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Abstract

In this paper, we review the developments in optical coherence tomography
(OCT) for three-dimensional non-invasive imaging. A number of different
OCT techniques are discussed in some detail including time-domain,
frequency-domain, full-field, quantum and Doppler OCT. A theoretical
treatment is given and some relevant comparisons made between various
implementations. The current and potential applications of OCT are
discussed, with close attention paid to biomedical imaging and its

metrological issues.

1. Introduction

In recent years, new optical imaging technologies have been
developed, providing an exciting basis for investigations that
span a number of scientific disciplines. The area currently
attracting by far the most activity is that of biomedical imaging.
This appears, in part, to be a fortunate consequence of the
technological advancements made in optical telecoms, that
have facilitated the mass production of an array of high
specification optical devices at a relatively low cost. As a
result, it has been possible to develop techniques for imaging
through highly scattering materials including biological tissue.
In a previous paper (Dunsby and French 2003) a number
of techniques for imaging through scattering samples were
reviewed. Here, we consider developments and applications
of the coherence-gated imaging technique called optical
coherence tomography (OCT).

OCT is an emerging non-invasive three-dimensional
imaging technique, capable of producing high-resolution
cross-sectional images through inhomogeneous samples, such
as biological tissue. The optical configuration of OCT is that of
a low coherence (white light) interferometer (LCI), similar to
those used in industrial metrology for measuring the thickness
of thin films (Flournoy et al 1972, Li et al 1995) and the
refractive index (Maruyama et al 2002). The potential of LCI
for three-dimensional imaging in biological tissue was first
realized (Huang et al 1991) following its development for short
range fault finding in optical fibres and photonic components
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(Yougquisteral 1987). Since the original work, a large number
of papers have been published regarding every aspect of OCT.
These are available in a vast breadth of publications covering
general physics, optics, materials science and a wide variety of
specific medical areas such as ophthalmology, neurology and
endoscopy. It is, therefore, becoming increasingly difficult
to keep abreast of current developments and applications;
it is perhaps even more difficult to form a comprehensive
review of the subject. In this paper, a basic introduction
to OCT theory is reviewed for the time, frequency, Doppler
and quantum modalities. An overview of the relative optical
sensitivity between time and frequency domain modalities is
also given referring to papers that have recently appeared
in the literature. A range of exciting applications is also
reviewed to give the reader a feel for current OCT activity.
Detailed aspects of OCT theory and applications not covered
here have been discussed in reviews by Schmitt (1999) and
Fercher e al (2003).

2. Optical coherence tomography

2.1. Overview

OCT is an interferometric technique, relying on interference
between a split and later re-combined broadband optical field.
A typical OCT schematic is shown in figure 1.

The split field travels in a reference path, reflecting from a
reference mirror, and also in a sample path where it is reflected
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Figure 1. Basic OCT system, based on a Michelson interferometer.

from multiple layers within a sample. Due to the broadband
nature of the light, interference between the optical fields is
only observed when the reference and sample arm optical
path lengths are matched to within the coherence length of the
light. Therefore, the depth (axial) resolution of an OCT system
is determined by the temporal coherence of the light source.
Sharp refractive index variations between layers in the sample
medium manifest themselves as corresponding intensity peaks
in the interference pattern. A time domain interference pattern
can be obtained by translating the reference mirror to change
the reference path length and match multiple optical paths
due to layer reflections within the sample. Depth information
can also be derived from frequency domain measurements by
Fourier transformation of the output spectrum. In such an
arrangement the reference optical path length remains fixed
and component frequencies of the OCT output are detected
using a spectrometer.

In OCT, a two- or three-dimensional image is obtained
by making multiple depth scans. These scans are performed
whilst laterally scanning the beam in either one or two
orthogonal directions. Typically, a two-dimensional cross-
sectional image may comprise approximately 500 depth scans
covering a width of 5 mm. In scattering tissue and other turbid
media, the depth scan is limited primarily by optical scattering,
and hence maximum reported imaging depths are between 1
and 3 mm (Brezinski and Fujimoto 1999) for a variety of tissues
at wavelengths between 800 and 1300 nm.

2.2. Theoretical formulation

To describe OCT mathematically it is useful to express the
electric field E(w, t) as a complex exponential:

E(w,t) = s(w)exp[—i(wt + kz)]. (€))

This is a plane polarized solution to the wave-equation,
with source field amplitude spectrum s(w), frequency @ and
time variation ¢. The second term in the exponential, in terms
of wavenumber k and distance z, simply accounts for phase
accumulated throughout the interferometer. Since the input
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phase is arbitrary, and the interferometer only measures the
relative output phase between the two optical paths, the phase
term can be dropped from the input electric field. The field
in each part of the interferometer is denoted by subscripts as
follows; Eiy, Eou, Er and Ej, corresponding to optical fields
in the input, output, reference and sample arms, respectively.
The reference mirror is assumed to be ideal and the beam-
splitter has reference and sample arm intensity transmittance
T; and T, respectively. The intensity transmission coefficients
are related, such that 7. + T, = 1. The sample has a
frequency domain response function H (w) that describes its
internal structure and accounts for phase accumulation therein.
Therefore, the component optical fields are given in terms of
the input field:

En(w,1) = s(w)e™ ™, 2)
Ei(w,t, A7) = (T,Ty) ' E(w, e 49, 3)
Ey(,t) = (I,T)"?Epn(w, ) H(w), )
Eow(w,t, A7) = E.(w, 1) + Es(w, t, Az), 5)

where ¢(Az) is the phase accumulated in translating the
reference mirror by a geometric distance Az = Atc/ny;.

P(AZ) = ——, (6)

At is the corresponding optical time of flight difference and
as usual, ¢ represents the speed of light in vacuum. n,;; is the
group refractive index of air. The factor of 2 arises because
of the Michelson interferometer configuration, where the path
length change is always double the distance that the reference
mirror is displaced. Clearly, these equations assume that
the interferometer is being operated in air. It is also noted
that the frequency domain product of the sample response
function and input field is equivalent to the convolution
of the response function with the input field in the time
domain (Hariharan 2003).

Optical detectors are square law intensity detection
devices, where the recorded intensity is proportional to a
time average over the electric field multiplied by its complex
conjugate:

I(w, Az) = (Equ(w, t, ADE} (0,1, AZ)). )

The angled brackets denote a time-average, given by

. 1 (7
I(w, A7) = Thn;o ﬁ/ Eou(w, t, ADE} (0,1, Az)dt.
- -7
(3

Substituting equation (5) into equation (7), it can be shown
that the intensity is a sum of three terms:

I(w, Az) = (EE]) + (E.E}) + 2R{(EE])}. )

The first two terms can be identified as ‘self-interference’,
whereas the last term is the real part (denoted %) of the complex
‘cross-interference’. Making the relevant substitutions from
equations (2)—(4) and substituting for the field spectrum s(w)
a corresponding intensity spectrum S(w) = |s(w)|?, the
frequency and path difference dependent intensity is given by

I(o, A7) = TT.S(@) | H ()| + TT.S()

R2T.TR{S(w) H (w)e 1?49}, (10)
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The sample response function H (@) describes the overall
reflection from all structures distributed in the z direction
within the sample, and is given by

0
H(a)) — / r(a)7 Z)eiZn(w,z)wz/C dZ-

[0.9)

an

The function r(w, z) is the backscattering co-efficient
from the sample structural features, and n(w,z) is the
frequency dependent, depth varying group refractive index.
The exponential term accounts for phase accumulated by the
multiple optical paths within the sample.

From equation (10) it is evident that information about
the optical structure of the sample can be obtained from
measurements in both the time and frequency domains. These
two OCT modalities, are discussed below.

2.3. Time-domain OCT

The system described above, where a reference mirror is
scanned to match the optical path from reflections within the
sample, is called time-domain OCT (TD-OCT). Currently, this
is the most popular form of OCT arrangement. Commercial
OCT instruments have been developed for ophthalmology
based on the TD-OCT configuration. Equation (10) can be
written as a function of reference path length displacement by
integrating over the source spectrum. The expression is further
simplified by assuming that the beam-splitter is lossless and has
anideal 50 : 50 splitratio, i.e. the transmissivity 7, = T, = 0.5.
Therefore, the TD-OCT interference pattern obtained in each
axial scan is given as the sum of two terms

I(Az) =To+R{I'(Az)}. (12)
I'y includes only the contribution from self-interference:
1 [e¢]
[o = */ S(@)(|H()* + Hdo (13)
4J

and I'(Az) has only a contribution from the cross interference:

I'(Az) = %/ H(w)S(w) cos{gp(Az)}dw. (14)

A simple layered sample can be modelled by writing the
continuous sample integral, equation (11), as a summation over
N individual layers and assuming negligible dispersion:

N J
w
H = E rj exp {iZ E n,,,zm}.
c
j=1 m=1

Here, z,, is the thickness of the mth layer, with a group
refractive index n,,. The reflectivity of each layer, r;, can be
determined by application of Fresnel’s equations (Yeh 1988,
Jackson 1999). Assuming that the light is perpendicular to
each layer, the reflectance is

(15)

Nj+1 — N

(16)

ri= .
Njy +0j
A number of elaborate models have been developed to

describe interactions of the optical field with biological tissue.
These include Monte Carlo simulations based on an extended

Table 1. Theoretical sample layer properties.

Layer
Refractive  thickness z
Layer j index n (um)
1 1.00 5.00
2 1.30 15.00
3 1.50 30.00
4 1.00 0.00
0.64
0.62
0.6 -
~ 058
£ 056
2 054
£ 052
=05
0.48
0.46 -
0.44 -
0'420 1‘0 2‘0 3‘0 4‘0 5‘0 60 7‘0 80

Reference mirror displacement in air (um)

Figure 2. A TD-OCT simulation interferogram, using the layer
parameters given in table 1. The source centre wavelength is 800 nm
and has a Gaussian spectrum of FWHM 50 nm.

Huygens—Fresnel principle (Smithies er al 1998, Tycho et al
2002, Wang 2002a, Andersen et al 2004, Lu et al 2004)
and similar analytical models (Feng et al 2003). A recent
study has computed exact numerical solutions to Maxwell’s
equations for the propagation of light within scattering media
(Tseng et al 2004). Other scattering approximations include
a fractal distribution of scatterers (Wang 2000) and a photon
transport model based on the Born approximation (Xu et al
2001).

A typical TD-OCT system might use a superluminescent
diode (SLD) source operating with a centre wavelength
Ao ~ 800nm and spectral FWHM of around 50 nm. In such
a system, the axial resolution would be approximately 6 pm.
Some refractive index and thickness values are given in table 1
for a theoretical layered sample.

Using these values, the resulting interferogram is plotted
as a function of the reference mirror displacement, figure 2.

2.4. Fourier-domain OCT

Fourier domain OCT (FD-OCT) (Fercher et al 1995) has
the advantage that no moving parts are required to obtain
axial scans. The reference path length is fixed and the
detection system is replaced with a spectrometer, figure 3.
The detected intensity spectrum is then Fourier transformed
into the time domain to reconstruct the depth resolved sample
optical structure.

The principle of FD-OCT arises from equation (10). Since
the reference mirror is now static, Az = 0 and maintaining the
assumption of an ideal 50 : 50 beam-splitter an expression for
the detected frequency spectrum is obtained:

(@) = }S@){H (@) +1)%. (17)
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Figure 3. A FD-OCT system. The output light field is split by a
diffraction grating, and component frequencies are detected by a
linear detector array.

Equation (17) is useful, since it shows that an
arbitrary source spectrum can be readily de-convolved from
the sample response by dividing the output intensity
spectrum by the measured source spectrum; a similar
deconvolution technique for TD-OCT has been described
previously (Wang 1999). The depth resolved structural data
are obtained from the Fourier transform of / (w) into the time
domain interference pattern [ (z):

1(t) = FT{I ()}. (18)

FT denotes the Fourier transform operation.  The
interference pattern can then be displayed as a function of
optical time of flight ¢ or equivalent TD-OCT ‘reference
mirror’ displacement Az. In a real system, the output intensity
spectrum / (w) is a set of N discrete data points corresponding
to an intensity measurement at each detector in the array.
Therefore, the Fourier transform can be achieved by means of a
fast Fourier transform (FFT) algorithm on a personal computer
or in hardware. The Fourier transformed result is composed
of a series of N /2 discrete steps in time At determined by the
detected spectral width AQ:

2w

AT = —. 19

=20 19

The detected spectrum can be approximated by the relation
AA

and substituted into equation (19). The conversion into
the spatial domain is achieved by multiplying both sides of
equation (20) by c/nuwe, Where n,y is an assumed average
sample refractive index. Therefore, the maximum depth zp,x
is determined by multiplying equation (20) by the number of
time domain points N /2 and dividing by 2 to take into account
the double pass of the light through the sample:

1 A3
Angve AL

2n

Zmax =
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Hence, if a detector array consists of N = 1024 elements,
and the source has centre wavelength 1y = 800nm and
bandwidth AL = 50nm, then we find that the maximum
axial scan depth for a sample with average refractive index
Nave = 1.3 must be zZpmx ~ 2.5mm. Equation (21) shows
that the maximum axial scanning depth scales linearly with
the number of detector elements.

Because each depth scan is acquired in a single snapshot,
FD-OCT has been used to acquire in vivo ophthalmic images
(Wojtkowski et al 2003, Nassif et al 2004a, 2004b).
The maximum axial scan rates that have been reported are
between 15000 and 29000 scans per second. Parallel
FD-OCT techniques have also been demonstrated that require
no moving parts to capture two-dimensional depth resolved
images (Zuluaga and Richards-Kortum 1999, Yasuno et al
2002) in real time.

The scan rate itself can be limited by the rate at which
data can be transferred from the detector to a computer for
processing. To achieve the maximum optical dynamic range
of detection, essential for imaging through scattering tissue,
it is preferable to use 12- or even 14-bit detectors. For an
arbitrary bit depth by, each depth scan requires by N bits of
memory, where N is the number of pixels in the linear array.
Assuming that a single lateral scan is generated from L, axial
scans, the memory requirement is bgN L, bits. True video
rate imaging requires 24 images per second; therefore, the
required data transfer rate is R = 24byN L, bits per second.
For example, if a linear detector array has 1024 12-bit detectors
and a single cross-sectional image is made up from L, = 1024
axial scans, then the required bit rate is 302 Mbits per second,
or 38 MBytes per second. This is within the specification
of USB2.0 (480 Mbps) and IEEE1394 (400 Mbps) (IEEE Std
1394 1995). To obtain video rate three-dimensional images,
this figure must be multiplied by the number of lateral scans
orthogonal to the cross-section L. If L, = 1024 for the
values in the previous example, then a data transfer rate of
38 GBytes per second is required. It is currently not feasible
to handle this quantity of data at such a rate using standard
computer hardware and data transfer methods. One method
for reducing the data transfer demands of a two-dimensional
system is by using a two-dimensional CCD detector. Each
line of detectors in the two-dimensional array is used to buffer
each axial scan. Data can be retrieved from the CCD at some
later time, removing the need to acquire data for the computer
before the next axial scan can be captured.

Practically, it is straightforward to modify a TD-OCT
system and convert it into a FD-OCT system. However, unlike
the the single analogue detector required for the time-domain
modality, high dynamic range linear detector arrays, coupled
with high speed data transfer electronics can be expensive.
This is set to change as demand for such devices in other
commercial and scientific areas increases.

FD-OCT can also be performed using a single detector
by sweeping the source spectrum and detecting the intensity
due to component frequencies (Chinn et al 1997). FD-OCT
of this type has been called swept source OCT (SS-OCT),
and has been demonstrated using a tunable laser. It should
also be possible to use a monochromator and broadband light
source; however, the spectral intensity of the monochromatic
light may be too low for imaging in highly scattering media if
only a single conventional SLD were used.
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Figure 4. (a) The spectral intensity as detected at the linear detector array, or by sweeping the source frequency over the source component
frequencies. (b) The Fourier transform of the spectral intensity pattern clearly shows interference occuring due to reflections at layer
interfaces. This is plotted as a function of equivalent reference mirror displacement for comparison with figure 2. The interference at

Az = 0 is the Fourier transform of the source spectrum.

For comparison with the previous model of TD-OCT, the
results of an FD-OCT model are shown in figures 4(a) and (b).
The sample is again characterized by the parameters given in
table 1. The interference at Az = 0 in figure 4(b) is the mutual
coherence function of the source.

FD-OCT is also known as spectral domain OCT (SD-
OCT), frequency domain OCT and spectral radar (Lindner
et al 2002). Throughout this paper, OCT performed in the
frequency domain is referred to as FD-OCT to avoid confusion
with the functional modality, spectroscopic OCT (S-OCT) that
is used to perform three dimensional spectroscopy in both the
time (Morgner et al 2000) and frequency (Leitgeb et al 2000)
domains.

2.5. Quantum OCT

The TD-OCT and FD-OCT techniques described in the
previous sections rely entirely on the classical behaviour
of light. However, the quantum nature of light has led
to a branch of physics, known as ‘quantum optics’. The
field of quantum optics results from the development of
the quantum theory of radiation (QTR) (Dirac 1927, Fermi
1932, Mandel and Wolf 1995, Loudon 2000). The classical
radiation field described by Maxwell’s equations is quantized
by substitution of the classical simple harmonic oscillator
potential with the gquantum harmonic oscillator potential. As a
result, a number of non-classical optical phenomena have
been investigated, leading to applications such as quantum
cryptography and quantum optical metrology (Abouraddy et al
2002a, Cheung et al 2004). Fundamental to such fields of
research is the development of quantum light sources that
produce light in some known quantum state. An important
example of such a source is the emission of ‘entangled photon’
states by spontaneous parametric down conversion (SPDC),
both in free space using a non-linear crystal (Kwiat et al
1995, Lissandrin ef al 2004) and in optical fibre (Wang et al
2001a, Li er al 2004). These have been used in probability
density interference experiments, where it has been shown
that the detection probability amplitudes of an entangled state
interfere destructively when two paths of a suitably arranged
interferometer are equal (Hong ef al 1987). Earlier work has

also demonstrated that detection of an entangled photon rules
out the existance of its entangled twin at certain other positions
(Ghosh et al 1986, Ghosh and Mandel 1987). Here, one must
be careful in the use of the term ‘photon’ since the quantum
radiation field of QTR cannot be meaningfully localized, and
does not behave at all like classical particles (Lamb 1995) as
this expression might imply. For the sake of simplicity the
photon definition of Loudon (2000) is followed, whereby a
single-photon state is described by its production of a single
current pulse in the ionization chamber of a photodetector.
Recently, the quantum interference experiment of Hong et al
(1987) has been extended to OCT (Abouraddy ef al 2002b,
Nasr et al 2003). This new modality has been called quantum
OCT (QOCT) and exhibits the entirely quantum property of
nonlocal dispersion cancellation (Franson 1992, Steinberg et al
1992). Classically, dispersion is responsible for broadening
the coincidence of two light pulses propagating through media
with different dispersion characteristics. In OCT this leads
to the degradation of axial resolution, and normally must be
compensated for by either numerical (Fercher et al 2001) or
experimental (Smith et al 2002) methods. A by-product of the
quantum interference of an entangled state is that a factor of
two axial resolution enhancement is observed. This may prove
useful as the practical axial resolution limits of classical OCT
sources are approached, but only if highly efficient entangled
state sources and detectors can be developed.

The experimental interferometer set-up is similar to that
of Hong et al (1987); however, the sample is placed in one
path replacing a mirror, and an optical delay line is placed in
the other; figure 5.

The governing mathematics of QOCT is summarized in
equation (22) and has a similar form to equation (12) for
TD-OCT:

C(t) «x Ap —Re{A(27)}. (22)

The self-interference Ay and cross-interference A(t)
terms are given by

Ao :/|H(w0+Q)|2S(Q)dQ (23)
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Figure 5. Experimental configuration for QOCT experiments,
reproduced with kind permission from Nasr et a/ (2003).

and
Ar) = / H(wy + QH*(wy — Q)S(Q)e ¥ dQ.  (24)

Here, S(€2) describes the spectral probability amplitude
where 2 is the angular frequency deviation about the central
angular frequency w, of the source entangled state. H (w)
is again the sample response function. These equations
can be derived explicitly from QTR (Oxborrow 2004)
by decomposition of the quantum field wave-packets into
an infinite number of single frequency modes. Similar
expressions for the joint detection probability density can be
obtained by a more intuitive ‘photon-by-photon’ approach
in the space-time domain (Legero et al 2003, Oxborrow
2003). Rigourous derivation of equations (22)—(24) requires
a mathematical description of an entangled photonic state
(Shih 2003) and the joint probability density function for
two photons arriving simultaneously at two detectors (Glauber
1963).

Interference due to sample layer interface reflections
manifests itself as a characteristic Hong—Ou-Mandel dip
(Hong et al 1987) in the coincidence rate (figure 6).

Figure 6 demonstrates clearly, from experimental data
(Nasr et al 2003), the factor of two enhanced resolution due
to the entangled state source. The two dips correspond with
the interference peaks of TD-OCT; however, a third feature
midway between the dips is also apparent. This arises from
interference between probability amplitudes associated with
the layer reflections. Itcan be either ahump or a dip, depending
on the layer separation. The presence of this mid-feature
has more recently been used to measure the group velocity
dispersion of a sample (Nasr ef al 2004).

2.6. Full field OCT

As previously discussed, FD-OCT is a method for obtaining
depth information in a single shot, without the need for
mechanical scanning. In an alternative OCT method, called
full field OCT (FF-OCT), a CCD camera is placed at the output
in place of the TD-OCT single detector as shown in figure 7.
The CCD enables the capture of two-dimensional en face
images in a single exposure. Depth scanning is facilitated
by scanning the reference mirror or moving the sample axially
in the fashion of conventional TD-OCT.
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Figure 7. Experimental set-up for thermal-light full field OCT.
Instead of scanning the sample laterally, two-dimensional data are
obtained simultaneously from each layer by the CCD. Time-domain
reference mirror scanning acts as an axial probe.

The first FF-OCT system was implemented in a
commercial microscope body, using an infrared LED light
source (Beaurepaire et al 1998). Lateral resolution was
published as 2 um, limited by the optics and camera pixel size.
The axial scan resolution within the sample was approximately
8 um, limited by the source bandwidth. More recently,
this technique has been investigated using a thermal halogen
light source (Vabre et al 2002). The use of a thermal
light source has a number of advantages, it is inexpensive,
has an ultra-broad spectrum (AA = 300 nm) and exhibits
short spatial coherence; therefore, image speckle is much
reduced. The most recent results from thermal FF-OCT have
reported an axial resolution of 0.7 and 0.9 um laterally, with
a three-dimensional image aquisition time of 1 s (Dubois et al
2004). The source was a tungsten halogen lamp centred at
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Figure 8. Experimental arrangement for polarization sensitive OCT.
The polarizing beam-splitter (PBS) splits the optical output signal
into its transverse electric (TE) and transverse magnetic (TM) parts.

A =700 nm, having a spectral FWHM AX = 300 nm; it also
has a characteristically smooth spectrum that also results in
a smooth temporal coherence function. This high resolution
OCT modality has paved the way for three-dimensional sub-
cellular real-time imaging, which is exciting for a number of
areas such as developmental biology (Hoeling et al 2000).
FF-OCT has a detection sensitivity of around 80 dB, which is
lower than for conventional TD-OCT. However, this does not
seem to have been a significant limiting factor in the imaging
applications to which FF-OCT has so far been applied.

2.7. Polarization sensitive OCT

The TD-OCT and FD-OCT configurations do not account for
birefringence within a sample, treating the electromagnetic
wave as a scalar quantity. However, light waves are transverse
and, therefore, have extra degrees of freedom described by
the polarization state. Hee et al (1992) first demonstrated a
low-coherence reflectometer capable of polarization sensitive
measurements of birefringence. This technique was later
extended by de Boer et al (1997) to enable two-dimensional
imaging of the birefringence within a biological sample. The
polarization sensitive OCT (PS-OCT) measurement apparatus
is similar to that of TD-OCT or FD-OCT, with the addition of a
linear polarizer after the source, and a polarizing beam-splitter
(PBS) with an extra detector in the output arm (figure 8).

Propagation of light through a sample may alter the optical
polarization state of the reflected light. This can occur due
to optical scattering and birefringence within the sample.
Birefringence describes a change in the polarization state of
light due to the refractive index difference for light polarized
in two orthogonal planes. Therefore, polarization sensitive
measurement of the output interferogram can resolve depth
correlated information about the birefringence of the sample
material.

Mathematically, the two orthogonal polarization states
can be treated seperately as two electromagnetic waves
propagating in seperate interferometers. The two states are

coupled by the Jones matrix (Jerrard 1982) of the sample that
specifies its birefringence.

The electric field E of equation (2) is re-expressed as a
vector of two orthogonal plane polarized waves, where their
direction of polarization is denoted as x and y:

g [S@ye @] [E,
in — S(C&)))ve_i(wt) - Ey .

It follows that equations (3)—(5) translate to similar vector
fields:

(25)

E.ei¢(82)
Er = (TrTs)l/z |:E);ei¢(AZ) ) (26)
E, = (T,T)'*H [E} (27)
E,
The output field is then described by the Jones vector
E,. =E; +E;. (28)

In equation (27) the sample response function H is the
Jones matrix that describes the transfer of optical energy
between the two polarization states and the phase differences
between the two optical axes.

Analysis of PS-OCT images is a complicated subject and
has been well reviewed by de Boer e al (2002).

PS-OCT is attractive for medical applications, such as
optical diagnosis. It provides an extra contrast mechanism
that could potentially lead to optical diagnosis of certain
pathologies (de Boer et al 1997, Matcher et al 2004,
Strasswimmer et al 2004).

2.8. Doppler OCT

Doppler optical coherence tomography (DOCT) (Chen et al
1997), also called optical doppler tomography (ODT), is based
upon OCT combined with laser Doppler flowmetry (LDF).
It permits the quantitative imaging of fluid flow in highly
scattering media, such as monitoring in vivo blood flow beneath
the skin (Chen et al 1998).

The Doppler effect describes the shift in frequency of
waves reflected from moving objects. This frequency shift can
be used to determine an object’s velocity. For electromagnetic
waves such as light, derivation of the Doppler shifted frequency
from a moving object requires the application of special
relativity. The result for a Doppler shifted frequency fj is

ct+u

fa=

Jo- (29)

c—u

In equation (29), fp is the initial frequency of the
electromagnetic wave, c¢ the speed of light and u is the speed
of the moving object. It is assumed that u is positive when the
object is moving towards the observer. In this case, it is seen
that the Doppler shifted frequency, Af, must be greater than
the initial frequency:

Af = fa— fo. (30)
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Figure 9. Schematic for the operation of optical Doppler
tomography. The basic OCT system is as described in the previous
sections. The sample arm is held at some angle 6 to the direction of
flow. Therefore, an optical signal with wave-vector k falls on a
particle moving with velocity u. The light scattered back into the
sample objective is Doppler shifted and has wave-vector k.

It can be shown that when u is much less than c, the
velocity of the moving sample is given by
u
Af =~ fa. 31)
In the practical DOCT system, figure 9, the interferometer
sample arm is angled relative to the direction of flow by an
amount 6. Detected light is scattered from a moving particle
in the sample, undergoing a double Doppler shift—once from
the source to the particle, and once again from the particle back
to the objective. These two factors are taken into account by
expressing equation (31) in terms of initial source and scattered
wave-vectors ko and kg, respectively. The Doppler shift can
then be written as
Af = (ke — ko) -u. (32)
2
Therefore, the velocity of moving particles can be determined
from the measurement of the Doppler shift and knowledge of
the relative angle between the optical signal and the flow (Chen
et al 1999):
Af
2cos(8)’
Structural information about the sample is obtained
by either conventional TD-OCT or more recently FD-OCT
(Leitgeb et al 2004). However, to retrieve data regarding
the flow of particles within a submerged capillary, extra
measurements of the Doppler shifted frequency must be made.
To do this in the time domain the reference mirror of the
interferometer is scanned to match the path length within the
capillary. Ateach spatial point within the capillary the detector
intensity is sampled at a rate not less than two samples per
time period of the source. The time varying result is then
Fourier transformed to give the Doppler frequency shift due
to moving particles within the capillary. By doing this at a
number of points within the capillary, a profile of particle flow
is determined.
The axial resolution of DOCT is again dependent on
the source temporal coherence length, and the lateral scan

u:)\()

(33)
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resolution on the beam spot size. Velocity resolution depends
upon the detection electronics, scan angle and the acquisition
time. Reported flow velocity resolutions are in the region
10-100 ums~'; however, recent developments in Fourier
domain DOCT (FD-DOCT) have shown a velocity resolution
of just a few micrometres per second. FD-DOCT has also
shown greater sensitivity in the region of 89-95dB and may,
therefore, lend itself to ocular flow imaging where ANSI laser
safety standards require optical powers to be below 1 mW.

DOCT has been applied to a number of situations.
Not least of these, imaging in vivo blood flow in both the
skin (Zhao et al 2000) and retina (Leitgeb er al 2003b) has
been demonstrated. The capability of DOCT to measure flow
within a scattering sample also has potential in new areas of
research such as micro-fluidics (Wang 2004).

3. Practical aspects of OCT system design

3.1. Sources and axial resolution

In OCT, itis the source that determines the general performance
of the system. For example, the optical bandwidth determines
the axial resolution, and the nominal wavelength determines
the achievable penetration depth. In biological tissue, the OCT
imaging depth is limited by both absorption and scattering.
These optical properties of tissue have been investigated to
some degree both experimentally (Cheong et al 1990, Schmitt
et al 1994, Matcher et al 1997) and by a number of analytical
and numerical models (Schmitt and Kumar 1998, Smithies
et al 1998, Thrane et al 2000). Theoretical models have shown
good agreement with experiment (Andersen e al 2004) and
have been used successfully to extract optical scattering and
attenuation information from OCT images (Thrane ef al 2004).
In non-transparent biological tissues high resolution images
have been obtained at depths between 1 and 3 mm depending
on the wavelength of the light source used and the opacity
of the tissue investigated. A recent study has shown that the
depth resolution degrading effects of dispersion in biological
tissue can be significantly reduced by using a centre wavelength
around 1.0 pum (Wang et al 2003a).

Axial (depth) resolution is an important specification of
an OCT system. In many biomedical applications high axial
resolutions are required to distinguish cellular boundaries and
types (Boppart er al 1998a). In OCT related literature the
system axial resolution is generally defined as half the source
coherence length /.. The coherence length can be defined
in a number of ways, the most commonly quoted of these
in OCT is the full-width at half-maximum (FWHM) of the
source self-coherence function (SCF) multiplied by the speed
of light. The SCF is simply the inverse Fourier transform
of the source intensity spectrum. This and other metrics
have been investigated for Gaussian and Lorentzian spectral
profiles (Akcay et al 2002), where it was concluded that the
assumption of a Gaussian spectrum may not provide a reliable
prediction of the axial resolution. However, the Gaussian
source approximation is convenient and well established in
the OCT community; therefore it has been used here, where
the Gaussian is defined in terms of its 1/e width w:

Aw
2/In2’

(34)

w =
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The spectral FWHM is represented by Aw. The inverse
Fourier transform of a Gaussian spectrum parametrized by
w yields a temporal pulse whose envelope is also Gaussian,
described by A(?):

A(t) = e /47, (35)

The FWHM of A(¢) is called the coherence time 7. of the
source, and can be derived from equation (35) as
1 4In(2)

YN EE A

¢ (36)
The frequency spectral width Av is then related to the
equivalent wavelength range by the differential

dv Av c

w AT T &7

Hence, the axial resolution, in a vacuum, of an OCT
system can be written as the coherence length /. of the source.
The coherence length is simply the coherence time multiplied
by the speed of light, i.e. [, = ct:

2
)‘()

_ 4In(2) A3
N AL

l
¢ T A

~ 0.88 (38)
where A is the source centre wavelength, related to the source
centre frequency by wy = 2mc/Ag. Therefore, the OCT
resolution Rpcr is given by
le _ A3
Rocr = > 0.44 AL (39)

Following this definition, a typical SLD source having
a centre wavelength Ap = 820nm and spectral FWHM
A) = 20nm, has a theoretical axial resolution of approxi-
mately 15 pm.

By far, the most common broadband sources used for
OCT are SLDs. These devices are inexpensive and have
broad spectra in the region 10-70nm FWHM over centre
wavelengths ranging from 675 to 1550 nm (Fercher et al 2003).
They also lend themselves to OCT because of their generally
Gaussian intensity spectrum. More recently, high axial
resolution OCT has been demonstrated by coupling the output
from two SLDs together using optical fibre couplers. The
individual SLDs used had centre wavelengths of 840 and
920nm (Ko et al 2004) yielding a broad FWHM output
spectrum of 155nm. The reported axial resolution was
3.0 um in air with an output power of 4 mW. The potential of
ultrahigh resolution OCT (UHR-OCT) has been demonstrated
in a number of biomedical applications. Primarily, UHR-
OCT images have been obtained using broadband emission
generated with ultrafast laser technology in a number of
different configurations. For a comprehensive review of
UHR-OCT and the associated broadband sources the reader
is referred to papers by Drexler (2004) and Unterhuber et al
(2004).

At the cutting edge of broadband light generation is
the Ti:Sapphire laser. These devices have been used
to generate broadband light directly, demonstrating near
Gaussian spectral profiles with a 176 nm FWHM and 20 mW
output power (Unterhuber et al 2003). Hence, the achievable

axial resolution is close to 1.0 um. This system has since
evolved, and is reported to have a spectral FWHM up to
260 nm enabling sub-micrometre axial resolution (Unterhuber
et al 2004). Ti: Sapphire lasers typically have an output
centre wavelength around 780 nm. A broad ‘supercontinuum’
spectrum can be generated from the self-phase modulation
(SPM) of ultrashort optical pulses in photonic crystal fibres
(PCFs) tailored specifically for high non-linearity. SPM of an
optical pulse occurs when light of different intensity within
the pulse modulates the second-order refractive index. SPM
has been extensively studied in standard telecoms silica optical
fibres (Agrawal 1995) and also in doped fibres used in optical
amplifiers (Tomlins 2003). Doped fibre sources of amplified
spontaneous emission (ASE) have been used previously in LCI
for precision characterization of photonic components such as
optical fibre Bragg gratings (Chapeleau et al 2002).

Recent results have demonstrated the use of Raman
pumping to achieve a supercontinuum in PCF with a
flat spectral output approximately 300 nm wide centred at
550nm (Champert et al 2004). A longer wavelength
broadband source candidate comes from supercontinuum
generation in standard dispersion shifted optical telecoms
fibres. Using stimulated Raman scattering, it has been possible
to generate a spectral bandwidth of 544 nm (Abeeluck et al
2004). However, this source is centred at 1480 nm, which
coincides with the peak water absorption wavelength.

A disadvantage of such non-Gaussian sources is that they
give rise to sidelobes in the final interferogram that appear as
shadow artefacts in the final image. Although these can be
corrected to some degree by numerical methods (Wang 1999,
Tripathi et al 2002), it is preferable to start with a Gaussian
input spectrum. To suppress ghosting due to sidelobes, spectral
shaping of the input spectrum has been successfully applied in
a free-space Michelson interferometer (Akcay et al 2003).

3.2. Lateral resolution

One of the apparent advantages of OCT is that the lateral
resolution is completely de-coupled from the axial resolution.
Therefore, the optical design of the system can be optimized
for lateral scanning, with no effect on the axial resolution.
However, from the geometrical optical constraints of the
sample arm optics it is found that by increasing the lateral
resolution, maximum depth penetration is sacrificed. This
can be seen by inspection of Abbé’s rule for the lateral
resolution Ax (Wang et al 2002b):

Ax =1.22

Nag' (40)

NA,y; is the numerical aperture of the microscope
objective, which is inversely proportional to the lateral
resolution. Therefore, to obtain a high lateral resolution, say
1.0 um at a wavelength . = 800 nm, requires an objective
NA,,; = 0.49. However, the depth of field Z of such an
objective is then given by (Born and Wolf 1980)

An

Z = 272,
NAobj

(41)

where n is the sample refractive index. In free space, the
achievable depth of field will be approximately 6.7 um. The
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Figure 10. Lateral resolution versus depth of field for wavelengths
X =800, 1000, 1300 and 1500 nm. Lateral resolutions Ax < 5 um
limit the depth of focus significantly.

effect of the limited depth of field of high NA objectives is
to reduce the detected optical signal beyond this distance,
restricting the axial scan range (figure 10).

One way to compensate for this and achieve high lateral
resolution and imaging depth is to incorporate some form of
dynamic focusing into the sample arm optics. Such systems
have been demonstrated (Schmitt et al 1997, Lexer et al 1999)
and obtained high quality images over otherwise inaccessible
depths.

Another approach is to produce a series of en face images,
adjusting the focus of a high NA objective further into the
sample providing a series of two-dimensional depth scans.
This technique has been called optical coherence microscopy
(OCM), since it incorporates the light rejection mechanism of
a confocal microscope, and the coherence gating of OCT (Izatt
et al 1994).

3.3. Optical detection sensitivity

The sensitivity of an OCT system, also called optical dynamic
range, can be defined as the ratio of the signal power generated
by a perfectly reflecting mirror P to the noise of the system
(Fercher et al 2003), i.e. the power signal to noise ratio SNR;:

(42)

The signal photocurrent at the detector is is due to the
interference term of equation (9), which, in the case of an ideal
50: 50 beam-splitter and a perfectly reflecting sample, is equal
to the total source power P. Therefore, the signal photocurrent
can be written as (Leitgeb er al 2003a)

. nge
lS =
hawg

P, (43)

where 7 the detector quantum efficiency, g. the electron charge,
h is Planck’s constant divided by 27 and wy is the source
centre angular frequency. P is the integral of the source power
spectral density S(w).

The optical detection in OCT has three significant sources
of noise—shot noise, optical intensity noise and thermal
noise. Shot noise describes the ‘graininess’ of low power
measurements due to the quantization of the light field and
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its interaction with electrons within the detector. It occurs
because of the random arrival time of electrons that make up the
photocurrent. The rms shot noise is expressed as (Derickson
1998, Fercher et al 2003)

Ish = +/ 2qciacB,

where ig4. is the dc photodetector current.

Optical intensity noise, also called relative intensity noise
RIN, describes the beating between the constituent frequencies
of the source spectrum. For unpolarized broadband sources
such as ASE and SLDs, this turns out to be dependent only on
the device spectral width (Derickson 1998):

. . B
Lrin = ldc 2 Aw

The source degree of polarization II
included (Podoleanu and Jackson 1999):

(44)

(45)

can also be

irin,p = idc(l + H)

2rAw’ (46)

Thermal noise (Johnson noise) is generated by an initial
resistance experienced by the photocurrent in the receiver
electronics. If the receiver amplifier is ideal, then this
resistance is created by the detector load resistor. However,
a realistic amplification process is not ideal; therefore, noise
from the amplification process can also be incorporated as
thermal noise by using an effective resistance R.g. The thermal
noise current is given by (Derickson 1998)

4kT B
Reff '

ith = (47)

where k is Boltzmann’s constant and 7 is the absolute
temperature in Kelvin.

Each of the noise contributions is combined as a sum of
squares, therefore, yielding the total noise current
2

i2 =i +id, +ig. (48)

The dc current present in equations (44), (45) and (47) is
assumed to be entirely due to the reference arm optical power.
In the case of an ideal 50 : 50 beam-splitter the reference arm

power is equal to half the source power:

nge P
=22 49
ha)() 2 ( )

idc

Each of the relevant expressions can be substituted into
equation (42) to obtain the power SNR (Fercher et al 2003).
However, OCT is by nature a heterodyne detection scheme
optical system. Therefore, it can be arranged to achieve shot-
noise limited optical detection whereby the reference arm
optical field is much greater than that in the sample arm. This
is often the case in OCT when imaging highly scattering and
absorbing biological samples. In the shot-noise limited case
the RIN and thermal noise terms in equation (48) become
negligible:

(50)

in = igh-
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Figure 11. The shot-noise limited optical detection dynamic range
of a TD-OCT system can be increased by taking longer exposures.
Therefore, there is a trade-off between high speed data acquisition
and high sensitivity.

It can, therefore, be shown by simple substitution that the
shot-noise limited power SNR is (Yariv 1985)

nP
ha)()B.

SNR, = (D

Generally, in OCT, the current (or voltage) signal to noise
ratio SNR; is quoted as a figure of merit in logarithmic units.
This is related to the power SNR by

SNR; = 101og;, (v/SNRy).

The measurement bandwidth B = 1/2t (Leitgeb et al
2003a) is a function of the acquisition time 7 for a single photo-
detector measurement. Itis, therefore, apparent that increasing
the acquisition time improves the sensitivity of OCT but at the
expense of the rate of image capture (figure 11).

(52)

4. Comparing time and Fourier domain modalities

To some extent, the choice between TD- and FD-OCT
modalities may seem arbitrary, in the laboratory determined
primarily by factors such as the availability of equipment.
However, for specific applications there are advantages that
make either one or the other preferable. FD-OCT has
two main features that make it particularly attractive for a
number of imaging applications. At first glance it is evident
that FD-OCT requires fewer moving parts, obtaining entire
depth scans in a single exposure. This fact alone implies
that OCT in the Fourier domain has the potential to image
equivalent samples much faster than TD-OCT. Consideration
of the optical detection scheme of FD-OCT also leads to the
conclusion that FD-OCT must also have a sensitivity advantage
over TD-OCT.

This sensitivity advantage has been investigated theoret-
ically and experimentally in both the FD-OCT and SS-OCT
configurations (Choma et al 2003, de Boer et al 2003, Leitgeb
et al 2003a).

In FD-OCT an array of M equivalent detectors is used
to detect the light. It can be shown that the mean frequency
domain noise current i, transforms into the time domain noise
current i, as

, (53)
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Figure 12. Sensitivity advantage of FD-OCT over TD-OCT.

where the factor of two in the numerator arises from the
M /2 data points returned by the FFT algorithm. Assuming
a Gaussian source, the signal peak detected due to a perfectly
reflecting sample and reference mirror transforms into the time
domain as the total optical input power P:

[FT{S (@)}l peak = P (54)
where FT denotes the Fourier transform operation. The Fourier
domain signal current, i, is then defined by

) nge

= . 55
= (55)
The FD-OCT power sensitivity SNRégict is then written in the
form of equation (42) for the TD-OCT sensitivity:

210

SNR{, = (56)

Sl

Therefore, it can be shown that the power SNR scales linearly
with M, and hence the increased sensitivity of FD-OCT over
TD-OCT (figure 12). The number of detectors is typically
M > 1024 for FD-OCT:

nt

=M—P.
ha)()

SNR®P

fdoct

(57)

S. Current and emerging applications

5.1. Bio-medicine

The field of biomedical imaging has grown rapidly in
recent years. In particular, optical biopsy has the potential
to be a non-invasive alternative to traditional biopsy and
histology. Histological slides are prepared from excised
biopsy samples and stained with haematoxylin and eosin.
The resulting histology can have sub-micrometre resolution,
and is observed using a backlight and microscope. The
staining process often leaves artefacts due to shrinking and
stretching of the dehydrated tissue. High quality histology
is therefore difficult, time consuming and expensive. OCT
is attractive because it is rapid, high-resolution, non-invasive
and inexpensive. It can also be used to generate repeatable
three-dimensional quantitative images. Reported penetration
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depths are between 1 and 3 mm, depending on the opacity
of the tissue, such as skin, and the wavelength of light used.
Further image distortions can also occur due to the refractive
index mismatch between air and specimen, where light
waves not perpendicular to the sample surface are refracted,
causing internal features to be angularly displaced. These
imaging uncertainties are not dissimilar to those encountered
in ultrasound, and it has been suggested that this does
not significantly compromise the diagnostic power of OCT;
however, this has more recently been questioned. It is
noteworthy that MRI, ultrasound and histology all suffer from
similar image distortions that lead to difficulty in obtaining
absolute measurements. Uncalibrated distortions lead to
difficulties when intercomparing experimental results, and
may ultimately place limits on the surgical applications of OCT
if left un-addressed. Distortions due to refraction and layer
curvature were recently investigated (Podoleanu ef al 2004) in
OCT images of the cornea, lens and retina. It was shown that
in all cases the resulting axial uncertainties were significant,
and in some cases they exceeded the depth resolution of the
source. Lateral errors were also shown to amount to several
pixels. Similar analysis of other biological tissues, and highly
scattering media are yet to be carried out, but should be
considered important to enable the assignment of quantitative
uncertainties to OCT images.

In recent years, there have been significant advances
in the understanding and optical characterization of various
tissues (Schmitt et al 1993) and tumours (Durduran et al
2002, Heffer and Fantini 2002). Investigations have been
carried out, looking specifically at their optical properties. For
example, studies of breast cancer have revealed that tumours
absorb and scatter near infrared light more than the surrounding
healthy tissue (Fantini et al 1998). Light scattering alone
may not be adequate to classify lesions as either benign or
malignant. However, the use of specific optical wavelengths
to investigate the oxygenation of tumours has shown promising
results (Grosenick et al 2004). Therefore, OCT may have an
important role to play in this area, especially for quantitative
imaging and diagnosis. The benefits of quantitative imaging
become apparent when one considers that the depth of cancer
invasion is directly connected to the survival prognosis for
patients.

Fibre based OCT systems can be integrated into almost
any piece of existing medical equipment. In vivo endoscopic
OCT has already been realized (Tearney et al 1997) and has
since been successfully applied to the in vivo imaging of
human gastrointestinal, urinary and genital tracts in a number
of clinical studies (Sergeev et al 1997, Sivak et al 1999).
In these studies, the constituent layers of the imaged tissue
were observed by OCT along with tumours; the penetration
depth was reported to be between 1.2 and 1.6mm. The
OCT endoscope is beneficial since endoscopy alone is limited
to subjective interpretation of qualitative images. OCT can
increase the functionality, detecting the sub-surface margins
of lesions and quantifying tumour volumes.

Studies of basal cell carcinoma, the most common form
of skin cancer, have investigated their birefringence using
PS-OCT (Strasswimmer et al 2004). Physically, basal cell
carcinomas are characterized by the loss of normal skin
structure, i.e. alteration in the synthesis of collagen fibres and
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the production of mucopolysaccharides that fill gaps within
the structure. These structural changes affect the optical
properties of the tissue. It was shown quantitatively that within
the tumour, birefringence and optical scattering were much
reduced from that of healthy skin.

OCT is attractive, since it gives a simple interferometric
system for creating three-dimensional images of tissue. In the
short term it may be more attractive to use OCT as a rapid
screening technology, leading to standard excisional biopsy
rather than for absolute diagnosis itself. Previous authors have
alluded to the fact that absolute cancer diagnosis by OCT would
have stringent requirements on sensitivity and specificity.
However, it is clear that the resolution, depth penetration and
excellent contrast between healthy and cancerous tissue can
provide a non-invasive, real-time optical method to detect
tumour edges, and therefore help ensure total removal.

To increase the functionality of OCT, and potentially
improve its sensitivity and specificity, OCT can be used as a
platform onto which other imaging modalities may be added.
Examples of such hybrid systems have been developed. In
one study an endoscopic OCT system was equipped with a
fluorescence imaging system to demonstrate surgical guidance.
The fluorescence image was used to guide the OCT scanner
and image cancerous lesions in rat bladders (Pan et al
2003). Other functional-OCT systems have incorporated two-
photon-excited fluorescence microscopy (Beaurepaire et al
1999) and a confocal fluorescence microscopy into the OCT
system (Dunkers et al 2003). Functional spectroscopic OCT
has also been demonstrated for profiling various fluorescent
microscopy contrast agents within a sample (Yang ef al 2004a,
2004b).

Due to the low scattering found in the optical materials
of the eye, OCT has been used extensively for ophthalmic
imaging (Swanson et al 1993, Nassif et al 2004b, Hee et al
1995a), which is by far the most mature clinical application of
OCT. OCT can detect subtle changes to the eye caused during
the early stages of ocular disease, such as glaucoma (Ducros
et al 2001, Bowd et al 2002), and by procedures like cataract
surgery (Rao et al 2003).

OCT has been used diagnostically in two primary ways.
Direct imaging of symptoms has proven successful, for
example in the detection of neurosensory detachment indicat-
ing central serous chorioretinopathy. Diagnostics may also
be performed using OCT for making thickness measurements
of the retina, cornea and optic nerve (Schuman et al 1995,
Bechmann er al 2000, 2001, Konno et al 2001, Wang et al
2002e, 2003c, Wang 2002d). Used in this way, OCT can
detect subtle changes that are missed by straight forward
visual inspection. Measurement of the optic nerve has already
been shown to have potential for early diagnosis of glau-
coma (Schuman et al 1995, Liu et al 2001). The repeatabil-
ity of these measurements was demonstrated with a standard
deviation of 10-20 xm and a mean thickness of approximately
140 pwm. Retinal thickness can be used to assess visual function
that may indicate complications such as leakage from retinal
vessels (Hee et al 1995b). The repeatability and reproducibil-
ity of corneal thickness measurements by OCT has also been
studied by Muscat et al (2002). OCT may potentially be used
to guide laser treatment and non-invasively monitor patient
performance before, during and after surgery.
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Clinical OCT systems have been adapted for monitoring
the anterior chamber of the eye. In this regime, OCT
can differentiate between three of the corneal layers, the
epithelial-Bowman layer, Descemet-endothelial layer and
corneal stroma (Hoerauf and Birngruber 2002). This capability
has made OCT an attractive imaging and measurement
technique to aid photorefractive surgery for the correction
of myopia, hyperopia and astigmatism. OCT could be used
to investigate and monitor side-effects such as haze and
glare. In each of the techniques used to perform corrective
eye surgery, it is essential that the exact geometric corneal
thickness be known. In ophthalmology this measurement is
known as pachymetric analysis. OCT offers the possibility of
making such thickness measurements over a two-dimensional
area. In one study (Bohnke er al 1999) OCT was shown to
have a thickness measurement precision of 1 um with high
reproducibility. When compared to ultrasonic pachymetry,
OCT results have shown a systematic underestimation of
around 1% (Gillis and Zeyen 2004). OCT measurements had
a standard deviation of 0.49 um compared with 4.71 um for
ultrasonic pachymetry.

In order to obtain precise geometric dimensions, an
accurate knowledge of the refractive index of the layers
within the eye is essential. Lin ef al (2004) have investigated
this and made in vitro refractive index measurements of
the human cornea using OCT. In their paper, the corneal
refractive index is cited with values from 1.376 to 1.450,
leading to a variation in thickness measurements of more
than 7%. The corneal refractive index was then measured
at a wavelength of 1.3 um as 1.389. Such uncertainty in the
obtained thicknesses may have significant implications for the
success of photorefractive surgery. Podoleanu et al (2004)
have also investigated refractive index distortion and identified
this as a potential problem for the diagnosis of glaucoma and
macular degeneration.

In order to further the diagnostic power of OCT,
Pircher et al (2003) have measured differential water
absorption in the human cornea by imaging with two light
sources, one of which is centred in the water absorption band
around 1480 nm. It has been suggested that the measurement
of the spatial distribution of water absorption could contribute
to future diagnostics and therapeutics.

Geometric measurements are not only important in oph-
thalmology. Quantitative OCT has been used to evaluate
the degeneration of cartilage due to osteoarthritis (Herrmann
et al 1999). The success of recent therapeutic develop-
ments (Lozada and Altman 1999) has been difficult to monitor
in humans. This is partly due to the difficulty in measur-
ing changes in cartilage thickness with micrometre resolution.
Current measurement methods involve manual tracing of the
bone—cartilage borders, a time consuming process, producing
results that are open to subjective interpretation. Ultrasound,
computed tomography, MRI and radiography have all been
demonstrated with limited success, the main drawback being
the limited spatial image resolution. OCT has several appar-
ent advantages over alternative modalities, i.e. near video rate
image acquisition, resolution improvement by at least an order
of magnitude and the potentially small size and low cost of a
simple fibre-optic OCT scanner. Automated OCT measure-
ments of cartilage thickness have been shown to have good

(within 30 wm) agreement with measurements made on corre-
sponding histological samples (Rogowska et al 2003).

In other medical applications, OCT has been investigated
for intravascular imaging, having the potential to detect the
early stages of coronary artery disease (Schmitt et al 2004).
OCT may also be a suitable tool for imaging scar formation
resulting from the use of stents. There have also been
studies whereby OCT was used for dental imaging (Feldchtein
et al 1998, Otis et al 2000) and neural imaging for guiding
microsurgical procedures (Boppart et al 1998b, Boppart 2003).

Aside from the more immediate medical applications of
OCT, a number of published papers have shown that OCT
has the potential, and is beginning to have an impact on
developmental biology and cell research. For example, the
ability of OCT to acquire three-dimensional datasets, has
enabled researchers to display three-dimensional projections
of a developing Xenopus tadpole heart (Boppart et al 1997)
and monitor development of an African clawed frog nervous
system (Boppart et al 1996). Such monitoring is essential
to forward the understanding of the complex processes that
occur during neural development. OCT is well suited to
this application, since the morphological changes must be
visualized in vivo, and even small perturbations can be lethal
to the organism. Preliminary work has also been carried out,
using fluorescence OCM to visualize the development of cells
within a tissue scaffold (Dunkers et al 2003).

The imaging depth limitation imposed by the highly
scattering nature of many biological tissues is also attracting
more interest. In a novel approach, agents have been
introduced into soft tissue producing an ‘optical clearing’ effect
(Wang et al 2001b, 2003b, Wang and Elder 2002¢). Using this
approach OCT images have been obtained of tissue below the
superficial skin layer (Wang ef al 2001b) at depths of 2 mm.
Work in this area promises to be important for future clinical
applications.

5.2. Tissue engineering and biomaterials

The use of biomaterials for surgical implants and tissue
repairs is gaining momentum. Specifically, the areas of
artificial tissue and tissue engineering are emerging fields
expected to grow as commercial markets at a rate of 16%—
28% (Grant et al 2003). Tissue engineering and artificial tissue
technologies have the potential to provide a supply of tissue and
organs custom grown from a patients own cells. The future of
this market will be determined by two major, and not entirely
independent factors. First, the processes involved in tissue
growth must be made more efficient and cost effective. The live
nature of tissue complicates controlled growth. For example,
cells from different patients grow at different rates (Mayhew
et al 1998). Therefore, automated, non-invasive, fast and
accurate measurement systems are essential to enable online
quality control of engineered tissue growth. Second, validated
standard procedures and guidelines for the characterization
of biomaterials must be established. This is of paramount
importance in tissue engineering, where well-characterized
tissue scaffolds are required to optimize the cultivation of
cells, and avoid malignancy. Ultimately, characterization is
key to establishing the likely in vivo biocompatibility of a
material (Tomlins et al 2004).
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As an inexpensive and non-invasive quantitative three-
dimensional imaging technology, OCT appears to have many
attributes that could be beneficial to the biomaterials sector.
It has already been demonstrated for online quality monitoring
of engineered tissue for surgical implantation (Mason et al
2004a, 2004b). Dunkers et al (2003) at the national
institute of standards and technology (NIST) have also
demonstrated a functional OCT system for imaging cellular
activity within tissue scaffolds, as well as imaging the scaffold
itself. In their system, functional information regarding cell
activity and structural data is obtained using a combination of
confocal fluorescence microscopy (CFM) and high numerical
aperture OCT.

Advances are also being made in the area of tissue scaffold
design, for engineering replacement cartilage. These
structures have a fibrous form, designed to enable the passage
of oxygen to growing cells. It is important that the structures
can be dimensionally characterized and optimized for optimal
cell growth (Mason et al 2004b). OCT presents an ideal
technique for probing these complex structures.

5.3. Nanotechnology

Currently, there is a significant push to exploit so-called
nanotechnologies. Included under this title are a large number
of devices and techniques that operate on the micro- to
nano-metre scale. One is the area of micro-fluidics, important
for bio-technology and medical research. There is also
an increasing requirement for precision optical components
to be manufactured on this micrometre scale. In order
that these technologies may be commercially exploited it is
important that there is the measurement infrastructure in place
to support this industry. Manufacturers must be confident
that components made and characterized in one place are
compatible with those from elsewhere.

Bearing these issues in mind, some advances have been
made in analysing the complex flow dynamics within micro-
fluidic structures, using Doppler OCT (Wang 2004). This
has both industrial and biomedical applications (Proskurin
et al 2004), since quantitative images of flow velocity in
complex internal structures can provide design engineers and
clinicians with critical data.

However, there appears to be some way to go with
regard to the characterization of three-dimensional optical
micro-structures.  Although a number of techniques have
been proposed and demonstrated, which may be adequate
for this purpose, there seems to have been little effort
to provide a traceable measurement infrastructure. OCT
has clear advantages in this area, with some limited work
already published demonstrating the ability of OCT to provide
accurate geometrical and optical data about a structure under
examination (Fukana and Yamaguchi 1996, Haruna et al
1998, Westphal et al 2002). In one example low coherence
interferometry was been used to characterize the surface
topology of micromechanical systems (MEMS) (O’Mahony
et al 2003). Accurate and low cost metrology of MEMS
is essential for MEMS devices to make it into large-scale
production.

OCT has also been demonstrated as a promising technique
for reading a new generation of high capacity multi-layered
digital storage media (Chinn and Swanson 1996).
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6. Materials research

Within the last few years OCT has been exploited to study
polymer matrix composites (PMCs) (Dunkers et al 1999,
2001). OCT is an attractive imaging modality because it offers
a combination of high spatial resolution and penetration depth.
The imaging method requires little or no physical contact, and
is entirely non-destructive.

PMCs are typically used in load bearing applications,
such as bridge decks and cables, or where light weight is a
primary concern, i.e. in aircraft and military weaponry. Many
other applications for PMCs have also been identified: these
include the marine and automotive industries, bicycle frames,
ski equipment, tennis rackets and many other areas where high
rigidity and low weight materials are of benefit. The materials
themselves consist of a polymer matrix, forming reinforcing
glass or carbon fibres into some defined structure. The matrix
itself contributes to load sharing between fibres, and acts as a
layer of physical protection. The resulting physical properties
for any PMC are governed by the matrix material, and overall
structure of the fibres. The presence of defects in the final
micro-structure can severely degrade the performance of a
material.

Methods for non-destructive testing of such materials
are of interest, because PMCs are expensive to manufacture.
Non-destructive characterization methods, such as OCT, have
the potential to enable precise quality control of the material
structure, leading to more cost effective production.

Similar non-destructive testing and analysis has also
been applied to materials other than PMCs. For example,
Duncan et al (1988) have investigated sub-surface defects in
a range of ceramics (piezoelectric lead zirconate titanate for
example), and insulating paints and plastics. In the case of
ceramics, destructive testing cannot be relied upon to detect
defects, since such anomalies are small, and the test method
can introduce more significant defects itself. The ability of
OCT to ‘see’ through opaque insulating layers of paint or
plastic, has also been applied to the in situ testing of wires
for breaks (Duncan et al 1998).

7. Conclusions

OCT is a sub-micrometre resolution, non-invasive, three-
dimensional imaging technique. As such, it has the potential
to be an invaluable measurement and diagnostic tool in many
areas. Its wide range of current applications, from medical
diagnosis and surgical guidance to the characterization of
polymer micro-structures and reading of multi-layered storage
media, indicate that OCT will play a major role in practical
scientific innovation and research in years to come. Therefore,
itis essential that OCT technologies are developed further as an
enabling measurement technology. OCT has the far reaching
potential to be a quantitative imaging technique that could
impact many, as yet, un-explored areas, and should therefore
be considered a vital measurement tool. Important emerging
fields already impacted by OCT are those of tissue engineering
and polymer composite manufacture.

To realize true optical biopsy, and full optical diagnosis
and grading of malignant tumours by OCT will require
a great number of clinical trials, and solid experimental
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demonstration of the robustness of the technique. To enable
such developments, the measurement technique must also
be quantitatively validated.  In particular, the clinical
potential and reliability of OCT will be greatly enhanced by
validated measurements of volume, structural dimensions and
flow. These stringent requirements present new and exciting
challenges for optical medical metrology.

Clearly it will not be possible to fulfill all of these criteria
immediately. However, as these issues are addressed, the
applicability of OCT can only grow.
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