. This method has been applied in analyzing atherosclerotic plaque 
components  [14,15] and apoptosis and necrosis in human fibroblasts  
[16], showing that OCT indeed is sensitive for changes in μoct caused by 
morphological changes in tissue. Moreover, it has been demonstrated 
that the measured backscattering differs at various stages of tumour 
genesis (hyperplasia/dysplasia and neoplasia) in rat bladders  [17]. We 
therefore hypothesize that μt measurement from OCT enables assess-
ment of the grade of a bladder tumour. As a first step towards in vivo 
diagnostic application, we tested this hypothesis ex vivo by evaluating 
whether the attenuation coefficient differed between benign bladder 
tissue and different grades of UC.

In the operation theatre, representative bladder tissue samples from 
each tumour or suspicious lesion were put into separate numbered 
containers filled with isotonic saline. Within 1 to 3 hours after surgery, 
examination with OCT was performed at the department of Biomedi-
cal Engineering & Physics. Samples were measured with (what was 
considered to be) the luminal surface exposed, covered in saline to 
prevent dehydration. Directly thereafter each sample underwent reg-
ular histological processing: formalin fixation was followed by paraffin 
embedding, cutting sections of 4 µm thickness and haematoxylin and 
eosin staining at the department of Pathology.

OCT and histopathology analysis
The employed OCT system was a standard time domain OCT system, 
operating at 850 nm, using a moving reference arm and dynamic fo-
cusing in the sample arm. The axial and lateral resolutions of the sys-
tem were 14 µm and 6 µm measured in air, respectively. The measured 
signal to noise ratio (SNR) was 118 dB. We verified that the power cou-
pled back from the reference arm was constant over the scan range. 
Dynamic focusing was achieved by translating the sample arm lens in 
depth, during A-scan acquisition resulting in one A-scan per second 
data acquisition time. From each biopsy, one investigator (DMdB) crea-
ted 1 to 4 OCT B-scans which were stored on hard disk to be analysed 
at a later date.

Dynamic focusing allows precise measurements of the µoct of weakly 
scattering media, as described by Faber et al  [13], because during the 
measurement, the positions of the coherence and confocal gates are 
matched. Using Beer’s law, the detector current id of the system is des-
cribed as id [e−2 μoct z12  where 2z is the round trip path length of the light 
in the sample. 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 se-
lected region of interest in the OCT image using the Levenberg-Mar-
quardt least squares minimization algorithm(~100 A-scans of 2048 
points, 1.5 mm scan length) (Figure 1). Prior to averaging and fitting, 
all A-scans in the region of interest are aligned. The standard deviation 
correspon-ding to the average A-scan is used for weighting in the fitting 
procedure in such a way that depths with large standard deviation con-
tribute less to the minimization procedure.

Figure 1. Demonstration of the quantitative analysis of OCT data to obtain the µoct. 
1a is the obtained OCT B-scan of a bladder tumour biopsy (pTa grade 3), 
1b shows the aligned image with the region of interest (ROI) indicated in a square, 
1c shows the plot of the mean signal intensity versus depth of the selected ROI, the slope is fitted 
using Beers law (µoct indicated in dashed line).

The fit model features three parameters; an amplitude for scaling, the 
µoct and an offset, which is fixed at the mean noise level. An uncertainty 
estimate for the fitted µoct is computed from the co-variance matrix re-
turned by the fitting algorithm and is specified as 95% confidence in-
terval (95% CI) of the fitted µoct. The curve fit typically included ~1500 
points.

The stored OCT B-scans were analysed by 3 independent observers 
(ECCC, DMdB, DJF), who were blinded for clinical information and his-
topathological diagnosis. After the individual review of the B-scans, 
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the 3 observers together repeated the analysis of the B-scans to obtain 
a consensus-µoct of each scan. To this end, the B-scans were projected on 
a large screen. One observer aligned the image and selected the region 
of interest for fitting with the other 2 observers commenting to reach 
consensus.

In case of multiple B-scans from one biopsy, the mean µoct was calcu-
lated for both individual as well as for the consensus-µoct, with the cor-
responding 95% CI.

The histopathological diagnoses were made by 3 independent patholo-
gists (MV, JvdT, BR) working in the same academic center. They classi-
fied each biopsy as normal/benign, UC Grade 1, UC Grade 2 or UC Grade 
3, while being blinded for clinical information and OCT results. Sam-
ples in which a definitive diagnosis was not possible (e.g. due to caute-
rization, desquamation, insufficient size of the sample), were classified 
as non-diagnostic. It is well known that histopathological grading is a 
subjective method with a high interobserver variability reported in li-
terature (13-62%)  [18-20], despite guidelines on the interpretation of 
slides and consensus on the definition of the different grades  [21,22]. 
Therefore, we used a consensus diagnosis in order to optimize our re-
ference standard. For this, the 3 pathologists reviewed the samples 
together on a multihead microscope to reach a consensus diagnosis, 
after the individual review of the slides.

Statistical analysis
Since sample sizes across the different pathological categories were 
unequal and data was not normally distributed, a difference in consen-
sus µoct between the various pathological categories was evaluated by 
means of a Kruskal-Wallis test. The samples qualified as non-diagnostic 
at the consensus review procedure of the pathologists, were excluded 
from this analysis. The determined µoct are presented as median and 
interquartile range (IQR).

Interobserver variability of histopathology and OCT was assessed by 
measuring agreement between the 3 pathologists and the 3 OCT-ob-
servers, respectively. The interobserver variability of histopathology 
was assessed by calculating the Fleiss generalised Kappa, an interob-
server variability test for categorical data: both overall Kappa (Kappa 
for all pathological categories combined) and category Kappa (specific 
Kappa for each category). The interobserver variability of OCT-analy-
sis was assessed by calculating the intraclass correlation coefficient 
(ICC), an interobserver variability test for continuous data. For both 
outcomes (Kappa and ICC) the following interpretation of agreement 
better than expected by chance alone was used: fair 0.00-0.20, mo-

derate 0.21-0.45, substantial 0.46-0.75, almost perfect 0.76-0.99, and 
perfect 1.00. Negative value indicates less than chance agreement  
[23]. Statistical analyses were performed in cooperation with the Bio-
statistics department of our clinic, using the Statistical Package for So-
cial Sciences, version 16.0 (SPSS, Chicago, Ill., USA). For all analyses, 
p<0.05 was considered statistically significant.

Results

n total, 76 OCT scans from 54 bladder tissue samples ob-
tained in 20 procedures on 18 patients were available for 
analysis. Demographic and pathological characteristics are 
summarized in Table 1. 

The independent as well as consensus diagnosis of pathological grade 
of the samples is displayed in Table 2. Overall, 11 samples (20.4%) were 
classified as non-diagnostic by the pathologists’ consensus review pro-
cedure and were excluded for the Kruskal-Wallis analysis whilst the re-
maining 43 samples (60 OCT scans, 16 patients, 18 procedures) were 
included. The median 95% CI of the fitted µoct (consensus review proce-
dure) was 0.06 mm-1 (IQR 0.04-0.10 mm-1), indicating accurate fitting 

Figure 2.  Boxplot of attenuation coefficients for different pathological categories; horizontal lines 
represent median values, boxes indicate IQR and error bars indicate range. 
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procedures. The median attenuation coefficient of normal/benign tis-
sue was 5.75 mm-1 (IQR 4.77-6.14 mm-1) versus 5.52 mm-1 (IQR 3.47-
5.90 mm-1), 4.85 mm-1 (IQR 4.25-6.50 mm-1) and 5.62 mm-1 (IQR 5.01-
6.29 mm-1) for grade 1, 2 and 3 UC, respectively (H(3)=1.29, p=0.732) 
(Figure 2).

The interobserver agreement on the OCT data, evaluated by intra-
class correlation, was “almost perfect” (ICC 0.87, 95% CI 0.82-0.92, 
p<0.001). The overall agreement for histopathology, calculated by 
Fleiss generalised Kappa, was “substantial” (Kappa 0.63, 95% CI 0.54-
0.70, p<0.001). The Kappa’s and corresponding pathologists’ agree-
ment for the different histopathological categories are summarized in 
Table 3.

Discussion

lthough prior research  [17] showed a difference in backscat-
tering (e.g. OCT signal amplitude) in an OCT image contain-
ing both a normal and hyperplastic region, and another im-
age containing both a normal and neoplastic region, we could 

not demonstrate such a difference in the attenuation coefficient of 
bladder cancer tissue, in this human ex vivo study. Xie et al assumed in 
their theoretical model that nuclei were the main source of scattering, 
and that nuclear morphological changes occurring in carcinogenesis 
(increased nuclear-cytoplasm ratio, loss of polarity) could be detected 
by OCT based on measured backscattering. With a controllable bladder 
tumour model in Fisher rats they showed that the calculated backscat-
tering increased less than 20% in hyperplastic lesions, but over 60% 
for neoplastic lesions, compared to normal urothelium. The backscat-
tering change between hyperplastic and dysplastic lesions was insuf-
ficient to discriminate these stages  [17]. Note that changes in cellular 
morphology do not necessarily cause si-milar changes in μt and back-
scattering because the former depends on the scattering phase func-
tion in the backscattering direction which in turn is a strong function 
of particle size. 

Several factors, some inherent to an ex vivo experimental setting, might 
account for the lack of difference in µoct between the different patho-
logical types in the current study. First, bladder cancer is a morpho-
logically heterogeneous disease and different grades may exist within 
one tumour  [18,24]. Though OCT and histopathology both result in 
cross-sectional images of the sample, it is very difficult to obtain a his-
tological section of 4 µm thickness in a sample of 5x5 mm at the exact 
same point as where the OCT imaging took place, even if imaged areas 
would have been marked with ink. This discrepancy in region of inter-

est might therefore account for difficulties in correlation of the µoct with 
pathological grade. Moreover, histopathological grading can be based 
on just a few altered cells in a specimen, whereas OCT analysis ave-
rages morphology over a complete OCT image. Second, the relatively 
low Kappa value of histopathology indicates that grading of (some of) 
the samples was not straightforward. Despite the fact that we used con-
sensus histopathological diagnosis to optimize the reference standard, 
this subjective nature of histopathology might hamper correlation. It 
must be acknowledged that the OCT-analysis also has a subjective ele-
ment, i.e. the choice of the region of interest. Third, finding the right 
orientation of the biopsy (i.e. to identify the mucosal surface) can be 
difficult, especially in cold cup biopsies, which tend to be rather small 
(2x2 mm on average). For “warm” biopsies (biopsies obtained by resec-
tion), cauterization effects helped with the orientation, and the non-
cauterized side was regarded as the mucosal site. Nevertheless, this 
cauterization may induce changes in µoct and also account for artefacts 
in the OCT data. Moreover, the optical properties of excised tissue may 
change from live tissue. Although we took care to image the biopsies 
as soon as possible after resection, our present protocol did not allow 
faster processing than within 1-3 hrs after the procedure. To minimize 
any changes in optical properties, the biopsies were kept in isotonic 
saline solution after resection and during OCT imaging. Furthermore, 
the samples were measured in a relaxed state and not stretched and 
pinned, which would better mimic the in vivo situation in the human 
bladder. Hermes et al conducted an ex vivo study on qualitative analy-
sis of OCT for bladder cancer which enabled detailed tissue characte-
rization, and they did measure the specimens under gentle tension by 
clamping them on cork  [11]. Due to the small size of the specimens, 
this was not possible in the current study. In addition, we measured 
the samples at room temperature, and since the optical properties of 
tissue are temperature-dependent  [25], this may also have influenced 
the µoct in our study. However, the effect of temperature on µoct is most 
prominent in tissue with high-lipid content  [26], thus in bladder tissue 
this effect most probable will be minimal. 

Our current protocol did not allow deliberately taking biopsies of nor-
mal tissue.  Consequently, a paired comparison of µoct of normal versus 
tumour tissue within individual patients (i.e. patients as their own con-
trol) was not possible. Nevertheless, for 4 patients biopsies were taken 
that were classified as normal/benign and for which a biopsy classified 
as UC was also available. In a post-hoc test, we did compare the median 
µoct of the normal sample with the median µoct of the tumour sample (5 
samples in total for each group, data not shown). In 1 patient only, the 
tumour sample revealed a higher µoct (6.70 mm-1) than the normal sam-
ple (4.31 mm-1). In the other 3 patients the µoct of the tumour sample 
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was either equal to or lower than the µoct of the normal tissue. However, 
sample size was too small to draw statistically sound conclusions.

n addition, we made a sub-analysis on the 20 biopsies from tumours 
that were confined to the urothelium without invasion in the lamina 
propria or muscularis propria (pTa tumours). In these tumours mor-
phological changes occur solely in the most superficial layer of the blad-
der (i.e. urothelium). We assumed that measuring µoct for the complete 
depth of the sample would be inaccurate for these tumours. Therefore, 
we only determined the µoct from the most superficial layer identified in 
the B-scan. Within these 20 samples (3 samples with grade 1, 13 with 
grade 2, 4 with grade 3) also no difference in median µoct was found for 
the different grades (data not shown).

This study did confirm the high interobserver variability of histopatho-
logical grading. This was especially noticeable for grade 1 tumours, 
which is also acknowledged in literature  [18]. Because of this well 
known interobserver variability, an objective assessment of grade 
would be desirable because of its importance for prognosis and thus 
management. We could demonstrate that the interobserver variability 
for OCT-analysis was much lower than of pathology.

Some of the factors that may (at least in part) account for the lack of 
differences in µoct in our study, like orientation of the biopsies, cauter-
ization effects and the effect of tissue relaxation of the biopsies, are 
typical for an ex vivo setting. Since these factors may be circumvented 
in an in vivo approach using a cystoscopically guided fiber based cath-
eter to obtain the OCT data, further in vivo investigation of our hypoth-
esis is warranted.

Significance of this study 
Even though our hypothesis could not be confirmed, this study re-
vealed a number of points that are worth stressing. Most importantly, 
the correlation of in vivo measured µoct in suspicious lesions with histo-
pathology may be challenging because of the heterogeneity of bladder 
cancer and the (only) “substantial” agreement of the gold standard. 
Moreover, our study shows that the translation of theoretical consi-
derations and controlled animal studies [17] to a clinically realistic, 
heterogeneous patient population is far from straightforward. Finally, 
if an in vivo study (which is about to start in our center) would show 
a positive outcome, we can conclude that our present study mostly re-
flects limitations due to ex vivo circumstances rather than limitations 
of OCT technology; which could be an important factor in future study 
designs.

Conclusion

e could not confirm our hypothesis that morphological 
changes occurring in malignant bladder tissue can be as-
sessed in a quantitative way by determining the attenua-

tion coefficient by OCT in this ex vivo study. Because this lack of corre-
lation may (at least in part) be due to environmental factors typical in 
an ex vivo setting (orientation of the biopsy, cauterization effects and 
relaxed bladder wall), further in vivo testing is warranted.
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Tables

Table 1. Demographic and pathological characteristics

Patients                  18
Gender (%)

Male                  14 (77.8)
    Female                    4 (22.2)

Mean age (range), yrs 73.0 (53.4-88.0)
Procedure (%)

TUR                  17 (83.3)
                            Bladder biopsies                    3 (16.7)
Pathology – stage (%)
                            Normal/benign                    9 (16.7)
                            Ta                  20 (37.0)
                            T1                     4 (7.4)
                            T2                     5 (9.3)
                            Tis                     3 (5.6)
Non-diagnostic                   13 (24.1)
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TUR: transurethral resection of bladder tumour; Ta: non-invasive papillary tumours confined to 
urothelium, T1: tumours invading subepithelial connective tissue (lamina propria) but not mus-
cularis propria, T2: tumours invading muscularis propria, Tis: Carcinoma in situ (highly aggres-
sive flat tumour).

Table 2. Pathological grade – independent and consensus diagnosis

Pathologist A
N (%)

Pathologist B
N (%)

Pathologist C
N (%)

Consensus 
diagnosis
N (%)

Normal/benign   7 (13.0)   6 (11.1) 11 (20.4)   9 (16.7)
Grade 1 UC 10 (18.5)   5 (9.3)   7 (13.0)   3 (5.6)
Grade 2 UC   7 (13.0) 13 (24.1)   9 (16.7) 14 (25.9)
Grade 3 UC 22 (40.7) 18 (33.3) 15 (27.8) 17 (31.5)
Non-diagnostic   8 (14.8) 12 (22.2) 12 (22.2) 11 (22.2)

UC: urothelial carcinoma

Table 3. Kappa and corresponding pathologists’ agreement of the different pathological catego-
ries

Kappa (95% CI) Interobserver agreement [23]
Normal/benign 0.61 (0.23-0.99) Substantial
Grade 1 UC 0.26 (-0.12-0.64) Moderate
Grade 2 UC 0.50 (0.12-0.87) Substantial
Grade 3 UC 0.75 (0.34-1.00) Substantial
Non-diagnostic 0.84 (0.47-1.00) Almost perfect

UC: urothelial carcinoma 
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INTRODUCTION

ata from the American Cancer Society show a 70% increase 
in incidence of kidney and renal pelvis cancer between 2000 
and 2008 (31200 versus 54390 patients, respectively).(1) A 
significant part of this increase in renal cancer is attributed 

to the incidental discovery of small renal masses (≤ four cm), because of 
higher availability of abdominal imaging techniques such as CT or MRI-
scans.(2;3)A disadvantage of these imaging techniques is that often be-
nign renal masses can not be distinguished from malignant masses and 
therefore up to 20% - 30% of extirpated renal masses smaller than 4 cm 
appear to be benign on histopathological examination.(4) Although re-
cent studies proclaim renal biopsy to be an accurate diagnostic tool in 
the evaluation of renal masses(5;6), still non diagnostic biopsies exist, 
which consequently leaves room for diagnostic improvement(7). Fur-
thermore, accurate biopsies are of utmost importance when evalua-
ting the nature of a renal mass during an ablative treatment or in as-
sessing the status of margins in the course of a partial nephrectomy. 

Optical coherence tomography (OCT) is the optical equivalent of B-
mode ultrasound imaging. Instead of back-reflected sound waves, OCT 
images are based on back-scattered light. Depth-resolved detection 
of the back-scattered light results in high resolution cross-sectional 
images with a maximal image depth of 1.5-2 mm.
The maximal imaging depth is due to the loss of signal by scattering 
and absorption of light within the tissue. This attenuation of OCT signal 
is directly related to the optical properties of the tissue. Consequently, 
the attenuation coefficient (µoct), describing the decay of detected light 
intensity with depth, can be quantified using OCT by using Beers law(8). 
Recent studies demonstrate that quantitative measurement of µoct us-
ing OCT indeed is sensitive for changes of optical properties in tissue, as 
depicted in analysis of atherosclerotic plaque components(9;10), as a 
method to distinguish apoptosis and necrosis in human fibroblasts(11) 
and in thin optical phantom layers(12). 

Because malignant renal tissue displays larger and irregularly shaped 
nuclei compared to normal tissue(13), light scattering is expected to 
be larger, resulting in both changes in morphological appearance in an 
OCT image and in changes in µoct. OCT can visualize real-time pathologi-
cal changes in living kidney of rats both ex vivo(14) and in vivo(15;16). 
However, neither of these studies investigated OCT in its ability to dis-
tinguish malignant from benign renal tissue in patients with Renal 
Cell Carcinoma (RCC). Whereas optical spectroscopy has already been 
evaluated in several studies with promising results in distinguishing 
benign from malignant renal tumours(17-19), until date only one non-

Abstract

Objective
o avoid unnecessary surgical treatment of small renal mas-
ses (SRM, ≤ four cm), a more accurate diagnostic method 
would be desirable since radiological differentiation between 
malignant and benign is difficult and non diagnostic biopsies 
account from nine to 37%. 

Optical Coherence Tomography (OCT) measures backscattered light 
vs. depth, with an attenuation coefficient (µoct) that may vary among 
different histological types. We hypothesise that quantitative measure-
ments of µoct using OCT can differentiate between normal renal paren-
chyma and RCC.

Materials and Methods
Both normal and tumour renal tissues (RCC) were harvested after par-
tial- or radical nephrectomy. Analysis of µoct was based on difference of: 
1. µoct between normal and tumour tissue across all patients 
2. µoct between normal and tumour tissue within individual patients 

Results
Tissue samples of 18 patients were measured of which four were ex-
cluded (UCC, oncocytoma and benign lesion without normal tissue 
available). Of the remaining 14 patients, eight contributed with both 
normal and RCC tissue and six with only normal or RCC tissue.

Independent observation showed a significant difference between the 
median µoct of normal renal tissue (4.95 ) and the median µoct of RCC 
(8.86 mm-1). 
No statistically significant difference was found when comparing the 
difference in µoct between normal renal parenchyma and RCC within 
individual patients.

Conclusion
There is a significant difference in µoct between normal and RCC tissue 
across all patients. These results overpower the lack of significant dif-
ference within individuals, encouraging further research and sugges-
ting a possible role for OCT in the diagnostic workup of renal masses.
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peer review promising report on the field of RCC is available. In that re-
port OCT was able to detect structural abnormalities adjacent to and on 
the capsule of nine histological confirmed renal cell carcinomas (20). 

In order to assess the feasibility of OCT we assess in this pilot study the 
ex-vivo ability of OCT to distinguish malignant renal tissue from nor-
mal renal parenchyma in patients with RCC based on the attenuation 
coefficients of these tissue types.

MATERIALS & METHODS

Data collection & sample preparation
rom March to July 2009 consecutive patients scheduled for 
nephrectomy (because of tumour or other causes) or partial 
nephrectomy because of tumour were enrolled in the study.  
Inclusion was based on informed consent and conjoint avail-

ability of the department of Patho-logy and of OCT equipment at the 
department of Biomedical Enginee-ring & Physics (BMEP) at time of 
surgery. 

Immediately after surgical excision the specimen was transferred to 
the Pathology department. There, the specimen was prepared by a pa-
thologist and, if not compromising the procedures for standard clinical 
care, a random sample (one-two cm3) of macroscopic tumour tissue 
as well as a random sample (one-two cm3) of macroscopically normal 
looking renal parenchyma were harvested and preserved in saline. 
Without any delay the samples were transferred to the department of 
BMEP for OCT analysis.

OCT analysis 
From each tissue sample, one investigator (DMdB) obtained two or 
three OCT-images, depending on the amount of available tissue (i.e. in 
total five to six images per patient.). The tissue samples were imaged 
with a commercially available 50 kHz swept source OCT system (San-
tec Inner Vision 2000; 10 µm axial resolution, 11 µm lateral resolu-
tion, with light with a wavelength around 1300 nm). The OCT-images 
were stored in order to be analysed at later date. To obtain a quanti-
tative analysis of the OCT-images, the decrease of light intensity per 
millimetre (attenuation coefficient or ‘µoct’, in mm-1) of the tissue was 
determined (fig. 1) as described before, taking into account the appa-
ratus function(21) and the point spread function(8) of the OCT system. 
When renal capsula was present in a specimen, the attenuation coef-
ficient was measured below the level of the capsula. When performing 
the analysis, the investigator was blinded for tissue type and definitive 
pathology of the tissue samples. 

Figure 1 Optical coherence tomography image of a normal renal tissue sample (A) and renal cell 
carcinoma (RCC) tissue (B) with  a region of interest selected. Below in the graph the attenuation 
within this region of interest is plotted with the attenuation coefficient fitted, which in this case 
is 6.39 and 14.10 mm-1, respectively.

Statistical analysis
Standard pathological report was considered as the gold standard for 
comparison. All data were collected in a SPSS 16.0.1. database and ana-
lysed in cooperation with the Biostatistics department of our clinic. 

In our analysis we looked at: 
 1. difference of attenuation coefficient between normal renal paren-
chyma and RCC tumour tissue across all patients, treating each tissue 
sample as an independent observation. The determined µoct are presen-
ted as median and interquartile range (IQR).
2. difference of attenuation coefficient between normal renal paren-
chyma and RCC tumour tissue within individual patients, taking possi-
ble dependencies between tissues from the same patient into account.

For both analyses, the data were not normally distributed and there-
fore the Mann-Whitney-U test was used in the comparison of normal 
renal parenchyma with RCC tissue across patients and the Wilcoxon 
Signed Ranks test in the comparison within the individual patient. For 
both tests differences were considered statistically significant if the 
two-sided P-value was < 0.05.

RESULTS

n total 26 specimens of 18 patients were measured. Four pa-
tients were excluded because of definitive pathological diag-
nosis of transitional cell carcinoma TCC (n=2), oncocytoma 
(n=1) or a benign lesion (n=1) without suitable normal renal 

parenchyma to contribute to the control group.  From the remaining 
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sional imaging using optical scat-
tering of biological tissues. The 
technique showed its power in an 
experimental setting(9) and is 
currently clinically used in differ-
ent medical fields as ophthalmol-
ogy, cardiology and gastroentero-
logy(22-24).
The method provides tissue mor-
phology images at micrometer 
scale resolution representing a 
non-invasive, real time, in situ 
“optical biopsy”. In urology most 
of the reports on OCT focus on 
bladder and prostate carcino-
mas. In vivo sensitivity and spec-
ificity of 97.5% and 97.9% respec-
tively have been reported for OCT in combination with fluorescence in 
the diagnosis of bladder urothelial cell carcinoma(25). Even though 
OCT has shown to visualise real-time pathological changes in living kid-
ney of rats(15;16), to date only one report is available sho-wing OCT 
was able to detect structural abnormalities adjacent to and on the cap-
sule of nine histological confirmed renal cell carcinomas(20).
As depicted in figure 1, the structural information in OCT images can be 
similar for normal and tumour tissue, which makes diagnosis based on 
structural appearance challenging. The strength of OCT is that in addi-
tion to providing a structural image, quantitative measurements of the 
optical properties of tissues, such as the amount of light attenuation by 
scattering and absorption, are feasible. We hypothesized that OCT can 
distinguish normal from malignant renal tissue based on expected dif-
ferences in the attenuation coefficient (µoct): the larger and irregularly 
shaped nuclei that are more abundant in malignant tissue compared to 
normal renal parenchyma are expected to produce a larger degree of 
scattering. 
Our study shows a significantly higher OCT attenuation coefficient in 
RCC tissue than in normal renal parenchyma (p= 0.03) when all pa-
tients are grouped together (figure 2). Others already have shown, 
using optical reflectance spectroscopy both solely and in combination 
with fluorescence imaging(17;18), that the optical reflectance differs 
between renal tumour tissue and normal renal parenchyma. Fur-
thermore this difference is also evident when comparing RCCs with 
oncocytomas(19), suggesting that optical spectroscopy does not only 
distinguish between normal and tumour tissue but also between malig-
nant and benign tumours. In the latter study, the optical characteris-
tics of tumour surface were identical to core tumour tissue, suggesting 

14 patients, eight patients contributed with both tumour (RCC) and 
normal renal parenchyma. The other six patients contributed either 
with normal renal parenchyma (n=5) or tumour (RCC) tissue (n=1). 
Table 1 describes demographic and pathological data of patients in-
cluded in the study.

Since more than one OCT image was recorded from each patient, 
multiple values of µoct were available per patient for both nor-
mal and tumour tissue (eight patients), or either normal or tu-
mour tissue (14 patients). We therefore calculated the mean 
µoct ± SD for each patient and then grouped these values accor-
ding to the pathology report. In total 59 OCT images were analyzed. 
The accuracy of individual µoct determinations was derived from the fit 
statistics. In all cases, the 95% confidence interval on µoct was smaller 
than 1.34 mm-1.

Group comparison: Normal tissue vs. RCC tissue
We collected nine cases in the RCC group and 13 in the normal re-
nal parenchyma group. The median µoct of the normal tissue group 
was 4.95 mm-1 (IQR 4.05 – 5.68) compared to 8.86 mm-1 (IQR 5.09 
– 11.65) of RCC tissue group (see Fig. 2). A statistically significant 
difference was seen when comparing the median attenuation coef-
ficient of normal renal parenchyma and of RCC tissue (Mann-Whitney-
U test, p-value = 0.030).

Individual patient comparison
Furthermore, in the eight patients 
with both normal renal parenchyma 
and RCC tumour tissue, we compared 
their mean µoct of normal renal paren-
chyma with their mean µoct of RCC tis-
sue (i.e. patients as their own control). 
Figure 3 displays the outcomes per 
patient. No statistically significant dif-
ference was found between the mean 
µoct of normal and RCC tumour tissue 
(Wilcoxon Signed Ranks Test, p-value 
= 0.069). 

DISCUSSION

ptical Coherence Tomogra-
phy (OCT) is a non-invasive 
imaging technique that allows 
high quality, three-dimen-

Figure 2 Attenuation coefficient of nor-
mal tissue versus tumor (RCC) tissue 
with one outlier in the normal group. 
Bars indicate the 95% confidence inter-
val.

Figure 3 Attenuation coefficients (µoct) of normal 
and tumor tissue per individual patient. Bars dis-
play the 95% confidence interval. Relative large 
error bars are because of small sample size (n=2 
or n=3) per patient per tissue type.
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possible application in endoscopic measurements without the need for 
core biopsies to be performed(19).  However, absolute and highly loca-
lized measurements of optical properties are not possible using these 
techniques. OCT based techniques such as presented in this and other 
studies(26) can be the bridge between spectroscopic measurements 
and our present results.    

In our study, RCC tissue showed in six out of eight patients a higher 
attenuation coefficient than normal renal parenchyma. In the remai-
ning two patients this observation was reversed (see fig. 3). One of 
these two patients was known with renal insufficiency and the renal 
parenchyma corresponded to an end–stage kidney. Indeed, differences 
in OCT images between normal and ischemic renal parenchyma ex-
ist(15) and this may have jeopardized the results in this case as well. 
Other reasons for the lack of difference may be the scarcity of the sam-
ple and the relative heterogeneity of the normal renal parenchyma in 
this sub-cohort. 

We recognize the limitations of the present study. First, measurements 
were conducted ex-vivo, and therefore tissue perfusion was absent and 
the specimens were stored in saline. Secondly uneven samples were 
used for comparison between non-tumour renal parenchyma and RCC 
tissue and for the in-patient comparison. Although either non-tumour 
and tumour tissue were available in all patients, harvesting of both 
without potential compromise of the standard pathological assessment 
was not possible in all cases.  

Pilot ex vivo studies as the one hereby presented need to be confirmed 
and do not always preclude successful clinical results. These prelimi-
nary results are the first step in the assessment of OCT as a tool in 
the diagnostic process of renal mass evaluation and have justified the 
embarkment of a prospective in vivo study to assess possible OCT dif-
ferences between normal renal parenchyma and renal tumours, and 
ultimately differentiation between benign and malignant renal masses.
As statistical difference implies a range, overlap could be expected be-
tween normal renal parenchyma and benign and malignant renal tu-
mours. Predictive value of a certain attenuation coefficient, and con-
sequent establishment of cut-offs to distinguish between benign and 
malignant tissue will be necessary. As far as clinical utilities of OCT are 
concerned, if results are confirmed in vivo, OCT may be a useful tool 
in assessing surgical margins after partial nephrectomy and eventu-
ally development of ultrathin OCT probes may lead to the replacement 
of the percutaneous needle biopsy by a percutaneous “optical biopsy” 
without the need for puncturing the tumor.

We therefore conclude that ex vivo OCT attenuation coefficients were 
different between renal parenchyma and RCC tissue with RCC tissue 
showing a significant higher attenuation coefficient when all patients 
were grouped together per tissue type. Comparison within patients did 
not show statistically significant differences. However a larger and ho-
mogenous sample might be necessary to lead to definitive conclusions. 
Based on these results we do not reject our hypothesis and we will con-
tinue with in-vivo OCT analysis and eventually assess the potential of 
OCT to differentiate between benign and malignant renal tumours. 

tables

Table 1 Demographic and Pathological Data

Number of patients 14
Mean patient age, years 57.5
Male : female 11:3
Patients with RCC and normal tissue   8
Patients with only normal kidney tissue   5
Patients with only RCC tissue   1

Pathology:
Clear cell   3
Papillary   4
Chromophobe   2
Oncocytoma   1
Clear cell + chromophobe   1
Transitional cell carcinoma   1
Benign   1
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INTRODUCTION

he incidence of kidney and renal pelvis cancer is still rising, 
but a fast and reliable minimally invasive diagnostic method 
to establish a pre-operative diagnosis of renal tumors is not 
readily available. In contrast to malignancies in most other 

organs, the high number of non-diagnostic results following renal tu-
mor biopsy currently prevents general use of pre-operative biopsies in 
the diagnostic workup of (small) renal tumors. 

In a recent ex-vivo pilot study we showed that Optical Coherence To-
mography (OCT) successfully distinguished normal renal parenchyma 
from malignant renal tumors, based on the optical properties extract-
ed from the OCT images[1]. OCT is the optical equivalent of B-mode 
ultrasonography. Whereas ultrasonography is based on the intensity 
of time delayed reflected sound pulses, OCT is based on the intensity 
of back reflected light. The intensity in both modalities is mapped to a 
spatial coordinate in the imaged specimen. OCT provides micrometer-
scale resolution, cross-sectional images up to a depth of about 2 mm in 
renal tissue. Owing to this high resolution, OCT is usually visually cor-
related to structural information in histological images and therefore 
bear the potential to be the optical equivalent of normal biopsy (see 
fi-gure 1) [2]. The imaging depth is limited by scattering of light by or-

Figure 1 Example of an OCT-image (A) of renal tissue with the corresponding histology as seen 
by microscopy (B). The comparable size of the blood vessels (black holes on OCT, white holes on 
microscopy) demonstrates the similar order of resolution magnitude of both techniques.

ganelles and other cellular structures as the light penetrates the tis-
sue, which hinders reflections to return to the receiver. This attenu-
ation of the OCT signal can be observed in images by decreased sig-
nal from larger depth and can be quantified by measuring the decay of 
signal intensity per unit depth using Lambert-Beer’s law after careful 
calibration of the OCT system, resulting in an attenuation coefficient 
(μOCT, mm-1 )[3]. Because malignant tissue displays an increased num-
ber, larger and more irregularly shaped nuclei with a higher refractive 
index and more active mitochondria, the attenuation of light is expec-

Abstract

Objective
o determine the ability of optical coherence tomography 
(OCT) in differentiating human renal tumors in an in-vivo 
setting by assessing differences in attenuation coefficient 
(μOCT; mm-1) as a quantitative measurement. 

Methods
Consecutive patients undergoing nephrectomy (partial/radical) or 
cryoablation for an enhancing solid renal tumor were included in our 
center between September 2010 and May 2011. In-vivo OCT-images 
and attenuation-coefficients were obtained from renal tumor and nor-
mal parenchyma. Ex-vivo OCT-images of internal tissue were obtained 
after longitudinal dissection of the extirpated specimen. Attenuation-
coefficients of the OCT-images were compared between normal renal 
parenchyma vs. renal tumors (grouped per tissue-type and per indi-
vidual patient); and between OCT-images recorded from tissue surface 
vs. internal (sub-capsular) tissue.

Results
In-vivo OCT was performed in 16 cases (11 RCC, 3 benign tumors, 1 non-
diagnostic biopsy and 1 not-accessible tumor). Median attenuation-coef-
ficient of normal renal parenchyma was 5.0 mm-1 vs. 8.2 mm-1 for tu-
mor tissue (p<0.001) with normal parenchyma differing significantly 
from malignant tumor (9.2 mm-1, p<0.001) and non-significantly from 
benign tumor (7.0 mm-1, p=0.050). Benign tumors differed from that of 
malignant tumors (p=0.139). 
Using patients as their own control, attenuation-coefficients of nor-
mal renal parenchyma differed significantly from malignant tumor 
(p<0.001) and non-significantly from benign tumor (p=0.109). As-
sessed in 10 patients, no significant difference between attenuation-co-
efficient of tumor surface vs. attenuation-coefficient of internal tumor 
was seen (8.5 vs. 9.7  mm-1 respectively, p=0.260).

Conclusion 
In this first in-vivo study on OCT for differentiation of renal tumors 
in humans the attenuation-coefficients (as a quantitative assessment) 
differed significantly between normal renal parenchyma and malig-
nant tumor. Tumor surface and internal tumor did not differ signifi-
cantly suggesting that superficial OCT attenuation-coefficient reliably 
assess tissue composition inside the tumor. These results justify fur-
ther research on OCT for various clinical applications in the diagnosis 
of renal tumors. 
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through one of the trocars. 
By using the laparoscopic 
instruments, the tip of the 
probe was placed in contact 
with the kidney and tumor 
in a similar fashion as du-
ring open surgery and OCT-
imaging was performed as 
described above (figure 2). 
The overall image acquisi-
tion process took approx. 
5 minutes after which the 
normal surgical procedure 
continued. 

Ex-vivo measurements
After extirpation, the specimen was 
transferred to the department of Patho-
logy where the surface of the specimen 
was inked and cut longitudinal through 
the tumor to provide access to the tumor 
internal tissue (see figure 3). Then, inter-
nal (sub-capsular) areas of both tumor 
and normal parenchyma were imaged 5 
times each by OCT, analogous to the in-
vivo procedure. 

Quantitative analysis
The attenuation-coefficient (µoct) was de-
termined by one investigator (DMdB) 
who was blinded for pathology, by selec-
ting a region of interest (ROI) in the OCT 
image. In short, an average OCT signal vs. 
depth was calculated (figure 4). By using 

the depth-dependent response of the OCT system from the calibration 
measurement, the μOCT of the ROI was determined by curve fitting of 
Beers law.

Statistical analysis.
From the five OCT-images per tissue type per patient, the mean atten-
uation-coefficient was stored in a PASW 18.0.2 database and combined 
with clinical parameters and demographic data of the corresponding 
patient. The standard pathological report as issued for clinical purpo-
ses was considered as the gold standard for tissue classification.

ted to be higher compared to normal and benign tissue. We hypothesize 
that by OCT signal analysis, measurable differences in µoct between tis-
sue types can be assessed[4;5].
This pilot study is to our knowledge the first to assess the ability of 
OCT to differentiate renal tumor tissue from normal renal parenchy-
ma in an in-vivo setting in humans. Furthermore, we aim to assess 
whether benign tumors can be differentiated from malignant tumors 
and whether superficial imaging by OCT is representative for the tissue 
located below the renal capsule, given the limited penetration depth of 
the technique. 

METHODS

rom October 2010 to May 2011, consecutive patients sche-
duled for nephrectomy (radical or partial) or laparoscopic 
cryoablation (for a solid enhancing renal mass suspect for re-
nal cell carcinoma), were eligible for the study. Inclusion was 

based on informed consent approval by the patient and availability of 
the OCT-device at time of surgery. Institutional Review Board (IRB) ap-
proval for this study was acquired.

The commercially available Santec Innervision 2000 OCT system used 
for this study acquired X images per second of 2 mm by  4 mm with 9 
µm (depth) by 20 (lateral) µm resolution. The system was interfaced 
with a rotating sample arm probe that was developed in our insti-
tute for this study. The outer diameter of the probe was 2.3 mm and 
is therefore applicable with most common surgical trocars and endos-
copes. The imaging direction of the probe is perpendicular to its axis 
of rotation (i.e. “sideways looking”). Prior to OCT imaging, the system 
response vs. depth was carefully calibrated as described by Faber et 
al.[3].

In-vivo measurements
Surgery was performed without deviation of the clinical protocol of 
the department. In case of a radical nephrectomy, a small window was 
made in Gerota’s fascia at the confluence of the tumor and normal re-
nal tissue in order to provide access to the tumor surface. 
The in-vivo OCT-probe was inserted in an optically transparent endo-
ultrasound cover under sterile conditions (see figure 2). After access 
to the tumor and normal renal parenchyma was provided, the surgeon 
(MPL) placed the tip of the OCT-probe in contact with the normal renal 
parenchyma and the tumor. Five OCT-images were recorded and stored, 
labeled for patient ID and type of tissue. In case of a laparoscopic ap-
proach, the covered OCT-probe was introduced in the abdominal cavity 

Figure 3 Renal tumor longitudinally 
dissected in order to perform ex-vivo 
OCT-imaging of the internal tumor 
tissue.

Figure 2 The in-vivo OCT-probe covered in a sterile endo-
ultrasound cover used to obtain images from a renal tu-
mor during laparoscopic surgery. 
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Figure 4 OCT-images of normal and malignant tumor tissue and the quantitative analysis pro-
cedure. First, a region of interest (ROI) is selected in the OCT-image indicated with the vertical 
blue lines. Second, the OCT signal vs. depth within this ROI is plotted in a graph.  Finally, a math-
ematical model describing is fitted to this graph (transparent blue line) yielding the attenuation-
coefficient (µoct) for both normal and tumor tissue. A steep slope will result in a high attenuation-
coefficient.

Statistical analysis was based on: 

1. The difference of μOCT of normal tissue vs. μOCT of tumors, inclu-ding 
sub-comparison of: normal tissue vs. malignant tumor (1a); normal 
tissue vs. benign tumor (1b); and malignant tumor vs. benign tumor 
(1c), all using a Mann Whitney U test (MWU) due to non-normal dis-
tribution. 

2. The difference of μOCT of normal tissue vs. the μOCT of tumor per pa-
tient (e.g. patients as their own control), subdivided in: normal tissue 
vs. malignant tumor (2a) and normal tissue vs. benign tumor (2b), us-
ing a Wilcoxon Signed Ranks test (WSR) because of not normally dis-
tributed paired measurements.  

3. The difference of μOCT obtained from tumor surface vs. internal tu-
mor obtained after extirpation, using a WSR-test.
For all tests differences were considered statistically significant if the 
two-sided p-value was <0.05. 

RESULTS

rom all cases that underwent radical nephrectomy (RN) or 
nephron sparing surgery (NSS, partial nephrectomy or lap-
aroscopic cryoablation) in our department in the study pe-
riod, 16  cases were included and underwent per-operative 

in-vivo OCT imaging. Overall, 3 tumors were benign (1 oncocytoma, 1 
leiomyoma, 1 benign cyst) and in one case no definitive pathological 
diagnosis of the tumor could be made (non-diagnostic biopsy result 
during laparoscopic cryoablation). In one case, the tumor could not be 
imaged during laparoscopy due to dense perirenal fat. Further details 
of the tumors and patients are shown in table 1. For each OCT-image 
the μOCT is determined as shown in figure 4. 

Analysis 1: 
In-vivo comparison of normal renal parenchyma vs. tumor (per group).
The tumor with a non-diagnostic biopsy result was excluded from this 
analysis, resulting in inclusion of μOCT of 16 normal, 3 benign and 11 
malignant OCT-images. 
Median μOCT of normal renal parenchyma was lower (5.0 mm-1) com-
pared to tumor tissue (8.2mm-1), p<0.001. Among the 3 groups, (1a) 
median μOCT of normal tissue (5.0 mm-1) was lower than that of malig-
nant tumor (9.2 mm-1), p<0.001. (1b) 
Median μOCT of normal tissue (5.0 mm-1) was lower than that of benign 
tumor (7.0 mm-1), p=0.050. (1c) Median μOCT of benign tumor (7.0 mm-1) 
was  lower than that of malignant tumor (9.2 mm-1), p=0.139. The last 
two comparisons failed to reach statistical significance. The results are 
depicted in figure 5. 

Analysis 2: 
In-vivo comparison of normal re-
nal parenchyma vs. tumor (per pa-
tient). 
Two cases were excluded from this 
analysis (non-diagnostic biopsy 
and the case without a tumor mea-
surement), resulting in 14 patients 
with a μOCT of both normal tissue 
and the tumor. The results are de-
picted in figure 6.
The median μOCT of normal renal 
parenchyma (5.0 mm-1) was lower 
than that of malignant tumor (9.2 
mm-1), p<0.001.

Figure 5 Boxplot showing the median attenu-
ation-coefficient (µoct) and IQR’s of in-vivo ac-
quired OCT-images of the different tissue types. 
Normal µoct=5.0 mm-1 (4.3-5.4), Benign µoct=7.0 
mm-1 (6.7-N.A.), Malignant µoct=9.2 mm-1 (7.4-
9.9). The circle displays an outlier (pt. 16, 
chromophobe RCC). 
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Median μOCT of normal renal parenchyma (5.4 mm-1) was lower than 
that of benign tumor (7.0 mm-1), p=0.109. 

Analysis 3: 
Comparison of superficial and internal recorded OCT-images
Three cryoablation cases were excluded (no OCT imaging was possible 
because no tumor was extirpated) from this analysis. Three other cas-
es were excluded because pathology could not be processed immedi-
ately after extirpation. In the remaining 10 patients, no significant dif-
ferences were observed between superficial and internal μOCT for both 
normal (5.0 and 5.8, respectively, p=0.169) and tumor tissue (8.5 and 
9.0 respectively, p=0.260). The results are depicted in figure 7. 

DISCUSSION

n this study we report the first results of in-vivo performed 
OCT in renal tumors. Using quantitative assessment of the 
OCT-images a statistical significant difference between nor-
mal renal parenchyma and malignant renal tissue was esta-

blished, proving the ability of OCT to differentiate in-vivo normal and 
malignant renal tissue in real-time without violation of the tissue. 

In order to overcome obstacles in the diagnostic process of renal tu-
mors mentioned in the introduction, optical techniques are likely to 
be of additional value as they are light-based and therefore harmless 
to human tissue, providing real-time information and are suitable for   
miniaturization enabling integration with existing clinical procedures 
and instruments. Optical Coherence Tomography [2;6] is of specific in-
terest because it provides a ‘functional optical biopsy’: cross sectional 
images that can be correlated to histopathology in combination with 
quantification of optical properties that can be related to tissue phys-
iology and cellular organization. Publications on OCT in kidneys are 
scarce. In addition to ex-vivo studies demonstrating that renal micro-
structures can be visualized by OCT in order to assess ischemic damage 
as an indicator of transplant kidney viability[7;8] , we demonstrated 
the ability of OCT to differentiate normal and malignant renal tissue by 
quantitative OCT-assessment in an ex-vivo pilot study[1]. 
Shortly thereafter, Linehan et al.[9] described microstructural diffe-
rences of several renal tumors in ex-vivo acquired OCT images which 
allowed differentiation of several tumor types (e.g. AML and TCC). 
Unfortunately, clear cell-RCC and other renal cell carcinoma subtypes 
showed a heterogeneous appearance in the images, which precludes 
distinction of RCC from normal renal parenchyma based on the images 
alone.  In a very recent ex-vivo multi-observer qualitative study Lee et 
al. demonstrated that OCT combined with confocal microscopy could 
differentiate normal from neoplastic renal tissue with a high sensiti-
vity and specificity. Furthermore they observed a marked decrease of 
imaging depth in tumor tissue caused by a higher degree of scattering, 
which is fully compatible with our hypothesis[10].  
Translation of these promising ex-vivo results to clinical measure-
ments has never been proven and is not straightforward due to a va-
riety of factors involved[11]. In more detail, the availability of suit-
able OCT probes is limited. We therefore developed our own prototype 
imaging probe for this study. The present probe configuration allowed 
2-dimensional imaging with a small field of view which compromises 
image-based interpretation and comparison between tissue sites but 
did not hamper the ability to extract μOCT. 

Figure 6 Attenuation-coefficients of in-vivo acquired OCT-images of normal- and tumor tissue dis-
played per individual patient. Pts 4, 10 and 11 had a benign tumor (oncocytoma, benign cystic 
lesion and leiomyoma respectively). Pt. 8 had a non-diagnostic biopsy result. In pt. 12 the tumor 
was not accessible and pt. 16 had a chromophobe RCC.

Figure 7 Boxplot showing 
the median attenuation-
coefficient (µoct) and IQR’s 
of superficially and inter-
nal (sub-capsular) acquired 
OCT-images for normal renal 
parenchyma and tumors. 
Normal Superficial µoct=5.0 
mm-1 (4.2-5.4), Normal In-
ternal µoct=5.8 mm-1 (3.8-7.8), 
Tumor Superficial µoct=8.5 
mm-1 (7.4-9.5), Tumor Inter-
nal µoct=9.0 mm-1 (7.6-14.4).
The circle displays an outlier. 
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Moreover, most ex-vivo results were obtained in the center of the tu-
mor (specimen) whereas in an in-vivo setting only superficial mea-
surements can be obtained. We therefore assessed whether superficial 
OCT-imaging of tissue is representative for tissue which lays deeper. 
Comparison of μOCT obtained from tissue surface with internal (sub-cap-
sular) areas after longitudinal dissection of the extirpated specimen 
showed no significant differences. This representativeness of super-
ficial assessment using optical diagnostic tools with a limited penetra-
tion depth is also suggested by Bensalah et al. using Optical Reflectance 
Spectroscopy[12]. Interestingly, the spread in μOCT values is higher for 
internal tissues, which we attribute to inhomogeneity of the central 
tumor. 

The current in-vivo study demonstrates a statistically significant dif-
ference between μOCT for normal and malignant renal tissue, albeit still 
in a modest sample population. The small number of benign tumors 
precluded conclusions on OCT’s ability to differentiate benign from 
malignant tumors and normal tissue. Since the percentage (19%, 3 
out of 16 extirpated tumors) is compatible with reports in the litera-
ture[13;14], this limitation is hard to avoid in this primary phase of 
clinical research. Moreover, the biology of the benign tumors varied 
widely which makes interpretation of the determined μOCT challenging 
for these cases. 
In spite of this limitation the current preliminary data on the ability 
of OCT to differentiate between malignant and normal renal tissue as 
well as the recently showed synergistic effect between OCT and Raman 
spectroscopy reinforce the pursuit of the investigation in quantita-
tive OCT measurements in renal tumors. The ultimate goal should be 
to identify discriminatory cut-offs in the attenuation-coefficients be-
tween malignant and benign tumors.

If the diagnostic value of OCT is confirmed, the thin currently available 
OCT-probes can be integrated with biopsy needles enabling the incor-
poration of OCT into the diagnostic algorithm of renal tumors comple-
menting or substituting percutaneous or operative biopsies. Further-
more OCT could be used in the assessment of renal parenchyma margins 
after partial nephrectomy preventing frozen-section analysis.

CONCLUSION

OCT provides high-resolution non-invasive cross sectional images suit-
able for quantitative analysis. This phase-I study showed that OCT can 
be safely employed in humans. A significant difference between atten-

uation-coefficients of normal renal parenchyma and malignant renal 
tissue was found, proving the ability of OCT to distinguish malignant 
and normal renal tissue. Expansion of the population and validation of 
the results is needed in order to assess OCT as a clinically valuable new 
diagnostic tool. 
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tables

Table 1: Demographic data of patients and pathology of the 16 tumors

Mean age (years) 62.6 (30-81)
Mean tumor size (cm) 4.3 (1,7 – 11,0)
Male:female 11:5
Pathology
    Clear cell RCC 9
    Papillary RCC 2
    Chromophobe 1
    Benign 3
    Non-diagnostic (biopsy during LCA) 1

RCC: Renal Cell Carcinoma
LCA: Laparoscopic Cryoablation
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introduction

n the last 30 years, the incidence of vulvar intraepithelial 
neoplasia (VIN)—a premalignant skin disorder that often 
causes pruritus, pain, and psychosexual dysfunction—has 
increased more than 400% to approximately 2.5 cases per 

100,000 women in the United States.(1) In the Netherlands, the inci-
dence of VIN was 2.2 per 100,000 women a year in 2005.(2) VIN was 
previously graded into VIN 1 to 3. Recently, a new classification was 
adapted, which divides VIN into differentiated-type and usual-type VIN 
(dVIN and uVIN).(3) dVIN is associated with lichen sclerosis, and uVIN 
is caused by a persistent infection of human papillomavirus (HPV).
(4,5) Both types may progress into invasive vulvar squamous cell car-
cinoma (VSCC). The incidence of VSCC has risen by 20%, making it the 
fourth most common gynecological type of cancer, with an incidence of 
2.2 cases per 100,000 women annually in the United States.1 The pro-
gression rate of VIN into VSCC is about 9% in untreated patients, and 
3.3% in patients after treatment.(6) Overall, the rise in incidence of 
VIN and VSCC is mainly seen in women younger than 50 years.(1, 7–9)

In case of a VIN lesion, treatment consists of conservative surgical exci-
sion, laser vaporization or medical therapy. However, every attempt is 
made to avoid vulvar mutilation that may possibly lead to psychosexu-
al distress.(1,10,11) Recently, two medical treatments were studied in 
VIN.(12,13) In 2008, a randomized controlled trial demonstrated that 
imiquimod 5% cream (Aldara, 3M Pharmaceuticals) was successful in 
the treatment of VIN, although it is not yet approved by the U.S. Food 
and Drug Administration for this purpose.(12) In 2009 a prospective 
study with therapeutic vaccination was also successful in treating VIN.
(13) Nevertheless, even with imiquimod 5% cream or therapeutic vac-
cines, there is a chance of occult invasion and of recurrence of VIN 
after treatment. Therefore, patients are regularly examined to foresee 
occult invasion and check for possible new VIN lesions.6 However, the 
only way to obtain definite diagnosis in case of a vulvar lesion of uncer-
tain significance is by taking a punch biopsy, which can be painful.

Thus both diagnosis and follow-up after treatment express the urgent 
need for a fast, effective diagnostic tool for noninvasive assessment 
of VIN lesions. Optical coherence tomography (OCT) might be such a 
tool. OCT image formation is equivalent to ultrasonography, except 
that back-scattered light instead of back-reflected sound waves is used 
to produce cross-sectional images. The micro meter-scale resolution 
images range to approximately 2 mm in depth: a limitation mainly due 
to light scattering, which causes a decrease of OCT signal magnitude 
with increasing depth.

Abstract

ulvar squamous cell carcinoma (VSCC) is a gynecological 
cancer with an incidence of two to three per 100,000 wom-
en. VSCC arises from vulvar intraepithelial neoplasia (VIN), 
which is diagnosed through painful punch biopsy. In this 

study, optical coherence tomography (OCT) is used to differentiate be-
tween normal and VIN tissue. We hypothesize that (a) epidermal layer 
thickness measured in OCT images is different in normal tissue and 
VIN, and (b) quantitative analysis of the attenuation coefficient (μoct) 
extracted from OCT data differentiates VIN from normal vulvar tissue. 
Twenty lesions from 16 patients are imaged with OCT. Directly after 
data acquisition, a biopsy is performed. Epidermal thickness is mea-
sured and values of μoct are extracted from 200 OCT scans of normal 
and VIN tissue. For both methods, statistical analysis is performed us-
ing Paired Mann–Whitney-test. Correlation between the two methods is 
tested using a Spearman-correlation test. Both epidermal layer thick-
ness as well as the μoct are different between normal vulvar tissue and 
VIN lesions (p<0.0001). Moreover, no correlation is found between the 
epidermal layer thickness and μoct. This study demonstrates that both 
the epidermal thickness and the attenuation coefficient of vulvar epi-
thelial tissue containing VIN are different from that of normal vulvar 
tissue. 
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The first clinical application of OCT was in ophthalmology two decades 
ago to obtain in vivo cross-sections of the anterior(14) and posterior 
segment,(15,16) to diagnose glaucoma and corneal diseases, resp. reti-
nal diseases.(17) Nowadays OCT is commercially available and is wide-
ly used in ophthalmology. Besides ophthalmology, OCT is gaining mo-
mentum in other fields of specialties, such as cardiology and oncology.
(18–22) In gynecology, OCT is not yet established in the clinic, though 
several clinical studies have been performed. In one of these studies, 
OCT images of normal cervical tissue and cervical intraepithelial neo-
plasia (CIN) lesions were compared with histology reports. All images 
of normal cervix exhibited a repetitive pattern that presented normal 
squamous epithelium, contrary to the images of tissue that contained 
CIN II,III-lesions. Those images showed an unstructured homogeneous 
highly backscattering region with fast attenuation of the signal in 89% 
of the patients. In the same study, three patients with Paget’s disease 
of the vulva (a potential premalignant lesion) were imaged with OCT. 
When studying the images, the authors observed clear irregularities 
in the epithelial layer. Moreover, the basement membrane was no lon-
ger present in the microstructure.(23) During transition from VIN to 
invasive carcinoma, the basement membrane is interrupted and be-
comes discontinuous or absent.(24,25) In addition, in VIN, cells grow, 
change, and the epithelial layer thickens.(26) This layer thickness can 
be measured from OCT images,(23) though it does not provide infor-
mation about the architectural and cellular changes that occur in the 
la-yer itself during carcinogenesis. These changes can be elucidated 
from the light scattering properties(27) that are measured from the 
signal decrease with depth from OCT images, which is quantified by the 
attenuation coefficient μOCT. Studies have shown that quantitative mea-
surement of μOCT allows in vivo differentiation between different tissue 
types; for example, atherosclerotic plaque components.(28–30) In the 
kidney, it was shown OCT can distinguish between normal renal tissue 
and renal cell carcinoma.(31,32)

We therefore hypothesize that OCT can be used as an optical imaging 
tool to differentiate between VIN lesions and healthy vulvar tissue, en-
abling the gynecologist real-time measurement of suspicious lesions 
and reducing the need to perform a physical biopsy. The optical imaging 
consists of qualitative assessment of OCT volumetric imaging, quanti-
fication of the epidermal layer thickness through direct measurement 
from the OCT images, and attenuation coefficient measurement to de-
termine cellular organization in the epidermal layer.

Material & methods

Data Collection
rom August 2010 until June 2011, we performed a prospec-
tive study in patients with clinical suspicion of VIN from 
whom a punch biopsy or a local excision had to be taken in 
the outpatient clinic or in the o-peration room of the Nether-

lands Cancer Institute in Amsterdam, the Netherlands. Patient charac-
teristics are given in Table 1. This study was approved by the Medical 
Ethical Committee of our institute. Written informed consent was ob-
tained from all patients included. In total, 16 consecutive patients with 
a total of 20 suspicious lesions were included.

OCT Imaging and Analysis
OCT images were made with a commercially available 50 kHz swept 
source OCT system (Santec Inner Vision 2000) with a depth resolution 
of 10  μm and lateral resolution of 20  μm (in tissue) operating at wave-
lengths of 1300±60  nm. All scans were stored to be analyzed at a later 
date by one investigator (RW) blinded for the pathology report. From 
each patient, five OCT scans per suspicious site were recorded as well 
as five scans from a contralateral site, which was judged as normal (by 
one gynecologist). After OCT imaging, biopsy of the suspicious lesion 
was taken. When excision instead of biopsy took place, either an extra 
biopsy of the excised tissue was taken or a suture was used to mark the 
imaged tissue region to ensure that the pathologist would analyze the 
same tissue-part as imaged.

In total, 200 OCT scans were analyzed. Our analysis is illustrated in Fig. 
1. First, the thickness of the epithelial layer was determined by careful 
analysis of the OCT image by the investigator. The epidermal layer ap-
peared as a dark gray homogenous band within this image. This layer 
thickness could be determined with 10 μm uncertainty (correspond-
ing to the OCT depth resolution). Second, quantitative analysis of the 
OCT data, i.e., to determine the decrease of light intensity per millime-
ter (attenuation coefficient, μOCT [mm−1]), was performed as described 
before(33) using custom written software (LabVIEW 2011, National 
Instruments, Austin TX, USA). For this analysis, the data was fitted 
with a single exponential decay model after careful calibration of the 
total OCT system that includes specific definition of the point-spread-
function of the sample arm optics and the roll-off of the OCT system.
(33,34) In short, the investigator selected the epidermal region of in-
terest (ROI) in the OCT image. A suspected lesion was clearly discover-
able due to visible structural differences from normal epidermal OCT 
images and was therefore selected by the investigator for the analysis.
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Figure 1: a) Three-dimensional (3-D) representation of 15 by 15 by 3 mm OCT scan; (b) two-
dimensional (2-D) cross-sectional image with the region of interest (ROI) depicted in red. The 
epithelial layer is shown as the second dark gray layer in the cross-sectional image; (c) average A-
scan obtained from the ROI in the 2-D OCT scan. The thickness of the epithelial layer is measured 
in this graph and is represented as d. Attenuation fit (μoct) is represented by the slope of the OCT 
signal shown in transparent red.

Statistical Analysis
Standard pathological report was considered gold standard for com-
parison. All stained sections were reviewed by one gynecological pa-
thologist (HvB). From the OCT data, multiple values of epithelial layer 
thickness and epidermal μOCT were available per patient for both nor-
mal and suspicious tissue. The mean thickness and mean epidermal 
μOCT ± respective SD for each imaged site was calculated and grouped 
according to the histopathology report.

All data were collected and analyzed in R version 2.12 (The R founda-
tion for statistical computing, Vienna, Austria). In this study, we fo-
cused on the use of OCT in differentiating between normal tissue and 
VIN. In accordance, we concentrated on the OCT data of the sixteen 
lesions that contained VIN.

Figure 2: Cross-sectional OCT image versus histology corresponding from the approximately 
same site: (a) shows the thickened horny layer that is sometimes present in VIN; (b) shows the 
thickened epidermal layer.

Figure 3: Cross-sectional OCT image vs histology corresponding from the approximately same 
site: (a) shows the thickened horny layer that is sometimes present in VIN; (b) shows the thick-
ened epidermal layer.
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The difference in mean epithelial layer thickness (per site) and mean 
epidermal attenuation coefficient μOCT between normal vulvar tissue 
and VIN lesions per patient was tested using Mann-Whitney paired 
tests. Differences were considered statistically significant if the two-
sided p-value was <0.05. Receiver operating characteristic (ROC) 
curves were constructed to determine the optimal threshold [using the 
closest-to-(0,1) criterion] maximizing sensitivity and specificity. The 
ROC area under the curve (ROC-AUC) was calculated, and a bootstrap 
was used to determine the 95% confidence interval. 

Spearman correlations were used to compare mean epithelial layer 
thickness and mean epidermal attenuation coefficients for VIN and 
mean healthy tissue separately.

Results

ixteen consecutive patients with a total of 20 suspi-
cious lesions were included. The mean age was 56 years 
(range 42 to 67). Fifteen patients were postmenopaus-
al; one patient was premenopausal. Patients under-

went a median of two (range 0 to 16) surgical interventions pre-
vious to this study (Table 1). Of the measured lesions, 10% were lo-

cated periclitorial, 5% on the labia minora, 35% on the labia majora, 
and 20% were located perianal. Most of the lesions were white (70%), 
a few were pink (15%), fewer lesions were brown (10%) or red (5%). 
The histology report showed 16 lesions contained VIN, two contained 
hyperplastic tissue, one lesion appeared to be VSCC, and one lesion was 
normal vulvar skin.

Figures 2 and 3 present OCT images of two lesions that contained VIN, 
including the histopathology slide and the epidermal layers pointed 
out. Layers in OCT images showed close resemblance to the layers in 
the pathology slides. The cross-sectional OCT images are depicted with 
the corresponding histology from approximately the same site. These 
images show the thickened horny layer, which is sometimes present in 

VIN, and the thickened epidermal layer. Furthermore small arterioles 
might be present, shown as dark spots in the images.

Figure 4(a) presents the mean epidermal layer thickness for normal 
and suspected tissue per patient. The within-patient difference in mean 
epidermal layer thickness was significant, with VIN tissue being thick-
er (p<0.0001). Averaged over all patients, the mean epidermal layer 
thickness in normal vulvar tissue was 0.19±0.04  mm, while VIN tissue 
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had a mean epidermal layer thickness of 0.56±0.22  mm [Fig. 4(b) box-
plots]. Being perfectly separated, both the sensitivity and specificity 
was 100% for thresholds between 0.24 and 0.26 mm.

Figure 5(a) presents the mean epidermal μoct of normal and suspicious 
tissue per patient. The attenuation coefficient in VIN tissue was higher 
than in normal tissue (p<0.0001). There was one outlier (second bar). 
The healthy skin of this patient had a μoct of 6.7  mm−1 and the μoct of 
the VIN lesions was 8.7  mm−1. This patient appeared to have an ery-
thema of the vulvar skin, a later diagnosed contact allergy. Averaged 
over all 16 patients, the VIN lesions had a mean μoct of 6.2±2.1  mm−1 
and all imaged normal tissue sites had a μoct of 2.1±1.4  mm−1 [Fig. 
5(b) boxplots]. In addition, sensitivity (95% confidence interval) of 
the μoct was 88% (62 to 98%), and specificity 94% (70 to 100%) when 
using a threshold of 2.9  mm−1. The ROC-AUC was 0.95 (95% confidence 
interval: 0.86 to 1.00).

In normal tissue as well as VIN tissue, epidermal layer thickness and 
attenuation coefficient were not correlated (p=0.49 and 0.23, respec-
tively).

Discussion and Conclusion

n this study, normal vulvar tissue and suspicious lesions of the 
vulva were imaged in vivo with OCT. In the qualitative analysis 
of the OCT images, the main similarity between OCT images and 
pathology slides were the structural layers in the tissue. Quan-

titative analysis of these OCT images demonstrates that normal tissue 
and VIN lesions have a significant difference in both epidermal layer 
thickness and the attenuation coefficient.

To the best of our knowledge, this is the first study that images VIN 
lesions in vivo using OCT and quantifies image features related to mor-
phological changes occurring during carcinogenesis (e.g., epithelial 
layer thickness and attenuation coefficient). The application of OCT to 
vulvar disease was partially studied when 47 patients with premalig-
nant lesions of the cervix and three patients with Paget’s disease of the 
vulva were imaged.23 As in our study, qualitative comparison between 
OCT images of tissue structure and histology was performed.

Our study provides unique quantification of VIN morphology. It is well 
known that VIN leads to thickening of the epithelial layer.26 We hy-
pothesized that epithelial layer thickness could thus be used as a mar-
ker for the presence of VIN. Our findings confirm this hypothesis, albeit 
in a modest group of 16 patients and only to differentiate VIN from 
normal tissue. Clearly, other factors such as inflammation may also 

lead to epithelial thickening, reducing the specificity of these measure-
ments. Moreover, 15 out of 16 patients in this study were postmeno-
pausal. Postmenopausal vulvar skin tends to be atrophic and thinner, 
compared with premenopausal vulvar skin.35 Thicker layers, as long 
as they are within the maximum measurement depth of OCT, create 
more reliable attenuation coefficients compared to thinner layers.36 
As premenopausal women might have a thicker epithelial layer, we can 
expect an even more reliable attenuation coefficient determination.

Light scattering measurements are sensitive to variations in tissue mor-
phology (density) at subwavelength scales.27 Our OCT measurements 
are sensitive to variations on length scales of around λ/2≈650  nm; e.g., 
on the scale of organelles and cells.37 Which processes and changes 
during carcinogenesis are responsible for the measured differences 
as in our paper yet remain to be resolved, but possible mechanisms 
may be identified. For example, cancers are characterized by a high 
proportion of dividing cells38 during which the cells increase their 
DNA fraction. The refractive index of the nucleus, governing light scat-
tering properties, increases during the cell cycle when cells increase 
their DNA39 leading to changes in scattering properties compared 
with normal cells. In dysplastic cells, like the cells in premalignant 
epithelial lesions such as VIN, DNA replication takes place as well40 
so that changes in scattering properties may be anticipated. Our fin-
dings confirm these differences between VIN and normal vulvar skin 
(as quantified through the epidermal attenuation coefficient) albeit un-
der the same restrictions as the epidermal thickness measurements. 
For example, lesion number two in Fig. 5(a) shows an increased at-
tenuation coefficient for normal skin. The patient was later diagnosed 
with contact allergy, in which a complete cascade of signals lead to re-
cruitment of cells in the skin, changing the light scattering and absorp-
tion compared to normal, healthy skin.41

The measurements of epidermal layer thickness and attenuation coef-
ficient per lesion exhibited minimal correlation for both normal skin 
and VIN tissue. This finding suggests that both measurements can 
be used as markers for VIN and that possibly different mechanisms 
underlie their difference with normal values. For example, epithelial 
thickening caused by more but morphologically identical cells will not 
yield differences in μoct, while changes in intracellular refractive in-
dex will not cause large changes in layer thickness but can yield pro-
nounced changes in μoct. More importantly, a combination of the two 
measurements is likely to increase diagnostic accuracy when the ana-
lysis groups are expended beyond normal versus VIN only.

It is necessary to confirm our preliminary results in a larger study 
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population and investigate other vulvar diseases as well. In the Ne-
therlands, the incidence of VIN is 2.2 patients per 100,000 women.2 
Due to the low incidence of VIN, patients available for research are li-
mited. Until now, patients with a suspicious lesion of the vulva undergo 
a punch biopsy to get histological diagnosis. Besides the fact that his-
tological diagnosis cannot be performed in vivo, histological grading 
of VIN is difficult and pathologists have a high inter-observer variabi-
lity.42 Unlike pathology, OCT and OCT analysis can be performed non-
invasively, in vivo and in real time. Like pathology, our present OCT 
analysis relies on the experience of the investigator, specifically in se-
lecting layer boundaries for thickness/attenuation measurements. A 
study that elucidates both inter- and intra-observer variability for OCT 
analysis is currently being conducted in our institute.

The present study is a first step in using OCT to distinguish between 
VIN and normal vulvar tissue. Several reasons make this technique 
desirable. First, nowadays medical treatment becomes successful in 
treating VIN and biopsies will become more important in the outpa-
tient clinic.12,13 Second, VIN recurs frequently, and patients have to 
be followed for the rest of their lives. In the gynecological clinic, OCT 
could therefore improve diagnostic opportunities and reduce the num-
ber of biopsies needed.

In conclusion, this study shows that the epidermal thickness and at-
tenuation coefficient of vulvar epithelial tissue containing VIN is dif-
ferent from normal vulvar tissue. Successful optical imaging without 
the need for puncturing the patient might become possible in the gyne-
cological outpatient clinic.

tables

Table 1: patient characteristics

n=16

Age 56 (range 42 to 67)
Previous surgical treatments of the vulva Premenopausal: 1
Menopausal status Postmenopausal: 15
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describe protocols to include gold nanoparticle contrast agents, and 
present layered phantoms to quantify the contrast caused by these 
particles in OCT images.

Phantoms developed in chapter four are applied in chapter five. Here, 
we describe the developed phantom eye model containing a silicone 
based phantom retina of five layers with various scattering properties. 
Using this eye model, we quantified the intra-brand and inter-brand 
variation of retinal nerve fiber layer (RNFL) thickness measurements 
for four brands manufacturers (RTVue by OptoVue, 3DOCT-1000 by 
Topcon, Cirrus by Zeiss Systems and Spectralis by Heidelberg) of SD-
OCT devices. All systems combined overestimate the 49 µm thick phan-
tom RNFL thickness on average by 18 µm. Within brands, thickness 
measurements differ statistically significant for one Topcon, one RT-
Vue and one Cirrus. Between brands, thickness determined with RT-
Vue and Topcon differ statistically significant from Cirrus and Spec-
tralis. The maximum difference between mean thicknesses is 3.6 µm 
within brands and 7.7 µm between brands.

The effect of cell death on the OCT signal is described in chapter six. Ac-
curate detection of cell death can be carried out with use of molecular 
and cell biological techniques such as fluorescence activated cell sort-
ing, histology, assaying genomic disintegration, and protein analysis. 
However, these techniques lack the option for real-time in vivo moni-
toring and require invasive sample harvesting procedures. In this pa-
per, μoct and normalized µb-NA (backscatter coefficient) is investigated to 
measure alcohol (EtOH) mediated cell death in cultured human retina 
pigment epithelial cells (ARPE 19). Apoptosis appears to cause a dis-
tinct temporal attenuation and backscattering pattern. We discus that 
this pattern may be related to the change of extra and intracellular 
morphology of cells which is based on findings in this study and in lit-
erature.

In chapter seven, we describe our first application of functional OCT in 
grading of bladder cancer. Real-time grading of bladder urothelial car-
cinoma (UC) is clinically important, but the current standard for gra-
ding (histopathology) cannot provide this information. We hypothesize 
that using μoct, the grade of bladder UC can potentially be assessed. We 
evaluate ex vivo whether μoct differs between different grades of UC 
and benign bladder tissue. Human bladder tissue specimens are ex-
amined ex vivo by 850-nm OCT using dynamic focusing. Three obser-
vers independently determine the μoct from the OCT images, and three 
pathologists independently review the corresponding histology slides. 
For both methods, a consensus diagnosis is made. 76 OCT scans from 
54 bladder samples obtained in 20 procedures on 18 patients are in-

he purpose of the work presented in this thesis is to show the 
potential of functional OCT to discriminate pathological from 
normal tissues in several clinical settings, by means of the 
attenuation coefficient (chapter one). To that end, several 

fundamental studies were carried out to increase the fundamental un-
derstanding of the measured signals (in phantoms, during apoptosis) 
and both ex and in vivo investigations are performed in the urological 
and gynecological clinic.  

Chapter two starts with an explanation on interferometry, the basis of 
OCT. It also discusses the advantages and limitations of all OCT systems 
used throughout this thesis (time domain, spectral domain and swept 
source OCT). Also, optical system parameters are defined, such as the 
axial resolution, lateral resolution and depth sensitivity. It is empha-
sized that OCT is an extension of the confocal microscope. Moreover, 
it is important to notice that the OCT signal measured as a detector is 
proportional to the field rather than the power or amplitude. Function-
al OCT by means of the optical attenuation coefficient [μoct] is explained 
and the need for adequate system calibration. This chapter concludes 
with a description on how to implement the system calibration which 
allows to extract true attenuation coefficient values throughout this 
thesis

Chapter three presents the first application of three dimensional opti-
cal frequency domain imaging (OFDI) at a longer wavelength (1050 
nm) for the study of age related macular degeneration (AMD). We hy-
pothesized that the wavelength depended reduced attenuation in the 
retina and the prolonged effective ranging depth of the SS-OCT system 
of 1050 nm OFDI is particularly important for detecting retinal abnor-
malities expressed in patients with AMD, such as pigment epithelium 
detachment (PED) and visualizing occult (type 1) choroidal neovas-
cularization (CNV) below the retinal pigment epithelium (RPE). 1050 
nm OFDI was tested in three patients before and after anti-VEGF treat-
ment with ranibizumab. It was concluded that the developed system at 
1050 nm provides an improved roll-off (6dB over 2.75 mm) and good 
contrast for occult (type 1) CNV and may have advantages compared 
with time domain and current state of the art spectral domain OCT 
systems (SD-OCT) at 850 nm. 

In chapter four we describe the development of easy-to-manufacture, 
low-cost phantoms, using 50-300 µm thin layers as building blocks, 
which fulfill the desirable criteria by Pogue etal [1]. To our best know-
ledge, it is the first time that geometrical variations such as wavy 
structures mimicking the boundary between dermis and epidermis in 
skin and small capillary channels are demonstrated. In addition, we 
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cluded in this study. We conclude that functional OCT analysis (by μoct) 
does not detect morphological UC changes which we attribute to fac-
tors typical for an ex-vivo experimental setting and lack of good In-
terobserver agreement of histopathology.

To avoid unnecessary surgical treatment of small renal masses (SRM, 
≤ 4 cm), a more accurate diagnostic method is be desirable since radio-
logical differentiation between malignant and benign is difficult and 
additional core needle biopsies has shown to have a non-diagnostic rate 
up to 37%. In chapter 8, we evaluate the ex-vivo ability of the μoct to 
distinguish malignant renal tissue from normal renal parenchyma in 
patients with RCC based on the attenuation coefficients of these tissue 
types. Albeit on a limited number of samples, in this study we conclude 
that ex vivo OCT attenuation coefficients are different between renal 
parenchyma and RCC tissue with RCC tissue showing a significant 
higher attenuation coefficient when all patients are grouped together 
per tissue type. Comparison within patients does not show statistically 
significant differences. 

Based on results from chapter eight, the studies advanced into an in 
vivo setting in chapter nine.  Consecutive patients undergoing nephrec-
tomy (partial/radical) or cryoablation for an enhancing solid renal tu-
mor are included. In-vivo OCT-images and attenuation-coefficients are 
obtained from renal tumor and normal parenchyma. Ex-vivo OCT-imag-
es of internal tissue are obtained after longitudinal dissection of the ex-
tirpated specimen. Attenuation coefficients of the OCT-images are com-
pared between normal renal parenchyma vs. renal tumors (grouped 
per tissue-type and per individual patient); and between OCT-images 
recorded from tissue surface vs. internal (sub-capsular) tissue. In this 
first in-vivo study on OCT for differentiation of renal tumors in humans 
the attenuation-coefficients (as a quantitative assessment) differes 
significantly between normal renal parenchyma and malignant tumor. 
Tumor surface and internal tumor did not differ significantly suggest-
ing that superficial OCT attenuation-coefficient reliably assess tissue 
composition inside the tumor.

In chapter ten, OCT is used to differentiate between normal and vul-
var intraepithelial neoplasia (VIN) tissue. Vulvar squamous cell car-
cinoma (VSCC) is a gynecological cancer with an incidence of two to 
three per 100,000 women. VSCC arises from VIN, which is diagnosed 
through painful punch biopsy. We hypothesize that (a) epidermal layer 
thickness measured in OCT images is different in normal tissue and 
VIN, and (b) quantitative analysis of μoct extracted from OCT data dif-
ferentiates VIN from normal vulvar tissue. Twenty lesions from 16 pa-
tients are imaged with OCT. Directly after data acquisition, a biopsy 

is performed. Epidermal thickness is measured and values of μoct are 
extracted from 200 OCT scans of normal and VIN tissue. We found that 
both epidermal layer thickness as well as the μoct are different between 
normal vulvar tissue and VIN lesions (p<0.0001). This study therefore 
demonstrates that both the epidermal thickness and the attenuation 
coefficient of vulvar epithelial tissue containing VIN can be used to dif-
ferentiate between normal en VIN tissue.
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nalogous to ultrasound in operation but based on interfer-
ometry for signal  detection,  optical  coherence  tomogra-
phy  (OCT)  has  emerged  as  a  practical noninvasive  tech-
nology  that  can  produce  a  highly-accurate  structural  

cross-sectional images of superficial human tissue in vivo. Addition-
ally, functional extensions which are sensitive for local changes of the 
sample under study have been developed for OCT, which are increasing 
the applicability of the technique in many clinical fields.

The specific goal in this thesis was to show the potential of functional 
OCT to discriminate pathological from normal tissues in several clini-
cal settings, by means of the attenuation coefficient. To that end, se-
veral fundamental studies were carried out to increase the physical 
understanding of the measured signals (in phantoms, during apopto-
sis) and both ex and in vivo investigations were performed in the uro-
logical and gynecological clinic. 

The data and experience acquired throughout this thesis has led to five 
main conclusions:

Conclusion 1) 1050 nm SS-OCT/OFDI allows deeper imaging of the re-
tina and retinal pathologies. (Chapter 3)

This improved imaging depth is possible because of a) an improved 
roll- of performance of the swept source system and b) a reduced at-
tenuation for longer wavelengths (800 nm vs 1050 nm).  The latter is 
because tissue scatters less for longer wavelengths and the light ab-
sorption by water is still not a dominating factor in the eye for this 
wavelength. 
The results warrant that OCT at longer wavelengths, when not ham-
pered by absorption by water, is able to image deeper tissue structures 
and therefore allows the measurement of optical properties of deeper 
located tissue layers

Conclusion 2) OCT measures the optical property ‘the attenuation co-
efficient’ in thin layered low scattering phantoms to 50 µm and the at-
tenuation of the OCT signal scales linear as a function of density of scat-
terers within such a phantom. Moreover, the attenuation is different 
for phantoms with scatterers that have a different size and refractive 
index (TiO2 vs. SiO2). (Chapter 4 & 5)

Our results shows that functional OCT by means of the attenuation co-
efficient has the potential to measure change of the attenuation coef-
ficient in tissue whih is subjected to fundamental cellular changes such 
as the change of size, refractive index and concentration.

Conclusion 3) Functional OCT quantifies apoptosis related temporal 
change by means of the attenuation coefficient and normalized back-
scattering coefficient. (Chapter 6)

Measuring the change in attenuation and backscattering is possible 
because apoptosis is a fundamental cellular time depending process 
during which a) the cell membrane change in size and shape and b) 
cell organelles like mitochondria increase in activity which is related 
to size and concentration.
The results in this thesis show that functional OCT might be able to mea-
sure the change of attenuation coefficient in i.e. diagnosis of diseases 
in which apoptosis plays a vital role (Glaucoma, Age related macular 
degeneration) or during treatment of tumors that employs apoptosis 
as an important cell killing factor (i.e. novel focal therapies).

Conclusion 4) Functional OCT allows differentiation between healthy 
tissue and tumor (chapter 8, 9 &10)

This confirms our hypothesis that functional OCT is not only sensitive 
to changes of particle size, concentration and refractive index of an op-
tical phantom, but that it is also sensitive to similar changes that occur 
on the level of organelles and cells during carcinogenesis.  
Based on the results in this thesis, one may expect that functional OCT 
could act as an optical biopsy with added value in two scenarios. First, 
it could reduce the number of biopsies that are taken in diseases that 
currently require ‘random’ biopsy harvesting by preselecting suspi-
cious areas. Second, it could act as a non-, or minimal invasive follow-
up tool in disease management that currently require invasive biopsies 
to measure treatment result. 

Conclusion 5) Histo-pathological differentiation of low grade tumors is 
difficult and should therefore be used with consideration in studies that 
employs pathology analysis of low grade tumors as the gold standard 
(chapter 7).

The acquired results in our first attempt to relate functional OCT by 
means of the attenuation coefficient to healthy tissue and tumor re-
vealed a great discrepancy in pathology-consensus regarding the low-
er grade tumors by the three participating pathologists. 
Based on this, the studies that followed the bladder study were designed 
in close cooperation with pathologist to define measurable outcomes 
which minimized the existing discrepancy in consensus. An example 
of this is the change of a four –tier grading system (grade 1, 2, 3, 4) into 
a two –tier grading system (low and high grade) of epithelial tumors.
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niques, a biopsy-sampling protocol is required in which (core-needle) 
biopsies are taken. Current treatment of solid tumors and epithelial tu-
mors is based on systemic medication using chemotherapy and/or im-
munotherapy, radiation therapy (all using a balanced combination of 
necrosis and apoptosis to kill a tumor) or radical surgical procedures 
in which an organ is (partially) removed which comes with conside-
rable side effects. These concerns have led to the development of focal 
(i.e. localized) therapies such as laser-ablation, cryo-ablation or brachy 
therapy, a selective radiation or ablation technique, reducing lifetime 
morbidity and side-effects without compromising life expectancy. The 
success of these treatment strategies relies on accurate demarcation, 
using smart treatment planning protocols and real time identification 
(grading) and follow-up of the lesion.[5] Both follow-up strategies and 
real-time identification of a lesion are unmet challenges using the cur-
rent diagnostic techniques and OCT has the potential to fulfill this chal-
lenge. Additionally, the management of several cancers also allows a 
watchful waiting strategy in which a found suspected lesion is checked 
time to time in order to monitor the temporal changes. (Functional) 
OCT is an ideal candidate for this because it allows minimal invasive 
analysis of lesion grade related change of optical properties and stage 
related changes of layered tissue architecture i.e. visual detection of 
the basal membrane in the OCT image, an important factor in epithelial 
tumor staging and or tissue.

13.3 Needle based optical biopsy of solid tumors
The optical fiber based design of most OCT systems allows for integra-
tion with diffuse reflectance spectroscopy, another fiber based techno-
logy which have proven to be sensitive for physiological and biochemi-
cal changes in tissue. Combined in a single device, both state-of-the-art 
fiber optic technologies can i.e. be delivered through a 3 French (Ø = 
1mm) needle, minimizing damage to the probed organ. This optical bi-
opsy shows the morphology and architecture of the tissue at micro-
meter scale resolution (OCT) complemented by information on tissue 
function, e.g. cellular organization derived from light scattering (OCT/
DRS), micro vascular properties such as perfusion (OCT), vessel den-
sity, oxygen saturation (DRS) and biochemical composition, e.g. frac-
tions of water, fat, bilirubin, beta-carotene and hemoglobin (DRS).
[6–8] Using such an optical biopsy, the morphological and biochemi-
cal changes that occure during cancer development can be quantified, 
enabling real time lesion detection and tumor grading. Additionally, 
when a lesion is detected by an optical biopsy, the location information 
can be used as additional input for a more exact treatment planning 
protocol and a physical biopsy sample can be obtained by the operating 
physician to confirm final pathology.   

n this final chapter, the vision and recommendations of the au-
thor of this thesis on future research is given. This is partially 
based on the conclusions derived from this thesis which can be 
found in chapter 12 ‘Concluding Remarks’ .

13.1 The potential of functional OCT in ophthalmology: optical proper-
ties from all layers
In this thesis, we described swept source OCT at 1050 nm and showed 
that is allows a) excellent visualization of the deeper tissue layers of 
the retina and b) visualization of age related macular degeneration 
with quantitative analysis of RPE detachment reduction by anti VEGF 
treatment. However, diagnosis of pathology that requires high resolu-
tion OCT (beyond 5 µm in axial direction) might be hampered by the 
limitations in available bandwidth caused by water absorption and 
technological thresholds in laser source design.  Nevertheless, because 
of all the benefits, it is expected that 1050 SS-OCT technology will be-
nefit the current state of the art retinal OCT imaging.

Ophthalmic applications of functional OCT present an additional chal-
lenge. Retinal layers, typically ~5 to ~55 micrometer thin, are often 
insufficient to support accurate fitting of the attenuation coefficient. 
The solution of this problem lies in developing high resolution (adap-
tive optics) OCT systems to increase the data density in these small 
layers; and in developing methods to extract functional information 
from e.g. speckle statistics (that can be obtained from thinner, but la-
terally extended volumes).

Furthermore, implementation of quantitative flow analysis in all di-
rections combined with compensation for eye motion artifacts could 
result in a detailed description of the retinal micro vasculature.[1]  If 
visualization and functional analysis of this vasculature is fully imple-
mented in an ophthalmic OCT device which operates at 1050 nm, flow 
and possible perfusion of the surrounding tissue can be studied even 
until the deepest vascular part of the eye, the choroid. This could have 
possible consequences in the management of several ophthalmic di-
seases. [2–4]

13.2 The potential of functional OCT in cancer management: develop-
ment of the optical biopsy
Due to improvements in diagnostic techniques, small solid tumors oc-
cupying less than 5-10% of any organ can now be detected with tradi-
tional imaging modalities like CT, US and MRI. Many of these tumors 
are confirmed with physical biopsy and subsequent histo-pathological 
grade (aggressiveness) evaluation. Because of unclear information 
on grade and stage of the lesion on presently available imaging tech-
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13.4 Integration with cross-sectional imaging modalities 
Integration with cross-sectional imaging technologies such as Com-
puted Tomography (CT), Magnetic Resonance Imaging (MRI) ultra-
sound (US), Single photon emission computed tomography (SPECT) 
and positron emission tomography (PET) will become increasingly im-
portant. This is because medical imaging, especially in the detection of 
cancer, is progressing towards real-time point of care solutions which 
require a diagnostic tool that can a) find a lesion and b) differentiate 
this lesion. Functional OCT, because all aforementioned opportunities 
in paragraph 13.2 and 13.3  will have a large contribution to novel ap-
proach of diagnosing a disease.

13.5 Consideration on study design
It was not always possible to see a change in attenuation coefficient 
when compared to lesion grade and normal tissue. During investiga-
tion of functional OCT to grade bladder cancer, we stumbled onto fun-
damental limitations that are representative for an ex-vivo investiga-
tion. To optimize control during OCT imaging during the first attempt 
to relate optical properties to lesion grade, ultra high resolution time 
domain OCT with focus tracking around 800 nm was employed. How-
ever, the very small ex vivo biopsies imposes a challenge on both the 
OCT imaging, OCT signal analysis and pathology analysis which im-
paired good judgment on sample geometry (upside vs bottom). Fur-
thermore, we have shown that pathology analysis of low grade tissue 
samples is very difficult for pathologist. However, in the current design 
of these type of studies, pathology is defined, with good reason, as gold 
standard. Consequently, the challenging judgment of low grade tumors 
will always have an impact on the outcome of a study. To overcome 
this limitation, a study design needs to include a) a pilot study on large 
freshly excised specimens that allows optimal knowledge of tissue ge-
ometry and optimal histological analysis by a pathologist, b) a diagnos-
tic accuracy study that includes a range of consecutive patients with 
a control group (which could be healthy tissue from an available but 
similar contra lateral organ side from the same patient) with counter-
blinding for both pathology and OCT outcome during analysis and c) a 
trial design over a patient population which is powered by the diagnos-
tic accuracy study. 

The downside for this approach in study design is that is requires a sig-
nificant amount of time to develop a full study. Technological advance-
ments are usually much faster and, in case of OCT research, significant 
changes in instrument and data analysis were and are made in a short 
amount of time. This will impose ethical challenges during the duration 
of a study. Several attempts are employed to overcome this fundamen-
tal challenge, [9] which will hopefully result in a more practical, yet 

still fully scientific supported, solution to this. 
Within this thesis, we did start (when possible) with an ex-vivo pilot 
which progressed into a small study cohort. In case of the renal study 
(chapters 8 and 9) this has resulted into a large multicenter study to 
evaluate the diagnostic accuracy of optical biopsy using OCT to dis-
criminate between normal tissue and tumor tissue and to differentiate 
tumor subtypes (not in this thesis). 
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samenvatting

et specifieke doel van het onderzoek, beschreven in dit 
proefschrift, is het potentieel van functionele optische 
coherentie tomografie (OCT) aan te tonen bij het onder-
scheiden van pathologisch weefsel ten opzichte van normaal 

weefsel door gebruikmaking van de optische verzwakkingscoëfficiënt 
(hoofdstuk 1). 

OCT is een afbeeldingstechniek, analoog aan ultrageluid beeldvorming, 
waarin met behulp van licht 3D-opnames worden gemaakt van weef-
sel met een resolutie van eenduizendste tot eenhonderdste millimeter. 
De verzwakkingscoëfficiënt is een weefselspecifieke parameter die de 
afname van gedetecteerd signaal met toenemende diepte beschrijft. 
De verzwakkingscoëfficiënt is afhankelijk van de organisatie van het 
weefsel op (sub)cellulaire schaal en de biochemische samenstelling 
van het weefsel (respectievelijk verzwakking door lichtverstrooiing 
en lichtabsorptie). De verzwakkingscoëfficiënt bepaalt direct de meet-
diepte van OCT: voor de meeste weefsels is deze beperkt tot 1 à 2 mm.

De overgang van ‘normaal’ naar ‘ziek’ weefsel in verscheidene aan-
doeningen (bijvoorbeeld tijdens de ontwikkeling en progressie van 
kanker) gaat gepaard met een verandering in weefselstructuur. De 
centrale hypothese van dit proefschrift is dat deze veranderingen 
niet invasief (dus zonder verwijdering van weefsel) kunnen worden 
bepaald op basis van OCT-metingen van de verzwakkingscoëfficiënt.

Naast weefseleigenschappen wordt de verzwakkingscoëfficiënt bepaald 
door de (centrale) golflengte van het gebruikte licht. Voor OCT-toepas-
sing in de oogheelkunde wordt 800 en meer recent 1050 nm gebruikt 
(vanwege lage absorptie door het water in het glasvocht), terwijl in 
zachte weefsels 1300 nm de standaard is (vanwege lage verliezen door 
verstrooiing).

Om het begrip van de gemeten signalen te vergroten werden een aantal 
fundamentele studies uitgevoerd (bijvoorbeeld in fantomen, hoofstuk-
ken 4 en 5, en tijdens apoptose van cel-suspensies, hoofdstuk 6). Om 
de klinische waarde aan te tonen zijn zowel ex- en in-vivo-onderzoeken 
uitgevoerd in de urologische en gynaecologische kliniek (hoofdstukken 
7, 8, 9, 10).

In hoofdstuk 2 wordt interferometrie behandeld, het principe dat aan 
de basis staat van OCT. De voor- en nadelen van de verschillende in 
dit proefschrift gebruikte OCT-systemen (time domain OCT, spectral 
domain OCT, optical frequency domain imaging, OFDI) worden be-

schreven. Daarnaast worden de optische parameters van een OCT-sys-
teem gedefinieerd, zoals axiale resolutie, laterale resolutie en imaging 
diepte. Hoofdstuk 2 behandelt vervolgens functionele OCT: het door 
middel van analyse van de verzwakkingscoëfficiënt (μOCT) achterhalen 
van de pathologische status van het gemeten weefsel.

Bij het achterhalen van de status van het weefsel wordt het grote be-
lang van zorgvuldige kalibratie van een OCT-systeem onderstreept. Dit 
hoofdstuk eindigt met een uitleg van de praktische implementatie van 
een OCT-systeem kalibratie waardoor het mogelijk is om de exacte ver-
zwakkingscoëfficiënt van een monster te bepalen.

Het belang van de optimale keuze van de golflengte van het licht wordt 
beschreven in hoofdstuk 3. Dit hoofdstuk beschrijft de eerste toepas-
sing van OFDI gebaseerd op 1050 nm licht, een langere golflengte dan 
gewoonlijk gebruikt wordt in de oogheelkunde. De hypothese is dat de 
vergrote afbeeldingsdiepte (ten gevolge van lagere verzwakking door 
lichtverstrooiing aan het netvlies) van het ontwikkelde 1050 nm OFDI-
systeem belangrijk is voor het afbeelden van dieper gelegen retinale ab-
normaliteiten in patiënten met leeftijdsgebonden macula degeneratie 
(LMD). Deze hypothese is getest in drie patiënten voor en na standaard 
behandeling (anti-VEGF toediening). Er kon worden vastgesteld dat 
de vergrote imagingdiepte van het 1050 nm OFDI-systeem inderdaad 
voordelen heeft ten opzichte van de gangbare OCT-systemen rond 800 
nm. Het was bijvoorbeeld mogelijk om voor het eerst goed het choroid, 
de dieper gelegen bloedvoorziening van de retina, zichtbaar te maken.

Voor kwantitatieve bepaling van de verzwakkingscoëfficiënt is kalibra-
tie en validatie van de gebruikte OCT-systemen en methoden cruciaal. 
De ontwikkeling van testmonsters (fantomen) is dan ook een onder-
werp wat in de (bredere, biomedische optica) literatuur veel aandacht 
geniet.

Hoofdstuk 4 beschrijft de ontwikkeling van een relatief goedkoop en 
gemakkelijk te fabriceren testmonster (fantoom) dat voldoet aan de 
eisen zoals gesteld in de literatuur. Deze fantomen stellen gebruikers 
in staat hun OCT-systeem en eventuele bepaling van functionele para-
meters te kalibreren, vergelijken en te valideren. De Fantomen bestaan 
uit lagen van 50 tot 300 µm dik die functioneren als bouwstenen voor 
een eventueel multi-gelaagd complex fantoom. De beschreven fabri-
cage methode laat voor het eerst zien dat geometrisch complexe struc-
turen kunnen worden gemaakt op relatief eenvoudige wijze, waardoor 
het mogelijk is om weefsels na te bootsen, zoals de huid, bloedvaten en 
het netvlies. Ook wordt de inclusie van gouddeeltjes (een mogelijk con-
trastmiddel voor OCT) in een fantoom beschreven en wordt het con-
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trast berekend wat deze gouddeeltjes geven.

Als directe toepassing van de in hoofdstuk 4 ontwikkelde fanto-
men worden deze in hoofdstuk 5 toegepast om te bepalen of de vier 
meest gebruikte en commercieel verkrijgbare OCT-apparaten in de 
oogheelkunde van elkaar verschillen in het meten van de belangrijke 
klinische parameter ‘retinale zenuw-laag dikte’. Hiervoor werd een 
‘fantoom-oog’ ontwikkeld dat deze meting mogelijk maakt voor OCT-
systemen van hetzelfde merk en tussen verschillende merken (Op-
tovue, Topcon, Zeiss en Heidelberg). Alle systemen overschatten de 
werkelijke dikte (49 µm) van het kunstoog fantoom met gemiddeld 18 
µm. Diktemetingen binnen hetzelfde merk verschilden significant voor 
een RTVue, Topcon- en Zeiss-systeem. De dikte gemeten met RTVue 
en Topconsystemen verschilden significant van metingen met Zeiss en 
Heidelberg. Dit verschil tussen werkelijke dikte en gemeten dikte kan 
gedeeltelijk worden verklaard door de gebruikte segmentatiemethode, 
maar omdat deze segmentatiemethode door de fabrikanten niet wordt 
vrijgegeven is het niet mogelijk dit te verifiëren. Inadequate interne 
kalibratie van het OCT-systeem kan ook bijdragen aan afwijkende me-
tingen van de dikte. Daarnaast kan een speculaire reflectie die ont-
staat bij de overgang van water naar fantoom zorgen voor een verbre-
ding van deze meting.

Om het begrip te vergroten van het effect van morfologische, (intra)cel-
lulaire veranderingen op het gemeten OCT-signaal wordt het effect van 
celdood op het OCT-signaal beschreven in hoofdstuk 6. Nauwkeurige 
detectie van apoptose en necrose, de twee vormen van celdood, is be-
langrijk voor: a) de diagnose van verschillende retinale ziektes, en b) 
het meten van effecten bij nieuwe behandelingsvormen van kanker. 
Bovendien volgen apoptose en necrose nauwkeurig bekende stadia 
waarin verschillende intracellulaire veranderingen optreden. Detectie 
van apoptose en necrose wordt normaal gesproken gedaan d.m.v. celbi-
ologische technieken, zoals fluorescence activated cell sorting (FACS), 
histologie, eiwitanalyse, enzovoorts. Het nadeel van deze technieken 
is dat ze niet in vivo in te zetten zijn waardoor er invasieve technie-
ken nodig zijn, zoals het nemen van een biopsie om deze informatie 
te bemachtigen. Dit hoofdstuk onderzoekt de toepassing van de verz-
wakkingscoëfficiënt (μOCT) en de genormaliseerde terugverstrooiings-
coëfficiënt (µb-NA) als markers voor detectie van alcohol-(EtOH)-geme-
dieerde-celdood in gekweekte retinale pigment epitheel (RPE) cellen. 
Het induceren van apoptose resulteert in een verandering van de twee 
parameters gedurende het verloop van de tijd. Deze verandering wordt 
toegeschreven aan veranderingen van extra en intracellulaire mor-
fologie tijdens het apoptotische proces – voornamelijk mitochondriale 
processen.

Het hiervoor beschreven werk is gericht op een beter begrip van de 
gemeten signalen (OCT afbeeldingen + verzwakkingscoëfficiënt) afhan-
kelijk van de specificaties van het OCT-systeem zelf, en afhankelijk van 
(intra)cellulaire veranderingen tijdens celdood. Het is bekend uit de 
literatuur dat deze morfologische celveranderingen ook optreden tij-
dens de ontwikkeling van kanker. De resterende hoofdstukken richten 
zich op het vaststellen van de klinische toepasbaarheid en toegevoegde 
waarde van de voorgestelde technieken om kanker weefsel van nor-
maal weefsel te onderscheiden.

In hoofdstuk 7 wordt de eerste toepassing van functionele OCT be-
schreven voor de gradering (inschalen van celactiviteit) van blaas-
kanker. Real-time graderen van blaaskanker is klinisch belangrijk, om-
dat dit de keuze van behandeling beïnvloed, maar de huidige standaard 
voor graderen door middel van histopathologie kan deze informatie 
niet geven. Wij hypothetiseren dat, op grond van bekende morfolo-
gische veranderingen die ontstaan tijdens de ontwikkeling van blaas-
kanker, OCT door middel van μOCT-bepaling blaaskanker kan graderen. 
In eerste aanzet is deze hypothese onderzocht met behulp van  850 
nm time-domain OCT-metingen. Drie analisten hebben onafhankelijk 
van elkaar de μOCT bepaald van blaaskankerbiopten en drie pathologen 
hebben onafhankelijk van elkaar de corresponderende histopathologie 
bepaald. Daarnaast is er een consensus diagnose gemaakt voor beide 
methoden. Dit protocol is toegepast op een totaal van 76 OCT-scans 
van 54 blaasbiopten, verkregen tijdens 20 procedures uitgevoerd bij 
achttien patiënten. De negatieve conclusie uit deze studie dat het gra-
deren van blaasbiopten door middel van μOCT niet mogelijk is, wordt 
grotendeels toegeschreven aan:

a) de omstandigheden die ontstaan tijdens een ex-vivo-experimen
 tele studie, waarbij onder andere gedacht moet worden aan 
 problemen met de oriëntatie van het biopt; de reden daarvoor is 
 dat de onderkant niet van de bovenkant was te onderscheiden 
 en het feit dat verbrandingseffecten het biopt slecht bruikbaar 
 maakten voor de analyse;
b)  het gebrek aan een goede overeenkomst in pathologie-uitslagen 
 van de drie onafhankelijke pathologen. 

Om een deel van bovengenoemde factoren het hoofd te bieden, is voor 
het onderzoek, beschreven in hoofdstuk 8, besloten over te schakelen 
naar tumoren van de nier. Op basis van de huidige klinische protocol-
len is het mogelijk grotere weefselmonsters/biopten te bemeten, waar-
bij de oriëntatie en locatie van het biopt in het orgaan traceerbaar zijn.
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Vanuit klinisch oogpunt is er, om onnodige behandeling van kleine 
niertumoren te minimaliseren, een methode nodig die een accuratere 
diagnose kan stellen dan de huidige methoden. Hierbij is het belangrijk 
om normaal weefsel van tumorweefsel te onderscheiden en goedaardig 
van kwaadaardig tumorweefsel te onderscheiden. In hoofdstuk 8 eva-
lueren we de mogelijkheid om in een ex-vivo-setting μOCT toe te passen 
om hiermee normaal nierweefsel van nierkanker te onderscheiden. 
Ondanks een klein aantal weefselsamples, is geconcludeerd dat er een 
verschil in μOCT is tussen normaal weefsel en tumornierweefsel. Renaal 
nierkankerweefsel laat een significant hogere μOCT zien wanneer alle 
patiënten gegroepeerd worden per weefseltype. Echter, de vergelijking 
binnen een patiënt liet dit verschil niet zien.

De resultaten van hoofdstuk 8 hebben ertoe geleid dat een grotere fase-
1 in-vivo-studie is opgezet in het AMC om met behulp van μOCT nier-
tumorweefsel van normaal en goedaardig weefsel te onderscheiden 
(hoofdstuk 9). Met gebruik van een zeer kleine OCT-katheter was het 
mogelijk om in vivo aan de buitenkant (kapsel) van normaal weefsel 
en verdacht tumorweefsel van de nier te meten. Om de vraag te beant-
woorden of het kapsel van de nier en niertumor representatief is voor 
het centrale weefsel is er, na verwijdering van de nier, ex vivo gekeken 
naar het verschil tussen μOCT van het kapsel en μOCT van de centrale 
tumor. De μOCT waardes werden vergeleken per patiënt en gegroepeerd 
per weefseltype. In deze eerste in vivo studie om kapsulair nierweefsel 
te differentiëren op basis van μOCT werd vastgesteld dat de μOCT van tu-
morweefsel significant verschilt van normaal weefsel. In de studie om 
aan te tonen dat kapsulair weefsel representatief is voor centraal weef-
sel is er geen verschil gevonden tussen de μOCT van kapsel ten opzichte 
van centraal tumorweefsel. Hierdoor concluderen wij dat de μOCT van 
niertumorweefsel verschilt van normaal nierweefsel en een meting 
aan het kapsel representatief is voor de centrale tumor. Hiermee is de 
basis gelegd voor een grotere fase-2-studie om te testen of OCT gebruikt 
kan worden als optisch biopt van niertumorweefsel.

De voorgaande conclusie dat OCT op basis van μOCT onderscheid kan 
maken tussen normaal weefsel en tumorweefsel, gaf aanleiding om 
deze techniek ook in te zetten bij de diagnose van intra-epitheliale neo-
plasie van de vulva (VIN), het voorstadium van vulvakanker. De nor-
male diagnose van VIN gaat door middel van een pijnlijk punch-biop-
siemethode, waarvan bekend is dat het een zeer mutilerende methode 
is met veel additionele psychische problemen.

In hoofdstuk 10 wordt gekeken of functionele OCT kan differentiëren 
tussen normaal en VIN-weefsel. We hypothetiseren dat (a) de epider-
male laagdikte gemeten in OCT-afbeeldingen en (b) de kwantitatieve 

analyse van μOCT,  het mogelijk maken om VIN van normaal weefsel te 
onderscheiden. 20 verdachte plekken van zestien patiënten zijn geme-
ten en afgebeeld met OCT in deze studie. Direct na OCT-data-acquisitie 
werd er een biopt genomen voor de vergelijking met histopathologie. 
Epidermale dikte en μOCT waardes zijn gemeten in 200 OCT-scans (vijf 
per plek). Beide, de dikte en μOCT, zijn significant verschillend wanneer 
normaal met VIN-weefsel wordt vergeleken. Op grond daarvan kan 
geconcludeerd worden dat het gebruik van deze kwantitatieve waardes 
toegevoegde waarde heeft in de differentiatie van normaal weefsel ten 
opzichte van VIN-weefsel.

Als besluit worden de vijf voornaamste conclusies van dit onderzoek 
beschreven in hoofdstuk 12. Als eerste wordt geconcludeerd dat met 
behulp van 1050 nm OFDI, een vorm van OCT, het mogelijk is om dieper 
in de retina te kijken en dat het vervolgens hierdoor ook mogelijk is 
om afwijkingen die dieper in de retina plaatsvinden te visualiseren. 
Ten tweede wordt vastgesteld dat het mogelijk is de verzwakkingscoëf-
ficiënt van het OCT-signaal te meten in dunne homogene testmonsters 
(fantomen) van 300 µm dik en dat de verzwakkingscoëfficiënt lineair 
schaalt met de verandering van de concentratie licht verstrooiende 
deeltjes in een fantoom. De derde conclusie is dat het met functionele 
OCT mogelijk is om de veranderingen in de tijd, die tijdens geprogram-
meerde celdood (apoptose) plaatsvinden, te meten door middel van 
de verzwakkingscoëfficiënt en de genormaliseerde terugverstrooi-
ingscoëfficiënt. Als vierde conclusie wordt gesteld dat functionele 
OCT door middel van de verzwakkingscoëfficiënt een tumor van nor-
maal weefsel kan onderscheiden. Als vijfde en laatste conclusie wordt 
gesteld dat het histopathologisch onderscheiden van laaggradige tu-
moren moeilijk is en dat daarom studies die daarvan gebruik maken 
hiermee voorzichtig om moeten gaan.
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