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Abstract
Optical coherence tomography (OCT) is a non-invasive optical imaging technique
providing ∼10 µm resolution of tissue in vivo. Within ophthalmology, OCT has
already proven its value and is routinely used for diagnosing retinal diseases. In
many other areas the potential of OCT is explored worldwide, while the technique
itself is further developed with improved imaging speed, resolution and extensions
such as functional imaging.
This thesis focuses on improvements and tailoring of OCT for applications
within dermatology, especially skin cancer diagnostics. A two-fold approach
combining clinical measurements and development of better suited OCT equipment has been attempted. The diagnostic value at the current stage of OCT has
been evaluated in a cooperation with medical doctors. The study included 100
patients and showed a need for further improvements of the technique to make accurate diagnosis possible. Studies with a smaller number of patients investigated
the possibility of using OCT for thickness measurements of lesions and human
nails. The results were in correlation with ultrasound measurements, but with a
higher precision. In addition to these diagnostic studies, an attempt to monitor
treatment progress of photodynamic therapy was initiated. The use of Doppler
OCT for measuring blood flow changes has the potential to tailor the treatment
individually eventually with an improved outcome. A Doppler OCT system was
tested using phantoms and normal skin followed by patient investigations. Addressing the technical difficulties of performing these measurements and suggesting possible solutions was the major outcome.
Regarding the technical development, the primary concern was to improve
the resolution of the imaging technique, in particular the depth resolution. A
high depth resolution OCT system was constructed for imaging with a resolution
of about 2 µm and this system was tested with a number of light sources. The
possible advantages for diagnostic purposes were not evaluated because none of
the light sources were suited for imaging. The focus has therefore been testing of
the system showing promising results. With a suited light source the diagnostic
value of an increased resolution might be evaluated using this system.
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Populärvetenskaplig
sammanfattning
Cancer diagnostics is an increasingly important task in the modern world due to
an increasing cancer incidence and because diagnostics and treatment are given
higher priority. There are many requirements to a diagnostic system. First of
all it is important to provide an accurate diagnosis to be able to choose the right
treatment. In addition, it is preferable that the method is non-invasive opposite
the common used biopsy. Moreover, a relative quick method without any post
processing is advantageous. Finally, a relative cheap method is preferable not to
prevent widespread use. In general there are no diagnostic systems today fulfilling all criteria mentioned above. Therefore intensive research in new diagnostic
systems is performed including optical methods. Optical coherence tomography
(OCT) is a non-invasive optical technique providing real time images of tissue
with a resolution of about 10 µm. The technique is simple and therefore relative
low cost commercial systems are potentially realizable. However, it is still an
open question whether OCT images can replace biopsies.
The scope of this project is to investigate if OCT can contribute to an improved
diagnosis of skin diseases, in particular skin cancer. This has been accomplished
by performing clinical measurements as well as improvement and tailoring of the
technique. In cooperation with medical doctors, the main clinical study involved
100 patients with skin cancer and investigated the potential for diagnostics. This
study revealed that technical improvements are needed before OCT might be used.
An improved spatial resolution enables visualization of finer details in the images
and could be important for the diagnostic value of OCT. The technical part of this
project has therefore been focused on improving the resolution to a level enabling
single cell visualization. An OCT system supporting imaging with a resolution of
about 2 µm has been constructed. The system has been tested with preliminary
light sources developed in an European collaboration with promising results. Unfortunately, the light sources have not been fully developed and therefore clinical
measurements using the system have not been possible.
In addition to the diagnostic studies and development of the technique itself,
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iv
monitoring of treatment has been attempted. Using a Doppler OCT system it is
possible to detect the blood flow in the skin. During treatment of skin cancer using
photodynamic therapy, measurement of changes in blood flow has been attempted
because it is hypothesized that this could be used for determining the treatment
effect. Potentially, the blood flow information could be used for tailoring the
treatment individually to every patient and eventually improve the outcome. These
introductory measurements have identified a number of problems and possible
solutions are suggested.

Populärvetenskaplig
sammanfattning (Danish)
Diagnostik af kræft sygdomme er en atter voksende opgave i dagens samfund,
idet forekomsten er voksende og fordi diagnostik og behandling prioriteres højerere og højere. Kravene til et diagnostisk system er mange. Først og fremmest
er det vigtigt at kunne stille en nøjagtig diagnose for at kunne sætte ind med den
rette behandling. Desuden er det ønskeligt, at metoden er ikke-invasiv i modsætning til de traditionelt benyttede vævsprøver. Endvidere er det bekvemt, at
den diagnostiske undersøgelse er hurtig at foretage og ikke behøver tidskrævende
efterbehandling før en diagnose kan stilles. Endelig er det en fordel, hvis metoden ikke er for kostbart, så udbredelsen af teknikken ikke begrænses unødigt. I
dag findes generelt ingen ideelle diagnostiske systemer der opfylder alle kravene
ovenfor og derfor forskes intensivt i nye metoder til diagnostik, heriblandt nyere
optiske metoder.
Optisk kohærenstomografi (OCT) er en ikke-invasiv teknik der optager realtime billeder af levende væv. Da teknikken er relativ enkel, er der potentiale for
at færdige systemer kan blive forholdsvis billige. Det er imidlertid ikke eftervist,
at OCT har den fornødne nøjagtighed til at erstatte nuværende metoder. Formålet
med dette projekt er netop at belyse om OCT kan bidrage med forbedret diagnostik af hudsygdomme, specielt hudkræft. Dette er forsøgt ved dels at lave kliniske
målinger, men i høj grad også ved forfining af teknikken. For at undersøge det
kliniske potentiale, er der via samarbejde med læger udført flere rækker af patientmålinger. Den primære undersøgelse involverende 100 patienter med hudkræft og
forsøgte at kortlægge muligheden for diagnostik. Disse indledende resultater tyder på, at der i høj grad er behov for tekniske landvindinger før OCT har diagnostisk relevans i forbindelse med hudkræft. En øget opløsning der muliggør visualisering af finere detaljer er muligvis en forbedring der kan betyde rigtig meget for
den diagnostiske værdi af OCT. Den tekniske udvikling har derfor primært været
fokuseret på at øge opløsningen. Målet har været at opnå en opløsning så enkelte
celler kan visualiseres, hvilket antages vigtigt for diagnostiske formål. I projektet er der konstrueret et OCT system beregnet til billeddannelse med omkring 2
v
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µm dybde opløsning. Systemet er testet med foreløbige lyskilder fra et europæisk
samarbejde, men har endnu ikke været brugt til kliniske målinger pga. mangel på
egnede lyskilder.
Foruden diagnostiske studier og udvikling af selve teknikken, er der endvidere
undersøgt muligheden for at monitorere en behandling. Med et Doppler OCT system er det muligt at detektere den ganske beskedne blodgennemstrømning i huden.
I forbindelse med behandling af hudtumorer med fotodynamisk terapi, er der målt
på ændringen i blodgennemstrømningen, idet dette formodes at kunne relateres til
effekten af behandlingen. Potentielt kan disse informationer bruges til at skræddersy behandlingen til den enkelte patient og i sidste ende forbedre behandlingens
effektivitet. Resultaterne af disse indledende målinger har identificeret en række
praktiske problemer og mulige løsninger til disse.
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BCC

Basal Cell Carcinoma

D-OCT

Doppler Optical Coherence Tomography

FD-OCT

Fourier Domain Optical Coherence Tomography

FPGA

Field programmable gate array

FWHM

Full Width Half Maximum

MM

Malignant Melanoma

NMSC

Non Melanoma Skin Cancer

OCM

Optical Coherence Microscopy

OCT

Optical Coherence Tomography
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Photonic Crystal Fiber

PS-OCT

Polarization Sensitive Optical Coherence Tomography

SD-OCT

Spectral Domain Optical Coherence Tomography

SS-OCT

Swept Source Optical Coherence Tomography

TD-OCT

Time Domain Optical Coherence Tomography

UHR OCT

Ultra-high Resolution Optical Coherence Tomography
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Chapter 1
Introduction to OCT
The scope of this project has been to develop OCT equipment for dermatological
applications, especially diagnostics of non-melanoma skin cancer. An improvement of the depth resolution has been the primary goal of the technical development. Furthermore, the potential of OCT as a diagnostic tool has been explored
through clinical measurements on humans. Even though this thesis is focused on
applications and development of OCT within dermatology, this introductory chapter will serve as an overview of technique and the wide variety of applications.
Hopefully, this will make the rest of the thesis easier digestible and motivate the
project.
Optical coherence tomography (OCT) is a non-invasive optical imaging technique that has developed rapidly since the first realization in 1991 [1]. At present
OCT is commercially available and accepted as a clinical standard within ophthalmology for diagnosis of retinal diseases. Applications within biology and
medicine are currently explored by many research groups worldwide. In parallel
efforts are aimed at technical improvements regarding imaging speed, resolution,
image quality and functional capabilities. OCT is often characterized as the optical analogue to ultrasound using light instead of sound to probe the sample and
map the variation of reflected light as a function of depth. OCT is capable of
providing real-time images with a resolution typically better than 10-20 µm and
imaging with a resolution of 1 µm or less have been demonstrated [2, 3, 4]. The
penetration depth is highly tissue dependent and is typically limited to a few millimeters. The combination of high resolution and relatively high imaging depth
places OCT in a regime of itself filling in the gap between ultrasound and confocal
microscopy.

1
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1.1

CHAPTER 1. INTRODUCTION TO OCT

The technique

Optical coherence tomography is based on interference of light, which is related to
the coherence properties of light. In contrast to a laser radiating nearly monochromatic light OCT employs a broadband light source emitting polychromatic light.
In this section the principle of operation is explained referring to the first implementations, so-called time domain OCT (TD-OCT). In 1995 a more effective
scanning scheme known as Fourier domain OCT (FD-OCT) was introduced improving imaging speed. The principle of FD-OCT will also be explained followed
by a discussion of resolution, choice of wavelength and functional OCT.

1.1.1

Time domain OCT

The principle of OCT may be explained with reference to figure 1.1 [5, 6, 7].
A Michelson interferometer as shown in figure 1.1a can be used to measure the
ability of light to interfere with itself, i.e. the ability to amplify or blur itself
(’constructive’ and ’destructive’ interference, respectively). Light is split into two
paths using a beam splitter (half transparent mirror). The light directed against
the mirrors are reflected, recombined at the beam splitter and detected. Interference between the two reflections is possible only when the path lengths of the two
arms are matched within the so-called coherence length of the light source. The
coherence length is determined by the spectral width of the light - a broad optical
spectrum corresponds to a short coherence length and a narrow optical spectrum to
a long coherence length. When using a light source with a large coherence length
interference arises for even relatively large differences in path length. When correspondingly using a source with a small coherence length interference only arises
when the two path lengths are matched within the so-called coherence length of
the light. The coherence length determines the axial resolution. It is exactly this
effect that is used in OCT for distinguishing signals from different depths of the
sample. Consider one of the mirrors in the Michelson interferometer interchanged
with a biological sample as shown in figure 1.1b. Then every position of the scanning mirror corresponds to collection of signal from a thin slice in the sample. In
other words, determining from where the reflection originates is possible. Assuming a light source with Gaussian spectral shape, the intensity I of the interference
signal measured at the detector can be expressed as [6]
I ∝ cos(2ω0 ∆l/v p ) exp(−2∆l 2 σ2 /v2g )

(1.1.1)

where ω0 denotes the optical frequency of the light, ∆l the path length difference
between sample and reference arm, v p the phase velocity of light, vg the group
velocity of light and σ the spectral bandwidth of the light source (1/e value). Eqn.
(1.1.1) describes a sinusoidal signal as function of ∆l superposed an exponential

1.1. THE TECHNIQUE

a)
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b)

Figure 1.1: a) A Michelson interferometer and the interferometric signal b) A
Michelson interferometer with the fixed mirror replaced by a sample.

decreasing function of ∆l. In figure 1.1a the interference signal in eqn. (1.1.1)
is shown with a light source emitting a broadband spectrum. It is evident from
eqn. (1.1.1) that the exponential function decreases more rapidly for larger values of σ, i.e. the broader the optical spectrum, the thinner slice contributes to
the signal. The thickness δz of the slice that contributes to the signal, see figure
1.1b, is equal to the depth resolution of the system and inverse proportional to
the bandwidth σ of the light source according to eqn. (1.1.1), see also section
1.1.3 (the larger bandwidth the better resolution). The mechanism for selecting
signal from a specific depth is also referred to as coherence gating. By moving the
scanning mirror the coherence gate successively selects interference signal from
different depths. In this way a depth scan recording can be obtained, also referred
to as an A-scan. The depth scanning range is limited by the mirror displacement. Transverse resolution is determined by the spot size, which can be changed
with the focusing optics. It is important to point out that transverse and depth
resolution, respectively, are independent opposite to for example microscopy, see
section 1.1.3. Two dimensional data is obtained by moving the beam across the
sample while acquiring data (B-scan). By translating the beam in two directions
over a surface area three dimensional data can be collected. The A-scan rate is
the fundamental quantity determining the image acquisition time when B-scan
images are acquired. Imaging in a plane parallel to the surface at a certain depth
of the sample is known as én face imaging. The interference signal is amplified,

4
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filtered to improve the signal-to-noise ratio and then digitized and transferred to
a computer. From the digital signal the reflection strength is extracted. Data is
typically presented in an image using either a gray scale or color palette. A freespace optical beam propagation as sketched in figure 1.1 is possible even though
optical fiber-based systems are more convenient for clinical use. In figure 1.2a a
commercial OCT system for ophthalmologic diagnostics is shown (Zeiss), figure
1.2b shows a fiber-based prototype OCT system in a clinical environment, figure
1.2c an OCT image of the human retina and 1.2d an image acquired on the human
skin.

1.1.2

Fourier Domain OCT

In the TD-OCT scheme an A-scan is acquired by successively moving the coherence gate recording from one depth at a time. A more efficient scheme of
acquiring interference data was suggested and first realized in 1995 [8], with detection of light from all depths of the sample simultaneously. This method is
referred to as Fourier domain OCT and can be further divided into spectrograph
based systems, denoted spectral domain OCT (SD-OCT), and swept source OCT
(SS-OCT) employing a scanning laser and single detector1 . In figure 1.3a a typical setup for SD-OCT is shown. The light source used is the same as for TD-OCT
but the reference mirror is fixed. At the interferometer output a spectrograph is
used for detection, i.e. light is dispersed using for example a grating, meaning
split into single wavelengths or equivalent wave numbers k, and every component
is detected with a separate detector (array detector). The intensity I(k) measured
with the array detector consist of the superposition of light from the reference arm
and the sample
I(k) = S(k) | exp(i2kr) +

Z ∞

R(z) exp(i2kn(r + z))dz |2

(1.1.2)

z0

where k = 2π/λ is the wave number, S(k) the power spectrum of the light source,
n the refractive index of the sample, R(z) the amplitude of the backscattered light
from the sample, z0 is the offset between reference plane and sample surface related to the mirror position, 2r is the path length of the reference arm and 2z is the
path length difference between reference arm and sample. Without loss of generality it is assumed in eqn. (1.1.2) that light from the reference arm is reflected
without loss. It is only the interference term in eqn. (1.1.2) corresponding to the
cross term that carries depth information
Z ∞

I(k)int ∝ S(k)
1 Unfortunately

R(z) cos(2knz)dz

(1.1.3)

z0

there is no convention about the names, hence FD-OCT and SD-OCT are frequently interchanged.
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a)

b)

c)

d)

Figure 1.2: a) Zeiss Cirrus OCT system tailored for ophthalmology (courtesy
Carl Zeiss Meditec AG) b) Prototype OCT system in a clinical environment c)
OCT image of the healthy retina in a human eye showing distinct retinal layers d)
OCT image of human skin (palmar aspect, thumb) with a clear visible boundary
between the stratum corneum (dark upper layer) and the living part of epidermis,
and a visible change from a high intensity band (epidermis) to a darker area (dermis).
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a)

b)

Figure 1.3: Different embodiments of FD-OCT. a) SD-OCT b) SS-OCT system.
In both cases a frequency analysis of the measured signal is needed to find the
reflection strength with depth.

As seen by eqn. (1.1.3) the strength of the backscattered light R(z) from a given
depth z corresponds to an oscillation of I(k) on the array detector with a certain frequency of π/nz. In other words, the depth information is now frequency
encoded at the array detector. The strength of the backscattered light R(z) can
therefore be extracted from the detected signal by a frequency analysis (Fourier
transform). The depth scanning range is basically limited by the resolution of the
spectrograph which is closely connected to the number of elements on the array
detector. From eqn. (1.1.3) it is clear that the frequency at the detector array
increases with depth. The detector samples the signal in equal wavelength intervals dλ. The corresponding wave number interval δk ∝ k2 δλ is increasing with
wave number or equivalent with imaging depth. This uneven sampling results in
a degradation of the resolution with depth if the detector signal is used directly.
Non-linear scaling algorithms are needed to correct for this effect [6].
In figure 1.3b a typical setup for SS-OCT is shown. The broad bandwidth
light source usually employed has been exchanged with a laser that can scan over
a range of wavelengths. Furthermore a single detector is used. The interference
signal at the detector is for each wave number given by eqn. (1.1.3), but with one
detector the intensity change with wavelength cannot be measured as in SD-OCT.
Instead by changing the laser wavelength with time or equivalent the wave number
k by a constant rate it is seen from eqn. (1.1.3) that the frequency of the detected
signal only depends on the path length difference z between sample and reference
arm, i.e. the sample depth. Therefore a frequency analysis of the detector signal
gives the reflection strength as a function of depth. The depth scanning range in
this scheme is determined by the line width of the scanning laser because this
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determines the coherence length of light.
Comparing the two FD-OCT schemes, SD-OCT can be regarded as the superposition of many single-wavelength interferometers operating in parallel, whereas
SS-OCT operates with one wavelength at a time. The advantage of FD-OCT systems is the simultaneous detection from all depths which may be used to increase
the speed or sensitivity [9]. However there is some controversy regarding this issue. An analysis concluded that TD-OCT theoretically has the highest sensitivity
followed by SS-OCT and SD-OCT [10]. Recently, a study compared the imaging
depth of SS-OCT and TD-OCT experimentally and showed a superior imaging
depth in favor of TD-OCT [11]. The choice of OCT implementation should therefore be determined with respect to the application, i.e. need for speed, imaging
depth, resolution etc. Even though FD-OCT are considered as the modern version, TD-OCT might still have some relevance for applications not requiring fast
imaging but need of high imaging depth.
While TD-OCT is limited by the speed of the scanning mirror, SD-OCT is
limited by the read-out speed of the detector array or laser sweep rate, respectively.
The highest achieved A-scan rate is currently 60 Mhz using a spectral domain
system [12]. To overcome the limiting read-out rate of the array detector, this
has been replaced by 256 photodiodes. The fastest system using a swept source
achieves an A-scan rate of 20 MHz [13]. Both implementations are much faster
than time domain systems that typically operate at a scale of 10 kHz. With an
A-scan rate of 370 kHz a B-scan image consisting of 500 A-scans can be acquired
in about 1 ms corresponding to a frame rate of roughly 1000 Hz, i.e. 1000 images
per second. The fast imaging rate allows 3D data to be acquired with limited
motion artifacts, which in ophthalmology for example has been used to visualize
a macular hole in 3D [14].

1.1.3

Resolution and sensitivity

As mentioned above the depth resolution is dependent on the bandwidth of the
light source. Assuming a Gaussian spectrum the depth resolution δz is defined as
[6]
2 ln(2)λ20
(1.1.4)
δz =
πn∆λ
with λ0 denoting the center wavelength of the light source, n the index of refraction of the sample and ∆λ the spectral bandwidth of the source (full width half
maximum). Eqn. (1.1.4) is valid for both time and Fourier domain systems, but
in practice the number of elements on the array detector can limit the resolution
in SD-OCT. When the depth resolution is a few micrometers or below, the regime
is denoted ultra-high resolution OCT (UHR OCT) and such resolutions have been
obtained in several OCT implementations [2].
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The transverse resolution δx is determined by the spot size of the optical beam

[6]
δx =

4λ0 f
πd

(1.1.5)

where f is the focal length of the lens used for focusing and d is the diameter of
the beam at the lens. As a unique property compared to for example confocal microscopy, the transverse and depth resolutions are independent (depth resolution
depends on bandwidth of the source; transverse resolution depends only on focusing optics). This property makes imaging with a high depth resolution possible
with a relative large working distance; for example necessary for imaging of the
human retina. The spot size - and therefore the transverse resolution - varies with
depth on a scale known as the depth of focus zd given by [6]
zd =

πδx2
2λ0

(1.1.6)

As seen by eqn. (1.1.6), higher transverse resolution results in smaller depth of
focus. Therefore higher transverse resolution is followed by a faster degradation
of transverse resolution with imaging depth. In other words there is a trade-off
between transverse resolution and the maximum imaging depth in OCT. Therefore
a moderate transverse resolution is often used allowing a reasonable maximum
imaging depth. In addition to this inevitable degradation of transverse resolution
with depth, light scattering also causes degradation with depth which is wellknown in microscopy. In the multiple scattering regime this effect is predicted
substantial by theoretical models of the OCT signal [15]. The trade-off between
imaging depth and transverse resolution (not including light scattering) can be
overcome by overlapping the coherence gate and the position of the spot during a
depth scan, so-called dynamic focusing. However, this is only possible within the
TD-OCT regime because FD-OCT acquires all points in an A-scan at the same
time. Using an axicon lens it is possible to maintain a small spot over a larger
depth, which to some extent overcomes the problem [16]. When choosing a high
transverse resolution, imaging in a plane parallel to the surface is convenient since
then only slow dynamic focusing is needed. This is known as én face scanning
and combined with high transverse resolution referred to as optical coherence
microscopy (OCM). This imaging mode is the analog to confocal microscopy.
Notice, however, that fluorescence, which is often the main contribution to the
signal in confocal microscopy, is not registered using OCT because fluorescent
light is incoherent. The advantage of OCM compared to confocal microscopy is
an increased imaging depth because multiple scattered out of focus light is partly
filtered out using the interference principle in OCT [17].

1.1. THE TECHNIQUE
The signal to noise ratio (SNR) of an OCT system is given by
 ηP 
SNR = 10 log
hνNEB
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(1.1.7)

where P is reflected sample power (∝ source power), η the detector efficiency, h
Plancks constant, ν the optical frequency and NEB the noise equivalent bandwidth
equal to the electronic bandwidth of the signal. Because the electronic bandwidth
increases with optical bandwidth (i.e. increased depth resolution) and with increased imaging speed, there is a trade-off between speed, resolution and SNR.
The signal to noise ratio is also linearly dependent on the source power. The sensitivity is a measure of how weak signals that can be detected relative to the input
and therefore relates to the maximum imaging depth. Usually sensitivity and SNR
is used interchangeable even though other definitions exists [10]. Most OCT systems achieve sensitivity in the range of 90-100 dB, which means signals as small
as 10−9 − 10−10 of the input can be detected. In figure 1.4 the resolution and penetration of OCT and OCM are sketched together with confocal microscopy and
ultrasound. Confocal microscopy has superior resolution but very limited penetration whereas ultrasound has large penetration but coarser resolution. OCT and
OCM fills in the gap between ultrasound and confocal microscopy with a larger
penetration than confocal microscopy and higher resolution than ultrasound. Furthermore OCT does not need physical contact to the sample. Comparing OCT
to other imaging modalities the lack of resolution in the favor of OCT is striking
(magnetic resonance imaging, X-ray imaging for instance). Another advantage of
OCT is the possibility of producing very small probes, which is highly relevant
for endoscopic use where a fiber optical implementation is also advantageous.

1.1.4

Light source requirements

As already mentioned, light sources for OCT needs to emit a broad spectrum because this is equivalent to short coherence length and correspondingly high depth
resolution. Furthermore optical power, spectral shape and noise characteristics
are important parameters [6, 7]. Commercial turn-key sources are available, but
only with a bandwidth allowing resolution on a scale of about 10 µm. Sources
with larger bandwidth are desirable and achievable on a research basis i.e. more
complicated and expensive setups not yet suitable for clinical use. As an example a femto-second laser pumping a photonic crystal fiber (PCF) has been used to
achieve a resolution less than 1 µm [3]. Notice in this context that the same light
sources can be used for both TD-OCT and SD-OCT. For SS-OCT a scanning laser
is employed, which is also commercially available with a scanning range corresponding to a depth resolution of 10 µm and limited speed compared to state of
the art sources developed in research. Compact and low-cost broadband sources
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Figure 1.4: OCT and OCM compared to ultrasound and confocal microscopy
regarding resolution and penetration, notice the log scale on both axes)

(including scanning lasers) are currently an active research area. The choice of
wavelength is important for the imaging depth and depends on the application.
When light is propagating through tissue it is attenuated by scattering and absorption. Light scattering is decreasing with wavelength which is an argument
for choosing longer wavelengths. However light absorption can be considerable
higher at longer wavelengths and therefore there is a trade-off when choosing
wavelength. In figure 1.5 the absorption spectra of water and melanin are shown,
respectively, with an indication of the regions with low light absorption known
as the ’water windows’. Another issue is dispersion which is the difference in
light velocity for different wavelengths resulting in a degradation of depth resolution due to different wavelengths arriving at different times at the detector. In the
case of water for example, the dispersion is zero for a wavelength in the order of
about 1050 nm [18]. For imaging the retina, center wavelengths in the range of
800-1100 nm are desirable to minimize the water absorption and dispersion in the
outer part [19]. In highly scattering tissue, such as skin, center wavelengths in the
range of 1300 nm is typically employed lowering scattering losses. In biologic
tissue with low water content, experiments have shown an advantage of using a
wavelength as high as 1600 nm regarding maximum imaging depth [20].
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Figure 1.5: The dependency on wavelength for tissue absorption. Data from [21]
and [22]

1.1.5

Functional OCT

Up to this point we have only considered the information represented by the amplitude of backscattered light referred to as structural OCT images. Functional
OCT adds additional information extracted from the measured signal. This includes flow measurements by Doppler OCT (D-OCT), birefringence detection by
polarization sensitive OCT (PS-OCT) or spectroscopic information (spectroscopic
OCT). Functional OCT can provide valuable knowledge of the sample which is
not contained in the structural OCT image.
Doppler OCT
The first system implementations of Doppler OCT acquired the velocity of the
scatters by analysis of a single A-scan [23, 24]. Later, another method was introduced acquiring more A-scans in the same transverse position. By comparison of
these A-scans the velocity of the scatters can be found by looking at the displacement of the signal knowing the time between two A-scans. This method is known
as sequential A-scan processing and the advantage compared to the former is an
increased image speed that allows real-time Doppler imaging while maintaining
the capability of sub-mm/s velocity sensitivity [25]. Even though the last method
measures a velocity and not the Doppler shift directly as the first implementations,
it is still named Doppler OCT. A more descriptive name would be displacement
sensitive OCT, but would probably introduce some confusion. Flow information
is also obtainable using laser Doppler imaging but contrary to D-OCT there is no
depth resolution [26]. Using D-OCT it is for example possible to visualize the embryonic vascular system at high speed [27]. Even though it is the velocity parallel
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to the beam direction that is measured, an absolute velocity determination without prior knowledge of the flow direction has been demonstrated by analysing the
spectrum of the backscattered light [28]. The flow information can be mapped in
the same way as structural OCT images using a gray scale palette but is typically
shown in colors. More commonly, however, D-OCT is overlayed the structural
OCT image showing the flow information in color and the structure in gray-scale,
thus, making it easy to assess flow relative to structure. Measurements of total
blood flow volume in the human retina was demonstrated recently in vivo [29].
D-OCT is expected to be important for diagnosis of a number of retinal diseases
including glaucoma and diabetic retinopathy, but the research in this area is still
at an early stage [30].
Polarization sensitive OCT
In general, light can be described as a transverse wave allowing two possible independent directions of the vibration plane. The direction of the vibration plane
is known as the polarization plane [31]. Usually the velocity of light in a medium
is independent of the polarization. However, materials exist for which the velocity depends on the polarization; these are referred to as birefringent materials or
are said to exhibit birefringence (’two index of refraction’). In biological tissues
it is usually highly organized tissue as for example collagen fibrils that exhibit
birefringence. The net effect of light propagation through a birefringent material
is a change of the polarization direction with propagation distance. Polarization
sensitive OCT first demonstrated with free-space optics in 1992 is capable of measuring this change [32]. Later fiber-based polarization sensitive systems have been
demonstrated [33]. PS-OCT can be used to identify tissue that is birefringent and
as a diagnostic tool for diseases that break up the ordered structure resulting in a
loss of birefringence. In ophthalmology it has been suggested that PS-OCT can
be used for a more precise determination of the retinal nerve fiber layer thickness which is important for glaucoma diagnosis [34]. For diagnosis of age-related
macular degeneration PS-OCT has also been suggested to provide important information [35].
Spectroscopic OCT
Light absorption at specific wavelengths is a signature of the sample composition
and may be of great value. The use of a broadband light source in OCT makes
absorption profile measurements of the sample possible, which is denoted spectroscopic OCT [36]. Spectroscopic OCT combines spectroscopy with high resolution imaging enabling mapping of the chemical structure. Spectroscopic OCT becomes increasing relevant with broader bandwidth sources since it is more likely
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to coincide with certain relevant or desired sample absorption lines. The technique has been used to assess the oxygen saturation level in blood [37]. Because
OCT typically operates in the infrared region, elastic scattering is actually more
common than absorption. Imaging separately with two different wavelengths is
another spectroscopic approach which probes the wavelength dependent scattering. From these separate images a differential image can be constructed with
increased contrast [38].

1.1.6

Combining OCT with other techniques

Development of multi modal systems is a popular discipline these days. Combining OCT with Raman spectroscopy and fluorescence are examples of such multi
modal systems that has been attempted. The idea is to collect complimentary
molecular information adding to the spatial resolved morphology provided by
OCT. Considering diagnostics, OCT may be used to delineate a certain lesion
while the molecular information ideally is used for increased diagnostic accuracy.
Combining coherent antistokes Raman spectroscopy (CARS) with OCT was introduced in 2005 [39]. A fully integrated system combining Raman spectroscopy
and OCT has been demonstrated and improved diagnostics in dermatology is suggested [40]. Fluorescence lifetime imaging is another modality which recently
has been fused with OCT offering chemical information of the sample [41]. In
another study, OCT and multiphoton is combined to investigate skin lesions [42].
Photoacoustic imaging measures the ultrasonic waves generated when light is absorbed in tissue, transferred to heat and leading to transient expansion. In this
way the absorption of light can be measured and used for forming images. Recently, a system integrating photoacoustic and OCT was demonstrated [43]. Using
a wavelength characteristic of blood absorption, vessel identification is also feasible using photoacoustic imaging [44]. Another system utilized the sound-light
interaction to improve the maximum imaging depth by suppressing the influence
of multiple scattering which is important for many applications including skin investigations [45]. So far, the diagnostic potential of these multi modal systems
are not fully explored and future studies are needed to investigate the diagnostic
power of these systems.

1.2

OCT in ophthalmology

OCT was first applied in ophthalmology and the use has expanded rapidly since
the introduction of the first commercial system in 1996. Eye diseases are common
and early diagnosis is important in many cases in order to avoid visual decline
making high resolution imaging relevant. Today OCT is widely used clinically
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because it provides in vivo images of the retinal layers with higher resolution than
any other technique. In order to image the retina and the optic nerve head, penetration through the outer ∼ 0.5 mm cornea is necessary which requires a relatively
weak focus of light (long working distance) resulting in moderate transverse resolution. With confocal microscopy a weak focus inevitable leads to low depth
resolution. On the other hand using OCT the transverse and depth resolutions are
in-dependent (see section 1.1.3) and imaging with moderate transverse resolution
does not affect the depth resolution since this is determined by the bandwidth of
the light source. Therefore OCT is capable of imaging the retina in vivo with high
depth resolution. Furthermore no physical contact to the eye is needed contrary to
for example ultrasound. Due to the commercialization and use of OCT as a clinical standard this section is primarily concerned with the description of the use of
OCT in the clinic. The ongoing technical development of OCT for ophthalmology
is described in the last part of this section.

1.2.1

Commercial OCT systems for ophthalmology

The first commercial OCT system for ophthalmic use was introduced to the market in 1996 (Carl Zeiss Meditec) and in the following years the next generations
of systems were released with improved resolution, speed and software (see figure 1.2a for the newest ’Zeiss Cirrus’ OCT system). More than 10000 systems
have been sold by Zeiss (2008) and more producers have entered the market [46].
Today OCT is used in larger clinics but the trend is a spread into smaller clinics as
well. Because cornea mainly consists of water, a wavelength of 800 nm has been
preferred to minimize absorption, see section 1.1.4. The resolution is typically
5-10 µm, sufficient to distinguish different layers in the retina. Retinal structures
inaccessible with any other techniques can be detected with OCT which is the reason for the success in ophthalmology. OCT is the clinical standard for a number
of retinal diseases and is used on a daily basis in the clinic for diagnosis, monitoring and treatment control of for example macular holes, age related macular
degeneration, glaucoma and diabetes. A review with a more complete description
of ophthalmic OCT is found in [30].

1.2.2

Routine examinations of the retina using OCT

Visualization of the layered structure of the retina is possible as illustrated with
the OCT image of a healthy retina in figure 1.6. The fundus image of the retina
shows the fovea in the middle, the place with maximum visual resolution or power
being used for example when reading or watching television. In the right part of
the image the optic nerve is located with nerve fibers and blood vessels running
in and out of the retina. The white bar corresponds to the position of the OCT
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b)

Figure 1.6: Images of a normal retina. a) Fundus image with the white line indicating the position of the OCT scan b) OCT image corresponding to the position
of the white line in 3.1a (6 mm wide). Red arrow - position of fovea; yellow arrow
- nerve fiber layer; white arrow - retinal pigment epithelium.

a)

b)

Figure 1.7: Images of the retina belonging to a diabetic patient. a) Fundus image
with the arrow indicating faint protein precipitation close to the fovea b) OCT
image of the retina where the protein precipitation is easily seen (white arrow).
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a)

b)

Figure 1.8: Images of the eye from a patient with a large edema. a) Fundus image
showing deposition of proteins as white spots (black arrow) b) Corresponding
OCT image which clearly shows the edema (white arrow). The quality of the OCT
image is reduced due to an increased scattering and absorption in the thickened
retina.

a)

b)

Figure 1.9: Images from a patient with "serous chorioretinopathy" leading to a
large, distinct fluid accumulation both subretinal (i.e. just anteriorly to the pigment
epithelium) and a smaller, dome shaped, fluid accumulation posteriorly to the
pigment epithelium. a) Fundus image b) Corresponding OCT image which clearly
shows the presence of the fluid accumulation anteriorly to the pigment epithelium
(white arrow) and posteriorly to the pigment epithelium (red arrow).
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scan shown in figure 1.7b (6 mm, 512 A-scans). The most inner layer of the retina
is the nerve fiber layer (figure 1.6) where nerve fibers carrying the signal from
the photo receptors join in a layer toward the optic nerve. The fovea contains
the largest density of photo receptors and is also the thinnest part of the retina,
ap-proximately 160 mm thick. The nerve fiber layer is highly reflecting (red and
white) while the photo receptors are less reflecting (black and blue). In the outer
part of the retina the hyper reflecting retinal pigment epithelium is seen anteriorly
to the underlying Bruchs membrane and choriodea. From a range of 2D OCT
images reproducible thickness measurements of the retinal nerve fiber layer can
be obtained [47]. The thickness of the nerve fiber layer will probably soon be
an important parameter in diagnosis of glaucoma at an early stage. Diagnosis today is only possible when visual damage has happened [48]. Furthermore retinal
thickness measurements and visualization of intraretinal and subretinal fluid are
relevant for diagnosis and follow-up of age related macular degeneration, a disease where an effective treatment has been introduced worldwide during the last
few years [49]. Macular holes developing around fovea is also easily visualized
using OCT and if a small macular hole is present, the ophthalmologist might not
be able to diagnose the hole by standard methods [50]. Macular edema is caused
by protein and fluid depositions and is often a consequence of diabetes and may
reduce visual acuity, particularly when the edema is close to the fovea. In figure
1.7 images from a diabetic patient is shown. In case of diabetes the blood vessels
become fragile and the first sign is small bulges of the blood vessels in the retina.
At a later stage of the disease bleeding from vessels and leakage of plasma occurs. Because plasma contains proteins and lipids, depositions of these are often
noticed. This is seen as the white spots on the fundus image in figure 1.7 and
as high reflecting areas in the OCT image. For the case shown in figure 1.7 the
leakage close to the fovea is very limited and the corresponding lipid deposits on
the fundus image relatively faint, while the OCT image show the highly reflecting
deposit and an underlying shadow clearly. The evaluation of possible edema from
fundus images or direct observation of the eye re-quires stereoscopic techniques
and is very difficult. This can be judged by examining the OCT image instead.
If edema is present some of the fragile blood vessels can be closed by laser treatment. The images in figure 1.8 are acquired on a patient with a large edema in the
retina and the visual power is degraded to a level making reading difficult. On the
image many depositions of protein is seen around the fovea (white spots). Even
for trained medical doctors it is difficult to judge whether a thickening/edema is
present and if laser treatment is necessary. On the other hand the OCT technique
is capable of visualizing the edema and the retinal thickness before and after treatment is easily assessed. It is important when comparing new treatment techniques
to quantify their effect for optimization and comparison. This is possible by using
OCT. In figure 1.9 another example of edema in the retina is shown. In this case
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the patient is diagnosed with serous chorioretinopathy, a disease which seems to
be related to stress. On the fundus image in figure 1.9a it is very difficult to sense
the slightly difference in the red color of the retina. Within the OCT image the
edema is however easily seen as indicated with the arrow in figure 1.8b. The fluid
is seeping from the underlying choroidea through the retinal pigment epithelium
and into the retina Moreover there is also fluid under the retina as seen to the right
on the OCT. The cases shown, illustrates how the OCT image gives a unique possibility of detecting fluid accumulation in relation to a number of diseases giving
rise to completely different morphological changes.

1.2.3

Future directions

OCT has just started its second decade as a commercial instrument for ophthalmologic diagnostics and treatment control. The rapid development is a sign of the
clinical relevance in this area. This subsection deals with advances in OCT that
can be expected to find the way to the clinic during the second decade.
When identifying retinal layers and determining layer thicknesses a higher
depth resolution is advantageous. The visualization of more layers using a higher
resolution has been demonstrated but the light source setup is not yet suitable for
widespread clinical use [51]. With the development of broadband light sources
suited for clinical use it is expected that higher depth resolution will be available
in future commercial OCT systems. Improving the transverse resolution is complicated by aberrations introduced by the cornea. The use of adaptive optics can to
a certain degree compensate for these aberrations [52, 53, 54]. Due to eye motion
faster image acquisition is preferable and can be achieved using FD-OCT systems.
The clinical advantages of using faster systems are not yet fully revealed since
FD-OCT systems have just recently been released commercially. Fast systems
makes 3D imaging possible and gives a more complete characterization of the
retina and can result in better diagnostics and treatment control [55]. Traditionally
a wavelength of 800 nm has been used for imaging the retina due to the low
water absorption. To increase the penetration it is however advantageous to use
a slightly longer wavelength at about 1050 nm thereby reducing the scattering,
see section 2.4. Moreover the dispersion is lower in this region resulting in better
preservation of the depth resolution. An improved penetration of 200 µm has
been demonstrated at a center wavelength of 1040 nm [56]. The presence of
speckle as a result of interference of light reflected from closely spaced scatters
can reduce the contrast significantly and effectively blur the image. Different
techniques to suppress speckle noise have been demonstrated resulting in a better
signal to noise ratio and better delineation of retinal layers [57, 58]. Polarization
sensitive OCT has recently been applied for retinal imaging [59]. The retinal nerve
fiber layer exhibits birefringence and by using PS-OCT to de-lineate the borders,
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a better estimate of the thickness can be made. Furthermore it is known that for
example glaucoma causes nerve fiber layer damage, therefore it is possible that
PS-OCT can be used as a diagnostic tool for these diseases. Retinal blood flow
is an important parameter in the characterization of a number of diseases such as
diabetes and glaucoma and has been assessed with high spatial resolution using
D-OCT [60]. More recently, the concept of optical microangiography (OMAG)
has been introduced [61]. OMAG is an alternative approach to D-OCT which does
not rely on extraction of phase as the method described in section 1.1.5. Therefore
it is not sensitive to phase fluctuations and imaging of flow with reduced noise is
possible. Retinal blood flow detection has been demonstrated using OMAG [62].
Finally, change in the amount of backscattered light from the dark-adapted retina
caused by light stimulation has been demonstrated improving the understanding
of retinal physiology and pathology [63].

1.3

OCT in dermatology

Skin abnormalities can generally be identified by the naked eye. However, simple
visual inspection is highly dependent on operator skills and does not always allow
for high diagnostic accuracy. Furthermore visual inspection only considers the
surface of the skin. For this reason skin biopsies and subsequent histopathological
analysis is therefore the reference standard to confirm clinical diagnosis and to examine deeper skin layers. Performing biopsies can be time consuming, is invasive
and has potential complications, which is why it is relevant to investigate if a noninvasive technology such as OCT can be used as a diagnostic tool in dermatology.
Besides diagnosis, OCT may be potentially useful as a non-invasive monitoring
tool during treatment. Such monitoring would allow for more precise individual
adjustment of topical or systematic non-surgical therapy. The main focus of OCT
in the area of dermatology has addressed skin cancer although OCT has also been
studied in relation to photo damage, burns and inflammatory diseases such as
psoriasis and eczema.

1.3.1

Diagnosis of skin cancer using OCT

The two major skin cancer types are malignant melanoma (MM) and non-melanoma
skin cancer (NMSC). MM are relatively rare but with a high mortality and increasing incidence2 . NMSC is characterized by a high prevalence compared to MM.
In United States of America more than 1 million are diagnosed with NMSC each
year and the incidence appears to be rising [64]. Although the mortality is low
2 In

2003, it was estimated that 54,200 Americans were diagnosed with melanoma (data from
the U.S. Surveillance, Epidemiology, and End Results (SEER) registry).
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a)

b)

c)

Figure 1.10: a) OCT image of normal skin b) OCT image of a BCC c) Corresponding histology (HE stain, magnification x 40). A clear structural difference
between normal skin and the BCC is seen. The basaloid carcinoma cell islands
main features in the histo-logical image can also be retrieved in the OCT image
(arrows).
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dependent on the NMSC type, the morbidity can be high caused by local tissue
destruction and subsequent complications or tumor recurrence. The clinical standard for diagnosis of skin cancer is biopsy, which is invasive. In addition biopsies
are usually taken as 2-4 mm punch biopsies and can therefore potentially introduce sampling errors if taken in suboptimal places for subsequent histopathological examination. Furthermore handling and processing of the biopsy takes time
resulting in treatment delays and higher costs. Non-invasive in vivo imaging techniques such as OCT may therefore be valuable as an adjunct diagnostic tool in the
clinic [65]. It is speculated that the imaging depth of OCT may furthermore be potentially useful in identifying the extent of the lesions. Determining the borders of
skin cancer lesion is also relevant for choosing the optimal treatment. The typical
layered structure of normal skin is shown in figure 1.10a. Usually a clear boundary
between stratum corneum and the living part of the epidermis is seen in glabrous
skin. The epidermis can be distinguished from dermis in OCT images [66]. Because OCT is typically not capable of resolving single cells, the diagnosis must
rely on a change in the skin structure such as a break up of tissue layers, general
disordered structure, a change in amount of backscattered light etc. compared to
normal skin [65, 67, 66]. Malignant melanomas have been investigated in a study
comparing dermoscopic observations with histology and OCT [68]. Morphological correlation was reported in 6 out of 10 cases. Differentiating benign and
malignant lesions was not possible according to the authors. Improved resolution
allowing single cell identification was suggested in order to make reliable diagnosis. The OCT system used in the study did not provide resolution high enough for
this to be achieved. An-other group included 75 patients in a study of MM and
benign melanocytic nevi and reported a loss of normal skin architecture in MM
compared to benign lesions [69]. Characteristic morphological OCT features in
both nevi and MM were demonstrated and confirmed by histology. Interestingly
the presence of vascularity was not exclusively limited to the MM lesions 3 . The
specific diagnostic accuracy of OCT was not calculated in this study. A number of
studies of the diagnostic potential of OCT in NMSC have also been conducted. In
contrast to reducing mortality with early MM diagnosis, the main advantage for
NMSC would be the potential of reducing the number of biopsies. In figure 1.10
an OCT image of a basal cell carcinoma (BCC), the most common type of NMSC,
is shown together with an OCT image of normal skin adjacent to the lesion. A difference in structure between normal skin and the skin cancer is demonstrated in
the OCT image of the BCC showing a generally more disordered tissue. Furthermore, the main structures in the histology of the BCC are also seen in the OCT
image. In a clinical setting the task is to differentiate between benign and malig3 It

should be mentioned that the identification of vessels was performed using structural OCT
images and not D-OCT images.
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nant lesions, this is much more challenging because benign lesions often show the
same structure as malignant in the OCT images. Furthermore variations with age,
skin type, anatomical site etc. must be taken into account [66, 70, 71]. Many studies have, however, reported high correlation between OCT images and histology,
suggesting that OCT can be used to recognize NMSC lesions [72, 73, 74, 75]. An
element of subjectivity was introduced in this evaluation because decisions were
based on visual inspection of the OCT images. This was the case in most of the
cited studies, although it has been suggested that machine learning tools may aid
and improve the diagnostic accuracy of OCT. The potential of automatic feature
extraction using non-parametric machine learning algorithms was demonstrated
in a pilot study concerning the possibility to distinguish BCC (the most prevalent NMSC type) from actinic keratosis [76]. Another study including more than
100 patients aimed at distinguishing between sun-damaged skin, actinic keratosis
and normal skin [77]. A horizontal edge detection technique was employed to
measure the presence of layered structure in epidermis. The edge detection was
automated and resulted in about 70% correct classification. The presence of dark
band in epidermis evaluated by the naked eye gave a correct classification rate of
about 85%. A pilot study used OCM with high lateral resolution for identifying
BCC morphology with promising results even though larger studies are required
to evaluate the diagnostic potential [78].
Functional OCT has also been suggested to improve the accuracy. The use
of PS-OCT images has been investigated for NMSC [79]. The highly organized
collagen fibers in dermis result in birefringence. In skin cancer lesions the ordered
structure breaks down. Therefore it was suggested that distinguishing normal skin
and BCC was possible using PS-OCT and this was confirmed by the two cases
studied [79]. In addition to tissue changes caused by invasive growth, the neovascularisation of tumors is an important biological and morphological feature of
malignancy. D-OCT is therefore another possible approach to the diagnosis of
malignant lesions. Increased vascularity around skin tumors would be expected in
case of malignancy. D-OCT data from clinical studies of skin tumors is not available at present. Diagnosis of skin cancer lesions has already been attempted by
the use of laser Doppler imaging, but this method gives no depth resolution which
could be important for determining the borders of the lesion [26]. Multiphoton
imaging is an emerging method which may provide information about the chemical structure of tissues in vivo [80]. Multiphoton imaging has shown promising
results in skin cancer diagnosis but the methods appear to be restricted by a limited penetration depth [80]. OCT and the multiphoton technique can be combined
into unified system such that two types of images are acquired at the same time.
One approach may therefore be to use the multiphoton image for determining if
a lesion is benign or malignant and the OCT image for determining the thickness
of the lesion. This requires that the OCT image carries information in the deeper
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region about the transition from tumor tissue to normal tissue. Using Raman spectroscopy the change in chemical composition between BCC and the surrounding
normal skin can be detected with high accuracy [81]. But Raman spectroscopy
does not provide depth resolved information like OCT and therefore delineation
of tumor borders in depth is not possible.

1.3.2

Emerging applications in dermatology

The organized collagen structures in skin break down when exposed to high temperatures. Because the collagen structures can be detected using PS-OCT it is
possible to measure the depth and extent of a burn which are crucial parameters
when deciding if treatment is necessary. PS-OCT may also be used for monitoring
of the healing process. A significant difference in birefringence between burns and
unaffected skin has been reported [82, 83, 84]. The common skin disease psoriasis
is challenging to treat and currently there exist no precise instruments for evaluating the treatment effect of psoriasis which is essential to improve the treatment
possibilities. Employing OCT for monitoring changes during a treatment, guiding
treatment and follow up has been attempted [85, 86].

1.4

Applications in biology and medicine

Besides the applications mentioned above, OCT has been applied in several other
areas. In this section some of these will be described briefly with emphasis on
cardiology, oncology and developmental biology. This is not a complete list of
feasible applications but rather cases exemplifying the areas where OCT is applied
or where the potential of OCT is currently being investigated.
The skin has an easy accessible surface that can be investigated using OCT.
Moving to the inside of the body a number of so-called hollow organs, such as the
cardiovascular system, gastrointestinal tract, bladder etc., also contains accessible
surfaces which can be reached using an endoscope. On these epithelial surfaces,
tools for detecting pre-cancerous changes are needed in order to perform early
diagnostics. Therefore it is relevant to investigate if OCT is capable of detecting
pre-cancerous lesions.
In general, a feasible application must take advantage of some of the unique
properties of OCT, such as the relative large penetration combined with micrometer resolution, no need of physical contact to the sample, or the possibility of producing small probes for endoscopic applications. In cardiology, gastroenterology,
gynecology, urology and respiratory medicine it is essential to use a small probe
that can be integrated with an endoscope. In developmental biology, it is the micrometer resolution combined with millimeter penetration and non-invasiveness
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a)

b)

Figure 1.11: Comparing fibrous coronary plaque imaged with OCT and ultrasound. a) OCT image b) Corresponding 30 MHz ultrasound image. i: intimia
with intimial hyperplasia, m: media, a:adventitia, f: fibrous plaque, *: guidewire
artifact. figure 2 from [88]. Printed with permission.

that makes OCT attractive. Moreover, the non-invasiveness makes progression
over time possible which is of high value in many applications.

1.4.1

Cardiology - diagnostics and monitoring

Cardiologic diseases are the leading cause of death worldwide; for example according to the World Health Organization 16.7 million people died from cardiovascular diseases in 2003 corresponding to about 30 % of all deaths [87]. A vulnerable plaque in the arteries is the most prevalent condition leading to myocardial
infarctions. Therefore, the ability to detect this type of plaque is important. Early
diagnosis is essential for the prognosis and makes high resolution imaging of the
cardiovascular system highly relevant. A vulnerable plaque is characterized by
a 50 µm fibrous cap overlying a lipid pool. Previously, ultrasound imaging has
been used to characterize plaque lesions, but the resolution is not sufficient to resolve the structures and make a reliable diagnosis [88, 89]. OCT provides a much
higher resolution than ultrasound making more detailed characterization of the
morphology possible [90, 91]. In figure 1.11, a comparison of fibrous coronary
plaque imaged with OCT and ultrasound is shown (rotational scan). It is evident
that OCT provides a much more detailed image with better delineation of layers
than ultrasound. Ex vivo measurements demonstrated the ability to distinguish
different plaque types [92, 93]. For fibrous plaque the sensitivity and specificity
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was 71-79 % and 97-98 % respectively [93]. For fibrocalcific plaque it was 9596 % and 97 % and for lipid-rich plaque it was 90-94 % and 90-92 % [93]. In
vivo characterization of plaque has also been reported and is currently an issue
of intense research [94, 95]. It has also been investigated if the use of PS-OCT
can assist further in identifying vulnerable plaque [96]. Due to loss of organized
collagen in these lesions detectable with PS-OCT it might be possible to diagnose
with even higher accuracy than by structural OCT alone.
In the treatment of coronary stenosis it is common to insert a stent to maintain
the blood supply to the heart. Insertion of a stent in the right place is possible
by OCT guidance as investigated by a number of studies [97, 98]. Unfortunately,
the presence of a stent may result in growth of scar tissue leading to restenosis
in some cases. Therefore it is necessary to monitor the patients after insertion.
Detection of thin scar tissue layers has been demonstrated to be possible using
OCT and with a higher sensitivity than ultrasound due to a much higher resolution
[99, 100]. OCT is therefore a valuable follow up tool for deciding if and when to
take action. Insertion of stents and follow up are commercial available and is an
alternative to previously used intra vascular ultrasound imaging [101].

1.4.2

Oncology

Apart from OCT imaging of skin cancer, described in section 1.3.1, a number
of other applications in oncology have been explored. This includes attempts to
detect pre-cancerous changes in the esophagus, bladder, lung, breast and brain.
Early detection of cancer is important to maximize the survival rate. Therefore
it is relevant to investigate if non-invasive and high-resolution imaging with high
diagnostic accuracy can be provided by OCT. Due to the limited penetration, OCT
imaging of inner organs must be performed either during open surgery or via an
endoscope. During surgery, OCT can potentially be used to guide and help the surgeon delineate tumor borders and guide surgery. Examination of the esophagus is
performed for diagnosis of cancer and pre-cancer conditions. Usually the esophagus is visual inspected through an imaging endoscope, but the ability of detecting
pre-cancerous changes is difficult. Excisional biopsies suffer from sampling errors and have a number of disadvantages when performed in the esophagus such
as bleeding. High frequency endoscopic ultrasound has also been used for imaging esophagus but lack resolution to detect cancer with high accuracy [102]. The
same holds for X-ray and magnetic resonance imaging. Because OCT provides a
much higher resolution than the imaging techniques mentioned above, it is relevant to investigate whether OCT can improve the diagnostic accuracy and detect
cancer at an earlier stage which is essential for the prognosis. Barrett’s esophagus is a condition which can progress to cancer and once diagnosed a screening
is performed regularly to monitor the development. Barrett’s esophagus has been
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imaged with endoscopic ultrahigh resolution OCT and compared with histology
[103]. A difference between normal esophagus versus Barrett’s esophagus and
esophageal cancer was reported, and it was concluded that OCT is capable of
imaging the fine structures in esophageal tissue. Another study investigating this
subject reported 78 % accuracy of detecting dysplasia in patients with Barrett’s
esophagus [104]. Bladder cancer is traditionally diagnosed using cystoscopy, i.e.
visual inspection through an endoscope. This method gives information about the
surface of the bladder and therefore diagnosis of sub-surface tumors are not possible. Detection of pre-cancerous changes is not possible either. OCT has been
used to examine the bladder walls [105, 106]. In healthy bladder tissue the mucosa, submucosa and muscularis layers were visible in the OCT images, whereas
break up of this structure in invasive carcinoma was reported. A study including
87 areas in 24 patients reported a sensitivity and specificity of 100 % and 89 %,
respectively [107]. OCT has also been applied for imaging the bronchial airways
[108, 109]. A high correlation between OCT images and histology was reported
and the authors suggest a potential application in lung cancer diagnostics. Using
OCT for breast cancer diagnosis has been suggested [110]. The problem of determining lymph node involvement in breast cancer has been investigated through
an ex vivo study [111]. In this study, the OCT images was shown to correlate well
with histopathology. Furthermore OCT can be used as monitoring tool to assess
tumor margins during surgery of breast cancer [110]. In the treatment of prostate
cancer by photodynamic therapy, D-OCT has been used for monitoring the treatment [112]. Recently, human kidneys have been examined ex vivo demonstrating
that identification of histopathologic features was possible [113].

1.4.3

Developmental biology

Within developmental biology, OCT has been used to visualize many different developmental processes in many different small-animal models during more than
a decade. It is not possible to cover all the applications here, but a recent rather
detailed review of OCT in developmental biology can be found in [114]. OCT
was introduced to developmental biology in 1997 by Boppart et al. [115]. One
of the most promising and fascinating applications of OCT within developmental
biology is related to the study of human heart development. The heart is the first
organ to form and function in vertebrates and undergoes simultaneous structural
and functional maturation as it transforms in a dynamic process from a straight
tube to a four-chambered heart [116]. Malformations of the heart are among
the most common birth defects, and are the leading cause of birth defect related
deaths [117]. However, the cause of most heart defects still remains unknown. For
the understanding of normal and abnormal heart development studied in different
small animal models, there is a need for a real-time, non-invasive imaging tech-
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Figure 1.12: 3D OCT scan of a 56 hours old (HH-stage 15) chick embryo heart
of an CNC-ablated embryo. Cutaway reveals further internal structural details. O
indicates outflow limb; i, inflow limb; v, presumptive ventricle. Bar = 0.250 mm.
figure 2E from [118]. Printed with permission.

nique with micrometer resolution and millimeter penetration depth. It has turned
out that OCT is well suited for anatomical and functional imaging of the developing cardiovascular system, as it has been demonstrated by various groups in recent
years for different species [114, 118, 119, 120, 121, 27]. As an example, figure
1.12 shows a 3D OCT scan of a 56 hours old (HH-stage 15) chick embryo heart
of an CNC-ablated embryo [118]. Among the most recent studies in this field
is the investigation of one of the most critical but poorly understood processes
during cardiovascular development: the establishment of a functioning coronary
artery (CA) system. By using OCT, the first in vivo recordings of developing CAs
in chick embryo hearts have been obtained [122]. Again, this demonstrates the
use and strength of OCT to help understanding the complex processes studied in
developmental biology.

1.5

Summary

In conclusion OCT is a non-invasive optical imaging technique providing realtime video rate micrometer resolution images with millimeter penetration thereby
filling in the gap between ultrasound and confocal microscopy. Moreover functional extensions are possible enabling flow detection (D-OCT), birefringence
detection (PS-OCT) and extraction of spectroscopic in-formation (spectroscopic
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OCT). The technical development reveals faster systems, higher resolution and
better image quality. Regarding the applications of OCT, the technique is already
accepted as a clinical standard in ophthalmology and has proven invaluable in
diagnostics and treatment control of many eye diseases. The majority of OCT
systems used in the clinic today are relatively slow compared to state of the art
research OCT systems although faster FD-OCT systems currently are emerging
in the clinic. It is therefore expected that the advantages of higher speed has not
been completely revealed yet. Furthermore the OCT systems used in the clinic are
without functional OCT extensions. Preliminary research results show a remarkable improvement in diagnostic information by using higher resolution, faster data
acquisition (3D data) and functional OCT. Therefore it is expected that major improvements in diagnostics are feasible in the coming decade of OCT as a commercial instrument. For skin cancer diagnostics OCT possess many useful features,
it has been studied clinically although convincing studies reporting high-accuracy
diagnosis are sparse. It seems that a different approach is needed to make it a diagnostic tool in the clinic. Cellular resolution would make it possible to see how
the cells are ar-ranged in the skin which is the parameter used for diagnosis by
histology. Also confocal microscopy studies reported diagnostic accuracy higher
than 95 % [123]. Therefore a much higher resolution is probably required to make
OCT a strong imaging modality for skin cancer diagnostics. This requires either
broader band-width light sources (better depth resolution) or tighter focus (better
transverse resolution). The latter is conveniently implemented in an en face mode
like confocal microscopy (OCM). In this context it is important to emphasize that
the depth and transverse resolution is degraded with depth in highly scattering tissue. If high-resolution images are necessary to make an accurate diagnosis, it is
probably only possible to generate useful images for diagnostics to a depth less
than the 1-2 mm penetration depth. In cardiology there is a need for detection of
vulnerable plaques and OCT has already shown promising results. Within oncology a wide variety of lesions has been examined including esophagus, bladder,
lung, breast and brain with promising results. Finally, in developmental biology
OCT has proved its value by providing in vivo micrometer resolution images that
help understanding the complex processes studied in this field.

Chapter 2
Skin cancer diagnostics
Diagnostics of skin diseases and development of OCT systems suited for this purpose is the main subject of this thesis. A general introduction to dermatological
applications including skin cancer was outlined in section 1.3.1. In order to evaluate the diagnostic value of optical coherence tomography, a clinical protocol
involving 100 patients with skin cancer has been performed and the results are
presented in paper IV. Besides this major study, a few smaller clinical studies
have been performed and are presented in paper I-III. The intention of this chapter is to supply a description of the system used for the clinical measurements and
summarize the main conclusions of these measurements.

2.1

OCT system

In figure 2.1 a sketch of the time domain OCT system is shown. A commercial
super luminescent diode with a full width half maximum (FWHM) bandwidth of
66 nm around 1300 nm and a power of about 20 mW is employed. In the reference
arm, the delay length is modulated by a scanner consisting of a grating, a lens, a
scanning mirror and a stationary mirror [124]. The working principle of the scanner is explained in more detail in chapter 3 because a similar scanner is also used
for the high resolution system. The A-scan rate is determined by the scanning
mirror rate (galvano scanner) which is 120 Hz. Therefore a cross sectional image
is typically acquired in a few seconds. Following detection, the signal is amplified
(∼ 30 dB) and filtered to remove low frequency noise (30 kHz high pass). The
analog signal is digitized and the envelope is calculated on a FPGA board (field
programmable gate array) by applying a Hilbert transform. Finally, the image
data is transferred to a computer using an analog frame grabber. In figure 2.2a the
spectrum of the light source is shown. A near gaussian spectrum corresponding to
a resolution of about 8 µm (in tissue) and a power of more than 20 mW. In figure
29
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Figure 2.1: Sketch of the time domain OCT system primary used for clinical
measurements
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Figure 2.2: a) the power spectrum of the light source b) an interferogram obtained
with a mirror in the sample arm confirming near-theoretically resolution
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2.2b an interferogram is shown confirming an actual resolution close to the theoretically value. The transverse resolution is per definition equal to the spot size of
the beam, in this case approximately 24 µm. The relative crude transverse resolution was chosen to obtain a high imaging depth which is important for delineation
of tumors in depth.
In a clinical environment, twisting of the sample fiber is unavoidable and the
effect is a change in the polarization state of the back reflected light from the sample arm. This affects the amplitude of the interferometric signal and must therefore
be overcome in order to acquire useful data independent of the actual fiber movement. In order to avoid this effect, we have used quadrature detection involving
two detectors and polarizing optics as shown in figure 2.1[4]. A polarizer was
inserted between the source and interferometer to linearly polarize light. At the
exit of the interferometer, a polarizing beamsplitter is inserted and dual detection
of the two orthogonal polarization states are employed. In front of the polarizing
beam splitter, a polarization controller is used to split the intensity of the light
from the reference arm equally between the two polarization channels. By using
this setup, we obtain an OCT signal virtually insensitive to polarization changes.
This is tested by changing the polarization of the reflected sample arm light using
a polarization controller while observing the change in signal strength. Less than
a 3% change was observed experimentally. The drawback of this arrangement is
an effective reduction in power from the source with about 25% (especially due to
the polarizer). This does not affect the sensitivity significantly (about 1-2 dB) and
therefore the maximum imaging depth was not affected noticeable either, whereas
the detection scheme is of great benefit in the clinic.
The dual detection scheme described above makes a simple kind of PS-OCT
possible. According to Hee et al, the phase retardation may be calculated as [32]
φ(z) = arctan(I1 /I2 ) = k0 z∆n

(2.1.1)

where I1 and I2 denotes the intensities measured by the two detectors, k0 the wave
number, z the depth and ∆n the difference in refractive index between the two
directions of the sample. Eqn. (2.1.1) assumes that the sample is illuminated
with circular polarized light. In that case the phase retardation is independent of
the sample orientation. In a free space system, it is simple to control the polarization state, whereas in a fiber based system the polarization state is affected
by fiber twisting unavoidable in a clinical situation. This means that our simple
implementation is not suitable for measuring absolute values of phase retardation.
Having these limitations in mind, a simple detection of birefringence is in most
cases possible. The only exception is when the sample is illuminated by a linear
polarization state parallel to one the optic axes of the sample. In a clinical setting,
however, each patient is usually imaged with slightly different positions of the
probe and therefore biological birefringence is usually detected in at least one
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Figure 2.3: The reference scanner exhibits a linear relation between translational
and temporal delay which is important for constant pixel spacing

of the measurements. Notice also that the polarization sensitive image is just a
simple manipulation of the acquired detector signals. Therefore the OCT and
PS-OCT data are acquired simultaneously. A more reliable polarization sensitive
detection scheme requires signal processing of 4 images acquired with the sample
illuminated with different polarization states [33].
In figure 2.3 the correspondence between the translation of a mirror in the
sample arm and the temporal signal measured by the detector is shown. A linear
relation is demonstrated which is important for maintaining constant sampling
spacing. Furthermore it is important to have a constant reflection from the reference arm, such that a change in interferometric signal strength is only due to a
change in amount of light reflected from the sample. By careful adjustment of the
reference scanner, the intensity modulation during scanning could be reduced to
about 4-5%. In figure 2.4 a photo of the mobile system and the hand-held probe is
shown. The probe is completely closed in order to make cleaning and disinfection
possible. To avoid a major reflection from the discontinuity between the glass
plate and skin, ultrasound gel was applied to skin before imaging. Thereby the
air gap between skin and glass plate is filled out with material and only minor
changes in the index of refraction is experienced, resulting in a continuous signal
behavior around the discontinuity. The probe also contains a video camera which
can be used for finding the right position on the skin.
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b)
Figure 2.4: a) the OCT system in the clinic b) the hand held probe

2.2

Review of clinical measurements

The system described in the previous section was used for the studies presented in
paper I-IV. In paper I it was shown that OCT is capable of detecting the tropical
disease where the larva migrans invades the outer layers of the skin. The larva
digs small tunnels of less than 0.5 mm and these could be visualized in one out of
three patients. In comparison, 20 MHz ultrasound was not capable of visualizing
the tunnel, which is justified by the much lower resolution. Paper II identifies
features of the human finger nail in OCT images and compares ultrasound and
OCT for measuring nail thicknesses. A correlation between thicknesses measured
by OCT and ultrasound is demonstrated. Furthermore, OCT is shown to have a
higher reproducibility. Measuring thicknesses of skin cancer lesions is explored
in paper III. OCT was found to be more precise compared to 20 MHz ultrasound.
Finally, the diagnostic study including 104 patients is presented in paper IV. Distinguishing between normal skin and skin cancer lesions is possible using specific
OCT features and a sensitivity of 79% to 94% and specificity of 85% to 96% was
estimated. However, differentiation between benign and malignant lesions is not
possible suggesting further improvements of the technique like for example higher
resolution.
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Chapter 3
Improvement of depth resolution
Even though OCT provides images with a resolution competitive or even better
than most imaging systems, cellular resolution is not achieved routinely. High
resolution and the possibility of imaging single cells is relevant for diagnostic and
biologic purposes, for example the previous chapter motivated an increase in resolution for skin cancer diagnostics. An improvement of the resolution has therefore
been attempted since OCT was introduced [2, 3, 4, 38]. In this chapter an OCT
system designed for improved depth resolution at a center wavelength of 1300
nm is presented. The design aims for a resolution of about 2 µm approaching
single cell visualization capabilities. Such a resolution corresponds to an optical
bandwidth of 250 nm making use of high bandwidth optical components mandatory. Imaging speed has not been the concern, but rather to obtain a high depth
resolution and demonstrate the possible advantages for skin cancer diagnostics.
In addition to the system itself, a broad band light source is also required to perform high resolution imaging. These sources are developed through an European
project as ’turn key’ sources providing sufficient power and low noise [125]. The
first experiments with prototype sources from this project are presented in section 3.5. Furthermore, a collaboration with a Danish company developing light
sources was established and the results of this work is presented in section 3.4.

3.1

Design of high resolution OCT system

The high resolution implementation was performed in time domain because the
imaging speed was not of primary concern. High depth resolution imaging requires the use of high bandwidth light sources and corresponding optical components supporting the bandwidth. Especially, the following issues are important to
consider:
• Optical fibers are preferable single mode in the entire optical spectrum used.
35
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design wavelength
single mode operation
mode field diameter
numerical aperture
insertion loss (BS, CIR)
return loss (CIR)

1300 nm
above 1150 nm
4.8 µm
0.2
3.7 dB
40 dB

Table 3.1: Specifications of the custom made fiber, beam splitter and circulator
(BS: beam splitter, CIR: circulator).

• Beam splitter is homogenous, i.e. with a constant splitting ratio independent
of the wavelength.
• Optics for collimation and focusing in the sample arm is suitable for high
bandwidth operation.
• Reference scanner supports the spectrum of the light source, i.e. the source
spectrum is not distorted by passing through the scanner.
Using a multi mode optical fiber (or equivalently a single mode fiber with too
high cut off wavelength) results in an non-perfect overlap of light at the detector
and therefore in a reduced amplitude of the interferogram, i.e. a reduction in signal to noise ratio [2]. Furthermore, light traveling in different modes arrives at
slightly different times at the detector. This effectively introduces a smeared out
interferogram corresponding to loss of depth resolution. If the beam splitter is not
homogenous, a distorted interferogram with a possible loss of depth resolution
is the result [2]. A standard 1300 nm single mode fiber is typically single mode
above about 1250 nm which is not sufficient considering a light source with a
bandwidth of more than 200 nm. Standard beam splitters and circulators are also
quite narrow band for this purpose. Therefore custom made components were ordered from a Canadian firm1 . In table 3.1 the specifications of the fibers, beam
splitter and circulators are shown. According to these specifications, single mode
operation is maintained for a spectrum of about 250-300 nm around 1300 nm.
The 50-50 beam splitter is also designed for a similar bandwidth with an insertion
loss of about 3.7 dB comparable to standard components. Initially, a circulator
supporting the full bandwidth was not available and instead we used two beam
splitters. Later on, a custom made circulator was available thereby improving the
actual power used by a factor of two. In terms of sensitivity this corresponds to
an improvement of approximately 3 dB according to eqn. (1.1.7). In figure 3.1
a sketch of the system with the circulator configuration is shown. In the relevant
1 Fiber
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Figure 3.1: Schematics of the high resolution OCT system.

sections below it is pointed out whether the ’two-beam-splitter solution’ or the
circulator was used. The interference signal is detected using a balanced photo
detector to suppress intensity noise from the source. For optimizing the balanced
detection the two signal paths to the detector have equal lengths. The interference
signal is centered at 3 MHz with a bandwidth of 2.5 MHz (240 nm broad source).
Following photo detection, the signal is band pass filtered and amplified. The interferogram is digitized and converted to an analytic signal by passing it through a
digital filter, which eliminates the negative frequency components. The envelope
is calculated as the modulus of the analytic signal. The lateral scan is generated
by an external saw-tooth generator. Data are transferred to a computer via a frame
grabber and the image is finally displayed on the screen. Data acquisition is controlled by a Labview program (National Instruments). The collimating and focusing optics were chosen for high bandwidth operation (achromatic lenses) and such
that a spot size of about 10 µm was obtained. An improved transverse resolution
is easily obtained by focusing to a smaller spot size. However, since we do not
use dynamic focusing, this would result in a transverse resolution strongly varying
with depth. Moreover, the maximum imaging depth would decrease. Finally, the
spectrum reflected from the reference scanner has to be nearly identical with the
source spectrum. Otherwise a loss of depth resolution is unavoidable. This is in
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general the most critical point in the design of the system and can be serious limiting. The reference scanner made for this particular system, supports about 250
nm (FWHM) bandwidth and operates at 1 kHz. A more detailed description of
the reference scanner and the operating principle is found in the following section
including a discussion of the trade-offs between scanning speed, effective delay
length and bandwidth support.

3.2

The reference scanner

There has been a number of implementations of the reference arm in a TD-OCT
system [5]. The simplest solution is a mirror moving back and forth which is
highly limiting regarding scanning speed. Fiber stretching by piezo electric elements have been demonstrated but requires long fiber lengths to provide a sufficient scan length thereby introducing unwanted dispersion. Retro reflectors
mounted on a galvano scanner have been used but with modest scan speed. A
grating based reference scanner as used in our system has advantages of high
speed, high scan length and dispersion compensation possibilities [124]. Dispersion is for example introduced if the fiber lengths in reference and sample arm
are different or due to the focusing lenses in the sample arm. By displacing the
diffraction grating relative to the lens, the dispersion can be compensated. Furthermore, the center frequency can be adjusted independent of the scan length.
The drawback is a complex construction with a high power loss. The design of
the reference scanner aimed for the following specifications
• Central wavelength at 1300 nm
• Bandwidth support of 240 nm (about 2 µm resolution in tissue)
• Scan length of about 2 mm in tissue (refractive index is assumed to be 1.4)
• Scanning speed as fast as possible with the requirements above fulfilled

3.2.1

The principle of the reference scanner

A sketch of the scanner is shown in figure 3.2b. The principle for generating a
path length modulation is the same as for the scanner shown in figure 3.2a, the
only difference is the replacement of the lens with a curved mirror. The motivation for using reflective components only, is a reduction in dispersion mismatch
between sample and reference arm [128]. Referring to figure 3.2b, light entering
the scanner is dispersed using a diffraction grating. The curved mirror is placed at
a distance from the grating equal to the focal length of the mirror. Therefore the
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not normal to the optical axis of the lens, then as light is laterally displaced on the grating
by the scanning mirror, it is also displaced from the focal plane of the lens, introducing GVD
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Fig. 1. Schematic of the Fourier domain optical delay line (view from above).
The incident, collimated broadband light is diffracted from the grating and
a) dispersed. The lens collimates the dispersed spectrum while focusing it
spectrally
to a line on the scanning mirror. The scanning mirror imposes a linear phase
ramp on the spectrum and redirects the light back through the lens, which recollimates the beam and reconverges the spectrum onto the grating. The beam
then diffracts in a reverse manner from the grating and propagates towards the
double-pass mirror collinear with the incident beam collimated and undispersed.
The double-pass mirror returns the light back through an identical path.

The mirror pivot can be offset from the center wavelength by an arbitrary distance x
by a simple translation of the scanning mirror. The phase shift  ( ) as a function of
wavelength  for a given mirror tilt angle  may be written as (see Figure 1):
8x 8l f (   0 )
 ( ) 

,
(11)

p
where lf is the focal length of the lens and p is the pitch of the grating. This function was
b)
derived using the grating equation and assuming that the small-angle approximation sin
holds for diffraction angles between different wavelengths off of the grating and for small
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from displacement to phase shift. This phase shift can also be written as a function
of angular optical frequency :
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where 0 is the center angular optical frequency. From Eq. (12) and the definition of phase
delay, t    ( 0 )  0 , the phase delay is given by:
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diverging spectrum is collimated toward the scanning mirror. Every position of
the scanning mirror corresponds to a different path length through the scanner and
in this way a scan of the mirror corresponds to a path length modulation. More
formally, the path length difference through the scanner ∆lφ between a wavelength
λ and the center wavelength λ0 may be derived with reference to figure 3.2a
∆lφ (λ) = 4σx +

4σ f (λ − λ0 )
p

(3.2.1)

where σ is the angle of the tilting mirror, x is the offset of the center wavelength
on the scanning mirror, f is the focal length of curved mirror and p is the pitch of
the diffraction grating. To derive eqn. (3.2.1) the grating equation was used and
the paraxial approximation employed (sin θ ≈ θ). The corresponding phase shift
is the path length difference multiplied by 2π/λ. Using eqn. (3.2.1), the group
path length difference is found by differentiating the phase shift with respect to
angular frequency ω (ω = 2πc/λ) and multiplying by c
∆l = 4σx −

4σ f λ0
p

(3.2.2)

The group path length difference ∆l in eqn. (3.2.2) is equal to the scan length generated by the reference scanner and is directly proportional to the scanning mirror
angle σ. By differentiating eqn. (3.2.1) with respect to time and evaluating at
λ = λ0 the phase velocity is obtained. One cycle of interferometric signal is equal
to the center wavelength λ0 and therefore dividing by λ0 the center frequency is
obtained (λ0 f0 = v)
4x ∂σ
(3.2.3)
f0 =
λ0 ∂t
The carrier frequency in eqn. (3.2.3) can also be found by calculating the Doppler
shift applied by the scanning mirror. The interferogram contains a continuum
of wavelengths each Doppler shifted by a different amount λv/c where v is the
velocity of the scanning mirror. Therefore the interferometric signal contains a
continuum of frequencies given by ∆νv/c = ∆λv/λ20 . Using eqn. (3.2.2) this
bandwidth is expressed as
∆f =

2∆λ 
2 f λ0  ∂σ
2x
−
p
∂t
λ20

(3.2.4)

In the design phase, eqn. (3.2.3) is used to determine the mirror offset x given the
center frequency of the signal. In this way the center frequency can be tailored
for detection electronics and in particular 1/f noise can be suppressed. The scan
length is determined from eqn. (3.2.2). In this context it is pointed out that the
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mirror frequency
1 kHz
curved mirror focal length
50 mm
grating pitch
1/150 mm
effective delay (tissue)
2.1 mm
optical bandwidth support
240 nm
center frequency
3 Mhz
bandwidth of interferometric signal 2.5 Mhz
Table 3.2: Reference scanner key parameters

effective scan length when using a sinusoidal driven resonance scanner is only
about 2/3 of this value. Finally the bandwidth must be calculated to tailor filters
and detection schemes using eqn. (3.2.4). The degrees of freedom is the scanning
mirror angle amplitude, scanning mirror frequency (in practice mirror size is affected by speed), the focal length f of the curved mirror and the pitch p of the
grating.

3.2.2

Design parameters

As mentioned, there is a trade-off between scanning speed, scan length and bandwidth support. For example increasing the optical bandwidth increases the minimum scanning mirror size and therefore the speed. This can partly be compensated by choosing a grating with a smaller pitch, but then the scan length is affected. In table 3.2 the chosen design parameters and corresponding specifications
for the reference scanner is listed. The reference mirror is driven by a 1 kHz resonance scanner allowing 1000 A-scans per second. The optical parts were assembled using a commercial rod system together with home-made solutions. A photo
of the final scanner is shown in figure 3.3.

3.3

System test and characterization

The high resolution system was initially tested and aligned using a commercial
light source with a bandwidth of about 65 nm and a power of 25 mW (Inphenix
super luminescent diode). These tests were performed using Corning SMF28 fiber
and a standard 1300 nm circulator and beam splitter.
Data acquisition is performed with an equal time spacing between successive
points. To ensure that the physical distance between successive points are the
same along an A-scan, the reference scanner has to exhibit a linear relation between time delay and physical distance. The resonance scanner is driven by a
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Figure 3.3: The reference scanner

sinusoidal voltage and to accomplish linearity, only 2/3 of the actual scan is used
for data acquisition. This property was tested by translating a mirror in the sample
arm and observing the corresponding time delay. In figure 3.4 the sample translation versus time delay is shown and demonstrates a linear relation. The effective
delay is 2 mm in tissue corresponding to 2/3 of the sine oscillation of the reference mirror. This is a reasonable value because in highly scattering tissue like
skin, the penetration is typically 1-2 mm. In most cases it was possible to adjust
the reference scanner to accomplish the right center frequency while limiting the
modulation to about 20%. The modulation is here defined as the intensity modulation of the reflected light from the reference arm during a scan cycle. Because
the OCT signal is proportional to the electric field amplitude, the modulation of
the OCT signal is only about 10 %. In figure 3.5 an interferogram recorded with a
mirror in the reference arm is shown together with an OCT image acquired on human skin. The expected resolution with the commercial source is calculated using
eqn. (1.1.4) to about 10 µm. The measured width of the interferogram is about
13 µm and this is a verification that dispersion compensation is possible with a 65
nm band width source. The sensitivity was also measured using the standard fiber
components. With a mirror in the sample arm, the beam was attenuated using
optical density filters until the OCT signal (after filtering and envelope detection)
was not visible any more due to noise. A value of 102 dB (+/- 2 dB) was obtained,
which is reasonable compared to most other time domain systems operating at the
same speed.
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Figure 3.4: The dependency between time delay and physical distance was tested
for the broad band reference scanner and demonstrated a linear relation.
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Figure 3.5: a) An interferogram obtained with a commercial light source b) OCT
image of the human skin, width: 2.1 mm, height: 1.5 mm.
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Figure 3.6: The spectrum from the light source for different pump power.

3.4

Tests with supercontinuum light sources

In a collaboration with a Danish company, two attempts were made to demonstrate high resolution OCT with light sources under development provided by this
company. In this section the experiments using these sources and the results are
described. At this stage, only the two-beam splitter solution was available. Unfortunately the excess loss of the custom made splitters were about 50% in the
first experiments. With this in mind, the first experiments are primarily a test of
the reference scanner performance and a test of suitability of the light sources for
OCT imaging. Later an improved version of the beam splitters were received and
used for the second part.

3.4.1

Pico-second pumped PCF

The light source setup consist of a pump laser broadened in a PCF also known as
super continuum generation. The pump is a fiber laser delivering pulses of a few
pico-seconds at a wavelength of 1064 nm with a repetition rate of about 75 Mhz.
Before entering the PCF, light is optical amplified to reach a power sufficient to
explore the non-linear effects of the PCF and broaden the optical spectrum. In
figure 3.6 the spectrum is shown for different pump power. The spectrum is near
Gaussian with a bandwidth of 140-180 nm (FWHM) and a power as much as
120 mW. The minor peak at 1060 nm is residual light from the pump and is not
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expected to cause any problems because of the much lower power level compared
to the 1300 nm region. Even though the custom made fiber parts had a very
high loss we did test the broad bandwidth behavior to make sure that the band
width support was satisfactory. In figure 3.7a the transmission spectrum of the
beam splitter is compared with the unshaped super continuum light spectrum. It
is apparent, that the beam splitter is not limiting the bandwidth. In figure 3.7b
the source spectrum is compared to the spectrum transmitted through the two
arms of the beam splitter. A small discrepancy between the light reflected from
the two arms and the spectrum of the source is seen. It is very likely, that the
source spectrum has changed between the measurements due to the setup and
therefore it should not be interpreted as a distortion of the spectrum by the beam
splitter. In figure 3.8 the light source spectrum is compared to the spectrum after
transmission through the beam splitter and reference scanner. Any bandwidth
limitations introduced by the reference scanner is not observed and therefore a
bandwidth of at least 150 nm (FWHM) is supported. In figure 3.9 an interferogram
acquired with a mirror in the sample arm is shown. This is to illustrate the limited
signal to noise ratio even for a large sample reflection. The interferogram can be
compared to the one in figure 3.5 obtained with a commercial source.

3.4.2

Continuous wave pumped PCF

The second setup is based on a continuous wave Ytterbium laser delivering about
10 W at 1060 nm. Light from the laser is used to pump a 150 m PCF generating
a super continuum around 1300 nm. Typically a bandwidth (FWHM) of 140-180
nm is obtained with a power of 100-200 mW dependent on the PCF coupling
efficiency. We suspected the origin of the noise described in the previous experiments to be the pump laser and the optical amplification resulting in intensity
noise of the super continuum at a frequency near the OCT signal. Therefore it
was quite interesting to test a light source using a different pump laser and without optical amplifiers. Unfortunately the result was not any better than with the
previous light source. Therefore an investigation of the intensity noise imposed
on the spectrum was initiated. This can be investigated using a fast (photodiode)
detector, an AC isolator and an electrical spectrum analyzer. For a commercial
source the intensity noise is in the range of 130-140 dB/Hz whereas this prototype source has a value of 90-100 dB/Hz only. In other words, the intensity noise
is about 4 orders of magnitude higher than for a commercial source. It is quite
complicated to relate the intensity noise directly to the OCT signal-to-noise-ratio.
Therefore it is difficult to judge whether the intensity noise is the main reason for
a non-sufficient signal to noise ratio. In principle the intensity noise is canceled
out when balanced detection is used if the power illuminating the two detectors
are the same. Using the two-beamsplitter solution, this is definitely not the case
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a)

b)
Figure 3.7: Transmission characteristics of the custom made beam splitter. a) with
unshaped spectrum b) with shaped spectrum.
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Figure 3.8: The reference scanner band width support characteristics.
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Figure 3.9: Interferogram obtained with a mirror in the reference arm. The timedistance calibration was not done, this is rather an illustration of the limited signal
to noise ratio.
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and this could be one reason for the non-sufficient noise suppression. Balancing
of the power at the two detectors using attenuators did not solve the problem. A
precise balancing is probably needed because of the pronounced noise level of
source. Furthermore, if the beam splitter is not completely homogenous and the
intensity noise is relatively strong, it is not possible to cancel the intensity noise
completely. A custom made bulk optic beam splitter circumventing this problem
has been reported by another group [38]. This splitting ratio of this custom made
beam splitter has been measured to be 0.5 +/-0.03 within the entire spectrum used.
The homogeneity of the custom made beam splitter was not investigated, but this
could be an issue for the future. Due to the two-beam-splitter configuration the
light source also receives feedback from the interferometer and could give rise to
instability in spectrum and lead to noise. It is therefore possible that the intensity
noise in reality is much higher than the measured values, because when measuring
the intensity noise, the source only experiences a very small feedback. This could
be the reason that imaging using these light sources was not possible.

3.5

Tests with semiconductor diode sources

The sources described in this section are developed in an European project known
as NANO UB-SOURCES (nano ultra broad band sources) and is based on a quantum dot structure [125]. Compared to the super continuum sources described in
the previous section, these sources are characterized by very low intensity noise
level [126]. Measurements show an intensity noise less than 130 dB/Hz which is
better than most commercial sources and much better than the super continuum
sources described in the last section. For these initial tests, only the naked diodes
were available in 3 different versions (M3339, VN590, VN1045). Therefore the
first task was concerned about mounting, current supply connection, temperature
stabilization and fiber coupling of the emitted light. Finally, the fiber coupled light
was used for OCT imaging together with the broadband OCT system.

3.5.1

Fiber coupling of diodes

The diodes were placed in a mount including a peltier element for temperature
stabilization. The mount is shown in figure 3.10c. Current and temperature control was performed using Newport commercial controllers. The emitted light was
collected using a high numerical aperture lens as shown in figure 3.10a. Because
the dimensions of the diode are different in vertical and horizontal planes, the
collimated beam is elliptical. This is corrected by using two cylindrical lenses
operating on just one dimension of the beam (an expanding telescope). Finally
the beam is focused to a spot size corresponding to the mode field diameter of the
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a)

b)

c)

Figure 3.10: The setup for coupling light from the quantum dot based super luminescent diode into the fiber based OCT system, a) sketch of the lenses used for
beam shaping b) photo of the setup c) the super luminescent diode
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fiber. A photo of the setup is shown in figure 3.10b. Light was coupled directly
into a fiber equal to the custom made beam splitter (4.8 µm mode field diameter)
to permit high efficiency coupling to the OCT system. This is quite important because coupling from a SMF28 fiber to the custom made fiber introduces a loss of
about 30% due to different mode field diameters (experimental measured value).
The fiber was mounted on a 3-dimensional translation stage which can also rotate
around vertical and horizontal planes to permit maximum degrees of freedom.
The beam quality and dimensions were optimized using a beam scanner in between the optical components and finally an optical power meter to optimize the
setup for maximum power transmission.

3.5.2

Version M3339

The two-beam splitter configuration was used for this diode. The spectrum of
the source is shown in figure 3.11a. It delivers about 50 mW free space and
has a bandwidth of 43 nm (FWHM) corresponding to a resolution of 11 µm in
tissue, in agreement with the measured value in figure 3.11b. It was possible
to couple 12 mW into the OCT system resulting in a sensitivity of 75 dB. This
should be compared with a value of 78 dB using a commercial 1300 nm source,
same power and same system configuration. As is seen from figure 3.11a the
center wavelength is about 1160 nm and therefore about 1/3 of the spectrum is
below the fiber cutoff wavelength. Multi mode operation below this wave length
results in loss of signal strength and therefore a decrease in sensitivity. Assuming
1/3 of the power is completely lost, i.e. the actual power used for OCT is 2/3 of the
12 mW, a reduction in sensitivity of 2 dB is expected according to eqn. (1.1.7).
In addition, the detector response is about 10-15% lower at 1160 nm compared
to 1300 mn. This effect corresponds to 1 dB using again eqn. (1.1.7). In total,
the sensitivity using the M3339 is expected to be 3 dB lower than the 1300 nm
commercial source (assuming same noise properties) which is in accordance with
the measurements above. Nevertheless it was possible to acquire OCT images
using the quantum dot diode as shown in figure 3.11c.

3.5.3

Version VN590

The two-beam splitter configuration is used for this diode. The spectrum of the
source is shown in figure 3.12a. It delivers about 4 mW free space and has a
bandwidth of 105 nm (FWHM) corresponding to a resolution of 6 µm in tissue,
in agreement with the measured value in figure 3.12b. Due to power limitations,
OCT imaging was not performed using this source.
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b)

c)
Figure 3.11: a) spectrum of M3339 b) interferogram obtained with a mirror in the
reference arm c) OCT image acquired on the human skin, width: 1.7 mm height:
1.2 mm
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a)

b)

Figure 3.12: a) spectrum of VN590 b) interferogram obtained with a mirror in the
reference arm

3.5.4

Version VN1045

The circulator configuration is used for this diode. The spectrum of the source is
shown in figure 3.13a. It delivers about 50 mW free space and has a bandwidth
of 74 nm (FWHM) corresponding to a resolution of 9 µm in tissue, in agreement
with the measured value in figure 3.13b. It was possible to couple 14 mW into the
OCT system resulting in a sensitivity of 78 dB. In figure 3.13 two OCT images
are shown.

3.6

Summary

In conclusion it has been shown, that the high resolution OCT system supports
high bandwidth and achieve sensitivity and image quality as expected. The main
limitation has been the availability of wide bandwidth light sources necessary
to demonstrate high resolution OCT images. With a suitable source exhibiting
sufficient power and low noise, OCT images with a resolution close to 2 µm is
expected to be achievable using the system.
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a)

b)

c)

d)

Figure 3.13: a) spectrum of VN1045 b) interferogram obtained with a mirror in
the reference arm c) OCT image acquired on the human thumb with two sweat
glands visible, width: 1.8 mm height: 1.3 mm d) OCT image acquired on the
human skin, width: 1.8 mm height: 1.3 mm
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Chapter 4
Doppler OCT for monitoring
treatment
As mentioned in the introduction, D-OCT has a potential for improved diagnostics of different diseases. In addition, it has been suggested that D-OCT could
also be used as a tool for monitoring progress during a treatment. In this way it
would be possible to tailor the treatment individually to the patient and eventually
improve the outcome. In order to reach this ambitious goal, a significant change
in blood flow during treatment has to be demonstrated and related to the stage
of the treatment. A preliminary attempt to investigate blood flow changes with
D-OCT during treatment of skin cancer lesions by photodynamic therapy (PDT)
is presented in this chapter. The D-OCT system used for these measurements has
also been used for imaging chick embryos and this work is presented in paper V
together with phantom measurements.

4.1

D-OCT for monitoring PDT

PDT is a non-invasive treatment used for different kinds of cancer and other diseases such as retinal disorders [129]. For skin cancer the advantage of using PDT
instead of for example radiotherapy or excision is a better cosmetic result. The
treatment modality relies on a sensitizer distributed in the tumor which is excited
by light at the right wavelength and reacts with the surrounding tissue resulting
in tumor death. The process is shown schematically in figure 4.1. The sensitizer
can be distributed either systemically, i.e. through the bloodstream, or topically,
for example a cream applied on the skin. After some time, depending on the
distribution method, the sensitizer accumulates within the tumor. Following an illumination of the tumor area with adequate wavelength, a photo-chemical process
is induced and results in tumor destruction. The treatment effect can be divided
55
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Figure 4.1: The scheme for PDT. The sensitizer is administered in the tumor tissue
which is then illuminated with light at a wavelength corresponding to a transition
of the sensitizer. The excited sensitizer reacts with tissue oxygen and produces
the singlet oxygen state which is highly chemically reactive and eventually leads
to cell death via direct cell destruction, vascular damage and activation of the
immune system.

in several categories - direct cell kill, indirect response due to vascular effects,
and immunological responses. The importance of vascular effect depends on several parameters such as the type of photosensitizer, its distribution pathway, and
time between drug supply and light illumination. Understanding these processes
in more detail is relevant to optimize the treatment. If the primary effect of PDT
is a vascular damage, the time between sensitizer supply and light illumination
should be chosen for maximal sensitizer concentration in the blood vessels. On
the other hand, if the primary effect is tumor cell destruction, a maximal sensitizer concentration at critical locations in the tumor itself should be the goal.
Laser Doppler perfusion imaging has previously been used for blood flow imaging, but does not provide spatial depth resolution [130]. By instead using D-OCT,
information about spatial localization of blood flow is possible, and therefore adds
additional knowledge. Monitoring vascular changes during PDT with D-OCT has
previously been performed on animals during PDT using an interstitial implementation [131]. In this study a decrease in blood flow was reported during PDT of
prostate cancer with a systemical distributed sensitizer. In another study using
Laser Doppler perfusion imaging, an increase in flow was reported during PDT
of skin tumors with a topical distributed sensitizer [132]. Recently, an initial decrease in blood flow followed first by an increase and thereafter slowly decrease
was shown using a spectroscopic technique [133]. The blood flow pattern was
shown to be dependent on the lesion and level of irradiance. In this study, we
aim for non-invasive in vivo blood flow measurements on human skin tumors during PDT with a topical applied sensitizer. We have the further advantage of high

lateral scan is provided by a galvanometer pivoting a mirror to obtain a B-scan image. Envelope and phase information
are calculated in a FPGA board (Altera Corp. EP1S80) as recently implemented in another system [6]. The calculation of
the envelope and Doppler frequency are described in more details below. When acquiring only structural OCT images,
data is acquired using an analog frame grabber, and the EOM is switched off with the carrier frequency set by the delay
line [4]. In Doppler mode, data is acquired using an USB interface, and the carrier frequency is then set by the EOM. The
extraction of the phase shift between two following interferograms is made by the sequential scan processing algorithm
[7]. The phase shift due to block motion of the probe or sample is reduced by a motion artefact rejection algorithm [8].
The sequential scan processing algorithm ensures high velocity sensitivity, and the motion artefact rejection makes it
possible to visualize blood flow in vivo with a suppression of noise induced by inter probe-skin movements. By
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In Figure 2 is a detailed block diagram of the signal processing performed with the FPGA. The amplified interferogram
is digitized at a sample rate of 120 MS/s, and subsequently decimated by a factor 8 inside the FPGA. Decimation lowers
the quantization noise and the effective number of bits. Additionally, the over-sampling relaxes the requirements on the
analog anti-aliasing filter. The decimated signal is converted to an analytic signal by passing it through a digital filter,
spatial resolution
to most other
which eliminates
the negativecompared
frequency components.
Its techniques.
envelope is calculated as the modulus of the analytic signal,
and the phase as its argument. At each lateral location a number of 2 to 8 sequential scans are done. The resulting
envelope at any given depth is calculated as the average of these values. The average phase change from one scan to the
next is calculated using the Kasai autocorrelation [9]. This algorithm has the property that measurements with large
amplitude have a higher contribution to the result as those with lower amplitude. In the case where the interferogram is
only affected by a low amplitude noise contribution, the Kasai algorithm thus improves the signal-to-noise ratio. In

4.2

System description and phantom measurements

The OCT system used in this study is a fiber-based time domain system operating at 1300 nm. A sketch of the system is shown in figure 4.2. The light source
is a superluminescent diode with a power of 20 mW and a bandwidth of 66 nm
(FWHM) corresponding to a depth resolution of about 8 µm in tissue. Relevant
parameters for the system is listed in table 4.1. A circulator is used to accomplish
balanced detection to suppress excess noise from the light source thereby improving the signal-to-noise ratio. In the reference arm, an optical delay line similar to
the system described in chapter 2 is used, but with the galvano scanner replaced
by a faster resonance scanner. The resonance frequency of the resonance scanner
is 4 kHz resulting in real time image acquisition of 8 frames per second for an
image consisting of 500 A-scans. The system can be operated in two modes, ei-
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Table 4.1: Key parameters for the D-OCT system
Center wavelength
Axial PSF (FWHM)
Spot size
Sensitivity
A-scan rate
Interferogram center frequency

1300 nm
10 µm
30 µm
100 dB
4 kHz
3.2 kHz

ther acquiring OCT images only or OCT/D-OCT simultaneously. In OCT mode,
the interference signal is detected using a photo detector, band pass filtered and
amplified. The interferogram is digitized and converted to an analytic signal by
passing it through a digital filter, which eliminates the negative frequency components. The envelope is calculated as the modulus of the analytic signal. The
lateral scan is generated by an external saw-tooth generator. Data are transferred
to a computer via a frame grabber and the image is finally displayed on the screen.
Data acquisition is controlled by a Labview program (National Instruments). Due
to the higher data acquisition speed compared to the previously described system,
it is possible to acquire 3-dimensional image data as shown in figure 4.3. In the
D-OCT mode, an electro-optical modulator (EOM) sets the carrier frequency of
the interferogram [134]. A lateral scan is provided by a galvanometer pivoting
a mirror to obtain a B-scan image. Envelope and phase information are calculated in a FPGA board (Altera Corp. EP1S80) employing the Kasai algorithm
using typical 2 to 8 scans in every lateral position [135]. Data is acquired using
an USB interface, and the carrier frequency is then set by the EOM. The phase
shift due to block motion of the probe or sample is reduced by a motion artefact
rejection algorithm [136]. The sequential scan processing algorithm ensures high
velocity sensitivity while maintaining real time imaging, and the motion artefact
rejection makes it possible to visualize blood flow in vivo with a suppression of
noise induced by inter probe-skin movements. By overlaying the flow information
to the structural OCT image, so-called Colour D-OCT images are constructed. To
suppress noise induced by motion of probe or sample, the hand-held probe was
mounted on a supporting arm for the in vivo skin measurements presented below,
see figure 4.4. Furthermore a link between probe and skin was mounted to provide an angle of 74◦ between surface and optical beam and provide stability. In
general, blood flow was then more pronounced than when measuring with a beam
perpendicular to the skin. This means that there is a tendency that blood vessels
run parallel to the skin surface.
To test the systems ability of detecting velocities, measurements on a flow
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b)

Figure 4.3: 3-dimensional image data from a human nail in vivo: a) rendering
showing a clear boundary at the nail bed b) image acquired across a white spot on
the nail. A high reflection from the middle part of the nail is seen. Dimensions
of both renderings: 2.5 mm longitudinal, 2.3 mm vertical and 2 mm transverse.
Acquisition time about 50 seconds.

Figure 4.4: The probe was mounted on a supporting arm for stabilization and to
reduce noise induced by unwanted probe-sample inter movement, here demonstrated by an OCT model.
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phantom with known flow velocity was performed prior to the clinical measurements. A picture of the setup used for the measurements is shown in figure 4.5a.
The stationary solid phantom was a mixture of epoxy resin, hardener, ink, and
TiO2 -particles aiming for optical properties close to biological tissue. In a depth
of 150 µm in the stationary phantom, a small flow channel with a diameter of 400
µm had been drilled as shown in figure 4.5b. For all measurements, we used an
intralipid 2% solution for the flow phantom, and an angle of 80.2◦ between the
flow channel and the optical beam. An example is shown in figure 4.5c, with the
flow profile in figure 4.5d through the centre of the flow channel. To extract the
peak or maximum velocity in the flow channel, a second order polynomial fit is
used. In figure 4.6, the peak velocity determined by the D-OCT system is plotted
as a function of the pump peak velocity. As expected for a laminar flow, the curve
shows a linear relation between the pump flow velocity and the velocity measured
with the D-OCT system. A minimum detectable average flow velocity of about
0.3 mm/s was estimated for this particular angle.

4.3

Measurements on normal skin

In order to prepare for the measurements in the clinic, measurements on normal
skin was performed to optimize the system. For example the angle between skin
surface and beam direction was important to improve the signal strength. Also
the threshold phase shift, i.e. the lower limit that determines when a phase shift
is shown in the image or not, was crucial to get an image with suppressed noise
but with signal from real blood flow. These parameters were chosen empirically
by measuring on normal skin. In figure 4.7 an example of a normal skin D-OCT
image acquired after the relevant settings has been adjusted. The image is acquired on the palm of a hand and illustrates that the system is able to measure
flow velocities typically found in skin. For all skin measurements, 8 sequential
was used A-scans to calculate the phase shift. This was necessary to avoid influence of noise. With an image consisting of 320 lateral positions, the frame rate
was about 1.5 Hz. During these tests, an interesting observation was made. By
following a blood vessel over a few minutes, the flow showed a periodic variation with a change between maximum and almost zero activity. To investigate
this effect further relative large vessels on the skin of the hand was monitored for
a few minutes using a stable setup with hand and probe attached to each other.
In this way a change in angle or position and the corresponding change in signal
could be neglected. To quantify the flow change, pixels above a certain threshold in a region of interest was counted as a function of time. This number is
hereafter referred to as the flow activity or simply the activity. An example of a
measurement on the palm of the hand is shown in figure 4.8. To suppress frame-
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a)

c)

b)

d)

Figure 4.5: Setup for phantom measurements. a) photo of the setup b) sketch
of the setup showing relevant angles c) D-OCT image of the phantom with a flow
velocity of 4 mm/s d) corresponding plot of A-scan from the image and a parabolic
fit.
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Figure 4.6: Calibration curve obtained from the phantom measurements. As
expected a linear relation between pump velocity and measured phase shift is
demonstrated.

Figure 4.7: D-OCT image acquired on the palm of a hand showing the presence
of a blood vessel in dermis (width: 1.3 mm, height: 1.5 mm). The color scale
indicates the phase shift.
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Figure 4.8: D-OCT measurements on normal skin showing time variations. The
activity is defined as the sum of pixels with a phase shift above a certain threshold
in the region around the vessel. Frame to frame variations were suppressed by
averaging 5 frames.

to-frame fluctuations and noise in general, an average of 5 frames was used for
this example. The period of the variation is on a scale of minutes or less and was
reproducible. Temperature fluctuations with corresponding flow change cannot be
ruled out. However, the time scale of the observed blood flow changes seems too
fast to be explained by temperature changes. Furthermore the measurements were
performed in a room with a stable temperature. On the other hand, the general tendency of a decrease in blood flow with time, see figure 4.8 could be explained by
the cooling of the skin attached to the metal extension of the probe, see figure 4.4.
But it could also be due to the test person getting relaxed after resting for some
minutes. A more objective measure of the changes would be a sum of pixels in
the entire image since the region-of-interest is observer dependent. However, this
was not possible due to pronounced noise hiding the actual signal. For detecting
the effect of varying blood flood, the definition of activity in a region-of-interest is
sufficient. The observations above is in agreement with previous findings recording oxygen tension in the human forearm [137]. In this paper the blood flow was
measured using a polarographic method without spatial depth resolution. The periodic changes is a complication to monitoring of blood flow changes because it
can not necessarily be distinguished whether a change in blood flow is caused
directly by the PDT treatment, or just reflects a natural fluctuation. Only by averaging blood flow activity for a time much longer than the period of the natural
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cycle one can compensate for this effect. This requires measurement durations of
at least a few minutes which is a serious problem for D-OCT as a monitoring tool.
Assuming a constant blood flow period, an alternative could be to measure in the
same phase of the period. This approach would allow comparing blood flow acquired in shorter duration times. However, the stability of the periodic blood flow
pattern should be investigated beforehand. The practical use would definitely be
limited.

4.4

Clinical measurements

Following the tests described above, clinical measurements on patients with skin
tumors were performed. The aim was measuring the blood flow activity before,
during and after PDT. First, the sensitizer, in this case 20% ALA cream, was applied to the patients. A few hours are then needed for absorption and distribution
within the tumor. Then, the tumor area is illuminated for about 15 minutes with
red light to excite the sensitizer and complete tumor destruction. For all images, 8
A-scans were acquired at each lateral location to calculate the phase shift resulting in an acquisition time of about 0.7 s. for a 1.3 mm wide image. Using fewer
A-scans for calculating the phase shift results in faster imaging acquisition but unfortunately also in more pronounced noise. We expected an increased blood flow
near a tumor compared to normal skin because a tumor is characterized by having
an increased metabolism. However, this was not confirmed by our measurements,
we observed only very limited blood flow near tumors just like in most normal
skin. The observations for normal skin is in agreement with a study using laser
Doppler flowmetry reporting an average dermal blood concentration of about 1%
or less depending on the site of the skin [138].
Due to the limited blood flow around skin tumors, it was very critical to measure at the same position on the skin to compare blood flow at different times.
This requirement would have been more relaxed if blood flow around a tumor
was more pronounced and homogeneous. Measuring at the same position proved
impossible and therefore we are not able to conclude whether blood flow changes
during PDT treatment. Furthermore, variations due to the pressure of the probe
on the skin were observed. Therefore, it is important to apply the same pressure
every time, and especially to avoid a high pressure that limits the flow. In figure
4.9, a single frame acquired on scar tissue after radiotherapy of a tumor is shown
for illustration showing a superficial blood vessel. The frame is part of a movie
showing the pulsative nature of the blood flow. In conclusion, we are able to detect blood flow but investigating blood flow changes during PDT of human skin
tumors is not possible with the setup presently used due to practical issues.
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Figure 4.9: Measurements performed on the stomach of a 62 year old woman with
scar tissue due to radiotherapy of skin cancer. The colored spot corresponds to a
superficial blood vessel (width: 1.3 mm, height: 1.5 mm).

4.5

Summary

As mentioned above, the results of these measurements are extremely sensitive to
motion, position and pressure on the skin. When the goal is to measure changes
in vascularization, it is critical to measure at the same position within the width
of the B-scan. Since the width corresponds to the spot size of the beam, we must
be able to position the probe with an accuracy of less than about 30 mm. In
practice, this is very difficult. Due to these practical problems, it does not make
sense to quantify the blood flow changes because we do not know if changes
are related directly to the PDT treatment or rather to a displacement in position,
change in angle, pressure applied to the skin etc. In order to make more reliable
measurements, a setup with a stationary probe that is not moved in between the
measurements is necessary. This can be accomplished by using an interstitial
D-OCT implementation with a needle placed in or around the tumor measuring
continuously during PDT as demonstrated by Li et al [131]. However, a needle
implementation of D-OCT can also affect the blood flow which should be taken
into account. Furthermore the non-invasiveness is abandoned which is a serious
drawback considering D-OCT as a monitoring tool. On the other hand, if DOCT is used for research purposes to get more insight to the PDT process it is
less critical to use the needle implementation. Minimization of noise induced by
motion of the probe is also important, and a faster data acquisition is therefore
preferred. This can be accomplished with Fourier domain systems [139]. Using a
state-of-the-art Fourier domain D-OCT system would also allow acquiring three
dimensional data very fast. Because a larger surface area is then covered, the
position of the probe from time to time is less critical than when using only a
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single B-scan. Natural fluctuations should also be considered and requires for
example averaging over time. Finally, we only detected the presence of blood
flow and did not measure the absolute value of the velocity. It is also relevant
to measure absolute velocities without prior knowledge of the angle between the
optical beam and the flow direction in the blood vessel which has already been
demonstrated [28]. With these improvements of the setup, future measurements
can provide knowledge of blood flow changes during a PDT treatment.
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Summary
Background: Cutaneous larva migrans is a parasitic skin eruption caused by migration of
larvae of various nematodes. Diagnosis of cutaneous larva migrans is currently based on the
clinical signs of the creeping eruption. We are investigating a new diagnostic technology
called optical coherence tomography (OCT) , which is potentially able to visualize
structures in the skin with an 8 mm resolution. This technology could therefore potentially
allow rapid, non-invasive, in vivo diagnosis of infestations.
Method: Clinical cases of cutaneous larva migrans (n ¼ 3) were studied. All patients had a
characteristic itching, serpinginous eruption typical of cutaneous larva migrans. The
parasites were acquired on beach holidays in Thailand and Malaysia. All skin lesions were
imaged by an OCT system developed at Risoe National Laboratory, Denmark.
Result: Two out of three patients showed a round to oval structure (diameter 0.3–0.5 mm)
in the epidermis, Thus distinct OCT morphology in skin areas affected by cutaneous larva
migrans was demonstrated. The larvae were not visualized in any of the patients.
Conclusion: This study demonstrates that OCT a novel optical imaging technology, can
image the larva tunnel in the skin with adequate spatial resolution, but not the larvae
itself. OCT has a potential in imaging of skin infestations.
& 2007 Elsevier Ltd. All rights reserved.
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Cutaneous larva migrans is referring to the creeping
eruption due to human skin invasion by animal hookworm
larvae.1 In cutaneous larva migrans the parasitic skin
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eruption is caused by migration of larvae of various
nematodes, most commonly dog and cat hook worms
(Ancylostoma caninum and A. braziliense), also gnasthostoma species can manifest as cutaneous larva migrans if it
reaches the subcutaneous tissue after oral ingestion. The
infestation of cutaneous larva migrans occurs after contact
with contaminated soil or animal products, and is the most
frequent disease in travelers returning from tropical
countries.2 The majority (95%) of cutaneous larva migrans
patients have a history of exposure to the beach.3 Clinically
cutaneous larva migrans is characterized by the presence of
an allergic reaction to the products of the larva in the
epidermis and less often the upper dermis.4 This allergic
reaction takes the form of an erythematous linear or
serpiginous dermatitis, with special predilection to buttocks
and lower limbs.5,6 There are no speciﬁc diagnostic tests for
all larva infestations, but enzyme-linked immunosorbent
assays (ELISA) are available for the diagnosis of some
nematodes and helminthes.7
We report three clinical cases of cutaneous larva migrans
imaged by a novel non-invasive optical imaging technology
called optical coherence tomography (OCT) to explore the
possible role of OCT as a diagnostic tool8–11 for selected
cases of cutaneous larva migrans.

Materials and methods
OCT is a novel non-invasive optical imaging technology. It
provides cross-sectional tomographic real-time images of
tissue pathology in situ with an axial resolution as high as
1–3 mm.12–14 OCT images are generated when an optical
beam is scanned across the tissue and echo time delay and
intensity of backscattered light is measured. Velocity of
light is extremely high and optical echoes cannot be
measured directly, therefore OCT is based on low-coherence
interferometry, correlating backscattered light from tissue
with light that has travelled a known reference path. Hence,
OCT is analogue to B-mode ultrasound pulse-echo imaging
with an optical rather than acoustical reﬂectivity being
measured.
The OCT-system used in this study was developed at Risoe
National Laboratory, Denmark. Our OCT-probe is hand-held
light-weight ﬁber-based and easy to handle. The probe is
applied directly to the skin, after applying ultrasound gel to
the skin. Due to the easy applicability of the probe the
entire skin surface can be examined with our OCT-system.
The scanning lasts a few seconds, and has not caused any
discomfort to patients in earlier studies.10,15 The light
source used is a superluminescent diode with a center
wavelength of 1318 nm, and a FWHM bandwidth of 66 nm.
Axial resolution is 8 mm (in tissue), and the lateral resolution
is 24 mm. The image data are displayed by assigning gray
scales to each reﬂection according to the measured signal
strength. The optical ﬁber-based handheld OCT probe sends
infrared light onto the skin at optical power densities in
compliance with ANSI safety regulations.
Ultrasound examinations were done with a dedicated
20 MHz scanner (Dermascan C 3.1, Cortex Technology,
Denmark). The scanner has an axial resolution of 50 mm
and lateral 350 mm. Ultrasound provides objective, accurate, noninvasive and easy measurements of several para-
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meters of skin morphology and enables visualization of
subclinical and deep lesions. Ultrasound imaging allows the
identiﬁcation of diameters and the depth of pathology such
as inﬂammation, neoplasm and infestations.16
The study population consists of all patients diagnosed
clinically with cutaneous larva migrans in our Department in
the period of March 2006–July 2006. Patients agreed to
participate in accordance with Helsinki guidelines.

Case reports
Patient 1
A 9-year-old girl returned from a beach holiday in Thailand,
where she was playing with cats. The creeping eruption
started in Thailand in April 2006, numerous pustular and
erythematous serpiginous lesions developed on her left foot,
and measured 0.3–1 cm in width and 10 cm in total length
(see Fig. 1) when the patient was referred. The patient was
referred to our department after systemic antibiotic and
local antiseptic treatment, which was prescribed in order to
control the bacterial super infection and accompanying
fever. General examinations as well as laboratory investigations were normal. The patient was successfully treated
with oral ivermictin (200 mg/kg).

Patient 2
A 51-year-old woman returned from beach holiday in
Malaysia July 2006, 1 week later the patient was admitted
to the hospital due to headache, myalgia and malaise. She
presented with fever (39.6 1C) and a rash. Laboratory tests
showed low natrium 134 mmol/l (137–145 mmol/l) and low
platelets: 102  109(145–390  109), normal eosinophils,
normal IgE. All other tests were also normal, including tests
for Malaria and Dengue fever. An erythematous serpiginous

Figure 1 Clinical presentation of cutaneous larva migrans in
Patient 1 with pustular, linear and serpiginous lesions on her
foot. The black marks show some sites of Optical coherence
tomography scanning. Black arrows indicate where OCT imaging
was also done in search of the larva and delineation of the
tunnel.
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Figure 2 Optical coherence tomography imaging of cutanous larva migrans. OCT image from Patient 1. The dark oval structure
represents the cross-section of the empty cutaneous larva migrans larva tunnel, thus the larva is not present in the tunnel. The red
arrow indicates the stratum corneum , the yellow arrows demarcate the epidermis and the white arrow points out the larger
penetration depth in the dermis.

and pruritic rash appeared located to the lower abdomen,
pubic region and left thigh. Cryotherapy was attempted
before admission to our department, but due to ongoing
activity the patient was treated successfully with oral
ivermictin (200 mg/kg).

Patient 3
A 48-year-old woman with a serpiginous eruption that
appeared on the abdomen 2 weeks after she had returned
from a beach holiday in Thailand February 2006, where she
recalled sunbathing on a dirty straw mat. The size of the
eruption was 0.3–0.5 cm in width and 2 cm in length and was
associated with severe pruritus. The eruption was no longer
creeping when we saw the patient, and was therefore
presumed treated successfully with cryotherapy by the
ofﬁce-based dermatologist.

Results
All patients were diagnosed clinically. OCT -imaging was
done over the serpiginous lesions in their entirety in all
patients. In patient 1 OCT-imaging demonstrated the
boundaries of the cross-section of the larva tunnel located
in the epidermis. The OCT-image (Fig. 2) shows an oval air
ﬁlled structure (diameter 0.3–0.5 mm) interestingly a larger
penetration depth is seen below the track due to the low
signal attenuation in the track compared to the surrounding
skin tissue. Ultrasonography of the larva tunnel was done for
comparison with the optical coherence tomography images
(see Fig. 3). Ultrasound images did not reveal the delineation of neither the tunnel nor the larva, only an epidermal,
hypoechogenic inﬁltrate representing inﬂammation could be
demonstrated.
In patient 2 OCT-images of the lesions showed a
characteristic cross-section of the larva tunnel, but the
delineation of the tunnel was not as clear as in Patient 1.
In patient 3 OCT imaging did not reveal a cross-section of
the larva tunnel similar to OCT image from Patient 1, only a

Figure 3 Twenty MHz ultrasonography image of cutaneous
larva migrans tunnel on foot of Patient 1. Red arrow is the
entrance echo, white arrows are pointing towards epidermis
with a low echogenic signal due to inﬂammation; the delineation of the larva tunnel is not obvious. Blue arrow is metatarsal
structures. The larva is not present in the tunnel.

non-speciﬁc disruption of the layered structure of epidermis
and dermis could be identiﬁed.

Discussion
In most cases of cutaneous larva migrans the diagnosis is
made by identifying the characteristic clinical presentation,
although atypical presentations such as the bullous cutaneous larva migrans or cutaneous larva migrans with
folliculitis occur.17 Differential diagnosis includes scabies,
erythema chronicum migrans, herpes zoster, lichen striatus,
phytophotodermatitis and superﬁcial thrombophlebitis.1,5
Laboratory tests are not essential for diagnosis, but
detection of eosinophilia of the peripheral blood may
support the diagnosis. In some cases it may be necessary
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to biopsy for histopathological examination from the
suspected skin lesion, although histopathology is often not
helpful in the diagnosis particularly because it is difﬁcult to
localize the most appropriate place from where to take the
biopsy.5 Histopathology typically shows the larva tunnel
situated in the epidermis or below, surrounded by an
inﬁltrate of eosinophilic cells. Spongiotic dermatitis with
spongiotic vesicles containing neutrophils and eosinophils
and a mixed-cell dermal inﬁltrate with numerous eosinophils
can also be seen.18 The tunnel is usually circular and air
ﬁlled.19
In the present study, OCT imaging of three patients with
cutaneous larva migrans demonstrated potential of this
novel non-invasive investigative tool for imaging of skin
infestations, in accordance with an earlier pilot study
where a scabies mite was imaged by optical coherence
tomography.20
An obvious larva tunnel could only be identiﬁed by OCTimaging in Patient 1. OCT imaging showed the presence of a
dark circular structure in the epidermis which is most
probably the boundary of the cross-section of the larva
tunnel, but no imaging of the larvae itself. OCT images of
patient 2 showed the similar cross-section of a presumed
larva tunnel, but the delineation of the tunnel was not as
clear as in Patient 1, probably due to collapse of the tunnel.
In neither case was a possible larvae identiﬁed. A weakness
of this study is that we did not biopsy the larva tunnels,
which were however in good agreement with the known
histology of this disease. Furthermore, the imaging of tissue
with OCT does not necessarily simply reﬂect morphological
changes visible in histopathological sections, but also
reﬂects changes in tissue density, mechanics and optics,
which are not visualized by histochemistry. The OCT
images therefore describe additional and unique tissue
characteristics.
OCT is analogue to B-mode ultrasound pulse-echo imaging
with an optical rather than acoustical reﬂectivity being
measured. However, OCT has a 10–100 fold higher resolution
than ultrasound. In ultrasound the penetration depth goes
down on behalf of increasing resolution, this is also the case
in OCT, but importantly the resolution is also dependant
on wavelength and bandwidth of the light source, opening
new ways for improving high-resolution imaging of tissue.
In our case, ultrasound imaging of the larva tunnel in
Patient 1 did not reveal the larva tunnel, but demonstrated pathological changes in the epidermis. The two
methods therefore appear to be complementary, rather
than mutually exclusive.21
The larvae were not visualized in any of the patients,
suggesting that the optical and ultrasonographical characteristics of the larval tissue mimic the optical properties of
the skin closely. It is speculated that the optical properties
of the parasite preclude positive identiﬁcation of the animal
in the skin.
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Background Nail diseases are often troubling to the patient and may present a diagnostic challenge to the dermatologist. Biopsies from the nail may be required
although often perceived uncomfortable by the patient and potentially scarring.
Noninvasive technologies are therefore of particular interest in the study of nails.
Optical coherence tomography (OCT) is an optical imaging modality which may
provide improved data.
Objectives This study evaluates nail morphology and thickness in OCT images in
comparison with high-frequency ultrasound (HFUS) imaging of the nail.
Methods Ten healthy volunteers were recruited for imaging and nail measurements;
OCT and HFUS images were compared qualitatively. Nail thickness measurements
with four different techniques were compared: ultrasound, OCT, polarizationsensitive (PS) OCT and callipers. The OCT system was developed at Risoe
National Laboratory, Denmark. A commercially available 20-MHz ultrasound system (Dermascan; Cortex Technology, Hadsund, Denmark) was used.
Results In standard OCT the nail plate appeared as a layered structure containing a
varying number of horizontal homogeneous bands of varying intensity and thickness. PS-OCT images of the nail plate also showed a layered structure. The refractive index of the nail was 1Æ47 ± 0Æ09. OCT and PS-OCT had low coefficients of
variation, 6Æ31 and 6Æ53, respectively, compared with other methods: HFUS
12Æ70 and callipers 14Æ03.
Conclusion PS-OCT has to our knowledge not been applied to OCT analysis of the
nail, and offers some advantages in separation of the nail bed from the nail plate.

Currently, nail disease diagnosis is based mainly on clinical
examination although biopsies and scrapings can also provide
significant information.1–4 The nail bed can be inspected visually only partially, and pathologies of the nail bed may be
either indistinct or hidden by the nail plate. In some cases a
biopsy of the nail and underlying skin is therefore required.
Nail biopsies, however, may be unpleasant to the patient,
time-consuming and leave scarring and potentially permanent
disfigurement of the nail. Objective and noninvasive assessment is therefore of particular interest in the study of nails.5
Pathology of the matrix is often reflected clinically as a
deformation or change of colour of the nail plate. Noninvasive
imaging technologies may facilitate differential diagnosis of
pathologies in the nail unit and may delineate tumours.5–15 It
is well established that high-frequency ultrasound (HFUS) can
be used for measuring nail thickness.2,16–19 Other technologies
such as magnetic resonance imaging (MRI),9,12,13 confocal

microscopy20,21 and optical coherence tomography (OCT)22,23
have also demonstrated potential in nail research. MRI has
gained some ascendancy over the other methods.13 The nail
plate can be visualized with MRI if it is covered with, for
example, petrolatum.
The aim of this pilot study was to investigate OCT characteristics of the nail as well as the potential of OCT for studies
of the nail in comparison with 20-MHz HFUS and actual
thickness measured with callipers.

Materials and methods
In this pilot study 10 healthy volunteers with no clinical signs
or history of nail disease were recruited in accordance with
the Helsinki II guidelines.
All 10 fingernails from the volunteers were examined
clinically and by OCT, HFUS and calliper. The nails were
 2007 The Authors
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photographed with a digital camera and the built-in camera of
the OCT probe.
For refractive index calculation, nail samples were collected
and imaged on a glass plate immediately after clipping to
avoid drying and corresponding change in refractive index.
The OCT system was developed at Risoe National Laboratory,
Denmark. OCT is a noninvasive optical imaging technology that
provides cross-sectional, tomographic images of tissue in situ
and in real time.24 OCT can provide images of tissue pathology
in situ with a high axial resolution.24–26 The light source in our
OCT system is a superluminescent diode with a centre wavelength of 1318 nm, and a bandwidth of 66 nm. Axial resolution of the system is 9 lm (in tissue), lateral resolution is
24 lm. OCT works in analogy to ultrasound; the reflection of
infrared light (instead of acoustical waves) from the skin is
measured and the intensity is imaged as a function of position.
A low-power infrared light illuminates the tissue, and the signal
obtained from the scan is amplified, demodulated and stored in
a digital form. The image data are displayed by assigning colour
or grey scales to each reflection according to the measured signal strength. Due to speed of light the optical echoes cannot be
measured directly, therefore OCT is based on low-coherence
interferometry, correlating backscattered light from tissue with
light that has travelled a known reference path. The OCT probe
sends infrared light onto the skin at optical power densities in
compliance with American National Standards Institute safety
regulations. The OCT probe is applied directly to the nail. The
OCT scanning lasts only a few seconds, and does not cause discomfort to the subject studied.27–29
Characteristics other than the intensity of backscattered and
reflected light can be imaged by OCT. Some tissues such as
nail matrix, muscle and collagen are birefringent. In polariza-

(a)

tion-sensitive (PS) OCT images the characteristic birefringence
of tissue is clear. In our OCT system PS-OCT images are
recorded in parallel with standard OCT images.
Ultrasound examinations were carried out with a dedicated
20-MHz scanner (DermaScan Version C 3.1; Cortex Technology, Hadsund, Denmark) in B-mode scan. The scanner has an
axial resolution of 50 lm, lateral 350 lm. Ultrasound has
been shown to provide objective, accurate, noninvasive and
easy measurements of several parameters of skin morphology
and enables visualization of subclinical and deep lesions, and
thus allows the identification of diameters and the depth of
pathology such as inflammation, neoplasms and infestations.30
Measurement of nail thickness was made by the integrated
measurement menu in A-mode scan. Thickness was estimated
using the system software. Ultrasound gel was applied to the
nail prior to imaging.
Images of each nail were recorded with OCT and ultrasound. A cross-sectional scanning at the centre of the nail
plate with OCT and ultrasonography was used for thickness
measurements. Three cross-sectional thickness measurements
were performed on each image; one in the centre of the
image and two other measurements in the centre of a line
drawn from the central measurement to the lateral nail border
on the right and left side of the image (Fig. 1).
To determine absolute nail thicknesses using OCT, the
refractive index of the nail has to be known. This is similar
to ultrasound which requires knowledge of the speed of
sound in the nail.1,17,31 To measure the refractive index
using the OCT system, the ‘optical length shift method’
was employed.32,33 The method requires two OCT images
of each clipped nail. An OCT image of the nail placed on
top of a glass plate is compared with an OCT image of the

0·20 mm

(b)

0·40 mm
0·60 mm
0·80 mm
1·00 mm
1·20 mm
1·40 mm
1·60 mm
1·80 mm
2·00 mm

Fig 1. (a) Optical coherence tomography (OCT) image of a normal nail. Inserted image shows the video image of the nail from the probe. The
green bar indicates the area on the skin where the OCT scan is recorded (white arrow). The green bar in OCT image reflects the small green bar.
The white bars indicate where the measurements were made. (b) A 20-MHz ultrasound (UL) image of the same nail as in (a). Red bars indicate
where the measurements were made. The intense signal below the nail is the distal phalangeal bone.
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glass plate without the nail. By registration of the optical
thickness of the nail and the displacement of the glass plate
between the two images it is possible to extract the refraction index of the nail.
Software for determination of nail thickness using OCT
images was developed.
We used a digital calliper (LiMit, Auckland, New Zealand).
Three thickness measurements were performed at the distal,
free end of the nail plate on each finger. Measurements with a
calliper were made at the centre of the free nail plate and
approximately 3–4 mm to the left and to the right of the
centre.
Statistics
We analysed each method separately, using a variance component model on the logarithmically transformed measurements. The model included a systematic difference between
the 10 fingers as well as random variation between individuals, between fingers of the same individual and between measurements on the same finger. The variance components
corresponding to these sources of random variation were subsequently used for calculation of coefficients of variation, in
particular the reproducibility of each method. SAS 9.1 statistical
software was used.

(a)

OCT-images of the nail
(b)

Lunula

(c)

0·00 mm
0·20 mm
0·40 mm
0·60 mm
0·80 mm
1·00 mm
1·20 mm
1·40 mm
1·60 mm
1·80 mm
2·00 mm
2·20 mm

0·00 mm
0·20 mm
0·40 mm
0·60 mm
0·80 mm
1·00 mm
1·20 mm
1·40 mm
1·60 mm
1·80 mm
2·00 mm
2·20 mm

0·00 mm

Results
The volunteers were all white, three men and seven women,
mean age 35Æ4 years (range 26–51). All measurements were
performed by the same doctor (M.M.), and were carried out
consecutively during 2 weeks in March 2006.
Nail morphology in optical coherence tomography
images
OCT provided images of the nail plate, the nail bed and the
matrix to a depth of 2 mm. Images were 4 mm wide. In standard OCT the nail plate appeared as a layered structure containing a varying number of horizontal homogeneous bands
of varying intensity and thickness. The lunula and leuconychia
contained distinct horizontal white bands: at the deep end of
the nail plate, and within the nail plate, respectively. These
parts of the nail are strongly reflective ⁄backscattering; this also
explains the white colour seen with the naked eye. OCT and
PS-OCT images of a leuconychia, lunula and normal nail are
demonstrated in Figure 2.
In general the nail plate was not easy to distinguish from
the nail bed in OCT images. We defined the border between
nail plate and nail bed as the first change in OCT image intensity after the entrance signal. Nail OCT images showed a very

(a*)

PS-OCT-images of the nail
(b*)

Lunula

(c*)

Leuconychia

2·00 mm
2·20 mm

Fig 2. The left hand side shows optical coherence tomography (OCT) images of a normal nail (a), the lunula (b) and a leuconychia (c); a small
photograph of the nail with leuconychia is inserted. On the right hand side are the structures reflected as polarization-sensitive (PS) OCT images,
marked by an asterisk. The black bars indicate the thickness of the nail.
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Nail plate

0·40 mm

Epidermis

0·60 mm
0·80 mm
1·00 mm

Dermis

1·20 mm
1·40 mm
1·60 mm

Lunula

1·80 mm

Matrix

2·00 mm

(a)

2·20 mm

Nail plate

Epidermis

Nail thickness
Thickness average from identical fingers in all 10 persons
ranges from 0Æ63 ± 0Æ10 mm with OCT and 0Æ52 ± 0Æ08 mm
with PS-OCT (finger 1) to 0Æ41 ± 0Æ07 mm with OCT and
0Æ38 ± 0Æ05 mm with PS-OCT (finger 5). Thickness measurements for fingers 1 and 4 are shown in Table 1. Due to limited space data are not shown from all 10 fingers.
Nail thickness statistical analysis

Dermis
Lunula
Matrix

(b)
Fig 3. (a) Optical coherence tomography (OCT) image of the matrix;
the layered structure of the nail plate is seen. The lunula is reflected as
a white band that fades away in the matrix. The overlying epidermis
and dermis decreases the signal from the matrix. Under the cuticle
a black shadow is seen (white arrow) due to the hyper-reflective
quality of a hyperkeratosis. In the ultrasound image (b) the matrix is
hypoechoic. The ventral and dorsal nail plates are separated, and the
epidermis is more echogenic than the dermis.

characteristic structure in PS images due to the arrangement of
the dorsal and ventral nail plates containing birefringent collagen structures. PS-OCT imaging separated the nail structure
more clearly from the nail bed due to the change in polarization from nail plate to nail bed. Figure 1 illustrates the nail
morphology in OCT and ultrasound images. The nail thickness
measurements are indicated by bars. The matrix is shown by
OCT and ultrasound in Figure 3.
Nail morphology in ultrasound images
In ultrasound images the nail is separated into two overlaying
plates. The dorsal and ventral nail plates can be seen as laminar
hyperechoic (white) parallel bands with a virtual hypoechoic
(black) space between them. The nail bed appears as the hypoechoic region under the plates. Below the two nail plates the
distal phalanx is seen. Just as in OCT imaging the matrix can
be visualized as a more signal-intense (echoic) area.
Refractive index
We included finger nails from four human volunteers and carried out five measurements on each nail and five measurements of the glass plate without the nail. By comparing the
optical thickness of the nail and the displacement of the glass
plate between the two images the refraction index of the nail
was calculated to be 1Æ47 ± 0Æ09. This method itself can measure the refractive index with an uncertainty of 1–2%.

The various measurement methods are linearly related, but the
differences between them cannot be described either as a constant difference or as a proportionality factor. We have therefore focused on a comparison between their reproducibility as
well as their ability to discriminate between different fingers
and ⁄or persons. The reproducibility is quantified as the coefficient of variation between the three measurements on the
same nail, and a small coefficient of variation means that the
method has a high reproducibility. The figures are reported in
Table 2 and show that OCT and PS-OCT both have low coefficients of variation, 6Æ31 and 6Æ53, respectively, whereas the
calliper has the highest coefficient of variation, 14Æ03.
The coefficients of variation between persons are shown in
the second column of Table 2. These have to be high, corresponding to a good ability to detect actual differences. However, they will be influenced by the coefficient of variation
due to reproducibility, so we have also added a column with
hypothetical coefficients of variation between subjects, had
there been no measurement error whatsoever. This column
shows the OCT method to be superior to the others.

Discussion
We have found OCT imaging of the nail easy to apply. OCT
images of the nail reflect the anatomical architecture of the
nail unit: the layered structure of the nail plate, the upper
1–2 mm of the epidermis and dermis and the structure of the
matrix below the proximal nail plate. These structures can
also be imaged by HFUS, but because OCT has higher resolution than HFUS, it has an ability to discriminate subtle
changes not detected by ultrasound, and thus provide more
information about the nail unit. The optical contrast of the
skin and the nail unit may, however, also be more prominent
using infrared light rather than sound waves, and thereby
contribute to better resolution imaging. We have also shown
the ability of OCT imaging to visualize the lunula and leuconychia clearly because of increased reflection ⁄backscattering of
these areas.
It was possible to measure nail plate thickness using OCT,
although some variation was seen in nail thickness measurements between different methods (Table 1).
Both OCT and PS-OCT have low coefficients of variation
between measurements on the same nail compared with HFUS
and digital calliper. OCT furthermore appears to have the highest ability to distinguish nail thickness in the thumb compared
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Table 1 Data from measurements of nail thickness in fingers 1 and 4 with all four methods presented as the range of measurements in mm. Data
from fingers 2, 3 and 5 are not shown. The corresponding author will provide the full data material on demand
Finger 1

Finger 1

Finger 1

Finger 1

Finger 4

Finger 4

Finger 4

Finger 4

Individual no.

Calliper

HFUS

OCT

PS-OCT

Calliper

HFUS

OCT

PS-OCT

1 dex
1 sin
2 dex
2 sin
3 dex
3 sin
4 dex
4 sin
5 dex
5 sin
6 dex
6 sin
7 dex
7 sin
8 dex
8 sin
9 dex
9 sin
10 dex
10 sin
Range

0Æ36
0Æ52
0Æ56
0Æ80
0Æ73
0Æ54
0Æ69
0Æ67
0Æ72
0Æ67
0Æ88
0Æ83
0Æ70
0Æ66
0Æ56
0Æ55
0Æ58
0Æ46
0Æ44
0Æ39
0Æ36–0Æ88

0Æ47
0Æ43
0Æ46
0Æ45
0Æ55
0Æ52
0Æ46
0Æ46
0Æ39
0Æ42
0Æ41
0Æ43
0Æ56
0Æ49
0Æ47
0Æ47
0Æ47
0Æ46
0Æ43
0Æ43
0Æ39–0Æ56

0Æ48
0Æ57
0Æ55
0Æ55
0Æ71
0Æ73
0Æ58
0Æ58
0Æ57
0Æ78
0Æ72
0Æ53
0Æ75
0Æ86
0Æ63
0Æ59
0Æ55
0Æ55
0Æ65
0Æ62
0Æ48–0Æ86

0Æ48
0Æ37
0Æ57
0Æ44
0Æ67
0Æ61
0Æ53
0Æ55
0Æ43
0Æ38
0Æ62
0Æ46
0Æ60
0Æ61
0Æ57
0Æ54
0Æ46
0Æ56
0Æ46
0Æ48
0Æ37–0Æ67

0Æ35
0Æ33
0Æ46
0Æ45
0Æ60
0Æ64
0Æ69
0Æ56
0Æ62
0Æ56
0Æ46
0Æ54
0Æ54
0Æ52
0Æ51
0Æ57
0Æ61
0Æ48
0Æ53
0Æ63
0Æ33–0Æ69

0Æ37
0Æ38
0Æ29
0Æ37
0Æ46
0Æ49
0Æ36
0Æ37
0Æ41
0Æ34
0Æ44
0Æ41
0Æ42
0Æ41
0Æ42
0Æ41
0Æ39
0Æ39
0Æ39
0Æ39
0Æ29–0Æ49

0Æ30
0Æ35
0Æ27
0Æ32
0Æ45
0Æ48
0Æ57
0Æ38
0Æ33
0Æ44
0Æ49
0Æ47
0Æ67
0Æ55
0Æ49
0Æ45
0Æ42
0Æ43
0Æ42
0Æ42
0Æ27–0Æ67

0Æ34
0Æ36
0Æ28
0Æ32
0Æ42
0Æ38
0Æ55
0Æ35
0Æ38
0Æ37
0Æ36
0Æ43
0Æ50
0Æ51
0Æ43
0Æ42
0Æ39
0Æ38
0Æ38
0Æ43
0Æ28–0Æ55

dex, dexter; sin, sinister; HFUS, high-frequency ultrasound; OCT, optical coherence tomography; PS, polarization-sensitive.

Table 2 Coefficients of variation. All numbers are percentages of the
thickness measurements. Percentage variation is variation other than
the systematic thickness difference between nails

140
O

130

Methods

O

C C C calliper
O O O optical_corr
P P P polarised_corr
U U U ultrasound

Hypothetical
P

Residual–s

Person–s

Person–s-mod

1
2
3
4

6Æ3103
6Æ5261
12Æ6965
14Æ0250

15Æ6563
12Æ2674
14Æ5647
18Æ0278

14Æ3283
10Æ3875
7Æ1365
11Æ3270

OCT
PS-OCT
Ultrasound
Calliper

120

Percent

Method

110

U

C
P
U

100

Residual–s, same finger, repeated measurements. A low number
means advantage over other methods. Person–s, same finger type
in different persons. Person–s-mod, like person–s it represents
variation between persons, but modified to an ideal situation
without variation between measurements. A high number means
advantage over other methods. OCT, optical coherence tomography; PS, polarization sensitive.

with the other methods. In the statistical analysis it has been
considered that measurements are performed on different scales.
However, a good reproducibility is not enough; if the method
results in the same value even if used on different fingers or persons, it will be worthless. Therefore, we also estimated the ability of each method to detect differences between different finger
types (e.g. difference between thumb and ring finger) as well as
the coefficients of variation corresponding to measurements on
the same type of finger (e.g. right thumb) but on different per-

C

C
UCPO

OUCP

O
U
P

P

90

C

U
O

O
U
P

U

PCUO

CP
O

O
C
U
P

7

8

9

10

C

80
1

2

3

4

5

6

Finger no

Fig 4. Percentage variation of all measurement methods compared
with finger 2. Numbers 1–10 correspond to 1 = finger 1 dexter
(dex); 2 = finger 1 sinister (sin); 3 = finger 2 dex; 4 = finger 2 sin,
etc. O, optical coherence tomography; P, polarization-sensitive OCT;
U, ultrasound; C, calliper.

sons (Table 2). Figure 4 shows the estimated percentage thickness of all finger nails compared with finger 2. We note that all
methods differentiate almost equally well except for the thumb
where the OCT method detects a larger discrepancy than any of
 2007 The Authors
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the other methods. This may be explained by the higher resolution of OCT.
Ultrasound images of the nail and thickness measurements
were in accordance with other studies on nail anatomy and nail
thickness in healthy nails. Using HFUS (n = 10) we measured a
nail thickness of 0Æ46 ± 0Æ04 mm (thumb). Jemec3 (n = 15)
found a nail thickness of 0Æ593 ± 0Æ118 mm (thumb), and in
another study17 (n = 21) 0Æ56 mm (range 0Æ42–0Æ80) and
Wollina et al.18 (n = 34) reported nail thicknesses of 0Æ481 mm
(thumb) and 0Æ397 mm (left fifth finger). Finlay et al. found
similar results.1,16 The refractive index of the nail was
1Æ47 ± 0Æ09 which is in accordance with the refractive index
and standard deviation measured by Ohmi et al.34
Ultrasound measures a slightly broader area of the nail,
which will tend to increase variation in measurements. The
calliper probably has the highest coefficient of variation
because it tends to randomly grip the hyponychium, and
thereby falsely increases nail thickness.3 Our results are promising for the use of OCT in nail anatomy and thickness measurements as it seems to have some benefits over ultrasound,
i.e. better ability to differentiate morphological details and nail
thickness. This is most likely because of the increased resolution of OCT. PS-OCT seems to offer some advantages in separation of the nail bed from the nail plate. PS-OCT has to our
knowledge not been applied to OCT analysis of the nail
before. However the coefficient of variation is similar to OCT,
and not higher as could be expected.
In differentiation of tumours of the nail unit, both OCT
and PS-OCT may also have a special potential, because of the
ability of PS-OCT to distinguish birefringent tissue. Skin
tumours, for example, have been shown to have less birefringence than normal tissue.29,35,36 Doppler OCT may in the
future add useful new information about vascular tumours in
the nail apparatus. Doppler ultrasound has been demonstrated
useful in differentiating subungual glomus tumours.6,14 Likewise MRI has been demonstrated to have a potential in differentiating various tumours of the nail unit.13 OCT has a
resolution approximately 20-times higher than MRI, but a
lower penetration depth; hence, OCT and MRI are not always
mutually exclusive.
OCT is well established in ophthalmology, which to our
knowledge is the only field where OCT has been compared
with HFUS for thickness measurements.37–39 Thickness of the
cornea was studied in central corneal grafts (n = 41);38 the
values obtained with OCT were similar to those obtained with
a contact ultrasound pachymeter. The average coefficient of
variation of the central corneal graft thickness was low with
both pachymeters. In some cases of lamellar keratoplasty, the
corneal refractive index could change at the interface level that
could affect OCT measurements. In our case, changes of the
refractive index in a normal nail were not suspected. In general the studies comparing OCT with HFUS find that the
methods are comparable with low coefficients of variation.
The ultrasound system (pachymeters) applied however had a
higher resolution than in this study. This may explain why we
found a lower coefficient of variation for OCT and PS-OCT.

In conclusion, the use of a noninvasive method such as
OCT for the study of the human nail offers several advantages
over existing research methodology. Quantitative OCT allows
more precise assessment of biological changes in the nail unit,
it allows for longitudinal studies, quantification of subsurface
structures and has a high resolution.
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Background Accurate assessment of tumour size is important when planning treatment of nonmelanoma skin cancer (NMSC). Imaging with optical coherence
tomography (OCT) has the potential to diagnose and measure depth of NMSC.
Objectives To compare accuracy of mean tumour thickness measurement in NMSC
tumours < 2 mm of depth using OCT and 20-MHz high-frequency ultrasound
(HFUS). In addition, OCT morphology of NMSC was studied in OCT images and
the influence of histological and colorimetric values on the quality and penetration depth in OCT images was estimated.
Methods In total, 93 patients were scanned and 34 lesions [23 basal cell carcinoma
(BCC) and 11 actinic keratosis (AK) lesions] < 2 mm thick and easily identified
in OCT images were studied. OCT and HFUS were compared with biopsies. The
influence of skin pigmentation and infiltration analgesia on OCT image quality
was studied. Skin colour was measured with a colorimeter.
Results OCT presented narrower limits of agreement than HFUS. Both methods
overestimated thickness but OCT was significantly less biased (0Æ392 mm vs.
0Æ713 mm). No relation between OCT penetration depth and skin colour was
found.
Conclusions OCT appears more precise and less biased than HFUS for thickness
measurement in AK and BCC lesions < 2 mm, but both OCT and especially
HFUS tended to overestimate tumour thickness.

Nonmelanoma skin cancer (NMSC) is the most prevalent cancer in light-skinned populations.1 In addition to other NMSC
prognostic factors such as tumour diameter and perineural
invasion,2,3 tumour thickness has been speculated to have a
prognostic role in NMSC as is the case in malignant melanoma.4,5 The introduction of noninvasive treatments for superficial basal cell carcinoma (BCC) and actinic keratosis (AK)
with, for example, 5-fluorouracil,6 imiquimod,7–9 3% diclofenac gel10 and photodynamic therapy (PDT)11–13 has further
highlighted the need for pretherapeutic tumour thickness
assessments, as these treatments may be most suitable for thin
lesions. Clinical thickness, atypia and lesion depth were significant predictors of the response at 3 months to methylaminolaevulinate-based PDT in a study of 112 lesions of
squamous cell carcinoma (SCC) and Bowen’s disease.14 Another
study also demonstrated that BCC thickness measured with
high-frequency ultrasound (HFUS) before PDT predicted the

probability of local recurrence 1 year after PDT treatment.15
Yet another study emphasized the difficulty of aminolaevulinic
acid (ALA) penetration into hyperkeratotic AK lesions, and
demonstrated that sufficient ALA penetration to a depth of
1Æ0 mm was possible using patch-based delivery methods, further emphasizing the role of tumour thickness in NMSC treatment.16 Imaging may also be useful in the lateral delineation
which is important in surgery, PDT or radiotherapy of NMSC.
Clinically this can be difficult, and two studies17,18 found
an overall rate of incomplete excision of 11Æ2% in BCC and
6Æ3% in SCC, indicating a potential application for noninvasive
imaging techniques. In the case of field cancerization, neither
vertical nor horizontal clinical delineation is possible. At the
same time, it is exactly in these cases where an accurate noninvasive diagnostic technique capable of easy bedside assessment would assist treatment planning, especially for AK19 and
superficial BCC.20,21

 2009 The Authors
Journal Compilation  2009 British Association of Dermatologists • British Journal of Dermatology 2009

1

102

Paper III

2 OCT and ultrasound in nonmelanoma skin cancer, M. Mogensen et al.

Improved imaging of skin tumours is therefore of clinical
interest. Two methods have the necessary penetration depth of
tissue to be potentially useful in the diagnosis, delineation and
monitoring of NMSC noninvasively.22 Optical coherence
tomography (OCT) has been applied in several studies of
NMSC23–31 with promising results. A study compared OCT
measurement of maximal depth in superficial BCC with histological depth and found excellent agreement in 20 lesions.20
HFUS is another noninvasive tool for measurement of skin
morphology, capable of identification and quantification of
pathology such as inflammation and neoplasms.32–34 A
potential for NMSC delineation and diagnosis has been shown
in several studies.33,35,36
The primary aims of this study were to compare accuracy
of mean tumour thickness measurements in AK and BCC
lesions < 2 mm of depth using 20-MHz HFUS and OCT. In
addition, the role of skin pigmentation and infiltration analgesia on OCT image quality was studied.

and could easily be identified in OCT images. In the 34 OCT
images tumour depth was measured twice with the integrated
software tool. The two thickness measurements were performed
at the deepest point of the OCT image where an obvious shift
in intensity from NMSC lesion to normal epidermis ⁄dermis was
identified. Maximal OCT penetration depth was defined as the
lowest level of intense OCT signal in the image. Only OCT
images without motion artefacts, hyperintense surface reflection
or hairs creating large shadow artefacts were used. We included
only OCT images that were imaged exactly where the subsequent biopsy was taken. In total, 22 of 93 (24%) images were
discarded due to artefact or misalignment. In the remaining 37
of 93 (40%) NMSC lesions the lower border or general delineation could not be identified, or lesions exceeded 2 mm in
maximal vertical tumour thickness, leaving 34 of 93 lesions for
the study. The definition of the lower tumour border can be
vague, and to study the subjectivity of thickness measurement
using OCT we estimated interobserver agreement.

Materials and methods

Optical coherence tomography morphology
of nonmelanoma skin cancer

Patients
This study included 93 patients scanned by OCT and HFUS
with histologically verified BCC and AK with one lesion each
(31 AK, 62 BCC). Patients comprised 49 women and 44 men,
were caucasian, and had a mean age of 70Æ6 years (range
37–90). All OCT and HFUS scans and measurements were
performed by the same investigator (M.M.), and the OCT
measurements (on the same images) were repeated by J.B.T.
The study was conducted in accordance with Helsinki II and
was approved by the Local Ethics Committee (ref. no. 2005–
1–41). Biopsy, OCT and HFUS imaging of NMSC lesions were
performed in a previously marked area of the lesion and
imaging was also done on adjacent normal skin.
Optical coherence tomography system
OCT is an optical method analogous to ultrasound. It measures
reflection of infrared radiation from the skin, instead of acoustic waves, and the signal strength is mapped as a function of
position.37 The OCT system used was developed at the Technical University of Denmark. The OCT probe is applied
directly to the skin, using ultrasound gel as an optical coupling medium to improve image quality.38 Infrared radiation
used by OCT lies in the ‘optical window’39 where the radiation is least scattered and absorbed compared with other
wavelengths. The radiation source is a super luminescent
diode with a centre wavelength of 1318 nm. Axial resolution
is 8 lm, and lateral resolution is 24 lm. The maximal penetration depth in skin is 2Æ0–2Æ5 mm, and therefore only
NMSCs with thickness < 2 mm were included. The scanning
lasts a few seconds and the probe records a digital photograph
of the lesion simultaneously.
Only 34 of 93 (37%) of OCT-scanned NMSC lesions, 23 BCC
and 11 AK lesions, were < 2 mm in depth in histology sections

All 93 lesions were included in the morphological description
of OCT images. In previous studies OCT images of BCC and
AK generally demonstrated loss of normal layered skin architecture. Features like dark lobules surrounded by white stroma
in BCC, and thickening of as well as dark bands in epidermis
(AK)26–28 have been described. We studied the morphology
of BCC and AK in OCT images, and it was speculated that the
swelling of the tissue following infiltration analgesia would
affect the OCT image quality negatively.
High-frequency ultrasound imaging of nonmelanoma
skin cancer
In HFUS images skin tumours generally appear as a homogeneous echo-poor area in comparison with the surrounding
echo-rich dermis. We used a 20-MHz scanner (DermaScan
Ver. C 3.1; Cortex Technology, Hadsund, Denmark) in
B-mode scan. The scanner has an axial resolution of 50 lm,
lateral 350 lm. Tumour depth measurement from HFUS
images is done using the integrated ruler based on A-scans,
and was performed twice in each lesion.
Colour measurement
Skin colour was measured in L*a*b* values using a tristimulus
colorimeter: Chroma Meter CR-400 M (Minolta, Osaka,
Japan). L* represents brightness, a* redness and b* colour on
a blue and yellow scale. Skin colour was measured on the
inner aspect of the upper arm and centrally on the cheek,
carefully avoiding inclusion of pigmented lesions in the scan.
We studied 76 patients with facial lesions (76 of the 93
patients included). The potential predictors were: age, sex,
skin colour and the L*a*b* values: L* inner arm, L* cheek, a*
inner arm and a* cheek were used. It was hypothesized that
 2009 The Authors
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intense skin pigmentation could affect the OCT images due to
high absorption ⁄scattering, leading to a more shallow penetration depth in OCT images of dark skin. Fitzpatrick skin type
was recorded for all patients.

stained with haematoxylin and eosin. Maximal vertical thickness was measured from the top of the stratum corneum to
the deepest identifiable tumour cell aggregates.
Statistics

Histopathology
Immediately after scanning a 3–4 mm punch biopsy was taken
from the previously marked area. All biopsy specimens were

Table 1 Summary of tumour thickness
measurement from 34 tumours using optical
coherence tomography (OCT), 20-MHz
high-frequency ultrasound (HFUS) and
histopathology

All tumours were measured in micrometres. Summary statistics for the HFUS, OCT and histology measurements are
reported in Table 1. Agreement between histology and

Measurement
method

Mean ± SD
thickness (lm)

Lower limit of
agreement (lm)

Upper limit of
agreement (lm)

P-value

Histology
OCT
20-MHz HFUS

821 ± 470
1096 ± 352
1552 ± 722

NA
)522Æ9
)719Æ4

NA
1072Æ1
2180Æ6

NA
0Æ0003
0Æ0000

Limits of agreement are given as 95% prediction intervals for the difference between OCT
or HFUS and the reference, histology. NA, not applicable.

(a)
(c)

0·816 mm

0·310 mm

(b)

0·422 mm
(d)

(e)

1·592 mm

(f)

(g)

1·700 mm
(h)

1·696 mm

Fig 1. Agreement between optical coherence tomography (OCT), 20-MHz high-frequency ultrasound (HFUS) imaging and histology in two
lesions from the study: an actinic keratosis (AK, a–d) and a basal cell carcinoma (BCC, e–h). The repeated thickness measurements performed are
indicated by white lines. The actual thickness measure is shown next to the lines. In HFUS the AK lesion appears hypoechogenic (a). (b) An OCT
image of the same AK. This particular AK lesion is surrounded by a white core (thin arrow), which is more commonly seen in BCC lesions. In
this case it represents inflammation, seen in (c), the histopathology image of the lesion (haematoxylin and eosin, HE). (d) Clinical photograph
of the same lesion. Break-up of layering is seen in both OCT images of lesions. (e) The BCC lesion appears well defined and hypoechogenic.
(f) An OCT image of the BCC; the dark areas represent the basaloid cells (white arrows), and the same areas are indicated in (g), the
histopathology image of the lesion (HE stain). (h) Clinical photograph of the same lesion.
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HFUS ⁄OCT was analysed in Bland–Altman plots and reported
as limits of agreement (i.e. prediction intervals, which adjust
the normal region for the parameter uncertainty caused by the
small sample size). Interobserver agreement was estimated by
the intratumour thickness correlation coefficient. Multiple
regression analysis was applied to skin colour and OCT
penetration depth data. P < 0Æ05 was considered statistically
significant. Fractal diagrams (QQ plots) were used to assess
normal distribution of data. The statistical analysis was
performed in Excel and in SAS version 9.1 (SAS Institute,
Cary, NC, U.S.A.).

Results

shown in Figure 4 where the mean thickness measurements
from each tumour using HFUS (Fig. 4a) and OCT (Fig. 4b)
are plotted against histology thickness. In both cases a
statistically significant difference were found; see Table 1
for tumour thickness data and P-values. When HFUS was
compared with histology it presented wider limits of agreement than OCT, as is illustrated in the Bland–Altman plots
in Figure 5. The bias was significantly lower when OCT
was compared with histology (Fig. 5b) than when HFUS
was compared with histology (Fig. 5a), with bias
0Æ392 mm vs. 0Æ713 mm (P < 0Æ001).

(a)

Optical coherence tomography morphology
of nonmelanoma skin cancer
In OCT images of BCC we identified the carcinoma cell clusters as well-defined dark (grey to black) rounded areas
(Figs 1f, 2a, b). These areas were sometimes surrounded by a
white border representing the tumour stroma (Fig. 2a, b).
Focal disruptions of epidermis were common, and in OCT
images of AK white dots and streaks were demonstrated in the
upper epidermis (Figs 1b, 2c). The histological equivalents of
white dots and streaks were dense, hyperkeratotic areas. OCT
images of normal skin reflected the well-known layered architecture of the skin (not shown). In Figure 1 the OCT and
HFUS morphology and thickness measurement of a BCC and
an AK are presented with histopathology images (Fig. 1c, g)
and clinical photographs (Fig. 1d, h). Figure 2 shows how
two nodular BCC lesions (Fig. 2a, b) can look perfectly well
defined in the OCT image, but come out much thicker in histology. A characteristic AK lesion that was overestimated by
OCT is shown in Figure 2c. Figure 3 shows blurring of the
outline of a BCC after the injection of 1% lignocaine with
adrenaline making thickness measurements impossible.

1·450 mm

Nodular BCC
(b)

1·430 mm

Nodular BCC
(c)

0·618 mm

High-frequency ultrasound morphology of nonmelanoma
skin cancer
In HFUS images both AK and BCC lesions were identified as
hyporeflective, round to oval structures (Fig. 1a, e), and a
sharp border between the base of the hyporeflective tumour
and the surrounding echo-rich dermis was identified in most
lesions. In all HFUS images there was a strong entrance echo
often tending to obscure the epidermis.
Mean tumour thickness
The 34 lesions (23 BCC and 11 AK lesions) were measured
twice with OCT, twice with 20-MHz HFUS and once in
histology. The two repeated thickness measurements using
OCT and HFUS, respectively, were highly concordant
(correlation coefficients 0Æ9929 and 0Æ9930) and thus their
means were compared with histology. OCT and in particular HFUS appeared to overestimate tumour thickness as

AK
Fig 2. Characteristic optical coherence tomography (OCT) images of
two nodular basal cell carcinomas (BCCs, a, b) and an actinic keratosis
(AK, c). Thickness measurements using both OCT and 20-MHz highfrequency ultrasound underestimated thickness in both nodular BCCs.
White bars indicate thickness measurements. (a) A black necrotic
centre is indicated by a fat arrow. The thin arrow indicates the white
stroma surrounding the BCC. (b) A similar OCT image from a nodular
BCC is seen also with a necrotic centre. In both lesions the depth
seems well defined in the OCT image but on histology the BCC
thickness was measured to be 5Æ500 mm (a) and 2Æ330 mm (b).
(c) OCT image of an AK. The white streaks in the epidermis are easily
seen (black arrows). The histological depth was 0Æ330 mm.
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(a)

(b)
(c)

Fig 3. Optical coherence tomography (OCT) images before and after local analgesia. OCT image of BCC lesion prior to local analgesia (a);
maximal tumour depth is marked by a white line. (b) OCT image of the same lesion after injection of 10% lidocaine with adrenaline; note the
blurred delineation of the BCC. (c) Image from the probe; the green line indicates where the biopsy was performed.

(a)

Bland–Altman plot

20 MHz HFUS (µm)

HFUS 20-MHz–Histology (µm)

(a)

Histology (µm)
(b)

Average (µm)
Bland–Altman plot

OCT (µm)

OCT–Histology (µm)

(b)

Histology (µm)
Fig 4. Thickness measured by 20-MHz high-frequency ultrasound
(HFUS) (a) and optical coherence tomography (OCT) (b) plotted
against histological tumour thickness. Both imaging methods
overestimate thickness compared with histopathology, but OCT
measurements differ less than ultrasound.

The two observers agreed on thickness (± 0Æ2 mm) in 12
of 34 (35%) cases using OCT. Interobserver variation reflected
by the intratumour correlation coefficient was estimated to be
0Æ34, which indicates less than moderate agreement between
observers. Mean ± SD thickness was 1Æ096 ± 0Æ352 mm and

Average (µm)
Fig 5. Two Bland–Altman plots showing differences between
thickness measured by 20-MHz high-frequency ultrasound (HFUS) (a)
and optical coherence tomography (OCT) (b) and thickness
measured with light microscopy plotted against the mean thickness
measurement of OCT and HFUS, respectively. The solid line represents
zero bias (no difference between the imaging technique and
histopathology). The dashed lines show the 95% limits of agreement
and the dotted line represents bias.

1Æ271 ± 0Æ615 mm, respectively. A paired t-test showed
no significant difference between measurements (P = 0Æ09).
However, the less skilled observer tended to overestimate
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Table 2 Relationship between penetration depth in optical
coherence tomography (OCT) images and selected predictors (age,
sex, skin colour and skin type) by multiple regression analysis
Patient data
(n = 76)
OCT penetration depth (lm),
mean ± SD
Predictors
Age (years), mean ± SD
L* cheek, mean ± SD
A* cheek, mean ± SD
L* arm, mean ± SD
A* arm, mean ± SD
Sex
Fitzpatrick skin type

P-value

1112Æ1 ± 187Æ9

70Æ2 ± 11Æ2
59Æ7 ± 4Æ3
14Æ4 ± 3Æ5
68Æ2 ± 3Æ2
7Æ4 ± 2Æ5
54% female
3 ⁄ 76 type I
35 ⁄ 76 type II
34 ⁄ 76 type III
4 ⁄ 76 type IV

0Æ916
0Æ398
0Æ274
0Æ348
0Æ575
0Æ605
0Æ952

thickness in OCT images, and his measurements were discarded when comparing OCT with histology.
Penetration depth of optical coherence tomography
In BCC this was generally higher compared with normal skin
and AK, but in nodular BCC lesions where the main tumour
burden was located at the upper 1 mm of the lesion the
penetration was more shallow. Multiple linear regression was
performed in order to identify predictors of OCT penetration
depth in the normal facial skin. No obvious relation between
OCT penetration depth and the individual predictors was
found when performing univariate regression, and all the
postulated predictors taken together explained less than 5% of
the variation in the data. The OCT penetration depth in all 76
patients and its relation to skin colour and type are shown in
Table 2.

Discussion
In accordance with other studies, we identified morphological
features in OCT images that correspond to histopathology:
disruption of layering24,26,28,40 (demonstrated in both AK and
BCC), focal changes including thickening of epidermis
(AK),24,27 and dark rounded areas, sometimes surrounded by
a white core, representing BCC islands and surrounding
stroma.25,28,41 All NMSC lesions appeared hyporeflective in
HFUS. This is in accordance with other studies.33,35,36,41,42
Importantly, it has been shown that all skin tumours appear
hyporeflective, suggesting that HFUS alone is not always
suitable for differential diagnosis.43 This is in good agreement
with our finding that AK and BCC appear similar in HFUS, as
both lesions appear hypoechogenic in HFUS.
We found that OCT is more precise than 20-MHz HFUS for
mean maximal thickness measurement in AK and BCC lesions
thinner than 2 mm. This is in accordance with another study

using OCT to measure tumour thickness in BCC lesions
< 1Æ2 mm in depth, where OCT measurements correlated well
with histology.20
Both OCT and especially HFUS, however, tend to overestimate tumour depth compared with histology. This is illustrated in the Bland–Altman plots in Figure 5. By determining
the prediction interval, rather than simple correlations, we
estimated the agreement reported as a numerical value. This is
important in tumour depth measurement, because we were
interested not only in estimating agreement between methods,
but also in quantifying how well the methods agreed. Simple
correlations may be high even though the absolute differences
between methods may be large.
The smaller bias of OCT is attributed mainly to better
resolution, but may also be caused by the ability of BCC
and AK to provide better contrast from backscattered infrared radiation than the contrast provided by the acoustic
characteristics of the tissue. An important factor that may
explain some of the difference between in vivo (OCT and
HFUS) and ex vivo (microscopy) tumour depth estimation is
the well-known shrinkage of the skin that occurs during
the process of staining. Another potential bias is that the
OCT software uses the average refractive index (RI) of 1Æ4
for distance calculation in OCT images and does not adjust
for potentially different RI in normal skin and NMSC. A
similar bias occurs in HFUS.
Gambichler et al.42 compared 20- and 100-MHz ultrasound
in a study of superficial malignant melanoma thickness and
also found a systematic overestimation of thickness. They
demonstrated larger limits of agreement for 20-MHz ultrasound imaging compared with 100-MHz. Only a few studies
have compared OCT and HFUS imaging of skin tumours and
normal skin. One study was concerned with tumours related
to the eye and included 38 periocular lesions, including four
BCC and one AK. OCT was able to show small cystic structures
more distinctly and HFUS appeared superior in assessing the
margins of the tumours.44 The other study that compared
OCT and HFUS of normal skin found that the dermoepidermal
junction was more well defined in OCT compared with
100-MHz HFUS.45
Several factors may influence the accuracy of OCT measurements. Infiltrative analgesia appears to blur OCT images, and
it is therefore suggested that these are recorded prior to any
injection. A certain level of operator dependency also appears
to be present. We found a less than moderate interobserver
agreement for measuring thickness with OCT, and the subjectivity in thickness estimation using OCT should therefore not
be neglected.
Our study, however, suggests that skin colour does not
affect penetration depth of OCT in normal skin, and the
hypothesis that age, sex and skin colour predict OCT penetration depth was not supported. The varying penetration depth
and image quality may therefore be due to local anatomical
variation, e.g. hair follicles and sebaceous glands that tend to
make OCT images more heterogeneous and layering less
distinct.46
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Monitoring of treatment is an interesting potential for
imaging methods such as OCT and HFUS. BCC thickness
measured with HFUS before PDT has been shown to predict
the probability of local recurrence 1 year after treatment.15
The ability to monitor regression of a BCC after 5-fluorouracil
treatment using HFUS has also been demonstrated.35 Conclusively, for thickness measurement in superficial tumours this
systematic comparison between mean OCT and HFUS tumour
thickness demonstrates that OCT is more accurate and less
biased than HFUS.
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Assessment of Optical Coherence Tomography Imaging in
the Diagnosis of Non-Melanoma Skin Cancer and Benign
Lesions Versus Normal Skin: Observer-Blinded Evaluation by
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BACKGROUND Optical coherence tomography (OCT) is an optical imaging technique that may be useful
in diagnosis of non-melanoma skin cancer (NMSC).
OBJECTIVES To describe OCT features in NMSC such as actinic keratosis (AK) and basal cell carcinoma
(BCC) and in benign lesions and to assess the diagnostic accuracy of OCT in differentiating NMSC from
benign lesions and normal skin.
METHODS AND MATERIALS OCT and polarization-sensitive (PS) OCT from 104 patients were studied.
Observer-blinded evaluation of OCT images from 64 BCCs, 1 baso-squamous carcinoma, 39 AKs, two
malignant melanomas, nine benign lesions, and 105 OCT images from perilesional skin was performed;
50 OCT images of NMSC and 50 PS-OCT images of normal skin were evaluated twice.
RESULTS Sensitivity was 79% to 94% and specificity 85% to 96% in differentiating normal skin from
lesions. Important features were absence of well-defined layering in OCT and PS-OCT images and dark
lobules in BCC. Discrimination of AK from BCC had an error rate of 50% to 52%.
CONCLUSION OCT features in NMSC are identified, but AK and BCC cannot be differentiated. OCT
diagnosis is less accurate than clinical diagnosis, but high accuracy in distinguishing lesions from normal skin, crucial for delineating tumor borders, was obtained.
The authors have indicated no significant interest with commercial supporters.

N

on-melanoma skin cancer (NMSC) is the most
common malignancy in the Western world.1
The majority of tumors are of low-grade malignancy,
but misdiagnosis, suboptimal therapy, or underestimation of the biological potential of the primary
tumor can cause serious morbidity. Early diagnosis is
a critical factor in overall prognosis. Diagnostic accuracy in clinical diagnosis of NMSC ranges from
56% to 90% in sensitivity and 75% to 90% in
specificity.2,3 The diagnostic reference standard is
histopathology, and biopsies are routinely taken to
confirm or determine the diagnosis. A diagnostic
technology to assist diagnosis could therefore po-

tentially increase accuracy and lower morbidity associated with NMSC.
Optical coherence tomography (OCT) is an optical
imaging technology that offers real-time imaging with
micrometer resolution.4,5 Skin is imaged by measuring the backscatter and reflection of infrared light
directed toward the skin. It has been suggested that it
might be useful in diagnosis of NMSC6–10 and for in
vivo delineation of tumor borders in NMSC.7,11
Unfortunately, technological zeal may lead many
diagnostic techniques to be introduced into a clinical
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setting without the necessary prior estimation of
their diagnostic accuracy. Studies of new diagnostic
tests and technologies should be performed following the internationally recognized set of guidelines
called Standards for Reporting of Diagnostic Accuracy published in 2003.12 Only a few formal diagnostic studies have been conducted in the field of
OCT imaging of NMSC;9,13,14 and more are required to establish the accuracy and clinical usefulness of OCT in NMSC diagnosis.
In previous studies, OCT images of basal cell carcinomas (BCCs) and actinic keratosis (AK) generally
demonstrated loss of normal layered skin architecture and features like dark lobules (BCC) and
thickening of and dark bands in epidermis (AK).
These features correlate well with histopathology.6,9,10 OCT studies on squamous cell carcinomas
have been performed mainly on mucosal surfaces.15,16 No studies have assessed the ability of
combined OCT features to differentiate NMSC from
normal skin in a clinical setting. The ability of OCT
to differentiate NMSC lesions from normal skin is
crucial for its potential use in delineation of skin
tumors. The aims of this study are to describe morphological OCT features in NMSC and in benign
lesions initially misdiagnosed as NMSC and to assess
the diagnostic accuracy of OCT in differentiating
NMSC from normal skin and AK from BCC.

Materials and Methods
Patients
One hundred four patients with 176 lesions were recruited consecutively from March 2006 to July 2007.
Mean age was 69.3 (range 37–90); 57% were female.
The study conformed to the Helsinki II declaration
and was approved by the local Ethics Committee (Ref
no. 2005-1-41). The OCT scanning was performed on
the intended target population for OCT diagnosis:
NMSC patients in a university hospital setting.17
Each lesion was identified clinically and marked with
a black pen before OCT scanning and a 2- to 3-mm
punch biopsy was taken in the OCT-scanned spot.
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Normal adjacent skin was also OCT imaged. For
histopathology, AK diagnostic criteria were epidermal
dysplasia involving the intra-adnexal epidermis to
varying degrees and elastoid degeneration of dermis,
which may contain a lymphohistiocytic infiltrate.
OCT System
OCT is a noninvasive optical imaging technology
that can provide cross-sectional tomographic images
of tissue in situ and in real-time with high axial
resolution.4,8,18 The OCT system used was developed at the Technical University of Denmark. The
light source was a superluminescent diode with a
center wavelength of 1,318 nm and a bandwidth of
66 nm. Axial resolution of the system was 8 mm and
lateral resolution 24 mm. OCT works analogously
to ultrasound; the reflection of infrared light (instead
of acoustical waves) from the skin is measured, and
the signal strength is imaged as a function of
position. The image data are displayed by assigning
color or gray scales to each reflection according to
the measured signal strength. The OCT probe is
applied directly after application of ultrasound gel to
the skin. Some tissues, such as muscle and collagen,
are birefringent. In polarization-sensitive OCT
(PS-OCT) the birefringence of tissue can be measured.19
In our OCT system, PS-OCT images are recorded in
parallel with standard OCT images. Acquisition time
for an OCT image is 3 seconds. The OCT probe has a
built-in camera. A video image of the particular skin
surface scanned accompanies each OCT scan.
The data set was selected from good quality images.
Good quality OCT images were defined as images
that were scanned on the exact predetermined area
with no or minimum motion or other artifacts.
OCT Images
A minimum of two OCT and two PS-OCT images
were recorded from each lesion. A total of 425 OCT
images and 425 PS-OCT images were recorded from
176 lesions in 104 patients. The quality of the images
was assessed according to defined quality criteria.
Only 250 of 425 (59%) of OCT images fulfilled the
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criteria. Discarded images mainly had large entrance
artifacts (too little gel) or shadow artifacts (hyperkeratotic lesions) and motion artifacts, often due to
mismatch of the probe and skin. In more than 50 images, good quality OCT scans were discarded because
they did not represent the exact spot where the biopsy
was taken as determined from the OCT probe video
image. The 250 optimal quality OCT images represented scans from 101 lesions in 63 patients. Because
PS-OCT images are recorded in parallel with OCT
images, all 250 good quality OCT images had a correspondingly good PS-OCT image. OCT scanning was
also performed in normal adjacent skin approximately
3 cm from the lesion. A total of 390 good quality OCT
and PS-OCT images were recorded from normal skin.
No biopsies were taken from normal skin.
NMSC Morphology and Features in OCT Images
A break-up of the characteristic layering in normal
skin20 is found in OCT images of NMSC and malignant melanoma (MM)21 lesions, but this break-up
is also seen in various benign lesions such as
seborrheic keratosis8 and benign melanocytic nevi.21
We chose to have observers examine five key OCT
image features selected from earlier studies and according to our own experience: disruption of layering6,8,10,13 (demonstrated in AK and BCC); white
streaks and dots in epidermis (hyperkeratosis in AK);
other focal changes including thickening of the epidermis (AK);9,13 dark rounded areas, sometimes
surrounded by a white area (BCC basaloid island cell
clusters and surrounding stroma);6,10,22 and presence
of a nonbirefringent, homogeneous band23 in the
upper part of PS-OCT images, which is approximately 200 mm in normal images corresponding to
epidermis and papillar dermis. The change in collagen architecture identifies the border between papillary dermis and reticular dermis in PS-OCT images
from normal skin. Absence or break-up of this band
has been described in invasive BCC.24
Observer Variation
The data set was randomly selected from the
250 good quality OCT and 250 good quality

PS-OCT images of lesions and 390 OCT and
PS-OCT images from normal skin.
Training Set
The independent observers (four dermatologists and
two surgical pathologists) received a standardized
30-minute instructional presentation of 50 OCT
images that pointed out the characteristic OCT and
PS-OCT features in NMSC and normal skin.
Study Set
Because of observer time limitation, only 115 OCT
and matched PS-OCT images from lesions and 105
OCT and PS-OCT images from normal skin were
studied. The 115 OCT images clinically diagnosed as
NMSC on referral consisted of 64 BCCs, one basosquamous carcinoma, 39 AKs, two malignant melanomas, one neurofibroma, one hemangioma, two
seborrheic keratosis, one perifolliculitis, one planopapullar papilloma, and three severe solar elastosis.
All OCT images were presented to observers
projected onto a board to standardize image presentation. See Figure 1 for an image set from the
observer-blinded study. Each observer filled out a
standardized questionnaire during each session. One
author (MM), who did not participate in the observer-blinded evaluation, made all presentations.
Only two doctors had prior experience with OCT
images. All observers were blinded with respect to
patient identity and clinical and histopathological
diagnosis of the lesion in OCT images. Two observers examined the same images twice with a 4-week
interval to determine intra-observer differences.
Statistics
Sample size calculation for each OCT image session
was performed using the equation described by Simel
and colleagues25 from an expected sensitivity of
79% and specificity 75%: sample size was 52
images. Sensitivity and specificity data and paired ttests were calculated in Excel, Microsoft Office
2003. Po.05 was considered statistically significant.
Interobserver and intra-observer reproducibility
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A

Artifact
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No bire fringence
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BCC
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BASAL CELL CARCINOMA

BASAL CELL CARCINOMA

D

C
epidermis
dermis

NORMAL SKIN

NORMAL SKIN

Figure 1. An original set of optical coherence tomography (OCT) images from the observer-blinded evaluation of differentiating actinic keratosis (AK) from basal cell carcinoma (BCC). (A) BCC lesion, thin white arrow points to the necrotic
center, fat arrows to basaloid tumor cell island borderline. (B) Corresponding polarization-sensitive (PS)-OCT image. Compared with normal PS-OCT image (D), there is no homogeneous, upper horizontal band. (C) Normal adjacent skin. (D) PSOCT image from normal skin. The upper, homogeneous band corresponds to epidermis and papillary dermis (black bar).

were calculated from the questionnaires completed
during the observer-blinded OCT image sessions.
Kappa statistics were calculated in MATLAB and
interpreted as 0.00 = poor, 0.01 to 0.20 = slight, 0.21
to 0.40 = fair, 0.41 to 0.60 = moderate, 0.61 to
0.80 = good, and 0.81 to 1.00 = excellent.

Results

areas (Figure 2).6,10 In most OCT images of AK,
white dots and streaks were demonstrated in the
upper epidermis. The histological equivalents were
dense, hyperkeratotic areas. Focal disruptions in
epidermis were common; small and elongated white
and dark areas were identified. Thick AK lesions
tended to look more like BCC lesions with gray to
dark rounded areas in epidermis but slightly more
homogeneous than BCC.

OCT Morphology
Clinically, NMSC can be differentiated from normal
skin with a high degree of accuracy. In our diagnostic
OCT imaging study, a number of confounding anatomical features were revealed that influenced the
interpretation of the image. Some anatomical structures may affect the image in the same way (e.g., hair
follicles can mimic basophilic island cell clusters or
vice versa). For an outline of OCT features in
NMSC, benign lesions, and normal skin, see Table 1.
A break-up of the characteristic layering in normal
skin was found in OCT images of NMSC but also in
benign lesions previously clinically misdiagnosed as
NMSC. We found that the basophilic island cell
clusters in BCC can often be visualized in OCT
images as dark (gray to black) rounded areas. A
white border previously demonstrated to represent
the tumor stroma sometimes surrounded these dark
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Absence of a broad upper homogeneous band in PSOCT images of NMSC was demonstrated in most
NMSC lesions but also in the benign lesions. No
distinct layering was identified between papillary
dermis and reticular dermis in PS-OCT images of
lesions. This border was identified in most PS-OCT
images of adjacent normal skin.
Successive OCT images of the same area of the skin
presented a stable, recognizable image pattern, indicating high reproducibility.
Observer-Blinded Evaluation
Differentiating skin diagnosed as NMSC from OCT
images of normal skin was performed with a sensitivity of 58% to 94% and a specificity of 43% to
96%. Only two of the six observers evaluated all
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TABLE 1. Optical Coherence Tomography (OCT) Morphology of Non-Melanoma Skin Cancer (NMSC), Benign Lesions, and Normal Skin
OCT
Feature

Distinct Layering

Normal
skin

Present

Benign
lesions

Absent

AK

Varies

BCC

Absent in superficial BCC; Some
nodular BCC
have intact
upper layering

Focal Changes in
Epidermis

Lobular Changes

Distinct Layering in Polarization-Sensitive OCT

Hairs create shadow artifacts;
bright entrance
signal is common
White streaks seen
in seborrheic
keratosis and
perifolliculitis
White streaks and
dots in most lesions

Hair follicles and
sebaceous units
look dark

Present

Seborrheic keratosis showed
bright round
areas
Some lesions with
gray areas

Absent

White streaks and
dots in some
lesions

Gray to black areas
sometimes surrounded by a
white border

Some lesions with intact
epidermis in regular OCT
have disruption of the
upper layer
Absent

BCC, basal cell carcinoma.

OCT images. These observers, the two most experienced in OCT image interpretation, differentiated
normal from lesional skin more accurately than
OCT novices: sensitivity 79% to 94% and specificity
85% to 96%, with moderate interobserver agreement (kappa = 0.52). Sensitivity increased significantly for all participants between the first and
second evaluations of OCT images (p = .01).
Discrimination of AK from BCC had an error rate of
52% (AK) and 50% (BCC) (kappa = 0.62). Speci-

A: OCT image of BCC

ficity was 76% and sensitivity was 42% when
differentiating AK from BCC for two observers.
BCC was more difficult to diagnose, and the two
observers classified BCC as AK in 75% and 83% of
misdiagnosed cases.
The strongest diagnostic features of OCT in terms of
agreement between the two observers were absence
of well-defined layering (kappa = 0.80, overall
agreement 0.90) and absence of distinct layering in
PS-OCT images of lesions (kappa = 0.72, overall

B: Histopathology of a BCC
in areola mammae

Figure 2. Basal cell carcinoma in areola mammae. (A) optical coherence tomography (OCT) image of the lesion. (B) Corresponding histopathology (hematoxylin and eosin stain, magnification  40) from the same area as (A). Black arrows point
to similar morphologies in the images. White arrow indicates a shadow in the OCT image and corresponding hyperkeratosis
in (B).
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agreement 0.86). There was also excellent to good
agreement on focal changes, black areas, and white
streaks and dots.
Generally, OCT features in NMSC were more easily
differentiated from normal skin than when AK was
compared with BCC, with kappa values and overall
agreement decreasing from the differentiation of
normal skin from NMSC to the differentiation of AK
from BCC.
The only PS-OCT feature evaluated was presence of
a homogeneous band in the upper part of the PSOCT image. Changes in most PS-OCT images of
NMSC lesions were identified as thinning, thickening, or disappearance of the upper homogeneous
band. The two observers identified absence of a
broad upper homogeneous band in 100% and 79%
of lesions, respectively, but PS-OCT did not improve
overall diagnostic accuracy; one observer changed in
sensitivity from 94% to 93%, whereas specificity
increased from 86% to 100%; the other observer
decreased in sensitivity from 79% to 70% and in
specificity from 96% to 75%.
The two observers evaluated OCT images of NMSC
and normal skin and had good (kappa = 0.78)
to slight (kappa = 0.31) intra-observer agreement,
with an overall agreement of 0.88 and 0.66,
respectively.

Discussion
We demonstrated a characteristic OCT morphology
of AK, BCC, and normal adjacent skin in accordance
with other studies,6,10,11,14,20,26–28 and we discovered the OCT morphology matches well-known
histopathology of NMSC. When OCT images from
the same lesions were compared, they looked similar,
in concordance with the high reproducibility of OCT
images demonstrated in earlier studies of epidermis
and nail thickness measurements.20,29,30
Korde and colleagues9 studied OCT images of sundamaged skin and AK and described the accuracy of
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dark elongated bands in the epidermis for diagnosis
of AK. These bands correspond to keratin deposits in
a thickened stratum corneum. Dark bands enabled
detection of AK with a sensitivity of 86% and a
specificity of 83% in their study. We did not evaluate
dark bands specifically, but we identified them in
some of our OCT images, suggesting that they may
not be a general feature. Some OCT images from
normal skin in our study displayed characteristics of
solar damage, not surprisingly, given the age and risk
group studied. The problem in differentiating AK
from sun-damaged skin in OCT images9 may explain
the difficulty we also met in separating some lesions
from normal skin. The decreased penetration depth
of OCT in AK that we identified is attributed to the
optical properties of hyperkeratosis in AK.
A break-up of the characteristic layering of normal
skin is found in OCT and PS-OCT images of NMSC
and benign lesions; this finding complicates differentiation of malignant from benign lesions and indicates that break-up of layering does not have the
diagnostic effect that would be expected if the study
included only NMSC. Therefore, we specifically included benign lesions in the study set. Differentiation
of skin lesions using OCT is not as straightforward
as would be expected given the high accuracy of
differentiating normal skin from NMSC lesions
clinically. Our data suggest that the OCT features
described in this study and earlier studies6–10 are not
sufficiently accurate to differentiate NMSC from
normal skin, which is crucial if OCT is to be used in
delineation of NMSC borders and tumor depth
measurement. However, it is encouraging that OCT
can differentiate normal skin from lesions in general.
Although experienced observers obtained high accuracy, images did not appear to be easy to interpret
by inexperienced observers. A weakness of this study
was that not all six observers examined all images, so
we focused on accuracy data from the two of six
observers who examined all OCT images. Intraobserver agreement was only slight to good between
these two observers, suggesting that some features
described are too subtle and difficult to recognize.
Based on our results from the interobserver study, we
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suggest that OCT comes with a learning curve that
may be steeper than in confocal laser microscopy31,32 but is still encouraging. Another weakness
was that, because of poor image quality, we were
able to use only 250 of 425 OCT images recorded.
This is primarily because of the design of the custombuilt probe and would be significantly ameliorated
by a simple redesign of the probe housing. It was
mostly the first images recorded that had many artifacts, due to limited use of ultrasound gel and
motion artifacts. More than 50 of 425 images were
excluded because they were not scanned exactly
where the biopsy was performed. A potential consequence of excluding some OCT images is an
overestimation of the diagnostic accuracy. The sensitivity and specificity data reported here are therefore of a preliminary character, but once image
quality and resolution are improved, future diagnostic accuracy studies on OCT and skin cancer may
elucidate the diagnostic potential of OCT imaging.
The diagnostic performance of OCT that we have
estimated in NMSC is comparable with that assessed
in endoscopic OCT diagnosis of dysplasia in Barrett’s esophagus: sensitivity 68% and specificity
82%.33 These authors suggest, as we do, that refining the OCT morphological diagnostic criteria and
improving image quality and resolution of OCT
images could increase diagnostic accuracy.
We cannot conclude that the information within PSOCT images presented in our study enhances diagnostic accuracy of OCT imaging, although this was
suggested in an earlier study that examined two
single invasive BCC lesions with PS-OCT.24 Our
study indicates that normal skin30 is easily recognized in PS-OCT images. The changes that we
identify in PS-OCT images from NMSC lesions are
attributed to the changes in collagen content and
rearrangement of collagen fibers.11,23
Conclusively, the naked eye is currently superior to
OCT for diagnosis of NMSC, but we suggest that
refinement of diagnostic criteria through evaluation
of larger case series, including various types of

NMSC lesions and benign lesions in combination
with improvement in OCT image quality and resolution, can in the future establish the diagnostic potential of OCT in NMSC.
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Abstract. We demonstrate a field programmable gatearray-based real-time optical Doppler tomography system. A
complex-valued bandpass filter is used for the first time in
optical coherence tomography signal processing to create
the analytic signal. This method simplifies the filter design,
and allows efficient and compact implementation by combining the conversion to an analytic signal with a pulse shaping
function without the need for extra resources as compared to
the Hilbert transform method. The conversion of the analytic
signal to amplitude and phase is done by use of the coordinate rotation digital computer 共CORDIC兲 algorithm, which is
an efficient algorithm that maps well to the field programmable gate array. Flow phantom experiments, and the use of
this system for in vivo imaging of cardiac dynamics in the
chick embryo, are presented. We demonstrate the visualization of blood flow in the early embryonic heart as well as in
the aorta, small peripheric vitelline vessels, and coronary arteries of fully formed chick hearts. © 2009 Society of Photo-Optical
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1 Introduction
The heart is the first organ to form and function in vertebrates and undergoes simultaneous structural and functional maturation as it transforms in a dynamic process
from a straight tube to a four-chambered heart.1,2 Altered
development, which possibly occurs at various stages of
cardiogenesis, can result in various groups of congenital
heart malformations in a stage and region-dependent
manner.3,4 Congenital malformations of the heart are
among the most common birth defects, and are the leading
cause of birth-defect-related deaths.5,6 However, the cause
of most congenital heart defects still remains unknown.
Several studies that have been conducted with microcinephotography and Doppler ultrasound have suggested that
hemodynamic changes in blood flow and pressure are critical factors for the embryonic heart at earliest stages, and
that these hemodynamic changes can precede heart
defects.7–9 Unfortunately, a precise understanding of how
flow disruptions lead to cardiovascular defects has been
hampered by the inadequacy of existing analytical tools for
noninvasive in vivo imaging of the embryonic heart with
sufficient depth penetration and resolution.
Optical coherence tomography 共OCT兲, a noncontact,
noninvasive, and nondestructive high-resolution imaging
modality based on broadband near-infrared light for sample
illumination, was introduced to developmental biology in
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1997 by Boppart et al.,10 and is well suited for anatomical
and functional imaging of the developing cardiovascular
system, as it has been demonstrated by various groups in
recent years for different species.11–24 OCT allows ex vivo
and in vivo imaging of the embryonic heart in two and three
dimensions at resolutions of 2 to 30 m and up to a depth
of 1 to 2 mm,25–27 and is thus superior to other imaging
tools that are used such as confocal microscopy and ultrasound.
Several functional extensions of OCT have been developed, including Doppler OCT.28,29 Doppler OCT extracts
the flow-induced Doppler shift imparted on back-reflected
sample light by the motion of small particles, e.g., erythrocytes in a capillary. Because this Doppler shift is proportional to flow velocity, Doppler OCT can image blood flow.
To realize real-time Doppler OCT imaging whether in timeor frequency-domain OCT, fast advanced signal processing
is needed. Digital signal processing in general, i.e., using
either a software-based approach or external dedicated
hardware, has previously been shown to provide this
capability.30–34
We present a real-time optical Doppler tomography system, where the signal processing is entirely based on a field
programmable gate array 共FPGA兲. The advantage of an
FPGA implementation relative to a pure PC software
implementation is a more compact system, because the interface to the computer can be a standard serial bus such as
USB, which means a portable computer can be used. An
FPGA implementation also has important advantages over
a general purpose digital signal processor 共DSP兲 due to the
fact that the processing elements operate in parallel, as opposed to the DSP, which is primarily a sequential processor,
as discussed in detail in Ref. 35. In Ref. 35, the first implementation of Doppler OCT signal processing entirely based
on a single FPGA was demonstrated for a slow speed system. Here, flow phantom experiments and in vivo imaging
of cardiac dynamics in the chick embryo are presented using a much faster FPGA-based real-time time-domain optical Doppler tomography system. We demonstrate the visualization of blood flow in the early embryonic heart as
well as in the aorta, small peripheric vitelline vessels, and
coronary arteries of fully formed chick hearts.
A complex bandpass filter is used to create the analytic
signal. To the best of our knowledge, this has not been
demonstrated before in OCT signal processing. This
method simplifies the filter design, and allows an efficient
and compact implementation by combining the conversion
to an analytic signal with a pulse shaping function without
the need for extra resources, as compared to the Hilbert
transform method.
The processing scheme is mapped to the FPGA resources by use of the coordinate rotation digital computer
共CORDIC兲 algorithm, which is an iterative algorithm for
calculating trigonometric functions. It is well suited to
hardware implementations, such as FPGAs, because it does
not require large storage or any multiplication operations,
i.e., only the operations addition, subtraction, and shifting
are needed. In addition, this implementation has the important feature that calculation of the phase in addition to the
amplitude only requires few additional resources.
Optical Engineering

Fig. 1 Overall block diagram of the Doppler OCT system. PC: polarization control. SLD: superluminescent diode. ADC: analog-todigital converter. DAC: digital-to-analog converter. C: collimator.
EOM: electro-optic modulator. FPGA: field programmable gate array. 50/ 50: fiber optic 50/ 50 beamsplitter.

2

Field Programmable Gate-Array-Based RealTime Optical Doppler Tomography System
The system configuration is shown in Fig. 1. The light
source is a superluminescent diode with 1340-nm center
wavelength, a power of 25 mW 共ex fiber兲, and a full-width
half maximum 共FWHM兲 bandwidth of 61 nm 共InPhenix IPSDD1305, InPhenix, Livermore, California兲 corresponding
to an axial resolution of ⬃9 m in tissue. Light from the
source is coupled into a fiber-based Michelson interferometer consisting of a 50/ 50 beamsplitter. In the reference
arm, we use a rapid scanning optical delay line36 employing
a resonance scanner with a resonance frequency of 4 kHz
equal to the A-scan rate. In the Doppler mode, an electrooptic modulator 共EOM兲 sets the center frequency of the
interferogram to 3.2 MHz.37 Light directed to the sample is
focused to a spot size of ⬃34 m determining the lateral
resolution. A lateral scan is provided by a galvanometer
pivoting a mirror. An optical circulator is used in conjunction with balanced detectors 共New Focus, San Jose, California, model 1817兲 to reject the high dc background and
increase the signal-to-noise 共SNR兲 ratio. The system sensitivity was measured to be 99 dB. Extraction of the phase
shift of the interferogram is made by the sequential scan
processing algorithm38 using typically eight sequential
A-scans at each lateral position on the sample. The phase
shift due to block motion is attenuated by an antimotion
correction algorithm 共see Sec. 2.1.7兲. The envelope and
phase information is calculated in an FPGA 共Altera Corporation, San Jose, California, EP1S80兲 and transferred to the
computer through an USB2.0 channel. The sequential scan
processing algorithm ensures high velocity sensitivity, and
the antimotion correction algorithm makes it possible to
visualize blood flow inside the beating, i.e., moving chick
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Fig. 2 OCT signal processing in FPGA. Data flow from left to right,
where thin lines show analog signal, and thick lines show digital
signals: 共a兲 amplifier and bandpass filter, 共b兲 analog-to-digital converter, 共c兲 decimating by 8 low-pass filter, 共d兲 complex bandpass
filter cosinus part, 共e兲 complex bandpass filter sinus part, 共f兲 Kasai
autocorrelation, 共g兲 envelope estimation using CORDIC, 共h兲 concatenation of Doppler and envelope data into one dataset, 共i兲 buffer,
frame marker, and microprocessor bus interface, and 共j兲 Cypress
CY7C68013 USB microcontroller. Elements 共c兲 through 共i兲 are all
implemented in a single FPGA.

heart. The flow information is laid over the structural OCT
image, generating so-called color Doppler OCT images.
2.1 Signal Processing Unit
In Fig. 2 is a block diagram of the signal processing chain
from the detector to the USB interface. The detector signal
is amplified and bandpass filtered 共Krohn-Hite Corporation,
model 3945, Fig. 2 block a兲 before being applied to the
ADC 共Fig. 2 block b兲. The purpose of the bandpass filter is
two fold: antialiasing, and removal of low frequency interference. The antialiasing is required due to the subsequent
sampling at discrete times, and according to the Nyquist
criteria, it must have a cut-off frequency of less than half
the sample rate. In this case, the sample rate is 120 MS/ s.
The analog signal from the detector has a high content of
low frequency interference. If not removed before digitization, it will significantly restrict the obtainable dynamic
range in the frequency band of interest. The ADC has a
resolution of 12 bits.
Fourier-domain rapid scanning optical delay lines have
been used in a number of high-speed OCT systems with the
resultant OCT signal bandwidth f OCT共t兲 varying sinusoidally as39
⌬f OCT共t兲 =

2D⌬f a
cos共2 f at兲,
2

共1兲

where D = 2.7 mm is the axial scan depth, f a = 4 kHz is the
axial scan frequency, ⌬ = 61 nm is the light source 3-dB
bandwidth, and  is the light source center wavelength resulting in maximum signal bandwidths of 2.4 MHz.
The signal of interest from the detector has a bandwidth
of 2.4 MHz centered on 3.2 MHz. No frequency translation
is made before low-pass filtering, which means that we
have to take account of the highest frequency component of
the signal when evaluating the Nyquist sample rate, which
here is 2 ⫻ 共3.2+ 0.5⫻ 2.4兲 MS/ s = 9 MS/ s. Sampling is,
however, done at 120 MS/ s. By oversampling 13 times, the
requirement to the transition sharpness of the antialiasing is
relaxed significantly because the Nyquist rate is now
60 MHz, but our signal bandwidth is still 5 MHz. The
sharp filtering is thus relegated to the digital domain, where
the implementation of a sharp and accurate digital filter is
much simpler than an equivalent analog one.
Optical Engineering

2.1.1 Decimating low-pass filter
After digital low-pass filtering, the sample frequency f s is
lowered to 15 MHz by rejection of 7 out of 8 samples. This
conserves processing power in the FPGA. Discarding
samples can be done under the condition that the spectral
content of the signals above the new Nyquist rate of
7.5 MHz is reduced below the noise floor of the original
signal, because discarding 7 out of 8 samples folds the
signal spectrum above 7.5 MHz down into the
0- to 7.5-MHz region.
Initially, the quantization noise from the ADC is spread
out evenly over the entire bandwidth from 0 to 21 f s
= 60 MHz. However, as a consequence of the digital lowpass filtering, only the quantization noise within the filter
passband will appear in the end result. Therefore, since the
filter removes the out-of-band noise, there is an improvement in the signal-to-quantization-noise ratio relative to the
case without low-pass filtering. Lower quantization noise is
equivalent to an increased number of bits in the ADC converter. The equivalent effective number of bits is improved
by 21 log 2关f s / 共2f lp兲兴 bits, where f s is the sample rate before
decimation, and f lp is the bandwidth of the signal after
low-pass filtering.40 In our case, this amounts to an improvement in the effective signal-to-quantization-noise ratio corresponding to 21 log2关120/ 共2 ⫻ 5.0兲兴 = 1.8 bits, or
10.8 dB. This is improving the dynamic range in the acquisition by 10.8 dB, but not the sensitivity, as this is given by
the detector shot noise.
The decimating low-pass filter is implemented as a finite
impulse response 共FIR兲 filter. It has 19 taps, linear phase,
and is realized in a fully parallel structure. Because it is
decimating by 8, only every eighth input clock edge needs
to give an output sample. This is exploited to make the
architecture more efficient by use of the polyphase
structure.41

2.1.2 Conversion to an analytic signal
Narrowband signals can be processed in a flexible manner
when converted to an analytic signal. It is common practice
to use a Hilbert transform to convert a real signal to a
complex signal with only energy at positive frequencies. A
Hilbert transform is noncausal, so in a flow-through architecture like the one implemented in the FPGA, it has to be
transformed into a causal filter. This is done by delaying the
impulse response of the filter and multiplying it with a window function that is zero for negative 共noncausal兲 samples
and for samples greater than some finite positive integer N.
The output of this filter is the imaginary part of the analytic
signal. But because of the introduced delay and applied
window, a nonuniform frequency dependent response is introduced in the imaginary path. The real part of the signal
needs to be delayed by the same amount. Ideally, it must
also have the same amplitude response. This means that
ideally, a shaping filter has to be employed in the real path
as well; a simple delay is not sufficient in general, as this
will not match the amplitude response of the truncated Hilbert response. The method described in the next section
solves this problem, simplifies the filter design, and allows
an efficient implementation by combining the conversion to
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Fig. 3 Comparison of processing of an OCT signal 关共a兲, top兴 using a complex filter 共two left columns兲,
and a Hilbert transform filter with delay matching 共two right columns兲. Plots with quoted labels are the
spectra of the nonquoted plots. 共a兲 Simplified model of an OCT signal having a square envelope. 共b1兲
Imaginary, and 共b2兲 real part of the complex filter h关n兴exp共j0兲. Dashed curve c2 共blue; leading兲 is 共a兲
filtered through filter part b2, and dotted curve c1 共red; lagging兲 is 共a兲 filtered through filter part b1.
Envelope 共env兲 is based on modulus of signals c1 and c2. A vertical offset is inserted to improve
visibility. 共d兲 Response of the prototype filter h关n兴. 共e1兲 Hilbert filter impulse response. 共e2兲 Hilbert delay
matching filter impulse response. Dashed curve f2 共blue; leading兲 is 共a兲 filtered through e2, and dotted
curve f1 共red; lagging兲 is 共a兲 filtered through e1. 共g兲 Hilbert filter frequency shifted by −0.25 to show
equivalence with prototype filter in 共d兲. 共Color online only.兲

an analytic signal with a pulse shaping function without
requiring extra resources compared to the Hilbert transform
method.
Complex bandpass filter used to create an analytic
signal. The interferogram is filtered using a filter with a
complex impulse response hcpx关n兴, which is discrete in time
and implements a frequency-shifted version of a low-pass
prototype filter h关n兴.42 The shifting is done by multiplying
the impulse response of the prototype filter with a complex
exponential, such that the impulse response can be written
as
hcpx关n兴 = h关n兴exp共j0n兲

冋

冉 冊

= h关n兴 cos共0n兲 + exp j

册


sin共0n兲 ,
2

共2兲

where n is the sample number, and exp共j0n兲 is the complex exponential of radial frequency 0. As seen by the
Optical Engineering

right part of Eq. 共2兲, this filter has an exact phase difference
of 21  between the real and the imaginary part, and is called
a phase-splitting filter in Ref. 43.
The signals in the frequency and time domain are illustrated in Fig. 3, showing the filtering in both a Hilbert
implementation and an implementation based on a complex
frequency shifted filter. On top of Fig. 3 is a signal in the
form of an OCT burst having a square envelope. The response of the two types of filters to this signal is shown in
Figs. 3共b兲–3共g兲. The left columns 关Figs. 3共b兲–3共d兲兴 use the
suggested complex filter, and in the two right columns
关Figs. 3共e兲–3共g兲兴 use the Hilbert filter with delay matching.
Figure 3共d兲 shows the impulse response of the prototype
filter h关n兴 with its equivalent spectrum in Fig. 3共d⬘兲. Its
complex shifted version is illustrated in Figs. 3共b兲 and
3共b⬘兲, and the results from filtering Fig. 3共a兲 with b1 and b2
are shown in Fig. 3共c兲 共c1, c2 and c⬘兲. Similarly, Fig. 3共g兲
shows the impulse response of the combined Hilbert and its
associated delay matching filter had it been shifted to be
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symmetric around 0 rad/ s, and having a real-valued impulse response. The Hilbert implementation illustrated in
Figs. 3共e兲 and 3共f兲 uses the filters that have their responses
illustrated in e1 and e2 in Fig. 3. The results from filtering
Fig. 3共a兲 with e1 and e2 are illustrated in f1 and f2 in Fig.
3, respectively.
The Hilbert implementation has significantly more
ripples in the time response 关Fig. 3共f兲 共env兲兴 compared to
the suggested complex filter implementation 关Fig. 3共c兲
共env兲兴. Because the complex frequency shifted filter also
removes the high frequency components that are outside
the signal band, the signal-to-noise ratio is improved. It is
possible to implement a Hilbert filter with less ripple using
windowing or equiripple design methods, but it will result
in further amplitude mismatch in the two paths outside of
the passband because the delay path has a flat amplitude
response. Using the method of a frequency-shifted low-pass
filter has the advantage that the frequency or time response
can be tailored to the system requirements.
The spectral components at the negative frequencies of
the input signal are attenuated by using the suggested complex filter implementation. The resulting signal is analytic
with only positive frequency components, which means
that the envelope can be obtained by taking the vector magnitude. However, using the Hilbert transform method, one
is obliged to incorporate an additional filter stage if pulse
shaping and noise filtering are required. The advantage of
using a filter as described in Eq. 共2兲 is that it combines
pulse shaping and noise filtering into the same filter, as is
used to generate the analytic signal, thus conserving processing power.
The signal from the detector can be modeled as a modulated real-valued sinusoidal-wave signal with carrier frequency c, and can be written as
x关n兴 = a关n兴cos共Cn + 关n兴兲
= Re关a关n兴exp共j关n兴兲exp共jCn兲兴
= Re关g关n兴exp共jCn兲兴,

共3兲

where a关n兴 is the envelope, 关n兴 is phase modulation, and
g关n兴 = a关n兴exp共j关n兴兲. G关exp共j兲兴 and H关exp共j兲兴 are the
Fourier transforms of g关n兴 and h关n兴, respectively. If c
⬇ 0 and h关n兴 is a low-pass filter with a bandwidth such
that the spectra G兵exp关j共 + c兲兴其 and H共exp关j共 − 0兲兴兲
are nonoverlapping, it can be shown 共see Appendix兲 that
the result of filtering the time sequence in Eq. 共3兲 through
the filter described in Eq. 共2兲 is approximately

ỹ关n兴 =

1
exp共jCn兲兵g关n兴*共h关n兴exp关j共0 − C兲n兴兲其.
2

共4兲

This shows that the filtered ỹ关n兴 output looks as if the
modulation part a关n兴exp共j关n兴兲 of the interferogram is filtered through the frequency-shifted low-pass prototype filter h关n兴exp关j共0 − c兲n兴 and subsequently multiplied with a
Optical Engineering

complex sinusoid exp共jcn兲 with the original frequency of
the carrier of x关n兴.
To reliably reproduce the envelope and phase modulation, the filter h关n兴关expj共0 − c兲n兴 should have sufficient
bandwidth to pass the spectrum of g关n兴, i.e., H兵exp关j共
− 0兲兴其 should overlap G兵exp关j共 − c兲兴其. By making h关n兴 a
filter with linear phase, there will be no dispersion in the
filter, and the phase of the output reproduces the phase of
the interferogram apart from an offset.
2.1.3 Envelope and phase calculation using the
coordinate rotation digital computer
algorithm
To get the envelope a关n兴 of the interferogram, the magnitude of the analytic signal is obtained, i.e.,
a关n兴 ⬇ 兩ỹ关n兴兩 = 关Re共ỹ关n兴兲2 + Im共ỹ关n兴兲2兴1/2 .
The proportionality gain in h关n兴 can be ignored here, as it is
constant in the passband. The phase is

关n兴 = 0 + ⬔ỹ关n兴 = arctan关Im共ỹ关n兴兲/Re共ỹ关n兴兲兴,
where 0 accounts for the constant phase shift in the filter,
and in this application it can be ignored.
One way to implement these calculations is by use of a
look-up table.31 This approach has the drawback of requiring a table size that grows exponentially in size with increasing precision, because each additional bit doubles the
storage requirement. In the present implementation, the coordinate rotation digital computer 共CORDIC兲 algorithm is
used.44 The CORDIC algorithm calculates trigonometric
functions using an iterative algorithm, and is here used in a
mode where it converts vectors from Cartesian to polar
coordinates covering the range ±. The iteration is made
up of a series of successively smaller and smaller rotations
of the original vector by a set of predetermined rotation
angles, which are selected so that the required multiplications are powers of two, and with signs making the final
vector argument approaching zero. This means that the
multiplications can be replaced by shift operations. Shift
operations require much less processing resources than
general multiplications do. The only RAM storage required
is for the intermediate results. Both multipliers and storage
are expensive resources in an FPGA. Therefore, the
CORDIC algorithm maps well to an FPGA implementation.
An added benefit of the CORDIC algorithm is that the result consists of both the magnitude and the argument of the
input vector, and this with only a marginally extra cost of
processing. Another method to calculate amplitude and
phase described in Ref. 45 and called the BKM algorithm is
in many ways similar to the CORDIC algorithm in its shiftand-add iterative structure. However, the BKM algorithm
requires more hardware and is well suited for redundant
number systems. The presented system uses twocomplement binary numbers and thus cannot benefit from
the latter feature. The BKM algorithm has a built-in scaling
factor of unity, whereas in the CORDIC algorithm it is a
nonunity constant. In this application the scaling factor is of
no concern, as it is simply a constant gain factor.
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Fig. 4 Implementation details of block f in Fig. 2. Hardware for
evaluation of the Kasai algorithm. “Reg” are storage of M locations.
Two of them are complex-valued. Cpx-mult and Cpx-add are complex multiplier and adder, respectively. The block with * is a complex
conjugator. Switch sw1 is set at 0 for the first scan to ensure that this
only contributes once to the sum in Eq. 共6兲. Switch sw2 at the output
ensures that only the final averaged result for a series of scans is
sent downstream. Complex-valued k̃关n兴, expressed in polar form, is
the sum of products used to estimate the average phase shift.

2.1.4 Sequential A-scan processing
A series of M axial depth scans each consisting of N
samples is performed at each transverse location. The analytic OCT signal is acquired. We describe it as ỹ m关n兴 with
an additional subindex m relative to Eq. 共4兲. This is the
scan number at a given lateral position, and n is the pixel
number in the axial direction.
The mean flow velocity 具关n兴典 at a given pixel n can be
calculated from the mean Doppler frequency shift 具f D关n兴典
as46
0具f D关n兴典
,
具v关n兴典 =
2nt cos共兲

M−2

共6兲

* 关n兴 is the complex conjugate of ỹ 关n兴. Each term
where ỹ m
m
M−2
* 关n兴 is a comin the sum of products k̃关n兴 = 兺m=0
ỹ m+1关n兴ỹ m
plex vector with a modulus equal to 兩ỹ m+1关n兴兩兩ỹ m关n兴兩, i.e.,
the product of the modulus of two sequential vectors. The
argument of such a term is ⬔ỹ m+1关n兴 − ⬔ỹ m关n兴, which is the
angle difference between scans. Summing these M vectors
will give a resulting vector where individual scans give a
contribution weighted by its amplitude. Each scan contributes to two terms in Eq. 共6兲, except the first and the last,
which only appear once. Therefore, a scan with low amplitude will contribute less than an equivalent high amplitude
scan, thus giving a weighted average favoring large amplitude measurements. In our setup with  ⬵ 80 deg, and assuming nt = 1.4, the aliasing velocity equal to ⫾具v关n兴典 is
⫾5.6 mm/ s.
The algorithm of Eq. 共6兲 is implemented in the FPGA
共block f in the diagram in Fig. 2兲. Figure 4 shows this
implementation in further detail, one sample at a time,
flowing from left to right. Each sample is associated with a
sample number n and scan sequence number m as it flows
through the processor.

Optical Engineering

2 =

共5兲

where nt is the index of refraction of tissue or blood,  is
the Doppler angle, and 0 is the center optical wavelength.
A well-known method to evaluate 具f D关n兴典 is the Kasai
autocorrelation algorithm, which compares and averages
the phase change between sequential A-scans47
fa
* 关n兴,
具f D关n兴典 =
⬔ 兺 ỹ m+1关n兴ỹ m
2 m=0

Logic ensures that the switch 共sw1兲 at the input to the
complex multiplier is in position “0” at the first scan on a
lateral position 共m = 0兲, ensuring that the nonexisting scan
* 关n兴 is set to 0. The registers on Fig. 4 are implemented
ỹ −1
as dual-port RAMs, which allow writing and reading simultaneously. This is needed to implement a flow-through architecture without wait states, thus giving a processor that
is fast and can process a sample on every clock cycle. This
is necessary here because there is no data buffer upstream
of this block. Data flow control is done by inserting idle
scans, but only between sequential scans at a given transverse location, and not within a series of scans at one transverse location, as this would disrupt the estimate of the
Doppler shift measurement.
Downstream from CORDIC algorithm in Fig. 4 a switch
共sw2兲 is located, which only connects at the last scan, and
the phase change estimate is then saved in a register. From
there, it is transferred to the PC. The block with the
CORDIC algorithm in Fig. 4 produces not only the phase
of k̃关n兴 but also the magnitude almost without further resources due to the nature of the CORDIC algorithm. The
magnitude 兩k̃关n兴兩 can be used to calculate the variance of
the flow velocity according to the formula47

f 2a

冢

1
兩k̃关n兴兩
M−1

1−

M−1

1
兺 ỹm关n兴ỹm* 关n兴
M m=0

冣

,

共7兲

where the denominator is the squared and averaged
envelope.46 However, in this implementation, the variance
is not used.
2.1.5 Envelope calculation
As mentioned in a previous section, the envelope of the
OCT signal is calculated using the CORDIC algorithm. The
averaging over M consecutive scans is done according to
Eq. 共8兲,
M−1

具a关n兴典 =

1
兺 兩ỹm关n兴兩,
M m=0

共8兲

where 具a关n兴典 is the average value of the envelope at sample
n. In practice, the hardware is implementing Eq. 共8兲 recursively as in Eq. 共9兲, where m is stepping from 0 to M-1,
am+1关n兴 = am关n兴 + 兩ỹ m关n兴兩
a0关n兴 = 0
具a关n兴典 =

and m = 关0, . . ,M − 1兴

1
a M−1 .
M

共9兲

This function is implemented in block g in Fig. 2 and detailed further in Fig. 5. Notice a similar sequential processing as in the Kasai estimator, where each acquired sample
flows through the structure. Not shown are the control and
sample numbers assigned to the samples, which ensures the
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Fig. 5 Flow-through processor structure for calculating the envelope and averaging over M scans. This figure details further block g
in Fig. 2. “Reg” blocks are storage for N locations. Logic ensures via
switch sw1 that the first scan is not accumulated with old data.
Switch sw2 at the output ensures that only the final averaged result
for a series of scans is sent downstream.

proper sequencing, storage, and retrieval from the on-chip
RAM of the FPGA. The normalization by the factor 1 / M
due to the number of M sequential scans is done in the
presentation software of the PC.
Data from the Kasai and envelope estimators are
grouped together for each pixel by the function illustrated
in block h in Fig. 2. Frames are processed one axial scan at
a time, each corresponding to a line in the final image. The
first pixel in the first axial scan and the last pixel in the last
axial scan of a frame are tagged with a frame marker carried over with the data to the PC. This simplifies the reconstruction of the images on the PC. Block j in Fig. 2 is a
custom USB2.0 interface that links to the PC with a data
rate of more than 10 Mbytes/ s. The advantage of an
USB2.0 interface is that it enables the display software to
be implemented on laptop PCs, which all have built-in
USB2.0 interfaces today.
2.1.6 Scan control and data-flow control
Axial scan rate is 4 kHz. Only the data acquired during the
forward scan are processed. The center frequency is set by
the EOM 共JDSU, PM-130-005兲, which is driven by a sawtooth waveform37 setting the center frequency of the interferogram at 3.2 MHz. The lateral scan is made by a galvanometer model 6220 from Cambridge Technology
共Lexington, Massachusetts兲.
A controller for the EOM as well as the lateral scanning
is implemented in the FPGA. The driver for the RSOD
共Electro-Optical Products Corporation, Glendale, New
York, SC-30-8 ⫻ 9-16-4000兲 delivers a trigger to this module at the start of each axial scan, which in turn paces the
acquisition of the data, and the lateral movement. The controller ensures that the phase of the signal to the EOM and
to the lateral movement is constant from scan to scan. The
controller also takes account of the number of sequential
scans at each position. In case there is congestion in the
downstream consumption of acquired data, the transverse
scan is stopped until room for new data becomes available.
There is a data buffer on the FPGA that always will hold at
least one additional processed axial scan. The halting of the
lateral scan is made between two lateral positions to not
interfere with the critical timing required for phase shift
measurements.
2.1.7 Antimotion algorithm
Bulk movement will result in a phase shift, which in this
application is unwanted. To suppress this effect, a method
described in Ref. 48 is implemented. On each processed
Optical Engineering

Fig. 6 Program in the PC implementing motion compensation, display of overlayed images, and generation of movie.

axial scan a histogram is made of the phase shift for each
pixel having envelope amplitude above a given threshold.
This thresholding improves the noise properties. The histogram is subsequently searched for the most frequent phaseshift value. In scans where only a small part of the pixels
are imaging blood flow, this phase shift is a good measure
of the block movement. Before display, this value is subtracted from the measured Doppler values, thus suppressing
bulk movement.
2.1.8 Display and user interface
The software in the PC is written in LabVIEW 共National
Instruments, Austin, Texas兲. Figure 6 shows a block diagram of the most important parts. Data from the FPGA are
read via the USB2.0 interface. As the envelope 共16 bit兲 and
Doppler shift data 共16 bit兲 are interleaved, the block “split
data” in Fig. 6 extracts the pixels into a structural and Doppler image. After application of the antimotion algorithm,
each pixel is applied a false color. An image is built that is
the structural image with an overlay of the Doppler image.
The overlay uses two programmable thresholds: one on the
envelope value, and one on the absolute value of the Doppler phase shift. A given pixel is displayed with its false
color phase shift value if both the envelope and the phase
shift are above their threshold values. Otherwise, the false
color value of the envelope is displayed.
3 Results
3.1 Phantom Experiments
To test the system’s ability to detect velocities, we did measurements on a flow phantom with known flow velocity. A
picture of the setup used for the measurements is shown in
Fig. 7共a兲. The stationary solid phantom was a mixture of
epoxy resin, hardener, ink, and TiO2 particles aiming for
optical properties close to biological tissue. In a depth of
150 m in the stationary phantom, a small flow channel
with a diameter of 400 m had been drilled as shown in
Fig. 7共b兲. For all measurements, we used an Intralipid 2%
solution for the flow phantom, and an angle of 80.2 deg
between the flow channel and the optical beam was estimated based on measurements of the surface angle
关76.2 deg, as indicated in Fig. 7共b兲兴 before and after the
experiment. An example of a Doppler OCT image is shown
in Fig. 8, together with the flow profile through the center
of the flow channel. To extract the peak or maximum velocity in the flow channel, a second-order polynomial fit is
used. In Fig. 9, the peak velocity determined by the Doppler OCT system is plotted as a function of the pump peak
velocity. As expected for a laminar flow, the curve shows a
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Fig. 7 Setup used for the phantom measurements: 共a兲 Photograph of the probe and phantom. 共b兲 The
flow channel is positioned about 150 m below the surface of the stationary phantom. The angle
between the flow direction and the optical beam is 80.2 deg.

linear relation between the pump flow velocity and the velocity measured with the Doppler OCT system. A minimum
detectable average flow velocity of ⬃0.3 mm/ s was estimated.
3.2 In Vivo Imaging of Cardiac Dynamics in the
Chick Embryo
Doppler imaging was performed on day-2 and day-9 chick
embryos in shell-less culture on a special positioning stage
that allows movement of the embryo in x and y directions.
Fertilized chicken eggs 共White Leghorn, Gallus gallus兲
were obtained from a commercial supplier 共Lohmann Tier-

zucht, Cuxhaven, Germany兲. Eggs were incubated at 38 ° C
and 75% relative humidity. After 48 h of incubation, the
eggs were removed from the incubator. The eggshell was
cracked and the whole content of the egg 共albumen, yolk
with the embryo兲 was transferred to a sterile hexagonal
polystyrene weighing boat in a petri dish with water and
reincubated until scanning with OCT. Day-2 hearts are
looped early heart tubes. Other embryos were kept in the
incubator until day 9; this is the stage when the chick heart
is fully formed.
Figure 10 demonstrates a cross section of a day-2 共HH
stage 14兲 chick heart tube in the region of the outflow tract

Fig. 8 共a兲 Doppler image with a pump peak velocity of 4.5 mm/ s. The green vertical line indicates the
A-scan position used for extraction of the peak velocity. 共b兲 Corresponding velocity profile 共squares兲. A
parabolic fit is used to estimate the peak velocity 共solid curve兲. 共Color online only.兲
Optical Engineering
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penetration limitation for deeper regions ⬎2 mm due to
high scattering of tissue 共for the same reasons the stem of
the left coronary artery could not be imaged clearly, and
thus not demonstrated here兲.

Fig. 9 The peak velocity determined by the Doppler OCT system as
a function of the pump peak velocity.

visualized by OCT 关Fig. 10共a兲兴 and color Doppler OCT
关Fig. 10共b兲兴. Arrows in Fig. 10共a兲 indicate lumen of a heart
tube filled with blood that is detected by color Doppler
OCT, as shown in Fig. 10共b兲. Figure 11 is the visualization
of a vitelline vessel in a day-9 chick embryo by OCT and
dimensional relations of vessel size to embryo size. Video 1
is an in vivo recording of a pulsating vitelline artery of a
day-9 chick heart visualized by color Doppler OCT. The
rhythmical pulsation of the vessel shown in the movie reflects the regular heart beat with periodic ejections of blood
into the peripheral vitelline arteries. Video 2 is an in vivo
recording of blood flow in the aorta in a day-9 chick heart
visualized by color Doppler OCT in the sagittal plane.
Video 3 is an in vivo recording of a color Doppler OCT
scan demonstrating established blood flow in the right coronary artery 共RCA兲 共yellow box兲 arising from the ascending
aorta in a day-9 chick heart in the sagittal plane. Note the
filling of RCA during diastole when the vessel becomes
fully visible shortly after the start of recording in the
movie. Note also the rhythmical contraction of the right
ventricle, where the left ventricle is not depicted because of

4 Conclusion
We demonstrate a field programmable gate-array-based
real-time optical Doppler tomography system. A complexvalued bandpass filter was used for the first time in OCT
signal processing to create the analytic signal. This method
simplifies the filter design, and allows an efficient and compact implementation by combining the conversion to an
analytic signal with a pulse shaping function without the
need for extra resources, as compared to the Hilbert transform method. Flow phantom experiments, and the use of
this system for in vivo imaging of cardiac dynamics in the
chick embryo, are presented. The visualization of blood
flow in the early embryonic heart as well as in the aorta,
small peripheric vitelline vessels, and coronary arteries of
fully formed chick hearts are demonstrated. Finally, use of
the FPGA is not restricted to time-domain OCT, but can be
applied to process any digital signal and consequently also
signals from frequency-domain OCT systems.
Appendix: Use of Complex Filter to Generate
Analytic Signal
Let the real, sampled OCT signal from the detector be x关n兴,
where n is the sample index. The signal is multiplied by a
complex exponential exp共−j0n兲, where 0 is the radian
frequency. The result is y 1关n兴, and its real and imaginary
parts are then in turn passed through a linear time-invariant
discrete filter with a real-valued impulse response h关n兴. The
complex result y 2关n兴 is subsequently multiplied by the exponential exp共j0n兲. This procedure is illustrated in Fig.
12.
The response y关n兴 can be written as
y关n兴 = exp共j0n兲兵关x关n兴exp共− j0n兲兴*h关n兴其,

共10兲

where * represents a convolution. Alternatively, this can be
written as
⬁

y关n兴 = exp共j0n兲

兺 x关k兴exp共− j0k兲h关n − k兴,
k=−⬁

共11兲

or equivalently
⬁

y关n兴 =

兺 x关k兴h关n − k兴exp关j0共n − k兲兴.
k=−⬁

共12兲

Interpreted as a convolution, we can rewrite this to obtain
Fig. 10 Cross section of HH stage 14 chick heart tube in the region
of the outflow tract visualized by 共a兲 OCT and 共b兲 color Doppler OCT
共recording frame rate 2.5 frames/ s兲. Arrows in 共a兲 indicate lumen of
heart tube filled with blood that is detected by color Doppler OCT, as
shown in 共b兲. 共Color online only.兲
Optical Engineering

y关n兴 = x关n兴*兵h关n兴exp共j0n兲其.

共13兲

The signal from the detector can be approximated by a
modulated real-valued sinusoidal-wave signal with carrier
frequency c, which can be written as
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Fig. 11 Visualization of a vitelline vessel in a day-9 chick embryo by OCT and dimensional relations of
vessel size to embryo size.

x关n兴 = a关n兴cos共Cn + 关n兴兲
= Re兵a关n兴exp共j关n兴兲exp共jCn兲其,

共14兲

where a关n兴 is the envelope and 关n兴 is the phase modulation. Equation 共14兲 is equivalent to
1
x关n兴 = a关n兴兵exp关j共Cn + 关n兴兲兴 + exp关− j共Cn + 关n兴兲兴其.
2
共15兲
Inserting Eq. 共15兲 into Eq. 共13兲, we get
y关n兴 =

冉

1
a关n兴兵exp关j共Cn + 关n兴兲兴 + 共exp关− j共Cn
2

冊

+ 关n兴兲兴其兲* 关h关n兴exp共j0n兲兴,

共16兲

which also can be written as two convolutions
1
y关n兴 = 兵a关n兴exp关j共Cn + 关n兴兲兴其*关h关n兴exp共j0n兲兴
2
1
+ 兵a关n兴exp关− j共Cn + 关n兴兲兴其*关h关n兴exp共j0n兲兴.
2
共17兲
If we define the modulation g关n兴 = a关n兴exp共j关n兴兲, and let
G关exp共j兲兴 be its Fourier transform, Eq. 共17兲 becomes
Optical Engineering

Video 1. In vivo recording of a pulsating vitelline artery of a day-9
chick heart visualized by color Doppler OCT. The rhythmical pulsation of the vessel reflects the regular heart beat with periodic ejections of blood into the peripheral vitelline arteries. 共Color online
only.兲 共MOV 1.2 MB.兲 关URL: http://dx.doi.org/10.1117/1.3081062.1兴.
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Fig. 12 Complex bandpass and phase-splitting filter. Wide lines are
complex and narrow lines are real-valued signals.

1
Y关exp共j兲兴 = G兵exp关j共 − C兲兴其H兵exp关j共 − 0兲兴其
2
1
+ G兵exp关j共 + C兲兴其H兵exp关j共 − 0兲兴其.
2
共19兲

Video 2. In vivo recording of blood flow in the aorta in a day-9 chick
heart visualized by color Doppler OCT in the sagittal plane. 共Color
online only.兲 共MOV 1.0 MB.兲
关URL: http://dx.doi.org/10.1117/1.3081062.2兴.

By selecting c ⬇ 0, and letting h关n兴 be a low-pass filter
structure with a bandwidth such that G兵exp关j共 + c兲兴其 and
H兵exp关j共 − 0兲兴其 are nonoverlapping, the second term in
Eqs. 共15兲–共19兲 can be neglected, giving the approximate
filtered output ỹ关n兴
1
ỹ关n兴 = 关g关n兴exp共jCn兲兴*关h关n兴exp共j0n兲兴,
2
or in the frequency domain

1
y关n兴 = 关g关n兴exp共jCn兲兴*共h关n兴e j0n兲
2
1
+ 关g*关n兴exp共− jCn兲兴*关h关n兴exp共j0n兲兴.
2

共20兲

共18兲

1
Ỹ关exp共j兲兴 = 兵G共exp关j共 − C兲兴兲其H兵exp关j共 − 0兲兴其.
2
共21兲
Rearranging terms of Eq. 共20兲 gives

The Fourier transform of Eq. 共18兲 gives this result
ỹ关n兴 =

Video 3. In vivo recording of a color Doppler OCT scan demonstrating established blood flow in the right coronary artery 共RCA兲 共yellow
box兲 arising from the ascending aorta 共Ao兲 in a day-9 chick heart in
the sagittal plane. Note the filling of RCA during diastole when the
vessel becomes fully visible shortly after the start of recording. Note
also the rhythmical contraction of the right ventricle 共RV兲, where the
left ventricle is not depicted because of penetration limitation for
deeper regions ⬎2 mm due to high scattering of tissue 共for the
same reasons the stem of the left coronary artery could not be imaged clearly, and thus not demonstrated here兲. Bar=100 m. 共Color
online only.兲 共MOV 1.1 MB.兲
关URL: http://dx.doi.org/10.1117/1.3081062.3兴.
Optical Engineering

1
exp共jCn兲兵g关n兴*共h关n兴exp关j共0 − C兲n兴兲其.
2

共22兲

This shows that the output looks as if the modulation
g关n兴 = a关n兴exp共j关n兴兲 is filtered through the frequencyshifted low-pass filter h关n兴exp关j共0 − c兲n兴 and subsequently multiplied with a complex sinusoid exp共jcn兲 with
the original carrier frequency of x关n兴.
To reliably reproduce the envelope and phase modulation, the filter h关n兴exp关j共0 − c兲n兴 should have sufficient
bandwidth to pass the spectrum of g关n兴, i.e., H兵exp关j共
− 0兲兴其 should overlap G兵exp关j共 − c兲兴其. By choosing h关n兴
to have linear phase, which is simple for a digital FIR filter,
there will be no dispersion in the filter, and the phase of the
output reliably reproduces the phase of the interferogram
within the passband.
In an OCT system, both the temporal pulse shape and
the noise content are important parameters. The response
should have little or no ringing, but still sharp edges. Sharp
edges mean wide bandwidth and thus more noise will be let
through. Our implementation has a response with Gaussianshaped approximation, which makes a good compromise
between temporal response smoothness and bandwidth.
Note that the filtering process illustrated in Fig. 12 is
only symbolic. In accordance with Eq. 共13兲, the filter is
actually implemented as two real FIR filters operating on
the same signal x关n兴. This can be written as
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y关n兴 = x关n兴*兵h关n兴cos共0n兲其 + jx关n兴*兵h关n兴sin共0n兲其.

共23兲

The precalculated impulse responses of the two filters are
thus
hre关n兴 = h关n兴cos共0n兲

and him关n兴 = h关n兴sin共0n兲.

共24兲
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