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Effect of target biological tissue and choice of light
source on penetration depth and resolution in optical
coherence tomography
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Abstract. The effectiveness of an optical coherence tomography
(OCT) system depends largely on the light source chosen. Published
data on the optical properties of tissues are used to quantify the ex-
ponential attenuation of broadband light on transport through tissue.
The effective attenuation coefficient is taken to be the sum of the
absorption and scattering coefficients. This is used to demonstrate the
effect on the spectra of a wide range of published OCT sources and
the change in system resolution induced, and hence to comment on
the suitability of different sources for OCT. The tissues studied include
skin dermis, liver, and gallbladder. Sources at higher wavelengths are
shown to be capable of high-resolution OCT imaging at greater
depths. Titanium:sapphire lasers would be most suited for high-
resolution OCT over comparatively shallow depths into tissue. For
lower-resolution applications of OCT, a semiconductor optical ampli-
fier and ytterbium fiber sources have better powers and bandwidths
than superluminescent diodes. The resolution of OCT systems is not
reduced significantly with imaging depth. © 2004 Society of Photo-Optical
Instrumentation Engineers. [DOI: 10.1117/1.1628243]
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1 Introduction
Optical coherence tomography~OCT! was developed from
optical coherence domain reflectometry~OCDR! in the early
1990s.1 Developed mainly for medical applications, it allows
noninvasive acquisition of three-dimensional images2 in tur-
bid structuresin vivo, at high speed and with, so far, up to 1
mm of resolution.3 This resolution allows cellular imaging and
the high speed allows functional imaging.4 The principle be-
hind depth-ranging optical imaging is measurement of the
light travel time,5 and hence distance, to and from a scattering
structure within a sample, similar to ultrasound imaging,
which uses sound waves.1 Since the speed of light is far
greater than the speed of sound, the travel time is difficult to
measure directly, so low-coherence interferometry is used.6

Light interacts with tissue by scattering or absorption. Both
the absorption and scattering coefficients vary among differ
ent wavelengths and tissues because soft tissue is a comple
turbid structure, with components ranging in size from less
than 100 nm to in excess of several millimeters.7 In the search
for ultrabroadband light to improve the resolution achievable
in OCT images, many different light sources have been pro
posed. However, owing to the variation in tissue optical prop-
erties among wavelengths, some sources achieve better pe
etration depths and image contrast than others. It is difficult to
compare the suitability of sources for OCT experimentally
because of the differing optical spatial characteristics o
sources and the differing spectral response of optical compo
nents. No comprehensive study of the sources proposed
date has taken place. Pan and Farkas8 compared superlumi-
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nescent diode~SLD! lasers at 830 and 1285 nm in OCT, a
did Schmitt et al.9 at 830 and 1300 nm,10 and Bouma et al.10

compared OCT images with fiber lasers at 1.55 and 1.81mm
with those from a 1.3-mm superluminescent diode laser. How
ever, owing to experimental variation in the use of ea
source, no definite conclusions have been reached as to
best wavelength or source to be used. This paper aim
quantify the appropriateness of common OCT sources ba
on the effect of travel through tissues with known optic
properties.

2 Theory
2.1 Optical Coherence Tomography
In OCT, light from a source is split into two paths, the samp
and reference paths, as in a Michelson interferometer.
light in the sample path interacts with the subject under stu
with some light reflected or scattered back from differe
structures within it. The light in the reference path is reflec
back in the opposite direction to recombine with light retur
ing from the sample path. The beams interfere when the
ference between the two paths is within the coherence len
of the light source, and the reference path length is modula
to investigate the interference at varying depths within
sample. Since interference only occurs when the differe
between the lengths of the sample and reference path
within the coherence length of the light source, use o
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Sainter, King, and Dickinson
broadband source and hence of short coherence length, e
ables more precise location of the depth of a structure within
the sample than other techniques.1

The light intensity at a detector in the output,I D , is

I D5^uEDu2&50.5~ I r1I s8!1Re@Er* ~ t1t!Es8~ t !], ~1!

whereE denotes the electric field of light;t is the time delay
that is due to the mismatch in path length between the samp
and reference paths; the prime denotes ‘‘after interaction with
tissue,’’ and the subscriptsD, r, and s denote the detector,
reference, and sample paths, respectively. The real part of th
equation represents the amplitude of the interference fringe
at time delayt, which depends on the cross-correlation am-
plitude of Er and Es8 , and is a measure of the spatial and
temporal similarity of these fields. If the sample acts as an
ideal mirror~i.e., the amplitude and coherence of the light do
not change on interaction with the sample!, the amplitude of
the fringes is the autocorrelation of the source. This depend
only on the complex temporal coherence function,G(t), of
the light source,

Re$^Es* ~ t1t!Es8~ t !&%5uG~t!ucos@2pv0t1f~t!#,
~2!

wherev0 is the center frequency of the source andf~t! is the
difference in phase between spectral components of the ligh
at the detector.11

The coherence function is the Fourier transform of the
source’s spectral power density,S(v), as given by the
Weiner-Khinchin relation,12

G~t!5E
0

`

S~v !exp~2 i2pt!dv. ~3!

It can be seen from this that the wider the source bandwidth
the narrower the interference patterns, i.e., the shorter the c
herence length of the source,l c . The coherence length is re-
lated to the wavelength bandwidth of the source,Dl, by

l c5A
l0

2

Dl
, ~4!

whereA is a constant that depends on the spectral shape of th
source output and is approximately 0.44 for a source with a
Gaussian profile.11,13 The coherence length is then a measure
of the axial resolution,Dz, of the system.14

In reality, tissue does not act as an ideal mirror and the
detected signal is related to the convolution of the source
spectrum and the spectrum of light returning from the tissue
involved, rather than the autocorrelation of the source’s spec
trum. If both spectra are Gaussian in shape, with spectra
widths a andb, the Gaussian resulting from the convolution
has a width,15 g,

g5~a21b2!1/2. ~5!

2.2 Tissue Structure and Optics
In tissue, there are three main types of scatter, the predom
nance of which depends on the wavelength of incident ligh
and the size and concentration of scattering elements. In tu
bid tissue, which is composed mainly of structures with sizes
194 Journal of Biomedical Optics d January/February 2004 d Vol. 9 No
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much greater than the wavelength of light~e.g., blood cells!,
Mie scattering has been found to be a suitab
approximation.16 It is not isotropic, with more of the scattere
light being directed forward than backward, and is stron
wavelength dependent.16 For example, approximately thre
times as much scattering occurs at 830 nm than at 1285 n18

For OCT, the system’s wavelength has to be such that
sorption in the sample is minimized to allow maximal ima
ing depth. In tissue, absorption is minimized between 700
1300 nm, in what is known as the window of transmission17

Below 700 nm, absorption in blood is high and above 25
nm absorption in water is extremely high.11 The amount of
scattering in tissue also varies with wavelength, and is m
mized in the near-infrared.18 So far, OCT research has con
centrated on the wavelengths around 800 and 1300 nm
cause of the sources available. Absorption is lower at 800 t
at 1300 nm, although scattering is higher.1 This tradeoff re-
sults in a greater tissue penetration depth at 1300 than at
nm.10,19,20A study comparing two SLDs at 830 and 1300 n
for OCT in vitro on rat arterial tissue found the overall atten
ation of the source’s output to be lower at 1300 nm.9 The
decreased attenuation that is due to decreased scatter at
nm has led many groups to study OCT in this wavelen
region.6,21

2.3 Modeling Light Propagation in Tissue
Boltzmann’s radiative transport equation is commonly used
describe the propagation of light in turbid media with diffe
ent approximations used under different circumstances.22 It
assumes that scatterers act independently of one another a
ignores polarizing effects.23 The Beer’s law approximation
may be used where absorption is much greater than sca
and the diffusion approximation may be used for the reve
situation. No simplification or analytical solution has be
found for the situation where scatter and absorption both
cur to a similar extent, which happens, for example, in
epidermis between 220 and 2000 nm.23 Where use of the dif-
fusion approximation is intended, in media where the dis
bution of light can be assumed to be diffuse,23 the reduced
scattering coefficient,ms8 , is used, which is defined,

ms85ms~12g!, ~6!

wherems is the scattering coefficient andg is the anisotropy
coefficient, the cosine of the mean scattering angle.24 This
approximation also assumes that the medium is homogene
that any inhomogeneities would be much smaller than
thickness of the medium,7 that the source is more than a min
mum distance~the reciprocal of the reduced scattering coe
ficient! from the detector, and that the source and detector
be assumed to be pointlike.22 As a result of these constraints
the diffusion approximation is not suitable for use in OCT.

A recent approach to determining tissue optical coe
cients, where approximations are inappropriate, is by us
the Monte Carlo method with experimental measurements
diffuse and collimated transmission and diffuse reflectanc25

Once determined, a tissue’s optical properties,ma , ms , andg,
can be used to predict light attenuation in the tissue. A be
incident on tissue is attenuated exponentially with depth in
form
. 1



Effect of target biological tissue and choice of light source . . .
Fig. 1 Absorption of skin, liver, and gallbladder.
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I ~x!5I 0k exp~2meffx!, ~7!

wheremeff is the effective attenuation coefficient.26 The pen-
etration depth of light into tissue is given by the inverse of
meff .

27 The factork in Eq. ~7! accounts for the fact that there
is a diffuse reflection at the air–skin boundary, from either
direction, of between 4 and 7%.7,27

In OCT, the sum of the absorption and scattering coeffi-
cients given in Eq.~8! has been found to be adequate in de-
scribing attenuation at shallow depths in turbid tissue28:

meff5ma1ms . ~8!

In this case, the penetration depth is the same as the mean-fr
path and is the reciprocal of the effective attenuation
coefficient.27

3 Method
Skin dermis, liver, and gallbladder, for which data were ob-
tained from publications, were chosen for this study as ex
amples of different turbid tissues. Skin dermis is less vascu
larized than liver,29 while liver tissue has a more
homogeneous structure than skin.27 Gallbladder tissue is
stratified and has some similarity to other digestive tract mu
cosa, on which much interest has been focused in the deve
opment of OCT. Spectral profiles and overall intensities for a
variety of light sources that have either been demonstrated fo
use in OCT or have properties appropriate for use in OCT
were also obtained from publications. A wavelength range o
500 to 2100 nm was chosen for this study, based on the rang
of sources that have been demonstrated for use in OCT.

Porcine liver data were obtained from a publication by Ritz
et al.,29 who used a double integrating sphere and the Monte
Carlo technique to obtain the optical properties of sample
between 400 and 2400 nm. Parsa et al.,27 had previously mea-
sured the optical properties of rat liver using a similar numeri-
cal technique and an integrating sphere, with similar results

The data on human dermis are from work by Troy and
Thennadil,30 who used a numerical approach similar to the
Monte Carlo method, and a double integrating sphere, to ob
tain data between 1000 and 2200 nm fromin vitro human skin
samples. Data from 500 to 1000 nm and from 1900 to 2040
Journal
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nm are from work by Anderson and Parrish,7 but were scaled
to fit with the data from Troy and Thennadil. This is necess
because the work by Anderson and Parrish was done be
numerical techniques considered more accurate came into
so their values for absorption are overestimated. Also,
et al.25 have measured optical properties of porcine skin d
mis using the Monte Carlo technique and a single integrat
sphere, but only between 900 and 1500 nm.

Gallbladder data were calculated in a similar manner
Maitland et al.31 The anisotropy coefficient for gallbladde
was taken to be constant at 0.9 to allow calculation of sc
tering coefficients from the reduced scattering coefficie
given, using Eq.~6!.

Figures 1, 2, and 3 summarize the tissue data used for
study. They show the absorption coefficients, scattering co
ficients, and anisotropy coefficients, respectively, of sk
liver, and gallbladder. Since the amount of scattering
creases in the form of an inverse power law as the wavelen
increases in all models of scattering, the variations in the s
tering and isotropy coefficients around 1500 and 1900 nm
probably arteficts of the measurement process.32

Sources for which published data were obtained and u
here are ytterbium~Yb!-doped superfluorescent fibers,30,33 a

Fig. 2 Scattering coefficients for skin, liver, and gallbladder.

Fig. 3 Anisotropy coefficients for skin, liver, and gallbladder.
of Biomedical Optics d January/February 2004 d Vol. 9 No. 1 195
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Fig. 4 Spectral intensity profiles of sources considered.
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superfluorescent source consisting of combined Yb-doped an
neodymium~Nd!-doped fibers,34 a superfluorescent thulium
~Tm! fiber,35 a Kerr lens mode-locked titanium~Ti!:
sapphire-laser,36 an erbium~Er!-doped fiber laser,10 two types
of superluminescent diode,37 two different Kerr lens mode-
locked chromium~Cr!:forsterite lasers,38,39and a semiconduc-
tor optical amplifier ~SOA!-based source from AFC Inc.40

Figure 4 shows the spectral intensity profiles of these source
Other Yb sources were studied, but only those with the bes
FWHM are discussed.

The data shown in Figs. 1, 2, and 3 were used to determin
the effective attenuation of light in the tissues at 1-nm inter-
vals using Eq.~8!. The effective attenuation coefficients used
for skin, liver, and gallbladder are shown in Fig. 5.

Equation~7! was then used to determine the intensity of
light from each source returned from the tissues from depth
of 10, 60, and 100mm. These depths were chosen to reflect
the stratified nature of skin tissue because 10mm is the thick-
ness of the stratum corneum, 100mm is the thickness of the
epidermis, and 60mm is between the two.
196 Journal of Biomedical Optics d January/February 2004 d Vol. 9 No
d
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The mean-free path of light in the tissues was determin
at the wavelength of the intensity peak of each source, and
predicted resolution of the source and the light returned fr
each depth were determined using Eq.~4!. The results were
recorded in the form of a change in spectral peak intensity
predicted resolution on travel to and from each depth. T
change in intensity was examined, rather than the overall
tensity, because the intensity requirement for an OCT sou
depends on the application and on the system’s scan
speed. Systems that use very high scanning speeds re
greater power sources so that the power delivered to e
pixel in a scan is still adequate.11,41

4 Results and Discussion
Figure 6 shows the penetration depth of light into skin derm
liver, and gallbladder. It clearly shows a window of transm
sion in the tissues extending from approximately 600 to 18
nm, with an interruption around 1400 nm, which shows th
optimum OCT imaging depths are achieved using lig
Fig. 5 Effective attenuation coefficients for skin, liver, and gallbladder.
 Fig. 6 Penetration depths in skin, liver, and gallbladder.
. 1
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Effect of target biological tissue and choice of light source . . .
Fig. 7 Mean-free paths in skin, liver, and gallbladder at the wave-
lengths of the maxima of the light sources. Ti-s, titanium:sapphire la-
ser; SLD, superluminescent diode; Yb, fiber, superfluorescent ytter-
bium fiber; Yb and Nd, superfluorescent combination of Yb-doped
and neodymium-doped fibers; Cr-f, chromium:forsterite laser; SOA,
semiconductor optical amplifier; Tm fiber, superfluorescent thulium
fiber.
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sources in this range. In liver, the penetration depth is muc
higher than in gallbladder, in which the penetration depth is
much greater than in skin.

Figure 7 shows the mean-free path in the three tissues
the wavelength of the peak intensity of each source. Figures
and 9 show the theoretical resolution of the source~based on
a Gaussian autocorrelation! when used in OCT, and the
changes in intensity and predicted resolution on travel to an
from depths of 10, 60, and 100mm in skin. Figures 10 and 11
show these changes for liver, and Figs. 12 and 13 show the
for gallbladder tissue. It is important to note that changes
rather than absolute values, are considered because the ab
lute intensity and spectral profile depend on the manner in
which a particular source has been designed or deployed. Im
proving the intensity of a source will improve the contrast of
Journal
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images at greater depths, but too high an intensity will ca
tissue heating and associated changes.

The thulium source and one of the ytterbium sources g
the lowest resolutions, while Cr:forsterite laser 1 and
Ti:sapphire laser produced the highest. The SLDs and
Ti:sapphire laser have the shortest mean-free paths in the
sues, which means that images may suffer more degrada
from multiple scattering than with other lasers at grea
depths. They are also the most strongly attenuated in the
sues. In skin and liver, the attenuation decreases as the so
peak wavelength increases, resulting in the thulium and
bium sources being the least strongly attenuated. In gallb
der tissue, the least strongly attenuated sources are the
ytterbium source, the SOA, and the Cr:forsterite sources.
resolutions of the sources are not greatly reduced by tra
through tissue, apart from Cr:forsterite laser 1 in gallbladd
The resolution of the Ti:sapphire system decreases with p
etration into tissue in all three tissues. Cr:forsterite laser 1
the only other source that is attenuated in all three tissu
Cr:forsterite laser 1 has a much broader bandwidth th

Fig. 9 Change in resolution achievable in skin, without interaction
with tissue (0), after returning from 10-mm depth (10), 60-mm depth
(60), and 100-mm depth (100).
Fig. 8 Change in intensity of source light in skin, without interaction
with tissue (0), after returning from 10-mm depth (10), 60-mm depth
(60), and 100-mm depth (100).
Fig. 10 Change in intensity of source light in liver, without interaction
with tissue (0), after returning from 10-mm depth (10), 60-mm depth
(60), and 100-mm depth (100).
of Biomedical Optics d January/February 2004 d Vol. 9 No. 1 197
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Fig. 11 Change in resolution achievable in liver, without interaction
with tissue (0), after returning from 10-mm depth (10), 60-mm depth
(60), and 100-mm depth (100).
n

t
c
o
e

nce
f-
ffi-
ese

ers,
ca-
an
m
for
to

er at
er-

m-
nd
port
T

CT
Cr:forsterite laser 2, even though it decreases through all thre
tissues; however, it has a much lower intensity at its spectra
peak than the latter. Ytterbium fiber 1 shows a 3% increase i
resolution in skin, and the thulium fiber shows a 1% increase
in resolution in gallbladder at a 100-mm depth. This may be
due either to errors, in particular rounding errors, or to
changes with depth in spectral profiles, leading to a shift in
the position of the peak relative to other parts of the profile.
The EG&G SLD, Cr:forsterite laser 1, the SOA, and the er-
bium and thulium fibers have the lowest intensities at their
spectral peaks. The EG&G SLD and the erbium and thulium
also fibers have the lowest total power.

It is important to note that the treatment used here does no
take into consideration that the intensity profiles of the light
source are generally not Gaussian. This would affect the reso
lution of an OCT system, owing mainly to side lobes on the
coherence function. In addition, data on the spatial outpu
characteristics, such as spot size or emission angle, of ea
source, which affects spatial coherence and hence lateral res
lution, have not been considered. A more comprehensiv
er-
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treatment might also consider the change in spatial cohere
of a beam within tissue21 and polarization and dispersion e
fects. Also, the artifacts in the scattering and isotropy coe
cients around 1500 and 1900 nm are a source of error in th
results.

5 Conclusions
Light sources at higher wavelengths i.e., Cr:forsterite las
SOAs, and erbium and thulium fibers, are shown to be
pable of high-resolution OCT imaging at greater depths th
all other sources considered, closely followed by ytterbiu
fiber sources. Ti:sapphire lasers would be most suited
high-resolution OCT over comparatively shallow depths in
tissue, where image degradation caused by multiple scatt
this wavelength range does not become a problem. For low
resolution applications of OCT, the semiconductor optical a
plifier and ytterbium fiber sources have better powers a
bandwidths than superluminescent diodes. The data sup
the existence of a window of penetration in tissue for OC
applications. It is also apparent that the resolution of O
systems is not reduced significantly with imaging depth.
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