Low-coherence optical tomography

in turbid tissue:

theoretical analysis
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On the basis of white-light interferometry and statistical optics, a theoretical model for low-coherence
optical tomography is presented that establishes the relation of interference modulation with path-length-
resolved reflectance and that can provide analytical expressions and numerical solutions by means of a
Fourier transform. The Monte Carlo technique is used to simulate the path-length-resolved reflectance
from different multilayer tissue phantoms. Theoretical analyses and preliminary experimental results
suggest that, unlike time-resolved spectroscopy, low-coherence optical tomography detects the local

relative variations of path-length-resolved reflectance from the turbid tissues.
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1. Introduction

Noninvasive optical and near-infrared imaging of
obscure structures in turbid media, especially in
biological tissues, is a difficult and challenging prob-
lem in modern optical technology, which has long
been hindered by the existence of overwhelming light
scattering that severely reduces image contrast and
degrades spatial resolution.!3 Optical methods are
more advantageous than the conventional modalities
in that safe doses of optical and near-infrared illumi-
nation are used instead of dangerous ionizing x-ray
radiation. In recent years, significant progress has
been made that may lead to a striking means for in
vivo optical diagnosis of cancer and some other dis-
eases.*® Patterson et al.® proposed a theoretical
model on the basis of a time-dependent diffusion
theory that offers analytical expressions that can be
used to derive the scattering and the absorption
coefficients of tissue from the measurements of pho-
ton-migration transients, i.e., time-resolved reflec-
tance from a semi-infinite, homogeneous medium.
Chance et al.” reported time-resolved spectroscopy for
the determination of the brain oxygenation state in
which the slopes of decay curves with time from a
picosecond-pulsed laser reflect the absorbance change
of hemoglobin concentrations. Alfano’s and Svan-
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berg’s groups successfully presented time-resolved
transillumination imaging through breast tissue by
discriminating the least-scattered, ballistic photons.®
Yoon et al.1 reported the determination of absorption
and scattering coefficients through the analysis of the
coherent backscattered peak. Some other tech-
niques, such as frequency modulation,12 gpeckle
detection,’® and electronic holography,'* have also
been studied extensively. Recently several time-
resolved image reconstruction and optical computer
tomography algorithms have been implemented that
might find potential applications for clinical diagnosis
in the near future.15-20

In contrast to time-of-flight measurement, which is
made feasible only through the use of expensive and
complicated picosecond and femtosecond laser pulses
and ultrafast optical detection techniques, the newly
established optical low-coherence tomography (OCT)
provides an attractive alternative. Low-coherence
fiber-optic reflectometry has been used for surface
contour mapping and micrometer-scale ranging in
the retina.?1-23 This principle has been further ex-
tended by Huang et al. to three-dimensional tomogra-
phy by the performance of two-dimensional lateral
scans.2* This technique allows the localization of the
reflecting sites within a transparent sample with a
spatial resolution of the order of 10-pm, limited
primarily by the coherence length of the light source
and the beam diameter. With optical heterodyne
detection, an extremely high detection sensitivity has
been achieved with a higher than 100-dB dynamic
range.?> Although OCT has been successfully ap-
plied to map the anterior and the posterior segments



of the eye in vivo,?¢ only a few measurements have so
far been reported for turbid tissue, and nearly no
theoretical analysis has been presented because of
complications caused by multiple scattering.2’” There
are several open questions, such as what can OCT
detect in turbid tissue? Is it in principle equivalent
to the time-resolved technique? To answer these
questions, we focus on analyzing the physical prin-
ciple of OCT in turbid tissue and, on that basis,
evaluate its potential performances in multilayer
samples by means of Monte Carlo (MC) simulation
and some preliminary experimental results.

2. Theory

As stated above, OCT works on a principle that is
similar to ultrasound brightness-mode imaging in
that a low-coherence optical reflectometer collects the
longitudinal profiles of the light reflected from a
sample while a transverse scan provides lateral imag-
ing information for three-dimensional tomorecon-
struction.?* The central part is essentially a Michel-
son or a Mach-Zehnder interferometer illuminated
by a low coherent light source, as depicted in Fig. 1.
One arm of the interferometer is replaced by the
sample under measurement. The reference mirror
is shifted with constant speed v, to produce interfer-
ence modulation with Doppler frequency fp = 20,5
for optical heterodyne detection, where \ is the mean
wavelength. Then the interference can occur at de-
tector PD only when the path difference between
these two waves is less than the coherence length of
the light.

The principle of low-coherence optical reflectometry
can be analyzed in terms of the theory of two-beam
interference for partially coherent light. Assuming
that the sample in Fig. 1 is a mirror and that the
polarization effects of light are ignored, E(t — Lo/c)
and E,t — L,/c) are scalar complex functions that
present the light fields from the sample and the
reference arms of a Michelson interferometer, respec-
tively. L and L, are the corresponding optical path

Heterodyne| | ||
detection A/D|—{ Computer

- ay
4 sample

___________ o .l
SLD > T <>
Lso=2nolso

) L=2nol, {/

V-I ¥ Teference

Fig. 1. Schematic diagram of an optical low-coherence interferom-
eter: SLD, superluminescence diode; PD, photodiode; Ly, L,,
round-trip optical path lengths of sample and reference arms,
respectively; n, refractive index of air; v,, line speed of piezoelec-
tric transducer scan.
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lengths. Because of time invariance of the light
field, the resultant intensity at detector PD is then
given by

Ijt) = (EJt) + E/(t + 7)|EJt) + E(t + )%, (1)

where the angular brackets denote a long-time aver-
age, i.e.,

T = AL/c is the time delay corresponding to the
round-trip optical path-length difference between
these two beams, i.e., AL = Ly — L, = 2nly — I,).
no = 1 is the refractive index of air, and /,y, and /, are
the geometric lengths of these two arms, as indicated
in Fig. 1. Because I, = (E(tE,*¢t) and I, =
(E,(t + 7E,* + 1)), Eq. (1) can then be written as

Id(T) = Is + Ir + 2(IsIr)1"/’2Re|Vmc(T)" (2)

which is termed the generalized interference law for
partially coherent light. Vdr) is the normalized
form of the mutual coherence function, which is
defined as

_BJUE ¢t + 1)
N ?

For quasi-monochromatic light?® that satisfies
Av < v and Avt < 1, where Av is the optical
frequency bandwidth and v is the mean frequency, the
complexity of spectral compositions of the light may
be ignored, and the phase difference with respect to
the optical path delay can be approximated as ¢ =
2mvr. Moreover, as the Michelson interferometer is
an amplitude-splitting interferometer in which E¢)
and E,(t) coalesce from a primarily single wave front
E(t), spatial coherence can be neglected and the com-
plex mutual coherence reduces to self-coherence.
Consequently Eq. (2) can be derived as

L) =1, + I, + 2(I1,V2|V,/1)/cos 2mvr. (4)

The temporal coherence function Vi(t) can be easily
obtained when E(t) is substituted for Et) and E,/t) in
Eq. (3), i.e., Vilt) = (ERE*t + 7))/I, where I =
(E{t)E*(t)) is the incident irradiance of the light
source. For partially coherent light, |V 1)|, where
0 < |Vid1)| < 1, represents a measure of temporal
coherence that is related to the coherence time (coher-
ence length) and correspondingly the optical band-
width of the light source. According to Fourier op-
tics, the self-coherence function V1) is indeed the
Fourier transform of the power spectral density of the
light source.?? For a superluminescence diode (SLD),
if we assume that the power spectrum has Gaussian
line shape, i.e., p(\) = exp|—4 In 2]\ — N?/AN?|, we find
that the output interference intensity also has a

1 October 1995 / Vol. 34, No. 28 / APPLIED OPTICS 6565



Gaussian profile, as shown in Fig. 2. Equation (4)
can then be expressed as

IAL)= I, + I, + 21,2V, [AL) cos kAL, (5]
where k£ = 2m/\ is the average wave number and the
relation N\ = ¢/v is used to transform from time do-
main into path domain. The interference term is
actually a cosine function multiplied by a Gaussian
autocorrelation function |V (AL)| given by3°

[VIAL)| = exp|—4(AL/L,P], (6)

where L, is the coherence length that is related to the
full-width-half-maximum (FWHM) bandwidth A\ of
the light source, namely,

A2

5

4\n 2
1

From Eq. (5) we can see that, if the sample is a
translucent medium, the detected interference signal,
i.e., the envelope of the measured interferogram,
shows just the autocorrelation function of the light
that represents its Fourier transform of the spectral
distribution. Figure 2 shows the measured power
spectrum and the autocorrelation function that can be
well fit into Gaussian profiles. The typical value of
L. for a SLD is ~15 pm in free space and 20 pm in
tissue, if we assume the group velocity refractive
index of tissue to be 1.37. Such a low coherence
interferometer can certainly be used to locate the
reflective boundaries within a transparent sample,
such as the eye, with micrometer-range spatial resolu-
tion.26

However, in scattering media such as turbid tissue,
the problem becomes more complicated. The over-
whelming scattering events distort the waveform
distribution of the reflected light field. For example,
the optical paths of the reflected waves, even those

c
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Fig. 2. Measured autocorrelation function and power spectral
distribution of a SLD. A = 0.85um, L. = 15 um. The solid curve
is a least-squares fit of the Gaussian function.
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from a mirror immersed in a highly scattering me-
dium, will dissipate into a continuously distributive
sequence. In other words, the waveforms in scatter-
ing media will be randomized. As a consequence, a
relevant model has to be developed that can explain
what OCT detects in turbid tissue.

As shown in Fig. 3, light reflected from a random
medium can be divided into two categories: least-
backscattered light which undergoes only single or
very little scattering, and diffusely reflected light,
which undergoes tremendous scattering events. In
the principle of the classical theory of scattering,3!
least-scattered light still maintains coherence,?
whereas multiply scattered light will lose coherence.
For simplicity in mathematics, in the following deduc-
tion we neglect the depolarizing effects of multiple
scattering and assume that all the waveforms col-
lected by the detector with path-length difference AL
falling within the coherence length L. will interfere.
Then, according to Eq. (1), the corresponding optical
irradiance at the detector is obtained by the superpo-
sition of all the light fields reflected from within the
scattering sample and the reference mirror to give

f ES,(t? LS)dLS + Er(t + T)

Lo

|

*

x fﬂE;u,Ls)deEr(Hﬂ R

Lso

where Ly = Ly + L. Ly is the round-trip path
length to the sample surface, as indicated in Fig. 1.
L, = Zngl; is the total path length within the sample
that accumulates each scattering free path [; as
shown in Fig. 3, where n;, is the refractive index of the
sample. E’(t, L) is defined as the path-length-
resolved field density given by E'(¢t, L) = 0E(t, L,)/oL,.
Note that Eq. (7) actually represents the multibeam
interferences among different waveforms reflected

Iso

Fig. 3. Schematic that describes light transport and escaping
geometry for M-C modeling: A, B, single-scattered and least-
backscattered light, respectively; C, multiply scattered light; L',
ls0, path length within the tissue and round-trip geometric length
to the tissue surface (see [,oin Fig. 1). The shaded area represents
microstructures.



from the sample and the reference because of multiple
scattering. However, the integration term that rep-
resents the interference effects among sample wave-
forms is independent of the reference scan character-
ized by delay . Consequently Eq.(7)can be simplified
as

Id(Lr) = Is + Ir + 2(Irls)1"’2 J‘ [R(Ls)]lz‘VtC(ALH

X cos RALdL,, (8)

where R(L, = |dIJL,)/dL,|/I, is the path-length-
resolved diffuse reflectance, and I, is the reflected
intensity given by | fL S(t, LydL, fL /¥(t, Ly)dLy).
The integration term in Eq (8) 1ndlcates that the
low-coherence interference modulation is equal to the
product of mutual correlation of two functions, i.e.,

I/L,) = 21L}?[RIL)}* ® CLL), 9)

where ® denotes the convolution operator. C(L,),
which is defined here as low-coherence function, is
equal to exp|—4(L,/L, }?|cos kL if a Gaussian profile is
assumed. Then, accordlng to the convolution theo-
rem, it can be expressed in the frequency domain as

I L,) = 2L}V 7Rk HIR), (10)
Where 71 denotes an inverse Fourier transform.
RJk) = ARY?L,) shows the frequency distribution of
function RY2(L s). From the viewpoint of optical infor-
mation processing, H(k) can be defined as the optical
transfer function (OTF) of the low-coherence interfer-
ometry, which is given when the Fourier transform of
C(L,)is evaluated as

Hik) = K exp|—(k — kPL./4P, (11)
where K is a constant and % = 2mw/A. As demon-
strated in Fig. 4, H(k) is actually a narrow bandpass
filter centered at the high-frequency range of & =
7.9 pm~! with a (FWHM) bandwidth of Ak = 4 1n 2
L.~ 0.2 pm™1if we assume that A = 0.8 pm and L, =
18 pym. Only the overlapped frequency range of R;k)
and H(k) indicated by the shaded area contributes to
the low-coherence modulation according to Eq. (10).
This implies that, unlike the time-resolved technique
that acts as an optical low-pass filter of bandwidth B
« 1/At that collects directly the diffuse reflectance
within the time interval, depending on its temporal
resolution At, OCT correlates to only the fast-varying
components, i.e., the high-order derivative of RY2(L,)
with AL, =~ 2w /k = \.

In order to give a quantitative explanation, Fig. 5(b)
shows an example of an actual calculation of the
interference modulation versus path length from
known RV2(L,) by Eq. (8). For simplicity in Fourier
transform, RV%L,) is assumed to be a Gaussian
function plus another relatively small Gaussian lo-
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Fig. 4. OCT transfer function Hik) and reflectance distribution
Rk)in the frequency domain: L, = 18 pm, =08 nm, k= 217/)\
~79um 1, Ak =41n2/L,~02pum™1

cated at L, = 500 um [see legend in Fig. 5(a)l. Figure
5(b) is similar to the typical RY2L,) distribution in
scattering tissue, and Fig. 5(a) simulates a pertur-
bance induced by the local variation of tissue-optical
properties. The resultant interference modulation
at Ly, = 500 pm corresponding to this slight pertur-
bance can be approximately derived as

IL,) = exp(—4k2L%exp|—4(L, — 500?2/L2]
X cos|k(L, — 500, (12)

which attenuates rapidly with the broadness L of the
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Fig. 5. Calculated path-length-resolved reflectance RV2L,) and
OCT modulation: (a) RY4L,)is simulated as a sum of two Gauss-
ians [Lo = 0.3 pm, and u(L,) represents a step function|. (b) The
interference modulation is calculated with Eq. (10) and plotted in
arbitrary units.
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Gaussian profile and saturates to exp(—4k2Ly* — 0
when Lo > \. The first modulation peak in Fig. 5(b) is
caused by the step rise of RV, at the surface
(Ly=0), and at all other points from within the
scattering medium where even RV2L,) is much higher
than the small perturbance when no modulation is
induced. On the other hand, this result can be
verified by a simple experiment that detects the
modulation intensity from the first interface of a glass
plate (n; = 1.56) that is immersed in a highly scatter-
ing liquid (py =50cm™, p, =0.1ecm™1, g =0.8,
n = 1.37). Figure 6(b) shows that no modulation peak,
except at the surface and the glass interface, is
readily detected from within the scattering medium.
From the above analysis we can conclude that
although OCT is sometimes analogously considered
as coherence-gated reflectometry, it is apparently
different from time-resolved spectroscopy, because
the time-resolved technique collects directly the re-
flected optical intensity within the time gate, whereas
OCT traces out the local variations of the path-length-
resolved reflectance. Therefore this phenomenon
may be of extreme significance because it may provide
a potential measure that extends the optical diagno-
sis to the microscopic extent, even though the algo-
rithm for CT reconstruction is possibly complex.

3. Monte Carlo Simulation of Path-Length-Resolved
Light Transport

To analyze quantitatively the relation of OCT modu-
lation with tissue optical properties such as absorp-
tion coefficient p,, scattering coefficient 1, scattering

0.004 r , , , '
| R (a) Calculated R(L) |
R by M-C modelling |
0.002 - _
0.000 - _
[ (b) Measured OCT intensity
0.10 |- ]
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A 94
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Path length L_(um)
Fig. 6. Calculated R(Ls) and measured OCT modulation of a glass
slide (ng = 1.56)immersed d; = 1.2 mm deep in an Intralipid liquid
(ms =50 em™%, p, =0.08 em™ !, g =0.8, n, = 1.37). Ry, is the
specular reflectance at the air-Intralipid surface.
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anisotropy g, and tissue optical inhomogeneity, the
MC technique is applied to model the optical path-
length-resolved diffuse reflectance from scattering
media. The MC technique used here is modified
from the general algorithm for time-resolved MC
simulation that has been developed to offer solutions
to the time-dependent radiative transfer equation.
Although time-resolved diffusion approximation has
led to explicit analytical expressions,® it is applicable
only several picoseconds after an impulse correspond-
ing to a few hundred micrometers’ delay in the optical
path-length domain between the signal and the refer-
ence arms of OCT. The MC method is, in principle,
well suited for this case, despite the long calculation
time. In this paper, we are concerned mainly with
the longitudinal characteristics of OCT. Therefore,
for simplicity in mathematics and suitability to de-
scribing the transition from specular to diffuse reflec-
tions, multilayer tissue phantoms are assumed.

The principle of MC simulation, which has been
outlined elsewhere,?? is to trace the photon’s migra-
tion history and to calculate the light distribution
within the tissue as well as the photon’s escaping from
the boundary after an impulse of irradiance with
infinitely small beam diameter and narrow pulse
duration [for a one-dimensional (1-D) tissue model|.
Because of the radial symmetry of the light source
and tissue optical properties in different tissue layers,
the simulation can be implemented on a cylindrical
model to minimize the dimensionality of reflectance
calculation to three variables (r, 8, L) and to accelerate
the calculation. r, 8, L refer to radial position, incli-
nation with the incident beam, and the path length,
respectively. The variable step method is also used
to accelerate the calculation.

Each photon with an initial weight of unity (w = 1)
and zero path length (L = 0)is launched normal to the
tissue surface. A small fraction Ry, is discounted
from w accumulated as specular reflectance at the
surface, and the rest, w = 1 — Ry, proceeds to migrate
through the tissue in variable steps of free path
between each successive interaction site, which can
be given by

AL = —In(¢)/p, (13)

where 1; = p, + 1, is the total attenuation coefficient
that is a reciprocal of the mean-free-path, and 0 <
¢ < 1is a uniformly distributed pseudorandom num-
ber produced by a computer. At each interaction
site, a fraction of the photon’s weight is deposited
because of absorption w — (u,/pJw, and then the
photon’s trajectory is deflected into a new direction
according to a scattering function p() that is defined
by the Henyey—Greenstein function as an approxima-
tion of Mie scattering. If the photon strikes the
boundary of the multilayer tissue, reflection or refrac-
tion can be determined by Fresnel’s law specified in
statistical form. When refracted into another layer,
the photon state of migration is refreshed at the



interface:
n;,1 cos 072 = n; cos 077,
n;q1 cos 07, = n; cos 6,
- i /yitl
ALy = (AL — ALjjy/pi™, 14)

where n; and pi are the refractive index and the
scattering coefficient of the ith layer, respectively.
The path length is accumulated after each free path:
L — L + n;Al. By the repetition of the above
procedures, the rays are traced until the photon is
terminated in the following cases: either w is too
small to take into account as a result of tissue
absorption, L is longer than the path-length range of
interest, or surface losses that are due to escape from
tissue accumulate as path-length-resolved reflec-
tance:

Rl j, k) = R, j, k+ w, (15)

where i (i = r/Ar), jli = &/Ad), and % (k = L/AL) are
radial, angular, and temporal elements of the reflec-
tance array, respectively. After all N (N > 108) pho-
tons have been launched, R(i, j, k) are converted to
1-D path-length-resolved reflectance arrays R(L), de-
pending on the geometry (0 ~ ry, 0 ~ &) of the detect-
ing optics, as shown in Fig. 3:

1 1
Rir=ro, & =do, L) =5 > > 7R, j,k. (16

i=ip j=jo

The simulation is performed on a PC-486 personal
computer with a 66-MHz main frequency and 32-
Mbyte expanded memory specification for the alloca-
tion of array R(i, j, k. Even so, the calculation is
substantially time-consuming and usually requires at
least 20h. As OCT is extremely sensitive to the
relative variations of RV%L), the path-length range
close to the interface is zoomed in with variable grids
even as narrow as 0.1 pym to offer the required data-
base for the numerical convolution by Eq. (9. In
addition, different spatial and temporal filters are
inserted during the calculation of Eq. (16) in order to
simulate the corresponding optical configurations,
such as confocal system, etc.

4. Results and Analyses

The experiments are made on a conventional bulk-
type Michelson interferometer similar to that de-
picted in Fig. 1. A commercially available laser diode
(EG&G-TOLD9211) biased below lasing threshold is
employed as the low-coherence light source. The
central wavelength \ of the light source is 0.67 pm,
and the coherent length L., measured by the use of the
experimental setup, is 16 pm. The light beam is
collimated to illuminate the Michelson interferometer
in which both the reference mirror and the probe are
mounted on translation stages driven by computer-
controlled stepper motors. These two beams are
recombined at detector PD, then preamplified and fed
to a personal computer by a 16-bit analog—digital

(A/D) converter. The envelope of the interferogram
can be demodulated by means of optical heterodyne
detection that locks in the Doppler frequency f; =
Zv,ﬁ, which refers to the line speed v, of piezoelectric
transducer movement.

Figure 7 shows the relation of OCT modulation
with the mean wavelength \ calculated with Eq. (10).
The modulation amplitude is found to increase with
N. This is because the higher the ratio A/Lc, the less
the destructive interference will affect the low-
coherence correlation, which is in fact filtering out the
fast-varying components with 2 = k according to Fig.
4. On the other hand, the scattering coefficient p, in
most tissues decreases with wavelength A, leading to
a deeper diffusion range for light penetration. Con-
sequently an OCT system that employs a longer
wavelength SLD, such as A = 1.3-1.5 ym, is prefer-
able for turbid tissue measurements.

A. Results of Monte Carlo Simulation for R, L¢ and the
Calculated Optical Low-Coherence Tomography Response

Figures 8-12 summarize the results of MC modeling
for the path-length-resolved diffuse reflectance from
several typical tissue optical structures. As pro-
posed in Section 2, OCT responds to the variations of
path-length-resolved reflectance RY%L). In most
cases below, the samples are assumed to be two-layer
tissue phantoms; therefore the calculated curves may
provide straightforward relations that can be used to
predict what OCT detects because of the changes of
tissue-optical properties. Specular reflection at the
air—tissue surface is neglected here. ,

Figure 8 shows the dependence of RVZL) on pgq,
the scattering coefficient of the lower layer. RYZ2L)
jumps at the interface of L; = 2n1d; = 1.37 mm, and
the peak magnitude increases with pg,. The inset in
Fig. (8) shows the relation of interference modulation
to p, calculated with Eq. (9) and normalized with
that of p,e = 480 cm~1. It can be easily seen that the
increasing gradients in the low pgn 5 < 120 cm™1)
region are higher than those in the high pg region.

OCT Correlation

0.0 Lo I - | | 1
0.6 0.8 1.0 1.2 1.4 1.6

Wavelength (pm}

Fig. 7. Relation of calculated OCT modulation with the mean
wavelength \ of light.
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Fig. 8. Path-length-resolved diffuse reflectance RY/2(L) for differ-

ent 11,5 of the lower layer: 1,1 = Hg2 = 0.1 ecm™1, g; = g2 = 0.83,
ny=ng= 1.37,d1 =0.05 cm, d2 =0.05-2 cm, U1 = 3 cm’l, Ps2 = 20,
60, 120, 180, 240, 360, 480 cm~1. The dashed curve is fit by an
exponential function.

This can be explained by the fact that, as pg; < g0,
the photon diffusion is predominated by the reduced
scattering coefficient of the second layer, i.e., pge = g0
(1 —g). When p, increases, the diffusion range
moves toward the interface, as indicated by the
dashed curve, so more diffusely reflected light near
the interface will be included in RYV%L), whose path
length is just a little longer than that of the least-
backscattered photons. Quantitative analysis re-
veals that at the interface all the curves jump initially
with nearly the same gradient that corresponds to the
least-backscattered light from the interface, and then
the gradients decline gradually with pg resulting
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Fig. 9. Path-length-resolved diffuse reflectance R/2(L) for differ-

ent pg2 of the lower layer: pg =1lem 1, =100cm™1, g; = go =
0.83,n; = ng = 1.37,d; = 0-0.05 cm, ds = 0.05-2 cm, p1,; = 1 em™1,
Hae = 1,10, 20,40 cm™1.
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infinite phantoms with different scattering anisotropyg: 1, =1cm™1,
s =100cm 1, n =137, =0,0.3,0.6,0.8. Specular reflectance at
the air—phantom surface is neglected.

10000

from the contributions of multiply scattered light.
Further MC calculation reveals that the interference
modulation decreases with d; because of multiple-
scattering effects in the first layer. These effects
imply that OCT responds primarily to the least-
backscattered light.

Figure 9 shows the influence of absorption of the
lower layer. As g < ps2 and g > 0.8, photon diffusion
occurs mainly in the second layer. According to the
time-dependent diffusion theory, the asymptotic slope
of RY2L) versus pathlength L is exponentially pro-
portional to the absorption coefficient p,s; however,
the curves in the figure indicate that the magnitudes
of maximum RVZL) at the interface are princi-
pally dependent on the reduced scattering coef-
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Fig. 11. Path-length-resolved diffuse reflectance RVZL) for a

two-layer phantom with decreased scattering anisotropy g in the
lower layer: 1,1 = pge = 100ecm™1, 7, = ny = 1.37,d; = 0-0.05 cm,
dy =0.05-2cm, ng; = pe2 =1 cm‘l,gl =0.9,82=0.7.
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Fig. 12. Path-length-resolved diffuse reflectance RV/?L) from a
three-layer phantom with refractive-index mismatch: pg; = pge =
Be3 =100 cm™L, g1 = po2 = Mag = Lem ™1, g1 = g = g3 = 0.83,n; =
ng = 137, ng = 147, dl = dz =0.02 cm, Ll = 2n1d1 ~ 550 nm, Lz =
2(n1dy + ng ds) = 1140 pm.

ficient p,o' and less affected by p,e. Thereafter, OCT
is less sensitive to tissue absorption because p, < pg'’
(1e < 5 em~1in most tissues), which yields a steep rise
of RY2(L) compared with the relatively flat descending
slope that is due to absorption [proportional to
exp(—1.L/2)l. Nevertheless, the absorption can also
influence the rising slope of R%L). For example,
increasing 1,; gives rise to a higher modulation
amplitude at the interface (as may be seen below in
Fig. 15). In this case, the light that travels through
longer scattering paths has a higher probability of
being cut off by absorption, and therefore the absorp-
tive thin layer on the top behaves like a low-path-
length-pass filter that removes the multiply scattered
light.

The calculated RYV2L) for semi-infinite phantoms
that have equal scattering and absorption coefficients
(ne = 1 em™1, p, = 100 cm™1) but that contain differ-
ent sizes and shapes of scattering particles, i.e.,
different scattering anisotropies, are presented in Fig.
10. The inset demonstrates that the calculated
modulation decreases linearly with g. This is due to
the fact that, unlike scattering and absorption, which
are path-accumulative procedures in which light at-
tenuation occurs continuously along the scattering
paths, a decrease in g causes a net increment of
RVYZL) at the interface, which will certainly induce a
higher modulation similar to specular reflection.
We extend our calculation to the case of a multilayer.
Figure 11 shows the spike of the RV%L) curve at the
interface L, = 2n1d; = 1.37 mm, demonstrating that
even a slight decrease of g, from 0.9 to 0.7 causes a
steep rise in RVZL), which will certainly induce
higher interference modulation. Within the frame-
work of current tissue optics, biological tissue is
simply characterized by forward scattering, and the
inhomogeneities in scattering anisotropy g are usu-
ally ignored, possibly because of difficulties for in vivo
and in vitro measurements. Histological pictures

reveal, however, that most tissues, such as skin,
muscle, breast, and coronary arteries, consist of fi-
brous segments that may induce form birefringence
and local scattering anisotropy. Therefore this re-
sult explains why a polarization-sensitive OCT is
capable of identifying more microstructures in biologi-
cal samples. ,

Figure 12 shows the RVZL) curve from a three-layer
sample with only 7% of refractive-index mismatch at
the second and the third interfaces (n; = ng = 1.37,
ny = 1.47). Because each sharp spike corresponds to
Fresnel’s reflection, which is mathematically a pseudo-
Dirac function 8(L — L;), a grid resolution for temporal
profile AL as narrow as 0.2 pm is adapted at the
interfaces L; (i = 1, 2)in order to minimize the calcula-
tion error. Although the absolute reflection at the
interface may be even lower than that induced by
scattering, e.g., as shown in Fig. 8, as OCT responds
to the relative variation of RVZL), a tiny change in
refractive index (An = 0.1) can yield a substantial
interference modulation that may be 103 times higher.
Up to now, the refractive index of tissue is usually
assumed to be 1.37 because of predominant water
concentration; however, because of microstructural
inhomogeneity and anisotropy in tissue, the local
index of refraction n(r) actually varies among different
textured segments. It can therefore never be simply
characterized by scattering effects for the ultrasensi-
tive techniques that are capable of distinguishing
micrometer-scale local structural difference. Unfor-
tunately, nearly no research has been reported in this
respect; nevertheless, based on the above analysis,
OCT may become a promising method for microrang-
ing and localizing of biological tissues by detecting the
local relative variations of the path-length-resolved
backscattering.

B. Initial Experiments on Tissue Phantoms

To verify the theoretical prediction we have made for
OCT in turbid media and the calculated results of MC
modeling, we have performed some experiments.
Figure 13 shows the calculated backscattered power
curves plotted against the optical paths L that corre-
spond to the depths of the mirror scanning longitudi-
nally within the scattering phantom. In this experi-
ment, a small mirror is inserted into a 40 mm X
40 mm X 25 mm glass cuvette filled with scattering
liquid, i.e., 10% Intralipid dilution (Intralipid 10
Novum, p, =50cm™!. A 5mm X 5mm hole is
opened, and a 0.5-mm-thick objective glass plate is
glued in as an optical window. The light beam from
the SLD is collimated (to ~$2 mm) to illuminate the
probe. A 40-mm focal-length achromatic lens fo-
cused on the glass—Intralipid interface is used to
collect the reflected light escaping from the scattering
medium. A variable pinhole (adjusted to ~¢0.8—
2 mm in the experiment) is inserted behind the beam
splitter in which the signal and the reference beams
converge, providing a collecting solid angle of 0.1-
50 mrad to minimize the destructive interference at
the detector that is due to the limited spatial coher-
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Fig. 13. Path-length-resolved reflectance RY/2L) from a mirror

scanning longitudinally within the scattering liquid: p; = 50
em 1 p,=0.1cm™1,g=0.84,n =1.33.

ence of the light source and the possible phase distor-
tion, between the two arms, induced by the
lens system.

The heavier curves of Fig. 13 show the relative
variations of the backscattered spike shape as a
function of mirror position (L, = 2n,d ;). Asshownin
the first two curves, a sharp spike consisting predomi-
nantly of specular reflection from the mirror is fol-
lowed by a trail that lags behind as accumulative
contributions of multiply scattered light. With the
increase of optical path L,, i.e., when the mirror is
scanned deeper into the scattering phantom, this
sharp spike of specular reflection decreases because of
losses of collimated transmittance induced by scatter-
ing, becomes less obvious over the background of
diffuse reflectance, and gradually vanishes at the
position where the pathlength L; is nearly 3.7 mm.
Therefore this experiment can characterize the re-
sponse of OCT to the transition between specular and
diffuse reflections. As shown in Fig. 14, the solid
lines are the experimental results of light intensity
plotted against the mfp (mfp = u,~! = p,~1). Line 1is
obtained by the direct measurement of the narrow-
beam backreflected intensity, which is, in fact, the
unscattered, collimated transmittance specularly re-
flected by the mirror. Apparently, according to Beer’s
law, it decreases exponentially with d; [i.e.,
Ii(d,) = exp(—2n,d;)] and the measured p, (pn, =
49.4 em™1) is in good agreement with the results of
pinhole transmittance measurements reported else-
where.?® Line 2 is the calculated OCT modulation
obtained with Eq.(9). As OCT employs optical hetero-
dyne detection, which greatly enhances the interfer-
ence modulation by multiplying I,1/2, the relation of
the measured intensity with the distance can be
expressed as

Iyldy) = expl—p,2d,), (17)
where 1, = 11,/2. Note that 2d; is the round-trip
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Fig. 14. Normalized backreflected intensity from a mirror versus
the mfp of light transport in the scattering medium: 1, narrow-
beam transmittance; 2, calculated OCT interference; 3, measured
interference signal.

geometric length from the surface to the mirror;
therefore the attenuation ratio of I, versus d; is equal
to that of the incoherent transillumination technique.
Line 3 of Fig. 14 is the measured OCT modulation.
A least-squares fit shows that it also decreases expo-
nentially with d; [i.e., Is(d 1) * exp(—n32d,)]; however,
the measured attenuation coefficient ps (ug =
18.8 cm~!) is smaller than the theoretical result
(me = 24.5cem™1). There are several reasons that
may cause such a deviation. For example, the experi-
mental complication induced by confocal interference
effects may give rise to an on-axis intensity modula-
tion near the focal range. Hee et al.3* once reported
similar observations for forearm measurements.
Further detailed analysis about this effect is worth-
while to do. From line 3 of Fig. 14 we can find that,
although the noise reduction electronics of the initial
experimental system is far from being optimized (less
than 60-dB dynamic range), it can readily distinguish
samples that are immersed 21 mfp deep into the
scattering medium. So with the increase of optical
power and improvement of signal processing electron-
ics, a maximum detectable thickness up to 25-30 mfp
should be attainable. On the other hand, if the
coherence gate is kept constant, i.e., L = 2n:d; and
the probe is scanned laterally, coherence-gated trans-
illumination can be easily achieved with this simple
experimental setup. It can find practical applica-
tions for the in vitro measurements of biological
tissues simply by the insertion of the sample in front
of the mirror. Further investigation for in wvitro
tissue measurements is underway.

How to detect an OCT signal induced by the changes
of p; and p, and how to reject specular reflec-
tion at the interface has long been a major difficulty in
the experimental design. To solve this problem, we
prepared multilayer samples as follows: we added a
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phantoms (d; = 0.7 mm). Curve 1 in Fig. 16 shows that the
specular reflection at the interface is successfully rejected.
RVZ(L) that correspond to curves 1-4 are plotted in Fig. 16. V),
and Vs represent modulation amplitudes of specular reflectance at
the surface and of backscattering at the interface that is due to
increases of 1159, respectively.

small portion (2% by volume concentration) of agar
into the phantom liquid, heated the samples, and
then heaped them sequentially during the solidifica-
tion procedure. The mixture of Intralipid with agar
will turn into a solid when the temperature decreases
to ~55 °C. Figure 15 shows the experimental curves
of the normalized interference intensity versus path
length for the two-layer samples. Except for curve 1,
the scattering coefficients of the second layers are
480 cm~!. To ensure that no mismatch of refractive
index at the interface between these two layers is
induced during the sample preparation, sample 1 is
made following the same procedure given above but
with the same phantom used for both layers, i.e., pg; =
B2 = 5em~l. Curve 1 shows that no interference
peak is detected at the interface (L; =~ 1.7 mm); there-
fore the specular reflection is successfully rejected,
and the small modulation peaks near L; = 1.7—
1.8 mm in curves 2-4 apparently result from the
difference of scattering coefficients at the interface.
The path-length-resolved reflectances corresponding
to these two-layer phantoms are plotted in Fig. 16.

The inset enlarges the transition range near the
interface, which clearly shows that slightly increasing
P and minimizing the aperture of the detecting
optics increase the rising slope dRV%L)/dL. This is
because multiply scattered light has a longer path
length and accordingly less probability of escaping
from the scattering medium because of absorption
and being collected by a pinhole detector because of
diffusely reflected angular distribution. On the other
hand, a quantitative comparison of the measured
interference peaks in Fig. 15 shows that (vpz/ Up1ls >
(Vp2/Up1)e > (vpg/vpl‘)l , where the amplitude at the
interface v,y is calibrated with that of the specular
reflectance at the surface v,; in order to remove the
possible influence of other optical effects. This result
also verifies our theoretical prediction that OCT re-
sponds to the relative variations of path-length-
resolved backscattering.

5. Discussion

On the basis of white-light coherence theory and
statistical optics, a theoretical model for OCT is
presented that relates the modulation amplitude to
path-length-resolved reflectance and that can be ana-
lyzed by means of a Fourier transform. Analysis of
the model predicts that, unlike time-gated tech-
niques, OCT measures the local relative variations of
path-length-resolved reflectance; the path-length-
resolved MC technique for multilayer tissues is imple-
mented to simulate the possible variations of path-
length-resolved backscattered light induced by local
inhomogeneities of tissue-optical properties such as
An, Apg, Ag, and Ap,. The results show that OCT is
very sensitive to An, then Ag and Ay, but insensitive
to Ap,, which implies that it may offer a promising
method of detecting the local microstructural inhomo-
geneity and anisotropy. Initial experiments of a
mirror scanning in a scattering medium that charac-
terizes the transition from specular to diffuse reflec-
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Fig. 16. Path-length-resolved reflectance from the interface of
a two-layer scattering phantom: g; = go = 0.84, ny = ny = 1.33,
B = 6 cm L, dy = 0.07 cm, peg = 0.08 em™L. 1, pgp = pg = 6
em™ 1 2, nge = 496 cm 1, 1,1 = 0.08 em ™1, broad beam; 3, 1,2 = 496
em~ 1 p,; = 0.4 em™1, broad beam; 4, pg = 496 cm™1, p,; = 0.4
cm™!, narrow beam.
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tions and for multilayer phantoms with differences in
scattering coefficients are in agreement with the
theoretical predictions.

It must be pointed out that, as multiply scattered
light loses coherence, RY/2L,) should be reduced to the
least-scattered light in the model calculation. As
OCT responds primarily to the micrometer-range
local relative variations of path-length-resolved back-
scattering, tissue can no longer be assumed to be a
homogeneous medium characterized simply by scatter-
ing coefficient, as tissue has been treated so far, but
should be considered as an optically heterogeneous
composition of microstructural segments. Further
experimental investigations concerning these speckle-
related phenomena will be presented in a later publi-
cation.
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