
Chapter 6
High Resolution Optical Coherence
Tomography for Bio-Imaging

Jianhua Mo, Xiaojun Yu and Linbo Liu

Abstract Optical coherence tomography (OCT) is a low-coherence interferometry
based bio-imaging technology. It has attracted extensive research interests in recent
years for its non-invasive, high-speed and high-resolution properties. Numerous
schemes for improving OCT resolutions have been demonstrated in literature. This
chapter gives a comprehensive review of the recent developments of spectral
domain (SD)-OCT systems with either high axial-resolution or lateral resolution,
and then highlights the wide applications of such high-resolution OCT systems in
biomedical imaging process. The influences of high-resolution OCT systems
towards translational medicine are also discussed.

1 Introduction

Optical Coherence Tomography (OCT) is a powerful non-invasive imaging tech-
nique based on low coherence interferometry [1–3]. Through measuring the mag-
nitude and echo time delay of the backscattered light, it is able to provide
micrometer-scale cross-sectional images of biological tissues. Since its invention in
early 1990s, OCT has attracted extensive research interests, and now has become a
well-established clinical diagnostic routine for the detection of eye and skin
diseases [4, 5].
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OCT has several advantages over those commonly used conventional imaging
modalities [2]. First, OCT imaging is non-invasive, non-ionizing, and thus safe for
in vivo clinic applications; secondly, it is of very high speed, and can produce
images nearly at video-rate; Lastly, OCT system can be constructed with small size
and low cost fiber-optics, opening the possibility of miniature OCT system. More
importantly, as the thickness of mucosa of luminal organs ranges from tens of
microns to several millimeters, and many common lesions occur within the depth
range of OCT imaging (2–3 mm), the potential clinical applications of OCT are
particularly bright and exciting. OCT may fill the valuable niche in high resolution
deep tissue imaging, owing to its micrometer-scale three-dimensional spatial res-
olution and high sensitivity.

High resolution OCT systems are highly desired for diagnostic purposes because
cytological structures including cell type, cell shape, nuclear morphology, and
mitotic activities can be visualized [6, 7]. These cellular morphological features
together with extracellular structures are critical for accurate diagnosis of various
diseases, such as cardiovascular diseases, eye diseases, cancers, and respiratory
airway diseases. Currently, histopathologic analysis of biopsy tissues is the clinical
gold standard for disease diagnosis. Note that histopathology relies on the exami-
nation of tissue samples at the cellular and subcellular resolution, which however is
subject to sampling errors during tissue excision and processing artifacts and
consequently may not reflect the pathophysiological processes in vivo. In addition,
it is highly risky to excise tissues from some organs, such as coronary arteries. High
resolution OCT can image cellular and extracellular structures in vivo quantitatively
and noninvasively and thus can improve the diagnostic accuracy by eliminating the
sampling error and artifacts mentioned above.

2 Fourier Domain OCT Principle

From late 1980 till now, OCT has been undergoing a rapid development, from
time-domain (TD)-OCT to Fourier-domain (FD)-OCT, which has two forms,
spectrometer-based/spectral domain OCT termed as SD-OCT and swept source
based OCT termed as SS-OCT (also called optical frequency domain imaging
(OFDI)). To date, FD-OCT has become the dominant form of OCT imaging system
for its improved sensitivity and speed compared to TD-OCT [8]. This chapter will
be focused on Fourier domain OCT. Most of Fourier domain OCT systems are
developed based on Michelson interferometer as depicted in Fig. 1. The light
photons emitted by the light source are split and delivered to the reference reflector
and samples with multiple reflective surfaces (z1, z2, … zn). Unlike TD-OCT, the
reference reflector of FD-OCT is fixed. The photons reflected back by the reference
reflector interfere with those scattered back from multiple reflective surfaces inside
the sample, which is finally recorded by a detector as spectrum output to computer.

As mentioned above, FD-OCT has two forms, SD-OCT and OFDI. The dif-
ferences between these two forms mainly lie in the light source and detector. In
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SD-OCT, superluminesent diode (SLD) is used as the light source, emitting the
photons of the entire spectral range simultaneously. And a spectrometer is
employed to resolve the interference signal in wavelength space and measure the
full interference spectrum. OFDI uses wavelength-swept sources to replace SLDs,
meaning that the photons at each frequency are output in sequence as a function of
time. The interference signal are measured by a photo receiver rather than a
spectrometer in a sequence of frequency as a function of time. In spite of the
differences mentioned above, both SD-OCT and OFDI share the key math behind
the theory. The measured interference spectrum in FD-OCT can be described with
the following equation [9]:

IðkÞ ¼ Ir kð Þ þ 2
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
Is kð ÞIr kð Þ

p X
n

an cos k � znð Þ þ Is kð Þ ð1Þ

where Ir(k) and Is(k) denote the intensities of the spectra reflected from the reference
reflector and the sample, respectively, and k is referred to as the wavenumber. The
interference between the reference signal and the signal from the sample is
described by the second term of the right-hand side of the equation, where αn
represents the square root of the sample reflectivity at depth zn. Finally, inverse
Fourier transform of the measured interference spectrum gives the depth reflectivity
profile of the sample as illustrated by the equation below [9]:

FT�1 I kð Þ½ ��� ��2¼ C2 zð Þ � d 0ð Þ þ
X
n

a2nd z� znð Þ þ
X
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� �( )
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where Γ(z)denotes the envelope of the coherence function of the laser source. On
the right-hand side of the equation, the braces incorporate two different types of
signals. One is the autocorrelation signals from the reference arm (δ(0)) and the
sample arm (O[Is

2/Ir
2]), which are considered as noise in OCT. It is clearly seen that

the autocorrelation signal from the reference arm is basically the DC part of the
depth reflectivity profile with a fixed unity magnitude, while the autocorrelation
signal from the sample is on the order of Is

2/Ir
2, which can be reduced by increasing

the power of the reference light. The other type of signal is the cross-correlation

Fig. 1 Schematic of Michelson interferometer for FD-OCT
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signal (interference) between the reference arm and the sample. This is the signal,
giving the insights into the depth reflectivity profile of the sample. It is worth noting
that since the detector only measures the magnitude of the interference spectrum but
no phase information, inverse Fourier transform generates two mirrored terms.
Usually, one term is retained to create image. From the discussion above, a point
measurement on sample surface can produce the depth profile of the sample at that
particular location. Combined with the depth scanning by OCT, scanning the
focused light beam in two lateral dimensions over the sample surface can produce a
three-dimensional reflectivity structure image of the sample.

3 OCT Systems with High Axial Resolution

Axial resolution is an important parameter, linked to the performance of OCT, and
is determined by the temporal coherence property of the OCT light source. It is
usually defined as half of the coherence length of the light source [10, 11], i.e., the
full-width at half-maximum (FWHM) of the light source self-coherence function
(SCF) times light speed. SCF is the inverse Fourier transform of the source intensity
spectrum. Under Gaussian approximation of spectrum distribution, axial resolution
Δz of an OCT can be expressed below,

Dz ¼ 2 ln 2
p

� k2c
Dk

� 0:44
k2c
Dk

ð3Þ

where λc and Δλ are the center wavelength and spectral bandwidth of the light
source, respectively. Equation (3) indicates that axial resolution of OCT imaging
can be improved by using the light sources with broader bandwidth and/or shorter
central wavelength. Consider that biological tissue shows a decreased scattering
cross-section with the longer wavelength and a strong absorption by water, hae-
moglobin and melanin in visible and near infrared range, which influence the light
penetration depth and scattering structure contrast significantly. Therefore, wave-
length selection of light sources is a compromise between axial resolution and
penetration depth and scattering structure contrast. So far, the two major wave-
length regions used for OCT are centered at 800 and 1300 nm. Assuming a
Gaussian shape light source spectrum and a nondispersive imaging medium, the
theoretical calculation of axial resolution Δz with respect to the light source optical
bandwidth Δλ shows that a light source with 180 nm bandwidth centered at 800 nm
achieves an axial resolution of 1.6 µm, while with the 1300 nm light source, the
resolution is around 4.1 µm.
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3.1 High Resolution OCT System Development

3.1.1 OCT System Development with 800 nm Light Source

So far, most of the commercial time-domain (TD)-OCT systems from Carl Zeiss
Meditec (Dublin, CA, USA) and Ophthalmic Technologies Incorporated (Toronto,
ON, Canada) adopt super luminescent diodes (SLD) with an optical bandwidth of
20 nm centred at 820 nm. Spectral profiles of the light sources used in such systems
are depicted in Fig. 2 [12], which allow for an axial resolution of 8–10 µm [13, 14].
For other types of lab-built TD-OCT systems with 800 nm region light sources, the
reader is referred to reference [15].

Compared to TD-OCT, the second generation OCT technology, termed spectral
domain OCT (SD-OCT), has the advantages of both increased imaging speed and
increased signal to noise ratio (SNR) [16]. SD-OCT is initially built for high-speed
in vivo ophthalmic imaging [17–22]. The highest axial resolution of such systems is
around 6.2–14.4 µm using SLD with a central wavelength λc = 810–840 nm and
FWHM bandwidth Δλ = 20–50 nm. Various very high-speed SD-OCT and
spectral-domain optical coherence microscopy (SD-OCM) systems were built.
A line-field SD-OCT system for very high-speed three-dimensional (3D) retinal
imaging was demonstrated in [23], while a compact ultrahigh-speed
spectral-domain optical coherence microscopy (SD-OCM) was presented in [24].
More recently, a dual-band FD-OCT system with depth-related compensations was
demonstrated to achieve an improved spectroscopic contrast and sensitivity [25].
Although resolutions of such systems are better than those of the conventional
microscopy systems, they are still significantly below the technical limit and is

Fig. 2 Spectral bandwidth
profiles of the light sources
currently used in OCT
imaging. (Figure is
reproduced with permission
from [12])
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insufficient to identify individual cells or to assess subcellular structures such as
nuclei or mitotic figures [15].

To view more details of the microstructures of the tissues, SD-OCT systems with
ultrahigh axial resolutions at a-few-micrometer scale have been demonstrated [23,
24, 26–28]. The first ultrahigh-resolution OCT structural intensity images and
movies of the human retina were reported in [26]. Figure 3a shows the schematic of
the SD-OCT system that was used for imaging. The light source, which has a center
wavelength λc = 890 nm and a FWHM bandwidth Δλ = 150 nm, was a combination
of two SLDs with central wavelengths of approximately 840 and 920 nm,

Fig. 3 OCT systems demonstrated using 800 nm light sources. a Schematic of the ultrahigh
resolution SD-OCT system demonstrated in [18] using SLDs. b Schematic of the high-speed
ultrahigh resolution SD-OCT system demonstrated in [27] using Ti:sapphire laser. (Figure is
reproduced with permission from [18, 27])
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respectively. Such a SD-OCT system is able to visualize the two layers at the
location of the retinal pigmented epithelium as well as the small blood vessels in the
inner and outer plexiform layers. The in vivo imaging speed reaches 29.3 frames
per second with 500 A-lines per frame. The axial resolution was measured to be
4.0 μm in air from a mirror, and to be 3.5 μm from the specular reflection of the
foveal umbo in vivo in a healthy human eye.

In addition to SLD light sources, broadband femtosecond Ti:sapphire lasers have
also been commonly used to achieve high axial resolution in SD-OCT systems [27,
28]. Figure 3b presents the ultrahigh resolution SD-OCT system [27] using a 5 fs
Ti:Sapphire laser source; the spectrum of the Ti:Sapphire laser source is measured
to be*144 nm. The axial resolution was measured to be 2.1 µm in tissue. The high
imaging speed together with the ultrahigh resolution of the system enables
motion-free, high definition images. A similar femtosecond pulsed Ti:sapphire laser
with a center wavelength of λc = 800 nm and a FWHM bandwidth Δλ = 120 nm
was also utilized in an ultrahigh resolution SD-OCT for high-speed in vivo imaging
in [28]. The system adopted a 90:10 fiber coupler to realize the Michelson inter-
ferometric configuration, and achieved an axial resolution of *2.5 µm.

3.1.2 OCT System Development with 1300 nm Light Source

High sensitivity and long penetration depth are highly desired for OCT system to be
used for imaging in vivo. Due to the wavelength-dependent scattering effect in
tissue, it has been shown that optimal wavelength for longer imaging depth is
around 1.3–1.5 µm [29]. High-speed high-sensitivity FD-OCT systems, with the
form in SD-OCT or SS-OCT, were built using wavelengths in such region.

OCT systems implemented using 1.3 µm commercially available [5, 30–33] or
custom-made [32, 34–37] frequency-swept laser sources have been demonstrated.
A typical high-speed SS-OCT system was demonstrated in [30]. Through utilizing a
frequency-swept laser with a center wavelength of λc = 1.32 µm and FWHM
bandwidth around Δλ = 60 nm, such system was able to achieve an imaging depth
of 3.8 mm at an A-line acquisition rate of 15.7 kHz with a free-space axial reso-
lution of 13.5 µm and a high sensitivity of −110 dB. Such a high-speed together
with the high-sensitivity offers a significant potential in biomedical imaging,
especially the in vivo applications, such as upper gastrointestinal tract imaging,
intracoronary imaging and arterial structure imaging [31]. Figure 4 depicts the
schematic of the demonstrated OCT system [30].

By detecting the frequency components of generated interferograms, SD-OCT
systems using 1.3 µm laser sources have also been demonstrated [38–46]. Such
SD-OCT systems were initially proposed for non-ophthalmic applications for its
increased optical penetration within tissues at 1.3 µm and over 10-times higher
imaging speed as compared to TD-OCT [38, 42]. In recent years, with the sub-
sequent advances in broadband light sources, micrometer-scale ultrahigh-resolution
imaging became possible and various software systems for real-time imaging dis-
play have also been developed [42, 44, 45]. The maximum scanning speed achieved
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by the SD-OCT systems reaches 38 frame per second (19,000 A-line per second)
[38], and the real-time processing and display rate reaches 20 frames per second
[44]. By far, SD-OCT systems using 1.3 µm light source have been successfully
demonstrated to image normal and pathologic microarchitectures of skin, cardio-
vascular system, gastrointestinal tract, human thyroid gland, intestines, and cerebral
edema, etc. [39–41, 43, 45, 46]. For endoscopic OCT imaging application, an axial
resolution of 5 µm in air and 3.7 µm in tissue can be achieved by using the Cr4+:
Forsterite laser with center wavelength of 1.25 µm FWHM bandwidth of
Δλ = 210 nm [40].

3.1.3 OCT System Development Using Other Types of Light Sources

A photonic crystal fiber in combination with a compact sub-10-fs Ti:sapphire laser
was used for the first time as a light source for TD-OCT in [47]. Through proper
selection of the input pulse parameters and PCF characteristics, a light source with
FWHM bandwidth of Δλ = 325 nm centered at λc = 725 nm was achieved, which in
turn produced an axial resolution of 0.75 µm in air (corresponding to 0.5 µm in
biological tissue). Such ultrahigh resolution permits the in vitro visualization of
human subcellular structures. With the water dispersion taken into account, results
in [48] showed that the optimal wavelength region for OCT systems to eliminate the
influence of depth-dependent water dispersion in tissue is centered at 1.0 µm. The
first attempt to use 1.0 µm wavelength region light source for real-time OCT
imaging was for a TD-OCT system [49]. An axial resolution of <4 µm in tissue was

Fig. 4 SS-OCT system demonstrated using 1300 nm light source demonstrated in [30]. (Figures
are reproduced with permission from [30])
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achieved by using a compact femtosecond Nd:Glass laser that is spectrally
broadened in a high numerical aperture single mode fiber.

OCT imaging at 800 nm wavelength region guarantees an ultrahigh resolution
but image depth is limited, while the 1300 nm wavelength region generates
enhanced image depth yet the axial resolution is not as high. To achieve a com-
promise between the image penetration depth and axial resolution, various fre-
quency domain OCT systems using light sources with *1000 nm center
wavelength have been demonstrated. The two SS-OCT systems built in [50, 51] are
of ultrahigh imaging speed. Specifically, the imaging speed of the former reaches
100–400 K axial scan per second, while the speed of the latter one is adjustable
from 50 to 580 K per second.

OCT systems operate at center wavelength of 1050 nm is especially suitable for
imaging the posterior segment due to the low-water-absorption window around
1050 nm. A 1.0 µm SD-OCT as an alternative to an ophthalmic 830 nm system was
presented [52]. This system was able to achieve an axial resolution of 7.4 μm with
ranging depth of 4.2 mm in tissue, and sensitivity of 98.5 dB at a speed of 38,300
axial scans per second. To further improve the penetration depth, another system
using 1.05 µm was demonstrated in [53] to achieve an imaging depth of 6.1 mm in
air. SD-OCT systems have also been widely applied for either ex vivo or in vivo
biological tissue imaging in different cases, including intestines [41], retinal nerve
fiber [54], human breast tissue [55], cataract patient posterior segment [52, 53, 56]
and anterior segment [51], etc. Figure 5 depicts an ultrahigh-speed 1.0 µm SD-OCT
system. The system has also been applied for in vivo retina imaging, and results

Fig. 5 A demonstrated 1.0 µm SD-OCT system [53]. (Figures are reproduced with permission
from [53])
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demonstrated that the proposed system is comparable to typical 1 µm SS-OCT
system in providing a large field of the posterior segment of the human eye, and
thus may motivate further investigations.

3.2 High Resolution OCT Systems for Biological Imaging

High resolution OCT systems have been widely utilized for various tissue imaging.
Among such applications, the main one has focused on ocular disease analysis and
characterization, especially for small animals, in the past years [15, 57–62]. An
SD-OCT system with an axial image resolution of 2.8 µm was firstly used for
in vivo, three-dimensional (3D) rat retina imaging in [57]. Figure 6 presents the
imaging results from the rat retina [57]. Figure 6a demonstrates a 3D OCT volume
rendering of the rat retina. The individual cross-sectional images acquired by the
system, i.e., Fig. 6c, demonstrated an excellent visualization of fine retinal layers
and a good correlation with the histology as shown in Fig. 6b. Application of
high-resolution SD-OCT for 3D retinal imaging of small animals, as well as
morphologic variations in outer retinal layers in human eyes were also reported in
[60, 61], respectively. Detailed review on the developments of
ultrabroad-bandwidth and tunable light sources, as well as high-speed Fourier
detection techniques for retinal imaging applications can be found in [15, 58, 59].

In addition to ophthalmic imaging, high resolution OCT systems have also been
tested as an optical biopsy tool in neurosurgery for ex vivo and in vitro brain tissue
imaging for small animals [63, 64]. With two broadband light sources, i.e., a
prismless Ti:sapphire (λc = 800 nm, Δλ = 260 nm) laser and a fiber-based
(λc = 1350 nm, Δλ = 470 nm) laser, interfaced alternatively for imaging, a sub-2 µm
axial resolution in biological tissue was achieved. Images on the scale from single
neuron cells to the structural organization of entire small-animal brain [63], as well

Fig. 6 In vivo rat retina images acquired by a high-speed, high-resolution SD-OCT system [57].
The high speed system acquired 24,000 axial scans per second enables the generation of the
in vivo 3D volumetric renderings of the retina (a). The individual cross-sectional images
(c) acquired by such system compared well with histology (b) in visualizing the many fine layers
of the retina. (Figures are reproduced with permission from [57])
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as for both healthy and pathological human brain tissues [64] were captured as
shown in Fig. 7. Figure 7a presents the tomograms of the honeybee brain, while
Fig. 7b, c shows the tomograms of the healthy human brain tissue and that with
ganglioglioma, respectively. This study suggests that high-resolution OCT systems
could find applications as an investigative tool in basic neurological research, even
though technological advancements are still required to improve the diagnostics
capabilities for real-time, non-invasive in vivo biopsy in neurosurgery.

High-resolution OCT systems with 800 nm region light sources have been uti-
lized for internal organs imaging in different cases. Since endoscopy requires
probes to be positioned in the vicinity of the respective surfaces for imaging, several
miniaturized catheter imaging probes for endoscopic OCT systems have been
presented [65, 66]. A multimodality system that combines both OCT and
laser-induced fluorescence (LIF) in a 2.0-mm-diameter endoscopic package was
described in [67] for mouse colon imaging. Later, probes using reference reflection
originating from the inside surface of the glass envelope at the distal end of the
endoscope for in vivo mouse colon imaging was demonstrated in [65, 66].
Figure 8a presents an endoscopy probe that was proposed for mouse colon imaging
in vivo. Comparison between the endoscopic OCT tomograms (Fig. 8b, c) and
stained histologic cross-section image (Fig. 8d) demonstrated that the microscopic
features that are too small to be visualized in mouse tissue with conventional

Fig. 7 OCT systems for both ex vivo and in vitro brain tissue morphology imaging in
neurosurgery [63, 64]. a Schematic representation of the honeybee brain. The comparison between
stained cross-section histology (a1) and OCT images acquired at a resolution of 3 × 1.4 µm
(lateral × axial) with 110-dB sensitivity (a2), and resolution of 4.5 × 1.4 µm (lateral × axial) with
98-dB sensitivity (a3), respectively. b OCT tomogram of healthy brain tissue acquired with
resolution of 0.9 × 2 µm (axial × lateral) compared to representative H&E-stained histological
sections (b1–b2). c OCT tomogram (2 × 1 mm) of ganglioglioma; c1 an enlarged view of the
region marked with red dotted line in (c), compared to the corresponding H&E-stained histological
section (c2). (Figures are reproduced with permission from [63, 64])
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resolution systems, including colonic crypts, now can be clearly resolved using the
proposed OCT system [65, 66].

OCT system using 1.3 µm light sources has large potential in biomedical
imaging, especially the in vivo applications, such as upper gastrointestinal tract
imaging, intracoronary imaging and arterial structure imaging [31]. The SS-OCT
system demonstrated in [30] was utilized for clinic imaging of different biological
tissues. Figure 9 demonstrate the in vivo images [31] of coronary artery, porcine
esophagus, porcine coronary artery and porcine coronary artery, respectively,
acquired by the system. The OCT system built in [5] was for demonstrating the
stability, portability and reproducibility of a set of automated algorithms that are
specially developed for analyzing three-dimensional OCT volumetric imaging of
human skin. Some more compact custom made source-swept laser sources have

Fig. 8 High-resolution endoscopy OCT for in vivo mouse colon imaging [65, 66]. a An
endoscopic OCT probe model for colon imaging. The acquired endoscopic OCT tomograms
(b and c) compared to the stained histologic cross-section image. Endoscopic OCT enables
visualization of colonic mucosa (CM), muscular mucosa (MM), submucosa (SM), muscularis
externa (ME), and serosa (S) layers. Contrast enhanced portion, using local histogram equalization
shows a surface layer of apical crypt cells (AC) as well as vertical structures in the mucosa that
may correspond to crypt boundaries (c) [65]. (Figures are reproduced with permission from
[65, 66])
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also been developed and adopted for OCT systems. A custom-made all-fiber laser
consisting of semiconductor optical amplifier (SOA) and Fabry-Perot tunable filter
(FFP-TF) formed in a ring cavity was adopted to build an OCT system in [37].

4 OCT Systems with High-Lateral Resolution

Lateral resolution is another critical factor that governs the performance of an OCT
system. OCT lateral resolution is solely determined by the diffraction limited spot
size of the focused beam, and is defined as the 1/e2 beam waist of a Gaussian beam.
According to the definition, this spot size is inversely proportional to the numerical
aperture of the objective beam. Previous analysis has depicted the relationship
between lateral resolution and axial field view for OCT system in Fig. 10 [2]. If a
Gaussian input beam is assumed, the transverse resolution Δx can be defined by

Dx ¼ 2k
p

1
NA

¼ 4k
p

f
d

ð4Þ

where NA ¼ d=2f is the numerical aperture of the objective lens, with f being the
focal length of the objective lens and d being the diameter of the beam entering the

(a1) (a1)(a2)

(a3) (a4)

(b)

(b1)

(b2)

(b3) (b4)

(c) (c1)

(c2) (c3)

(d1) (d2) (d3) (d4) (d5)

(d)

Fig. 9 The clinic applications of the 1.3 µm OFDI system for esophageal mucosa and of coronary
arteries in vivo imaging [31]. a Cross-sectional images of dissected coronary artery and its
comparison to histology. b–b4 Porcine esophagus in vivo. c–c3 Porcine coronary artery in vivo.
d–d5 Stented porcine coronary artery in vivo. (Figures are reproduced with permission from
[30, 31])
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objective. With the same assumption, the depth of focus (DOF), defined by the
confocal parameter b, which is twice the Rayleigh length zR, can be expressed as
below,

b ¼ 2zR ¼ pDx2k
k

: ð5Þ

The above definitions show an inevitable trade-off between the lateral resolution
and DOF for an OCT system: increasing numerical aperture of the focusing system
improves the lateral resolution by reducing the focal spot size, yet it decreases the
DOF. To achieve a high lateral resolution along with an extended DOF, various
approaches have been proposed. Those methods can be classified into three cate-
gories, i.e., adaptive optics/digital-refocusing, axicon optics and phase/amplitude
apodization.

4.1 Methods for High-Lateral Resolution OCT Systems

4.1.1 Adaptive Optics/Digital-Refocusing

Digital refocusing methods have been receiving great research efforts for extending
the focal-depth of OCT imaging since it requires no or very subtle hardware
modifications on conventional FD-OCT. Consequently, various digital refocusing
methods have been reported in the past decade. One of the early reported digital
refocusing methods is interferometric synthetic aperture microscopy (ISAM) [68].

Fig. 10 Schematic of OCT sample arm optics [2]. The low and high numerical aperture
(NA) optics geometries show a trade-off between lateral resolution and depth of focus for an OCT
system. (Figures are reproduced with permission from [2])

174 J. Mo et al.



In principle, this method retrieves the spatially invariant sharp focus at out-of-focus
planes/depths through solving the inverse problem of light scattering and diffrac-
tion. The mechanism of synthetic aperture concept underlying the inverse problem
is that when the focused light beam is scanned over the sample surface laterally, the
scattering component can be considered as being illuminated by different optical
apertures at each OCT measurement (A-scan) no matter whether the scattering
component is in-focus or out-of-focus. This assumption is valid based on the fact
that the scattering component only overlaps with part of the light spot and moreover
the light beam is focused so that different parts of the light spot have different
incident angles. The measured OCT signal can be expressed as a function of the
light beam’s transverse coordinate r0 and the wavenumber k as shown by equation
below [68],

S r0; kð Þ ¼ A kð Þ
Z
R

d2r
Z
V

d3r0G r0; r; kð Þg r0 � r0; kð Þ � g r0ð Þg r � r0; kð Þ ð6Þ

where A(k) denotes the power spectral density of the light source. g and G are the
normalized Gaussian beam profile and the Green function, respectively. η(r’)
represents the scattering potential. By taking two-dimensional Fourier transform of
Eq. (6) and other derivations, the three-dimensional Fourier transform of the
scattering potential of the sample can be related to the two-dimensional Fourier
transform of the measured interference signal as illustrated by Eq. (7).

~S Q; kð Þ ¼ A kð Þ i2p2

kz Q=2ð Þ
k2

a2
exp � a2Q2

4k2

� �� �
g
�
Q;�2kz Q=2ð Þð Þ ð7Þ

where Q is the transverse wave vector, kz is the axial component of the wave vector
and a ¼ p=NA (NA is the numerical aperture of the objective). ~S Q; kð Þ denotes the
two-dimensional Fourier transform of S(r0, k) with respect to r0, and

g
�
Q;�2kz Q=2ð Þð Þ is generated from one-dimension Fourier transform of ~g Q; zð Þ

(two-dimensional transverse Fourier transform of the scattering potential η(r′) in
Eq. (6)) with respect to z. Finally, the 3D scattering structure image with spatially
invariant resolution can be produced by solving the equation for the solution of the
scattering potential.

Figure 11 demonstrates the efficacy of ISAM method with images of artificial
phantom with embedded titanium dioxide. The system used for OCT measurement
is configured with an objective (focal length = 12 mm, NA = 0.05), which leads to a
5.6 μm focal spot size and a confocal parameter of 239 μm. With the 6 en-face
images (defocused slices 1–3 by conventional SD-OCT vs slices 4–6 by ISAM) in
Fig. 11a, it is clearly seen that ISAM improved the focus significantly. The volu-
metric images (Fig. 11b, c) proves that ISAM works over the full image depth.

More recently, Mo et al. came up with a different novel digital refocusing
method, called depth-encoded synthetic aperture method, exhibiting advantages
like low computation cost, no requirement on phase stability and compatibility with
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most of common OCT configurations [69]. Briefly, this method retrieves or
improves the focus by correcting the curvature of the collected light wavefront
resulting from the defocus effect. The principle of this method is illustrated in detail
in Fig. 12. To explain the method, the wavefront of the scattered field is analyzed.
An annular phase plate (3-mm thick polycarbonate plate with a circular hole at the
center) is inserted into the sample arm at the back focal plane of the imaging lens.
The phase plate segments the scattered light into approximately two equal parts,
central beam through the central hole and edge beam through the polycarbonate
plate. When the scatter is in-focus, the collected light travels through the phase plate
with a planar wavefront (Fig. 12a). The edge beam is delayed with respect to the
central beam due to the longer optical path length introduced by the phase plate, Δz
(n − 1) (Δz is the thickness of the phase plate, and n is the refractive index of the
phase plate). In a single OCT B-scan, this delay encodes the two images formed by
those two beams to different depths with a separation of Δz(n − 1). This allows for
reconstructing a new image by coherently adding those two images via correcting
the delay due to the phase plate (Fig. 12b). The new image can have a comparable
lateral resolution as the image acquired without the phase plate. In comparison,
when the scatter is out-of-focus, for example above the focal depth (Fig. 12c), the
wavefront of the collected light field is curved due to the defocus effect. This adds a
small extra delay (δz) to the edge beam in addition to the delay Δz(n − 1) caused by
the phase plate as discussed above. This small extra delay is also discussed in
another work on self-interference fluorescence microscopy (SIFM) [70]. Similar to
the in-focus situation, a new image with improved focus can be reconstructed by
correcting the edge beam wavefront for both the terms Δz(n − 1) and δz (Fig. 12d).

In real OCT implementation, with a phase plate inserted into the sample arm,
three different paths are created for the sample arm light to reach the detector via a

(a) (c)

(b)

Fig. 11 a Orthoslice view of the conventional SD-OCT image and ISAM image of an artificial
phantom with titanium dioxide as scatters. b and c are the corresponding volumetric view. En-face
images 1–3 for conventional SD-OCT and 4–6 for ISAM are 1100, 475 and −240 μm away from
the focal plane, the minus sign indicates that the plane below the focal plane. (Figures are
reproduced with permission from [68])
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scattering object in the sample, which are defined as three optical apertures:
(1) optical aperture 1, the light path passes through the center of the phase plate
both on the way to the scattering object and back; (2) optical aperture 2, the light
path passes through the center on the way to the scattering object and travels back
through the edge, or, equivalently, passes through the edge on the way to the
scattering object and travels back through the center; (3) optical aperture 3, the light
path passes through the edge of the phase plate both on the way to the scattering
object and back.

Mathematically, the measured interference signal via the three optical apertures
above can be expressed by the following equations:

I kð Þ ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
Ir kð ÞIs kð Þ

p
a exp i2kzð Þ½f K

þ exp i2kzþ ik Dz n� 1ð Þ þ dzð Þð ÞK
þ exp i2kzþ ik2 Dz n� 1ð Þ þ dzð Þð Þ� þ C:C:g

ð8Þ

where Δz(n − 1) and δz (it is zero for in-focus case) have been defined above, C.C.
indicates the complex conjugate. The first, middle and third terms in the closed
brackets on the right of the equation represent the images formed by optical
aperture 1, 2 and 3, respectively, which are also called top image, middle image and
bottom image in single OCT B-scan. To facilitate the image processing of summing
coherently the three terms (three images), by rewriting k as k = k0 + Δk, the second

Fig. 12 Illustration of the principle of the depth-encoded synthetic aperture method for extending
the depth-of-focus of optical coherence tomography. The drawing shows the source of the
scattered light (orange dot), the lens, the beam diameter as a function of the axial position defined
by Gaussian optics (solid green), the reconstructed beam diameter after image processing (dotted
green), the wavefronts before and after the phase plate (blue and red lines) in (a) and (c). Δz and n
are the thickness and refractive index of the annular phase plate (PP). (Figures are reproduced with
permission from [69])
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and third terms are simplified as illustrated by the following Eqs. (9) and (10),
respectively:

I kð Þ ¼ exp iwmiddleð Þ
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
Ir kð ÞIs kð Þ

p
a exp i2kzð Þ exp iDkDz n� 1ð Þð Þ þ C:C:

with wmiddle ¼ k0Dz n� 1ð Þ þ k0dz

ð9Þ

I kð Þ ¼ expðiwbottomÞ
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
Ir kð ÞIs kð Þ

p
a exp i2kzð Þ exp i2DkDz n� 1ð Þð Þ þ C:C:

with wbottom ¼ 2k0Dz n� 1ð Þ þ 2k0dz

ð10Þ

compared to the OCT signal detected without phase plate, an extra oscillation phase
(ΔkΔz(n − 1)) and a constant phase ψ are added in Eqs. (9) and (10), resulting from
the phase plate and defocus effect. The phase term (k0δz) is negative when the focal
plane is below the imaging target and positive when the focal plane is above the
imaging target. In theory, the focus can be recovered by correcting the
defocus-induced k0δz in the detected OCT signal. This is used as the theoretical
basis for digital refocusing process to be discussed in the following part. The digital
refocusing processing includes two steps: (1) the first step is to depth-decode the
middle and bottom images to the depth position of the top image to correct the
depth-offset due to the phase plate (Δz(n – 1)); (2) the second step is to correct the
defocus-induced additional phase change ψ. This phase change is wavenumber-
independent and therefore can be corrected simply by applying a constant phase
factor to the Fourier-transformed spectrum which undergoes a frequency-shift in the
first step. Then, all three complex images are coherently summed to reconstruct a
new image. The images with two beads as an example in the colored windows in
Fig. 13 provide detailed insight into the reconstruction process and how the focus is
improved. The phase manipulation leads to constructive interference on the center

Fig. 13 Refocusing process: a single B-scan contains three images of the same object at different
depths (i.e., top, middle and bottom); the first step is to correct the depth-separation due to the
phase plate for the middle and bottom images (blue text box). Then, the phase of the middle and
bottom images are further manipulated (orange text box) and coherently added to the top image to
construct a new image with improved lateral resolution. The four colored windows are zoomed-in
images of two beads to better visualize the refocusing process. The image is 1.28 mm wide and its
aspect ratio is 3:1. (Figures are reproduced with permission from [69])
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part of the focus spot and destructive interference on the edge part of the focus spot
(i.e., side lobe in middle and bottom images). This combined constructive and
deconstructive interference process improves the lateral resolution.

Figure 14 compares the digitally refocused images (panel III) with the con-
ventional Gaussian beam images (panel I) and the truncated Gaussian beam image
by optical aperture 1 (panel II). The sample used is a 300-μm thick artificial
phantom created by embedding 5-μm melamine spheres into a silicone polymer.
The subfigures (Fig. 14a–h) represent the images of the phantom being moved away
from the objective at 80-μm step size, leading to a 115.2-μm displacement of the
focal plane. From Fig. 14a–h, it is seen that the spheres in the truncated beam
images appeared to have a very slow change in width over the defocus process.
This can be explained by the fact that the light beam is truncated from 3.4 to
1.8 mm (diameter) by the phase plate which results in an extension of Rayleigh
range at the cost of an increased lateral focal spot size. In contrast, the corre-
sponding full beam image without phase plate experienced a much more rapid
change in the sphere’s width during the same defocus process. For the refocused
images, it is obvious that as compared to the full beam image, the refocused image
had comparable focus size and maintained the focus over a much larger depth
range.

The efficacy of this digital refocusing method is further quantified by analyzing
the full width at half maximum (FWHM) of the lateral intensity profiles of five
spheres marked with red circle in Fig. 14d. The results show that the broadening of
the spheres can be slowed down by approximately a factor of five in digitally
refocused images as compared to the full Gaussian beam images. In addition, it is
also found that this digital refocusing method appears to only suffer from a −1.9 to
−4.1 dB energy efficiency loss as compared to the full beam imaging for in-focus
situation, implying that this method is much more efficient than the depth-of-focus
extension by phase-apodization or axicon lens illumination [71, 72].

Besides the two digital refocusing methods discussed above, there also exist
other digital refocusing methods, such as deconvolution and scalar diffraction
model. For deconvolution method, Yasuno et al. designed a depth-dependent
complex deconvolution filter, which is used to manipulate the spatial frequency
components of OCT image so as to improve the focus at out-of-focus depth range
[73]. This phase doconvolution filter is originally developed from the
Fourier-transform of the transverse point spread function of OCT image and further
simplified into the following form:

H nð Þ ¼ exp ip
kz0
2

n2
� �

ð11Þ

where z0 is the depth distance from the actual focal plane, n ¼ x=kf (x: the lateral
position; λ: the light wavelength; f: the focal length of the objective). The decon-
volution process basically comprises three steps: (1) Calculate discrete Fourier
transform (DFT) of the complex OCT image for each lateral line; (2) Multiple the
DFT of each lateral line with the designed deconvolution filter; (3) Calculate
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inverse DFT for each line to reconstruct a new OCT 3D volume image with an
improved focus. This method was validated on razor blade and human eye. The
results demonstrated that this method can improve not only the focus which is twice
better than transform-limited resolution but also the signal-to-noise ratio. This
method is non-iterative and consequently is not computationally expensive. Several

Fig. 14 a–h Intensity images
acquired when the phantom is
moved away from the
objective at a physical step
size of 80 μm. Each subfigure
includes three imaging
modes: full beam image (top),
truncated Gaussian beam
image (middle) and refocused
image (bottom). All the
images are presented on a
logarithmic scale with the
colormap clipped to 75 % of
the maximum intensity of the
image. The image is 1.28 mm
wide and its aspect ratio is
3:1. (Figures are reproduced
with permission from [69])
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years later, an iterative deconvolution method was reported by Liu et al. [74]. This
method utilizes the lateral PSF definition of OCT developed from Gaussian optics
model as illustrated by the equation [75]: h x; yð Þ ¼ exp �2 x2 þ y2ð Þ�w2

z

	 

where wz

is the depth-dependent focused beam spot size. Richardson-Lucy deconvolution
method was employed to deconvolute the enface image at each depth with the
lateral PSF. Thus, improving the image sharpness or correcting the defocus effect is
equivalent to searching for the optimal lateral PSF, which further translates into
optimal depth-dependent focused beam spot size wz. To obtain the optimal focused
beam spot size, the image evaluation function based on Information entropy was
calculated for a predefined set of beam spot sizes and the discontinuity of the
evaluation function determines the optimal focused beam spot size. This method is
iterative and requires more computation time, and however it eliminates the need to
measure the optical parameters of the OCT system.

For digital refocusing based on scalar diffraction model, Yu et al. reported to
refocus the en-face images at defocused depths by back-propagating the light to the
actual focal plane using two-dimensional scalar diffraction model [76]. Specifically,
each complex en-face image produced from common OCT signal process is con-
verted into angular spectrum by Fourier-transform. Then the light field was prop-
agated for a distance z using angular spectrum method to cancel out the defocus
effect. Finally, inverse Fourier-transform was calculated on the new angular spec-
trum to recover the en-face image with improved lateral focus. The optimal prop-
agation distance z for each depth can be obtained from prior knowledge about the
OCT system. Alternatively, a more time-consuming way is exhaustive search with
image sharpness as criteria. Liu et al. proposed to use information entropy as the
gold criteria to search for the optimal propagation distance z [77]. Both of the two
methods described above were only demonstrated on low-scattering tissue, i.e.,
onion, and tissue with simple structure, i.e., fat, and was not applied to real bio-
logical tissues with complex scattering structures.

4.1.2 Axicon Optics

Axicon is an optical element that generates a narrow focal line along the optical axis
[78]. Such a focal line can be approximated by a zero-order Bessel-type (nondif-
fracting) beam that preserves its transverse distribution along the axial axis, ren-
dering a very large (compared with Rayleigh range) DOF [79]. Owing to this
property, an axicon is usually combined with a spherical lens to produce a ring
pattern in the focal plane of the lens, and is applied in OCT imaging system to
achieve both high lateral resolution and large DOF simultaneously.

The first application of axicon lens to an OCT imaging system is the TD-OCT
demonstrated by Ding et al. in [80]. Through utilizing an axicon lens with a top
angle of 160° in front of the sample, a Bessel beam field distribution in the focal
plane was generated. The results showed that a lateral resolution of 10 µm or better
was achieved over a focusing depth of at least 6 mm; the focusing beam intensity

6 High Resolution Optical Coherence Tomography for Bio-Imaging 181



was approximately constant over the depth range. However, in such configuration,
the central lobe of the generated Bessel field carries only 5 % of the total power,
which seriously limits its applications for biomedical samples. Such a power loss
becomes even worse when the detection beam passes through the axicon lens again
in the reverse direction [72]. Both simulation and experimental results demonstrated
that an axicon based OCT system suffers from a signal loss of ∼13 dB at the peak
for both illumination and detection beams compared with the conventional lens
system [81]. The power loss effects are clearly shown in Fig. 15. More recent results
demonstrate that the power efficiency of an axicon based system is solely dependent
on the Fresnel number [82], and N-fold DOF gain may result in N-fold loss of the
peak irradiance of the Bessel beam. In addition to the power loss issue, sidelobe
artifacts were also introduced since more than 90 % optical power was distributed
to higher order diffractions. The sidelobe artifacts significantly degraded the image
quality especially in log scale images.

To address the power-loss issue of axicon-optics, one of the reported methods is
to decouple the detection and illumination beams for the OCT system. Specifically,
to extend DOF with Bessel beam illumination while enhance the scattering contrast,
a dark-field illumination scheme was proposed for frequency domain optical
coherence microscopy (FDOCM) in [72, 83, 84]. Figure 16 shows the proposed
dark-field illumination scheme of the FDOCM system as well as the performance
results obtained [72]. Experimental results demonstrated that a ten-fold DOF gain
was achieved at a lateral resolution of 1.5 µm. Such scheme improves the power
efficiency of the axicon lens based system and suppresses the sidelobes simulta-
neously, especially for the second and higher order sidelobes.

Fig. 15 The measured OCT illumination and detection efficiencies over focal range parameter
d using axicon lens [81]. a The measured illumination efficiency versus d, b the measured
detection efficiency versus d. (Figures are reproduced with permission from [81])
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4.1.3 Phase/Amplitude Apodization

Compared to the bulk-optics axicon lens, phase/amplitude apodization based DOF
extension scheme has attracted much attention in recent years since its fabrication
and miniaturization are relatively easy [69]. Below we present a general principle
for phase/amplitude apodization method to be used in OCT system.

Assume an SD-OCT setup (Fig. 17a) with two general pupil filters, which can be
implemented using either phase or amplitude apodization method, adopted in ref-
erence and sample arm, respectively. The coordinates and notations around the

Fig. 16 A dark-field illumination scheme proposed for frequency-domain optical coherence
microscopy (FDOCM) [72]. a–a1 Schematic of the extend-field (xf) FDOCM. b–b3 Measured
results for FDOCM performance. (Figures are reproduced with permission from [72])
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sample and focal planes are shown in Fig. 17b, c; assume a collimated input beam
and an infinity-corrected objective lens, the normalized wavelength dependent field
amplitude distribution around the focal region can be expressed as [86],

gðk; q; uÞ ¼ 2
ffiffiffiffiffiffiffiffiffi
SðkÞ

p Z1

0

r~f ðk; rÞJ0ðqrÞ exp � 1
2
iur2

� �
dr ð12Þ

where k = 2π/λ is the wave number and λ is the wavelength of light source; r is the
radial coordinate normalized by the radius a0 of the filter 1 shown in Fig. 17b; ρ and
u denote the simplified radial and axial coordinates in the sample space respec-
tively, and are expressed as

q ¼ kðNAÞR; ð13Þ

u ¼ kðNAÞ2Z; ð14Þ

with R and Z being the real radial and axial coordinates in the sample space, NA is
the effective numerical aperture of the objective lens. S(k) is the spectral intensity
distribution of the light source; J0 is a Bessel function of the first kind and order
zero; ~f ðk,rÞ is the amplitude profile of the fiber mode in the pupil plane.

To generate an extended illumination focus, a general pupil filter p1(k, r) as
shown in Fig. 17b can be placed in the illumination arm. For such generalized
phase/amplitude filter, its pupil function can be expressed as,

F1ðk; r1Þ ¼ A1ðk; r1ÞP1ðk; r1Þ ð15Þ

Fig. 17 a Schematic of a typical SD-OCT system with filter 1 adopted in the illumination path
while filter 2 in the detection; b a collimated illumination light passes through the filter 1 and is
focused by an infinity-corrected objective lens; c a detection light beam passes through the filter 2.
(Figures are reproduced with permission from [85])

184 J. Mo et al.



where A1(k, r1) and P1(k, r1) are the expressions of amplitude and phase changes
brought by pupil filter 1, respectively.

The process of a collimated illumination light (with radius a0) passing through
filter 1 and being focused onto the sample is shown in Fig. 17b. Under the condition
of Gaussian approximation for circular, linear-polarized input light beam, the field
distribution ~f ðk; rÞ on the sample plane can be expressed as

~f ðk; rÞ ¼ F1ðk; r1Þ2p r0ðkÞ½ �2exp � 1
2

2prr0ðkÞa0
f0kc

� �2( )
ð16Þ

where f0 is the focal length of the objective lens; λc is the center wavelength of the
light source; r1 is the obscuration radius of filter 1. r0(k) is the wavelength
dependent fiber mode field radius. Under Gaussian approximation, such radius can
be expressed as [87],

r0ðkÞ ¼ rcoffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
2 lnVðkÞp ð17Þ

where V(k) = krcoNAf is the fiber parameter with NAf being the effective fiber
numerical aperture; rco is the core radius of the single mode fiber, which is usually
within the range of 2–5 µm.

In order to enhance the imaging system detection efficiency, another general type
pupil filter 2, as shown in Fig. 17c, can be placed onto the detection arm. With the
radii r2 and r3 that can be optimized for different purpose, this pupil filter p2(k, r)
can be expressed as,

F2ðk; r2; r3Þ ¼ A2ðk; r2; r3Þ P2ðk; r2; r3Þ ð18Þ

With Gaussian approximation of circular, linear-polarized detection beam, the
normalized wavelength dependent detection beam field amplitude distribution in
the focal range can be expressed as,

geff ðq; uÞ ¼
Zkmax

kmin

gðk; q; uÞ½ �2F1ðk; r1ÞF2ðk; r2; r3Þdk

¼
Zkmax

kmin

gðk; q; uÞ½ �2A1ðk; r1ÞP1ðk; r1ÞA2ðk; r2; r3ÞP2ðk; r2; r3Þdk
ð19Þ

where kmin and kmax are cut-off wave numbers.
Equation (19) shows that the light field distribution at the focal region is

dependent on the radii of the general type filters F1(k, r1) and F2(k, r2, r3). With
appropriate radii chosen for the pupil filters, both DOF extension and other
objectives can be achieved simultaneously.
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Phase-Masking Scheme

By far, various phase [88–90] or amplitude [91, 92] apodization schemes have been
proposed for DOF extension of microscopy systems in literature. Phase mask is the
easiest and most popular scheme for DOF extension. A four zone binary-phase
spatial filter (BPSF), as shown in Fig. 18a, was proposed to engineer point-spread
function of the optical coherence microscopy system in [71]. The radii of the zones
are a, b, c, and 1. The phase of each zone Ø is set to be 0 or π with respect to the
center wavelength λc. Such a BPSF was mapped to the pupil plane of the objective
lens, as shown in Fig. 18b, with the modulated pupil filter functions being
F1ðk; r1Þ ¼ exp½iUðk; r1Þ� and F2(k, r2, r3) = 1, respectively. The effects of different
radius values on the optimized PSFs are shown in Fig. 18c. Figure 18d shows the
modulus of the effective axial PSFs of the confocal system and the systems

Fig. 18 a Schematic of the proposed BPSF filter; b BPSF optimized sample arm optics;
c modulus of the axial beam profile; d modulus of the transverse beam profile in the focal plane.
(Figures are reproduced with permission from [71])
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optimized with different BPSFs. With the optimized radii, BPSF improved the
center lobe power up to 28 % that of the total power defined by the 1/e2 beam waist,
and a DOF gain of 10.5 was achieved with a lateral resolution of 5.0 µm.

Another phase-masking scheme in the regime of low Fresnel numbers was
proposed for an ultrathin fiber probe [89]. Such phase mask consists of a short
section of overfilled gradedindex (GRIN) fiber, and can be sliced in series with the
distal focusing optics without any additional fabrication process. The beam prop-
agation method based numerical simulation results show that a DOF gain of 1.55
can be obtained compared to the conventional lensed fiber probe with a lateral
resolution of 7 μm. The more recent phase-masking scheme using either
axially-symmetric filter [90] or seven-zone pupil filter [93] further demonstrated the
effectiveness and potential of phase apodization scheme in extending DOF. Results
show that a DOF gain of 30 can even be achieved with higher lateral resolution.

Amplitude-Apodization Schemes

Amplitude apodization has also been used in microscopy systems [92, 94, 95]. With
an amplitude apodization filter, which can be expressed as below, a class of
high-resolution OCT systems featured with 1–2 μm spatial resolution has been
demonstrated. They were termed as Micro-OCT [92, 94–96], and were depicted as
shown in Fig. 19a,

F1ðk; r1Þ ¼ 1 ra [ r1
0 otherwise



ð20Þ

The µOCT system is a SD-OCT implementation with several key improvements
to standard OCT that yield high resolution in both lateral and axial directions. The
general layout and axial resolution characterizations are shown in Fig. 19a, b,

Fig. 19 µOCT instrumentation schematic and axial resolution [94]. a System diagram of the
proposed µOCT system. b Depth profile of mirror surface, indicating an axial FWHM of 1.3 µm.
(Figures are reproduced with permission from [94])
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respectively. A super-continuum source (Fianium SC450) provides the
high-bandwidth, short coherence length light necessary for high axial resolution
(1.3 µm, Fig. 19b). A typical µOCT system includes an interferometer with the
reference and sample arms intersecting at a beam-splitter. The beam-splitter is
replaced in µOCT with a 45° rod mirror, which apodizes the sample beam by
introducing a circular obscuration in the center to achieve a balance of good lateral
resolution (2 µm) and long depth of focus (0.2 mm). Custom software is employed
to control the galvanometer scanning motors while acquiring spectral data from the
line camera. The system operates with user-configurable line and frame rates and
customizable scan geometry; typical settings are 32 or 40 frames per second, 512
A-lines per frame in a linear scan, and 0.5 mm by 0.5 mm (X by Z) for a
cross-sectional image. The effective thickness of each cross-section is equal to the
µOCT beam spot size (2 µm).

More recently, research has been carried out to adopt center-obscured pupil
filters at illumination and detection arms to achieve both extended depth of focus
and sidelobe suppression for spectral-domain OCT system [85], wherein the pupil
filter 1 and filter 2 are described as follows,

F1ðk; r1Þ ¼ 1 ra [ r1
0 otherwise



ð21Þ

F2ðk; r2; r3Þ ¼ 1 r2\ra\r3
0 otherwise



ð22Þ

As shown in Eq. (19), the principle can be understood: when the center-obscured
pupil filter 1 is adopted in the illumination arm, a quasi-Bessel illumination beam is
generated. Although such quasi-Bessel beam helps generate a much larger DOF
compared with the conventional focusing schemes [82], large sidelobes, which are
only *15 dB lower than the mainlobe, are introduced simultaneously [72].
Similarly, the pupil filter 2 adopted in the detection arm also introduces sidelobes to
the sample arm optics. If the first sidelobe of the illumination PSF co-locates with
the first minimum of the detection PSF, then the first sidelobe of the sample arm
PSF will be largely suppressed. In this way, both DOF extension and first sidelobe
suppression can be achieved simultaneously for an OCT system.

To demonstrate the advantages of the proposed technique, simulations are car-
ried out to compare among different focusing systems: (1) a full aperture scheme
with no pupil filter adopted (FA-OCT, Fig. 20a); (2) an annular aperture scheme
with pupil filter 1 in both illumination and detection path (BF-OCT, Fig. 20b);
(3) an annular aperture scheme with filter 2 in both illumination and detection path
(Fig. 20c); (4) an annular aperture scheme with filter 1 in the illumination path and
filter 2 in the detection path (DF-OCT, Fig. 20d). Simulation results shown in
Fig. 20 demonstrate that a DOF gain of 4.2 can be achieved compared with the
FA-OCT system of equal lateral resolution (Fig. 20a).

For the sidelobes introduced, it is shown that the normalized sidelobes are
pronounced in the annular aperture schemes with the first sidelobe of −9.3 dB
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(Fig. 20b), and −8.7 dB (Fig. 20c), respectively, while with the two proposed pupil
filters adopted (Fig. 20d), the sidelobes of all orders are below −12.2 dB (Fig. 20d)
due to a first sidelobe suppression ratio of 2.9 and 3.5 dB, respectively. The
sidelobe suppression effect by using a combination of the two pupil filters is further
demonstrated in lateral profiles (Fig. 20e).

To further verify the theoretical predictions, a dark-field OCT (DF-OCT) system
as shown in Fig. 21 was constructed. A superluminescent diode array (Superlum
Broadlighters D-810-HP) with a center wavelength at 810 nm and a FWHM
bandwidth of 100 nm was employed as the light source of the DF-OCT system. The
output power was 8.62 mW. The generated light was collimated by a lens L1 (Cat#
378-823-5, M Plan APO 10×, Mitutoyo Inc.) first, and then was split by a 45º rod
mirror RM1 (#54-092, Φ = 2 mm, Edmund Optics Inc.) with the circular portion at
the center directed to the reference arm while the remaining annular portion to the
sample arm. The annular beam coupled to the sample arm was again cropped by an
aperture stop (diameter Φ = 5 mm), and then center-obscured by another 45º rod
mirror RM2 (#54-094, Φ = 3 mm, Edmund Optics Inc.) before it was directed to a
pair of galvo scanners (GVSM002/M, Thorlabs Inc.) and an objective lens L4
(AC127-025-B-ML, Thorlabs Inc.). The light power on the sample was around 1.31
mW.

The beam directed to the reference arm firstly passed through a 4-f system
consisting of lens L2 and L3 (AC127-025-B-ML, Thorlabs Inc.) to balance the
dispersion caused by the objective lens. It was then guided to a third rod mirror
RM3 (#54-092, Φ = 2 mm, Edmund Optics Inc.) to combine with the signal beam
backscattered from the sample. Finally, the combined beam was focused by a lens

Fig. 20 Normalized intensity distributions in focal region of (a): a OCT system with no filter
adopted, b OCT system with aperture 1 in both illumination and detection paths, c OCT system
with aperture 2 in both illumination and detection paths, and d OCT system with filter 1 and filter 2
in illumination and detection path, respectively. e sidelobe suppression effect for the OCT system
with filter 1 and filter 2 in illumination and detection path, respectively. (Figures are reproduced
with permission from [85])
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L5 (Cat# 378-823-5, M Plan APO 10×, Mitutoyo Inc.) into a single mode fiber
(780-HP, Nufern) to the spectrometer. In the constructed DF-OCT system, the
aperture stop AS together with rod mirror RM2 acted as the illumination pupil filter,
while the rod mirrors RM2 and RM3 together acted as the detection pupil filter. The
shapes and the radii of these two filters were shown in Fig. 21a.

The spectrometer consisted of a diffraction grating (1200 l/mm @ 830 nm,
Wasatch Photonics Inc.), a camera lens (Nikon AF Nikkor 85 mm f/1.8D), and a
line scan camera (E2V, AViiVA EM4). The detected signal was digitized at 12-bit
digital resolution, and then was transferred to a computer through camera link
cables and an image acquisition card (KBN-PCE-CL4-F, Bitflow Inc.). In the
experiments, the camera and the galvo scanners were synchronized by a triggering
signal generated by the computer. The effective camera pixel number was 868. The
spectrometer efficiency, including the grating diffraction efficiency, sensor quantum
efficiency, and camera lens efficiency, was measured to be 0.376. The line rate and
the exposure time of the camera were set to be 10 kHz and 97.7 µs, respectively.
The experimental axial and lateral resolutions of the DF-OCT system were mea-
sured to be 3.3 and 4.1 µm respectively, which match well with their corresponding
theoretical values of 2.9 and 3.9 µm.

To assess the performance of the constructed DF-OCT system, a full aperture
OCT (FA-OCT) system and a bright field OCT (BF-OCT) system with filter 1 in
both illumination and detection arms were constructed for comparison. The light

Fig. 21 Experimental configuration of the constructed DF-OCT imaging system. L1–L6 lens.
RM1–RM3 rod mirror. M1–M2 mirror. AS aperture stop. SMF single-mode-fiber. a The geometries
of the dark-field illumination beam, illumination and detection pupil filters. (Figures are
reproduced with permission from [85])

190 J. Mo et al.



source, spectrometer settings, illumination beam diameter, and objective lens were
the same for these three systems.

Fig. 22 Real-time tomograms of 800 nm latex calibration beads acquired with the FA-COT and
the DF-OCT systems, respectively. Cross-sectional images of the microbeads acrose solution are
grabbed with a FA-OCT system and b DF-OCT system. Red bars in the images indicate the DOF.
The axial scatter plots of the normalized intensity of mircobeads scatterings are shown in c for
FA-OCT system and d for DF-OCT system. The dashed red curves are Gaussian-fits of the
assumed on-axis irradiance profiles to a subset of the microbeads cloud comprising only the
strongest signals. (Figures are reproduced with permission from [85])
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To demonstrate the DOF extension, an agarose solution (Cat# PC0701-500G,
Vivantis Inc., *0.5 %) of polystyrene microbeads (Cat# SIGMA/LB8-2ML,
SIGMA Inc., Dia. 800 nm, *0.1 vol.%) was used to characterize the focusing
performances. Figure 22a, b present the cross-sectional images acquired using the
FA-OCT and the DF-OCT systems, respectively, with capturing rate of 20 frames

Fig. 23 Sidelobe suppression with the constructed dark-filed OCT (DF-OCT) system compared
with that of the constructed bright field OCT (BF-OCT) system. Real-time tomograph of 800 nm
microbeads are acquired with a BF-OCT system and b DF-OCT system. c Lateral intensity profiles
of microbead images that are acquired using BF-OCT and DF-OCT setups, and are compared to
the simulation results. (Figures are reproduced with permission from [85])
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per second (fps). Each image covers a range of 82 µm × 775 µm with 393 lat-
eral × 744 axial pixels (Width × Depth). The axial scatter plots of the normalized
intensity of a large number of mircobeads scatterings for the two systems were
plotted in Fig. 22c, d, respectively. The dashed red curves show Gaussian-fits of the
assumed on-axis irradiance profiles to a subset of the microbeads cloud comprising
only the strongest signals. Results demonstrate that the proposed DF-OCT system
increased the DOF by factors of *3 and 1.1 compared with the FA-OCT and
BF-OCT systems respectively.

To test the sidelobe suppression effect of the constructed DF-OCT system, the
microbeads solution again was used to characterize the focusing performance. The
imaging results are compared with those of the BF-OCT system. Specifically, in
oder to observe the sidelobes more clearly, the aqueous solution of polystyrene
microbeads (Cat# SIGMA/LB8-2ML, SIGMA Inc., Dia. 800 nm, *0.1 vol.%) was
used. Figure 23a shows the real-time tomograph acquired using the BF-OCT sys-
tem, whereas Fig. 23b presents the image acquired using the DF-OCT system.
Results demonstrate that, compared with the BF-OCT system, lateral sidelobes of
the image are largely suppressed with the DF-OCT system.

The lateral intensity profiles of microbeads images that are acquired using
BF-OCT and DF-OCT setup (Fig. 23c) were also measured to evaluate the sidelobe
suppression effect. Experimental results show that the first sidelobe of the DF-OCT
system (red solid line) was 3.1 dB smaller than that of the BF-OCT system
(Magenta dash-dotted line). Although the lateral resolution was slightly degraded
and the amplitudes of higher order sidelobes were elevated in the DF-OCT case
(dashed blue line) with respect to the case of BF-OCT (dark dotted line), such
effects were secondary since the first sidelobe is the most prominent artifact in OCT
images. The measured results agreed well with the numerical simulation results
except for the lateral positions of peaks and valleys. Such variances could be caused
by the difference between the nominal and actual fiber NA.

4.2 Imaging Applications with High-Lateral
Resolution OCT Systems

The digital refocusing method based ISAM technique was validated and also
applied for real biological scattering tissues, i.e., human breast tissues as illustrated
in Fig. 24. By comparing with histological images, it is found that the images by
conventional SD-OCT lost most of the features, especially the adipose cell
boundaries, which however are fairly distinguishable in ISAM images. However,
the significant amount of computation time and the requirement for phase-stable
measurement obscure the in vivo implementation of ISAM.

Recently, Ahmad et al. optimized the computation strategies by decomposing
3D problem into two sets of 2D problems so that in vivo real-time implementation
of ISAM is achieved [97]. Figure 25 shows an in vivo real-time demonstration of
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ISAM on human skin. The results demonstrated that ISAM succeeded to extend the
depth-of-focus to be 24 times of Rayleigh ranges. It also proved that ISAM
improved the SNR in addition to improving the focus of the images from defocused
depths (Fig. 25e).

In contrary to the digital refocusing/adaptive optics method, the
axicons/microaxicons was usually incorporated in miniaturized OCT endoscopes
and needle probes [72, 81–84, 98]. Figure 26a, b depicts the imaging applications of
a proposed FD-OCM system with the axicon optics. Schematic of an
ultra-miniaturized multi-micro-axicon system for a miniaturized OCT system is
depicted in Fig. 26c. With the continuing research efforts, it is believed that axicon
optics, especially the microaxicons, will find wide applications in OCT endoscopes
and probes.

Fig. 24 En-face images of human breast tissues by conventional SD-OCT and ISAM. Two
en-face images are chosen from depths A and B which are 591 and 643 μm above the actual focal
plane, respectively. a and b are the histological images; c and d are the images by conventional
SD-OCT; e and f are the corresponding ISAM images. (Figures are reproduced with permission
from [68])
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Fig. 25 In vivo real-time demonstration of ISAM on human wrist. a and b are the two B-scans
from conventional SD-OCT and ISAM, respectively. c and d are two selected en-face images
located 520 μm (optical length) away from the skin surface. e is the signal-to-noise ratio as a
function of optical depth into tissue for both conventional SD-OCT and ISAM. The incident light
beam is focused into tissue to be at 1.2 mm (optical length) away from tissue surface. The scale
bar denotes 500 μm. (Figures are reproduced with permission from [97])

Fig. 26 The imaging application of an axicon based OCT system as well as a miniaturized axicon
optical bench. a Three dimensional image of onion skin cells captured with xf-FDOCM [72].
b SD-OCT images of an African frog tadpole acquired using axicon based OCT system [81]. c A
schematic design of an ultraminiaturized multi-micro-axicon system for a miniaturized OCT
system [98]. (Figures are reproduced with permission from [72, 81])
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The µOCT system had been applied for imaging coronary artery disease
(CAD) [92], airway epithelia [94], high-speed 3D skin imaging [96] as well as
mucociliary transport [95] at subcellular scale. Representative images of human
coronary atherosclerosis, airway epithelia and mucociliary transport mechanism
acquired by the µOCT system are presented in Figs. 27, 28 and 29, respectively.

5 Recent Developments of High-Resolution OCT Systems

5.1 Ophthalmic Imaging

Ophthalmic imaging is one of the main areas that OCT has found its successful
application. Although existing SD-OCT technologies provide a few orders of
magnitude higher sensitivity than TD-OCT, the ability of SD-OCT to provide
diagnostic information is still limited by its sensitivity, this is because the radiant
exposure/irradiance applied to human eyes is restricted to a maximum permissible
exposure (MPE) by the international laser safety regulations, e.g., ANSI Z136 in the
United States and IEC 60825 [99]. The limited sensitivity in turn limits the OCT
penetration depth and/or faster imaging speed.

To address such issues, novel schemes that convert the point source illumination
field to line-shaped field have been proposed recently [23, 100–103]. Through
utilizing appropriate optic elements, such as cylindrical lens [23], line-field parallel
swept source interferometric imaging (LPSI) [100, 101] or dispersive prism/grating

Fig. 27 Subcellular structure of human coronary atherosclerosis acquired with µOCT [92]. a–a2
Images of fibrocalcific human cadaver coronary plaque captured by conventional OCT (a), µOCT
(a1) and histology images (a2, H&E). b–b7 µOCT of superficial arterial morphology. c–c4 µOCT
images of plaque morphology in human cadaver specimens. (Figures are reproduced with
permission from [92])
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[102, 103], to spectrally extend the light source, line-field schemes improve the
MPE of the sample also enhance system sensitivity and imaging speed simulta-
neously. Higher sensitivity in turn improves the penetration depth of the system.
Results show that line-field schemes improves the A-line rate significantly up to
823,200 A-lines/s for single frame imaging and 51,500 A-lines/s for continues
frame imaging [23], while improves MPE by around 3.1 as compared to the
existing point source systems [103]. Such results demonstrate that line-field scheme
could be a promising concept for future diagnostic OCT imaging, especially for
ophthalmic imaging. In parallel with its advantages in sensitivity and scanning
speed improvements, the line-field schemes still suffers from the limited resolution
due to the lack of ultra-broadband swept sources.

Fig. 28 Quantitative study of airway functional microanatomy using µOCT [94]. a–a1 A
time-averaged (2 s) µOCT image of fully differentiated primary human bronchial epithelial cells
derived from a normal subject (a1) compared to the H&E stained histology of HBE cells. b–b1
µOCT image of functional anatomy of excised swine trachea (b) compared to H&E stained
histology image (b1). c–c1 µOCT images of time averaged (1 s) functional anatomy of human
trachea (c) and its orthogonal view at the position indicated by the dashed blue line. d–d1 Swine
mucus (yellow arrow) extrusion from a gland duct in lamina propria (d) and its three-dimensional
reconstructed en face view (d1). e–e3 µOCT images of ciliary motion pattern in HBE culture and
swine trachea. f–f1 Cilia motion pattern in cultured HBE cells. (Figures are reproduced with
permission from [94])

6 High Resolution Optical Coherence Tomography for Bio-Imaging 197



5.2 Intravascular Imaging

Intravascular OCT has made significant clinical impact, providing a method of
visualizing coronary plaques, optimizing percutaneous coronary intervention, and
monitoring treatment results. Among the two incarnations of FD-OCT systems, i.e.,
SS-OCT and SD-OCT, SS-OCT is the predominant version used in cardiovascular
settings, since the type of detectors used tend to be faster and more resistant to
motion artifacts. The development of frequency sweeping lasers that cover a wider
range of wavelengths is of significant importance to the resolution of SS-OCT, and
thus various SS-OCT systems that employ 800 and 1300 nm range laser sources are
developed [104].

To confer the advantage of penetration depth offered by the 1300 nm laser
without sacrificing the high resolution offered by the 800 nm laser, light sources
that emit wavelengths shorter than 1300 nm were developed. Such laser sources

Fig. 29 µOCT for mucociliary transport autoregulatory mechanism study [95]. a–a5 Periciliary
liquid (PCL) height reduction by exogenous mucus load increases [Ca2+]i and regulates ciliary beat
frequency (CBF) in human bronchial epithelial (HBE) cultures. b–b2 Exogenous mucus stimulates
intracellular calcium release in primary HBE cells. b Representative images of HBE monolayers
loaded with Fluo-4AM to monitor [Ca2+] and treated apically with 50 ml of PBS, synthetic mucus,
and ATP (100 mM). b1–b2 Fluorescent intensity and baseline change over time. c–c5 PCL height
reduction by endogenous mucus plaques regulates CBF in HBE cultures. (Figures are reproduced
with permission from [95])
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include 800 nm swept laser sources, the 1060 nm OFDI system, as well as some
other ultra-broadband OCT sources as reviewed in Sect. 3.1. Various schemes have
also been developed to improve the DOF of OCT systems as discussed in Sect. 4.1.

Recently, a new class of OCT systems, termed as Micro-OCT, has been
designed to benefit from all these resolution enhancement strategies. Through uti-
lizing a light source centered at 800 nm with extreme breadth from a supercon-
tinuum laser combined with an aperture shape that enhances the axial depth of scan,
Micro-OCT achieves 1-μm Axial, 2-μm lateral resolution [92, 104]. Both ex vivo
and in vitro imaging using such μOCT have been reported recently [92, 105]. New
miniature μOCT endoscopic probes are also being developed, and being validated
through experiments in swine airways [104] as well as atherosclerosis and valvular
disease imaging [106].

5.3 Gastrointestinal Endoscopy Imaging

Gastrointestinal (GI) endoscopy is another area that OCT system has found its
successful clinical applications. Since diseases of the GI tract are commonly
diagnosed by endoscopy, and the endoscopy process has certain inefficiencies, such
as, subjects are sedated; requiring a specialized setting, equipment, and medical
staff to monitor for adverse reactions, etc. Since these efficiencies cause the patient
treatment to be cost and time-consuming, hence, a novel, tethered opto-mechanical
pill [107] was invented recently. Such tethered capsule employs optical frequency
domain (OFDI) imaging technology to captures three-dimensional microscopic
images of the digestive organs after it has been swallowed. The capsule probe is
connected to a thin, string-like tether that allows the operator to control the position
of the capsule in the GI tract, effectuates a circumferential scan of the miniature
focusing optics in the pill, and transceives light to and from the capsule. Once
swallowed, the luminal organs constrict around the pill and gradually push it down
the GI tract under the natural propulsion force of peristalsis. When the capsule
probe has reached the distal-most region of interest, it is pulled back using the tether
again while imaging. Detailed implementation of such GI imaging system can be
found in [107].

The tethered capsule endomicroscopy opens up new possibilities for medical
screening and diagnosis of GI tract organs. Specifically, since no sedation or expert
operation is required in the imaging process, the tethered capsule endomicroscopy
can be conveniently done by a helper or patient him/herself without going to the
hospital. Therefore, such tethered capsule endomicroscopy reduces the workload
and save both diagnosis time and cost simultaneously.
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5.4 Modified Multimodal OCT Schemes

Lack of molecular contrast is one of the major drawbacks of OCT for biological
research and some of the clinical applications. There are generally two approaches
to compensate for this drawback. Several research groups have implemented var-
ious modified OCT schemes that have the capability to detect molecular contrast
agents or contrast agents that can potentially bind to a specific chemical or protein.
A hybrid optical imaging approach that can combine OCT’s ability to perform
high-resolution and excellent penetration depth imaging with fluorescence contrast
microscopy’s ability to elicit molecular contrast from the sample can dramatically
enhance the capability of clinicians and biomedical researchers to track biochemical
distribution and changes within tissue samples in question.

Pump-probe MCOCT [108] was the first reported approach for performing
molecular contrast (enhanced) OCT (MCOCT) imaging. With such scheme, an
optical excitation field changes the absorption cross-section of the dye at the OCT
probe wavelength by shelving the molecules into a relatively long-lived triplet state.
The major challenge with this technique lies in creating a sufficiently fast OCT
imaging system to acquire the OCT signal with the dye molecules in the short
transition duration in their transition state. To address such issues, some other class
of MCOCT, such as pump-suppression MCOCT, spectroscopic OCT, nonlinear
interaction based OCT and scattering based MCOCT, etc., have also been
developed.

Dual-mode microscopy is a hybrid optical imaging approach that can combine
OCT’s ability to perform high-resolution and high penetration depth imaging with
fluorescence contrast microscopy’s ability to elicit molecular contrast from the
sample. A dedicated dual-mode microscopy with combined molecular and mor-
phologic contrast machanism can dramatically enhance the clinicians’/
biomedical-researchers’ capability to track biochemical distribution and changes
within tissue. A number of dual-mode microscopy based schemes have been
demonstrated and been applied to in vivo imaging for different tissues in recent
years [109–111].

6 Conclusions

In the past years, continuous efforts have been devoted towards developing
high-resolution systems for cellular and subcellular imaging in OCT community.
The main objective of such efforts is for in vivo diagnostics with an accuracy that is
comparable to the histopathology. Apparently, cellular and subcellular imaging
requires improvement of both lateral and axial resolutions. This chapter gives a
review of the developments of SD-OCT systems with high axial- or/and
lateral-resolution. For axial resolution enhancement, various broadband band-
width light sources have been developed. As for lateral resolution, the conventional
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way using large NA objective beam improves the lateral resolution but with the
price of a reduced depth-of-focus. Consequently, extending DOF has turned out to
be a key part of the research on improving lateral resolution. The various DOF
extension techniques, including adaptive optics/digital-refocusing, axicon optics
and phase/amplitude apodization, are reviewed in this chapter. In addition, the
applications of high resolution OCT technologies for different tissue organ systems
have also been reviewed.

In the future, the advancements in high-resolution and long DOF OCT tech-
nologies will effectively expand the applications of OCT system in clinics as a
screening and/or diagnostic tool and improve its clinic values. By far, the most
successful translation of OCT into clinic routine is ophthalmic imaging, especially
for retinal disease detection. This is because OCT imaging has fairly good axial
resolution (<10 µm) and imaging depth up to 2–3 mm, which nicely meet the
requirement for examining the layer structure changes associated with eye diseases.
For similar reasons, OCT has also found a good application in intravascular
imaging. However, for OCT to be successfully adopted in other translational
clinical applications, such as stomach, esophagus, colon and lung, ultra-high res-
olution is highly desired to provide the insights of cellular and subcellular changes
at tissue level. Currently, clinical research work on correlating OCT imaging with
histopathological imaging has been ongoing. It is believed that high-resolution
OCT imaging should be able to significantly enhance the correlation. Besides its
potential clinic utilities, high resolution can further help extend OCT’s application
to research on disease mechanism, which is very critical for developing disease
prevention strategies.

In addition to the ultra-high-resolution requirement, some other key issues that
determine the performances of an OCT system also need to be addressed. The first
one is DOF extension problem. As discussed, although various schemes have been
proposed to extend the DOF of an OCT system, yet all these schemes are associated
with a serious issue of sidelobes. Such sidelobes, if not managed appropriately, will
introduce artifacts to OCT images and thus degrade the effective resolution of the
OCT system. The issue of insufficient DOF associated with high lateral resolution
OCT technologies will continue to be the major technical obstacle that prevents
OCT systems from wide deployment, despite of the multiple DOF extension
attempts. Technologies which can extend DOF without significantly sacrificing the
imaging sensitivity are highly desirable for clinically viable high lateral resolution
OCT devices.

Imaging speed as well as the inherent speckle noise is another problem that
needs to be addressed for the clinical application of OCT systems. While speed
limits the practical OCT imaging performance and requires relatively long time to
acquire dense 3D OCT data sets, speckle noise limits the contrast and SNR of OCT
images, making the interpretation of architectural morphologic features for clinical
diagnosis difficult. By far, extensive attentions have been paid to such issues and
various schemes have been proposed. Among such efforts, SS-OCT systems
achieve higher imaging speed as compared to SD-OCT, yet they still suffer from the
limited FWHM width of the laser source, and thereby, the system resolutions are
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lower. Similarly, even though various techniques, including spatial compounding
and digital signal processing algorithms, have been introduced to reduce speckle
noise, much more efforts are still needed for the future developments of OCT
systems.

OCT is a rapidly evolving technique. Although it still has various limitations in
resolutions, imaging speed, sensitivity and penetration depth, etc., it is believed that
OCT would find wider application areas in both clinical diagnosis and health care
systems in the future, due to rapid advancements of optic technologies. Specifically,
as one of the main technologies for OCT DOF extension, digital refocusing is
attracting more and more research interests, and could be a key technology for both
resolutions and DOF enhancement with acceptable system complexity. The
development of broadband swept light sources is another key technology for the
development of high-speed ultra-high resolution OCT systems. Moreover, the
miniature probe design together with the development of personal data cloud and
high-speed huge data processing units offer great potential for OCT to be applied in
both cosmetology and pathology. Further advances of OCT technology will bring
us to cellular or subcellular level imaging, and thus enable us to determine with
confidence what therapeutic strategies are most effective at mitigating risk, and how
individual patients would respond to their treatment in the future.
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