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1. Optical Coherence Tomography (OCT) Technology 
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Optical coherence tomography (OCT) is an emerging medical imaging and diagnostic technology, 
developed by our research group and collaborators in 1991 [1]. OCT has been investigated for 
applications in many biomedical areas [2]. OCT enables the visualization of tissue microstructure 
in situ and in real time with resolutions in the range of 1-10 μm. Previous studies have 
demonstrated that changes in tissue architectural morphology associated with early disease can 
be identified using OCT [3-6]. Current OCT systems often use superluminescent diodes (SLDs) 
that enable imaging with 10-15 μm axial resolution. These resolutions are typically insufficient for 
identifying neoplastic changes for cancer detection or tissue morphological and structural features 
for the detection of other pathologies. Advances in solid-state lasers and nonlinear fiber 
technology have enabled the development of ultrahigh resolution OCT techniques that promise to 
improve tissue differentiation and image contrasts. The recent development of Fourier domain 
OCT techniques (spectral OCT and swept source OCT) enables high speed three-dimensional 
imaging of biological tissues in vivo, which has potential for rapid, comprehensive imaging of 
large tissue volumes for improved clinical diagnosis. Figure 1.1 shows the principles of OCT 
imaging, progressing from a single axial scan to cross-sectional and three-dimensional imaging. 
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Figure 1.1. Principles of OCT imaging. OCT generates cross-sectional and three-
dimensional images of tissue microstructure and architectural morphology in vivo and in 
real time. 
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1.1 Ultrahigh-Resolution and High-speed OCT 
 
The axial resolutions of conventional OCT imaging studies are typically in the range of 10-15 µm. 
Our group pioneered the development of ultrahigh-resolution OCT imaging, achieving axial 
resolutions ~2-3 µm in the human eye and ~1 µm in other applications [1-3]. The axial resolution 
in OCT images is inversely proportional to the optical bandwidth and proportional to the square of 
the central wavelength of the light source. Enhancing the resolution of OCT images continues to 
be a very active field of research [4, 5]. Ultrahigh resolution OCT requires extremely broad 
bandwidths because of the λo

2/Δλ dependence, where ∆λ is the bandwidth and λo is the median 
wavelength of the light source. This is particularly the case for the spectral region between 0.8 
µm and 1.5 µm. This spectral region is of great interest for OCT research because of the high 
penetration depth in biological tissue. 
 
In order to achieve high resolution, broad bandwidth light sources are required.  
Superluminescent diode light sources are commonly used in OCT because of their compact size 
and low cost.  However, traditional superluminescent diode light sources have limited bandwidths 
and axial image resolutions are typically 10 µm. Femtosecond lasers are ideal light sources for 
ultrahigh-resolution OCT because they can generate the extremely broad bandwidths necessary 
for ultrahigh-resolution imaging. Previously, we demonstrated OCT imaging with resolutions of 1 
µm at 800 nm and 5.1 µm at 1300 nm in biological tissue by using solid-state mode-locked lasers 
as well as nonlinear fiber sources [2, 6, 7]. We have investigated compact, portable light sources 
for ultrahigh resolution OCT imaging at wavelengths of 890 nm, 1300 nm, and 1500 nm to enable 
more widespread ultrahigh resolution and spectroscopic OCT imaging to be performed in clinical 
settings [8, 9]. Recently, we demonstrated OCT imaging with < 5 μm resolution in tissue at 1300 
nm and < 3 μm resolution at 800 nm using continuum generation in a single photonic crystal fiber 
with a parabolic dispersion profile and two closely spaced zero dispersion wavelengths [10]. 
 
In addition to improvements in OCT axial resolution, dramatic improvements in OCT imaging 
speed have recently become possible. Conventional OCT systems perform measurements of the 
echo time delay of backscattered or backreflected light by using an interferometer with a 
mechanically scanned optical reference path [11-13]. Measurements of the echo delay and 
magnitude of light are performed by mechanically scanning the reference path length, so that light 
echoes with sequentially different delays are detected at different times as this reference path 
length is scanned. Hence, these systems are known as “time domain” systems. Recently, novel 
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OCT detection techniques have emerged that do not require mechanical scanning and achieve 
very high detection sensitivities, enabling OCT imaging with a ~15 to 50x increase in imaging 
speed over standard resolution OCT systems and ~100x over conventional ultrahigh-resolution 
OCT systems. These “spectral /Fourier domain” techniques measure the echo time delay of light 
by Fourier transforming the interference spectrum of the light signal [14, 15]. Different echo time 
delays of light produce interference fringe spectra with different frequencies. Fourier domain OCT 
offers significantly improved sensitivity and imaging speed compared to time domain OCT [16-18]. 
Fourier domain OCT detection can be performed in two ways: spectral OCT using a spectrometer 
with a multichannel analyzer [14, 15, 19-21] or swept source OCT using a rapidly tunable laser 
source [22-25]. 
 
Fourier domain OCT is especially promising for ultrahigh resolution clinical imaging because it 
overcomes imaging speed limitations of time domain OCT. For ophthalmic imaging, it is possible 
to use these techniques to form 3-dimensional (3D) maps of the macula and optic disk [21, 26]. 
This also enables cross-registration of three-dimensional data sets with fundus photographs, for 
more accurate diagnosis of disease and evaluation of treatment. Similar benefits are obtained for 
endoscopic OCT applications in the gastrointestinal tract [27]. Here, the high speed of Fourier 
domain techniques enables high spatial sampling densities over large fields of view. Small, 
clinically-relevant structures can be visualized and measured in 3D, leading to a more 
comprehensive tool for tissue analysis. In addition, Fourier domain OCT has the advantage of 
providing direct access to the spectral fringe pattern, enabling a wide range of novel applications. 
Fourier domain OCT can be used for absorption measurement [28], Doppler techniques can be 
used to image blood flow [29, 30], and the complex Fourier domain signal can be directly 
measured to double the axial measurement scan range [31, 32]. 
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1.2.1 Spectral/Fourier Domain OCT 
 
Spectral / Fourier domain detection techniques measure the echo time delay of light by using an 
interferometer with a broadband light source and a spectrometer with a multichannel analyzer. 
Figure 1.2a shows a basic spectral OCT interferometer. As shown, broadband light is split 
between a reference and sample arm, light is backreflected from the reference arm, and 
backscattered or backreflected from the sample arm, and the resulting intensity is detected using 
a spectrometer. The spectrum of the interferometer output is acquired and processed[1-5]. 
Backreflection or backscattering from the tissue at different delays produces oscillations or fringes 
in the interference spectrum, as shown in Figure 1.2b. Increasing delay differences produce 
higher frequency oscillations. The magnitude and delay of the light from the tissue can be 
measured by Fourier transforming the interference spectrum, as shown in Figure 1.2c. In spectral 
/ Fourier domain detection, the sensitivity, or one over the smallest detectable reflection, RS, is 
given by: 1/RS = ηPTexp /(hv), where P is the source power, Texp is the exposure time, η is the 
detection efficiency, and hv is the photon energy. With spectral / Fourier domain detection, the 
exposure time is approximately the axial scan time TA-scan, therefore TA-scan ≈ Texp. In conventional 
time domain OCT, light from different time delays is detected sequentially, so assuming an axial 
scan time of TA-scan, the exposure time is approximately TA-scan /M, where M is the number of 
resolvable elements in one axial scan, defined as the total axial measurement range divided by 
the axial resolution. Because light exposure levels in the eye are limited, the imaging speed 
possible with a time domain detection system is limited by the minimum sensitivity required for 
good image quality. Spectral OCT has a sensitivity advantage, thus making it possible to image 
with ultrahigh resolution and high speed. Spectral / Fourier domain detection has a sensitivity 
advantage proportional to the number of resolvable elements in an axial scan. This sensitivity 
advantage is typically ~30 dB, enabling dramatic increases in imaging speeds[1, 6-9]. With 
shorter exposure times, spectral OCT is less sensitive to subject motion than conventional time 
domain OCT. 
 
Using these latest technological advances in OCT, we have designed and constructed a portable, 
high-speed ultrahigh resolution spectral OCT system which can achieve axial image resolution of 
~3 µm and can perform high-speed, video-rate OCT imaging in the ophthalmology clinic. This 
high-speed UHR-OCT prototype can be operated using either a femtosecond laser or a 
broadband superluminescent SLD as imaging light source. In our early studies, we developed a 
low threshold femtosecond Ti:Sapphire laser that was used in the ophthalmology clinic for a 
period of three years. However, recent advances in multiplexed SLD light sources enable image 
resolutions of 3.5 µm.  These broadband multiplexed SLD provides an easy to operate and 
relatively inexpensive light source for clinical UHR-OCT imaging. The combination of high image 
acquisition speed and ultrahigh OCT axial resolution promises to yield significant improvements 
in the clinical utility of high-speed ultrahigh resolution OCT systems over currently available 
prototype and commercial OCT systems. 
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Figure 1.2. Schematic of spectral / Fourier domain OCT detection.  (A) A broadband light 
source illuminates a Michelson interferometer consisting of a reference and a sample arm. 
(B) The interference spectrum is recorded by the CCD. (C)  After Fourier transformation, 
the magnitude and echo time delay of backscattered or backreflected light is determined. 

 
 
 
 

 
Figure 1.3. Schematic diagram of high-speed ophthalmic OCT instrument using Spectral/ 
Fourier domain detection.  

 
 
Figure 1.3 shows a schematic of the high-speed, UHR-OCT ophthalmic system using 
spectral/Fourier domain detection [4]. Light from a broadband light source is split between the 
sample and reference arms of an interferometer. Light in the reference arm is attenuated and 
reflected from a stationary mirror at a fixed delay. Light in the sample arm is directed though two 
galvanometer-actuated steering mirrors and relay imaged through the pupil onto the retina. The 
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transverse spot size on the retina is estimated to be 20 um, but depends on factors such as 
aberrations and refractive powers of different eyes. The galvanometer actuated mirrors can scan 
the OCT beam across the retina in any arbitrary pattern in order to perform cross-sectional 
imaging [10]. Cross sectional OCT data was acquired by scanning the OCT beam on the retina 
under computer control. The incident light power on the eye is 750 µW, the same exposure used 
in commercial ophthalmic OCT systems and consistent with ANSI safety standards. The 
spectrum of the interferometer output is detected using a spectrometer consisting of a collimating 
lens, transmission grating, imaging lens, and CCD line scan camera. The interference spectrum 
data from the camera was transferred to computer system memory where it was rescaled from 
wavelength to frequency and Fourier transformed to generate axial measurements of the echo 
delay and magnitude of light from the retina.  An example of clinical imaging using the high-speed, 
ultrahigh resolution OCT instrument with spectral / Fourier domain detection is shown in Figure 
1.4. 
 

 
 

Figure 1.4.  High-speed ultrahigh resolution imaging with spectral / Fourier domain OCT.  
(A) A 68-year-old woman diagnosed with a stage 2 full-thickness macular hole in her right 
eye.  Both the StratusOCT (B) and high-definition, 8192 transverse pixel, high-speed, 
ultrahigh-resolution OCT (C) images clearly show a macular hole and intraretinal cysts.  
The high-definition OCT image enables better visualization of cystic changes and 
photoreceptor impairment. (NFL – nerve fiber layer, IPL – inner plexiform layer, INL – 
inner nuclear layer, OPL – outer plexiform layer, ONL – outer nuclear layer, ELM – 
external limiting membrane, IS/OS – photoreceptor inner segment/outer segment junction, 
PR OS – photoreceptor outer segments, RPE – retinal pigment epithelium) 

 
Figure 1.4 shows a comparison of standard resolution (10 μm resolution image from the 
commercial Zeiss StratusOCT instrument) and high-speed, ultrahigh resolution (from our 
research prototype instrument) images from a 68-year-old woman with a stage 2 full-thickness 
macular hole. Both the standard resolution StratusOCT image (Figure 1.4b) and the high-
definition, 8192 axial scan, ultrahigh resolution OCT image (Figure 1.4c) depict a macular hole. 
However, the high-definition, ultrahigh resolution OCT image enables better visualization of the 
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intraretinal layers and cysts, as well as the photoreceptor outer segments.  Ultrahigh resolution 
OCT may provide information about photoreceptor integrity that may eventually help to predict the 
patient’s visual outcome after the macular hole has closed. 
 
References 
 
[1] R. Leitgeb, C. K. Hitzenberger, and A. F. Fercher, "Performance of Fourier domain vs. 

time domain optical coherence tomography," Optics Express, vol. 11, pp. 889-894, 
2003/04/21 2003. 

[2] R. Leitgeb, M. Wojtkowski, A. Kowalczyk, C. K. Hitzenberger, M. Sticker, and A. F. 
Fercher, "Spectral measurement of absorption by spectroscopic frequency-domain 
optical coherence tomography," Optics Letters, vol. 25, pp. 820-2, 2000/06/01 2000. 

[3] P. Targowski, M. Wojtkowski, A. Kowalczyk, T. Bajraszewski, M. Szkulmowski, and W. 
Gorczynska, "Complex spectral OCT in human eye imaging in vivo," Optics 
Communications, vol. 229, pp. 79-84, JAN 2 2004. 

[4] M. Wojtkowski, R. Leitgeb, A. Kowalczyk, T. Bajraszewski, and A. F. Fercher, "In vivo 
human retinal imaging by Fourier domain optical coherence tomography," Journal of 
Biomedical Optics, vol. 7, pp. 457-463, 2002/07/ 2002. 

[5] M. Wojtkowski, A. Kowalczyk, R. Leitgeb, and A. F. Fercher, "Full range complex spectral 
optical coherence tomography technique in eye imaging," Optics Letters, vol. 27, pp. 
1415-17, 2002/08/15 2002. 

[6] M. A. Choma, M. V. Sarunic, C. H. Yang, and J. A. Izatt, "Sensitivity advantage of swept 
source and Fourier domain optical coherence tomography," Optics Express, vol. 11, pp. 
2183-2189, SEP 8 2003. 

[7] J. F. de Boer, B. Cense, B. H. Park, M. C. Pierce, G. J. Tearney, and B. E. Bouma, 
"Improved signal-to-noise ratio in spectral-domain compared with time-domain optical 
coherence tomography," Optics Letters, vol. 28, pp. 2067-2069, Nov 1 2003. 

[8] M. Wojtkowski, T. Bajraszewski, P. Targowski, and A. Kowalczyk, "Real-time in vivo 
imaging by high-speed spectral optical coherence tomography," Optics Letters, vol. 28, 
pp. 1745-1747, 2003/10/01 2003. 

[9] S. H. Yun, G. J. Tearney, J. F. de Boer, N. Iftimia, and B. E. Bouma, "High-speed optical 
frequency-domain imaging," Optics Express, vol. 11, pp. 2953-2963, Nov 3 2003. 

[10] M. R. Hee, J. A. Izatt, E. A. Swanson, D. Huang, J. S. Schuman, C. P. Lin, C. A. Puliafito, 
and J. G. Fujimoto, "Optical coherence tomography of the human retina," Archives of 
Ophthalmology, vol. 113, pp. 325-332, Mar 1995. 

 
1.2.2 Swept Source OCT Imaging 
 
Spectral / Fourier domain OCT detection using frequency-swept lasers provides a powerful 
approach for OCT imaging that is complementary to spectral detection. These so-called “swept 
source OCT” systems typically employ a broadband, rapid frequency-swept laser source and 
InGaAs photodetectors to perform Fourier domain OCT imaging without the use of a 
spectrometer [1-4]. Swept source OCT detection optics and electronics are generally simplified 
compared to spectral domain systems. Detecting the interference fringe spectrum as a function of 
time allows single photodetectors to be used, which typically results in higher sensitivity than 
detector arrays used in spectral domain systems. Recent advances in swept laser technology 
have resulted in higher imaging speeds than spectral domain systems, although emerging 
camera technology has narrowed this gap somewhat.  Finally, swept lasers can be constructed at 
a variety of wavelengths such as 800 nm, 1060 nm, and 1310 nm, giving swept source OCT 
systems more flexibility in trade-offs between tissue penetration and image resolution.  
 
Figure 1.3 illustrates the concept of swept source OCT imaging using a swept laser and a 
Michelson interferometer. The output from the laser can be thought of as a heavily chirped optical 
signal. The source light is split into two parts by a beamsplitter. One beam travels a fixed distance 
and reflects off of a reference surface, setting the reference distance for the interferometer. The 
other beam strikes the sample of interest, where light is backscattered from structures at various 
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depths within the sample. Each backscattering event produces an attenuated, time-delayed copy 
of the incident frequency sweep, which travels back to the beamsplitter and interferes with the 
reference beam. This interference is measured as a function of time using a high-speed 
photodetector.   
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Figure 1.3. Principle of Fourier domain OCT imaging using a rapidly swept laser source. 
 
As shown in Figure 1.3, the resulting interference fringes contain radio-frequency (RF) beat 
frequencies that correspond to the depth of each backscattering centre or backreflecting surface 
in the sample. If the sample produces a single reflection, as is assumed in Figure 1.3, a single-
frequency RF modulation will be created on top of the optical carrier signal. The modulation 
frequency is directly proportional to the difference in optical path traveled by the sample and 
reference beams. The photodetector, which is sensitive to optical intensity, is typically band-
limited to several hundred MHz and therefore outputs only the RF modulation. For a biological 
sample, each of the numerous backscattering centers within the tissue creates a unique RF 
modulation frequency. A computer digitizes the interference fringes detected by the photodiode 
and performs a Fourier transformation to generate a single axial line. The beam can be translated 
over the sample in order to form 2D or 3D OCT images. 
 
In practice, a fiberoptic Michelson interferometer is typically used for OCT imaging [5]. Figure 1.4 
illustrates a typical swept source OCT imaging setup. A small portion (~5%) of the laser output is 
tapped off and routed to an asymmetric Mach-Zehnder interferometer (MZI), which is used for 
calibrating the sweep. Prior to Fourier transformation to form each axial line, the interference 
fringes must be evenly spaced in optical frequency. The frequency sweeps of swept laser 
sources are not linear in time, however. Therefore the frequency spacing of the MZI fringes are 
analyzed and used to resample the OCT fringes onto a uniformly-spaced frequency grid [6]. A 
highly efficient, dual-balanced Michelson interferometer is used to detect the OCT signal. In this 
configuration, intensity noise from the laser source is cancelled out and the effective signal level 
is doubled by subtracting two out-of-phase interference fringes. The sample beam is scanned 
over the target by a pair of XY mirrors. An A/D card is synchronized to the laser sweep and is 
used to record the calibration and OCT signals. A computer then resamples the OCT signals, 
carries out a Fourier transform, and produces a final image. 
 
Several types of swept lasers have been developed for use in OCT imaging systems. Swept 
lasers incorporate a tunable wavelength-selective filter element inside the cavity in order to 
produce a variable optical frequency over time. Two early studies were performed by our group 
with bulk optic designs, one using a Cr:Forsterite laser operating at 1250 nm with a sweep rate of 
10 Hz [1], and another using an external cavity diode laser operating at 800 nm with a sweep rate 
of 2 kHz [2]. An all-fiber ring laser employing a fiber Fabry-Perot (FFP) tunable filter has been 
demonstrated at a sweep rate of 200 Hz [6]. Hybrid bulk optic and fiber cavity designs using a 
fiber-coupled semiconductor amplifier as a gain medium and a diffraction grating for wavelength 



Chapter 16.   Laser Medicine and Biomedical Optical Imaging 
 

16-11 

selection have also been developed. For these designs, frequency sweep rates of up to 115 kHz 
have been achieved using a polygon rotating mirror to sweep the operating wavelength [7]. 
 
 

 
 

Figure 1.4. Schematic of OCT system used for swept source imaging. MZ: Mach-
Zehnder. 

 
In swept source OCT imaging, the imaging speed is equal to the sweep rate of the laser. The 
imaging depth and axial resolution are related to the instantaneous linewidth and total tuning 
range of the laser, respectively. Therefore for high-quality, high-speed OCT imaging it is desirable 
to utilize a laser with a high sweep rate, narrow instantaneous linewidth, and broad tuning range. 
Recently, our lab has developed a new class of frequency-swept sources called Fourier Domain 
Modelocked (FDML) lasers [8-11]. These lasers precisely synchronize the wavelength selective 
element, typically an FFP filter, to the optical roundtrip time of the cavity. Each wavelength in the 
sweep perceives the filter to be stationary, allowing all of the wavelengths to build up and lase 
simultaneously within the cavity. This is termed “quasi-stationary” operation, and results in an 
unprecedented combination of sweep speed, instantaneous linewidth, and tuning range. 
Traditional swept sources, in comparison, require lasing to build up from the amplified 
spontaneous emission background every time the filter wavelength is shifted. This non-stationary 
operation forces a tradeoff between sweep speed and the other performance characteristics [4]. 
 
FDML lasers have been demonstrated with sweep rates of up to 370 kHz at a center wavelength 
of ~1300 nm, achieving OCT imaging speeds of 370,000 A-scans per second [9]. FDML lasers 
have also been demonstrated with sweep rates of 236 kHz at a center wavelength of ~1060 nm 
[11], which is useful for ophthalmic OCT imaging in the water absorption window. Sweep 
bandwidths are typically 100 – 170 nm (full width). At these extremely high sweep speeds, OCT 
imaging is limited by the photodetector bandwidths (350 MHz) and A/D rates (200 MS/s). For 
example, in order to perform real-time imaging at 370 kHz over a depth range of 2 mm, it is 
necessary to use a digital oscilloscope with a 5 GS/s acquisition rate instead of a standard 
analog-to-digital card in order to capture every sweep. 
 
Swept source OCT imaging has been performed in several applications where rapid acquisition at 
1300 nm is highly desirable. Figure 1.5 gives an example of OCT imaging in developmental 
biology samples at 100,000 A-scans per second [12] {Jenkins, 2007 #2870}. Due to the extremely 
high speed of the swept source OCT system, rapid dynamics of the developing avian embryo 
heart could be captured. 3D volumetric movies preserved a high temporal resolution while 
simultaneously enabling visualization of complex structural dynamics of the heart. Other 
applications for high-speed 3D-OCT imaging include 3D optical biopsy of the colon and 
esophagus, organ transplant models, and high-speed cellular-resolution optical coherence 
microscopy. These applications are discussed below in sections 3 and 4. 
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Figure 1.5. Single frames from a 3D movie of a developing avian embryo heart, acquired 
using an FDML laser operating at 100,000 sweeps per second. Left, Sobel filtered 
volumetric data highlights boundaries between the heart and surrounding connective 
tissue. Right, segmented volumetric data highlights the 3D structure of the heart. 
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2. Ophthalmic OCT 
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Since its development in 1991, OCT has become a standard diagnostic technique in 
ophthalmology. Our group was responsible for the invention of OCT and the initial development 
and commercialization of OCT for ophthalmology. The first demonstration of OCT was published 
in Science in 1991 [1]. Released in 2002, the third generation commercial ophthalmic OCT device, 
the Stratus OCT (Carl Zeiss Meditec, Dublin, CA), had an axial resolution of 10 µm and could 
acquire 400 axial scans per second. With improved technology and the availability of extensive 
clinical data, OCT has become a standard of care in ophthalmology. 
 
Recent advances in OCT known as “spectral” or “Fourier domain” detection have greatly 
improved imaging speed. Current commercial ophthalmic devices based on spectral / Fourier 
domain detection have 5-7 µm axial resolution and operate at 20,000-40,000 axial scans per 
second. Research advances pioneered by our group include ultrahigh resolution OCT [2] with 
resolutions as fine as 2-3 µm, and ultrahigh-speed OCT imaging, with speeds of over 250,000 
axial scans per second. Our current research focuses on developing novel ultrahigh-speed and 
ultrahigh resolution OCT for clinical and fundamental research applications.  
 
In retinal pathologies, prognosis is significantly improved by detecting disease during its early 
stages. Early-stage retinal disease is often characterized by small changes in architectural 
morphology or physiology. There is a need to screen the retina for such changes 
comprehensively. Quantitative, objective markers for disease progression and response to 
treatment are required. A high-speed UHR-OCT prototype developed by our group enables three-
dimensional imaging of the retina, acquiring comprehensive micron-scale structural information 
necessary for early detection of retinal disease. This instrument has been used in the 
ophthalmology clinic for imaging a range of retinal pathologies. In addition to performing 
qualitative cross-sectional studies of retinal diseases, our group is developing segmentation 
algorithms and visualization methods for quantitative analysis of OCT images. We are also 
performing clinical studies at the New England Eye Center and University of Pittsburgh Medical 
Center to assess the ability of high-speed UHR OCT to track disease progression and response 
to treatment.  Another active area of research is structural and functional OCT imaging in the 
murine (rat and mouse) eye model [3, 4]. Finally, our group is developing novel technologies for 
OCT imaging of the retina. Using ultrahigh-speed OCT, retinal imaging has been performed at 
speeds of 312,000 axial scans per second at 850 nm using spectral / Fourier domain OCT, and at 
250,000 axial scans per second at 1060 nm using swept source OCT.  Technological advances 
and new wavelength ranges may enable new OCT imaging paradigms such as functional OCT 
imaging of the retina. 
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2.1 Technology for Clinical Ophthalmic OCT 
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Figure 2.1. Schematic of the OCT technologies used for ophthalmic imaging.  A) Time-
domain OCT.  B) Spectral / Fourier domain OCT. C) Swept source OCT. D) Retinal 
scanning module common to all three methods of OCT.  Fourier domain detection 
methods (B-C) enable sensitivity / speed improvement compared to time-domain OCT. 

 
 
Figure 2.1 shows OCT technologies used for ophthalmic imaging.  In conventional “time-domain” 
OCT, a low coherence light source is used with a Michelson interferometer with a sample arm 
and a reference arm. [1] The reference path is varied in time to generate a profile of 
backscattering or backreflectance vs. depth, as shown in Figure 2.1A, OCT has had a significant 
clinical impact in ophthalmology, where the Stratus OCT system for retinal OCT imaging (Carl 
Zeiss Meditec, Dublin, CA) is now in widespread clinical use. Recently, new Fourier domain OCT 
detection methods [5-8] have enabled dramatic increases in speed over conventional OCT 
detection methods. These methods are called “Fourier domain” because they detect the 
interference spectrum and do not require mechanical scanning of the reference path length in 
time. Fourier domain OCT has two known embodiments. The first embodiment, “spectral / Fourier 
domain” OCT, uses a broadband light source and a high-speed, high resolution spectrometer for 
detection [5, 6, 9-11]. The second embodiment, “swept source” OCT, uses a frequency tunable 
light source and a photodiode or pair of photodiodes for detection [7, 8, 12, 13].  Figure 2.1 shows 
time-domain OCT (A), spectral / Fourier domain OCT (B), swept source OCT (C), and the retinal 
scanning module used for retinal imaging (D). The retinal scanning module is common to all of 
the three OCT technologies shown, resulting in an identical patient interface. 
 
Clinical studies are performed with our collaborators in the ophthalmology clinics of the New 
England Eye Center (NEEC) and University of Pittsburgh Medical Center (UPMC). Two prototype 
ophthalmic OCT imaging systems using spectral / Fourier domain detection and compact 
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superluminescent diodes were built and installed previously. These high-speed UHR OCT 
systems achieve imaging speeds of 25,000 axial scans per second with ~3 μm resolution, 60x 
faster than the commercial Stratus OCT, which has ~10 μm resolution. We are continuing to 
enroll patients in our in vivo, non-invasive imaging studies on various ocular diseases such as 
age-related macular degeneration (AMD), glaucoma, macular holes, macular edema, central 
serous chorioretinopathy, epiretinal membrane, retinal pigment (RPE) detachment and retinitis 
pigmentosa.  
 
To visualize retinal pathologies we developed several different scan protocols. Scan patterns 
initially proposed by our group for time-domain systems have been implemented in commercially 
available devices [14, 15]. However, to take advantage of the enhanced performance of high-
speed spectral/Fourier domain OCT, novel imaging protocols are required. Therefore, we 
developed several novel imaging protocols. The first one acquires a small number of 6 mm high-
definition images (8192 A-scans x 3 B-scans). It is especially useful for patients with opaque 
media or other conditions that result in a low OCT signal, as transverse pixel averaging can be 
used to increase the signal-to-noise ratio. The second protocol (Figure 2.2 a) acquires a series of 
high transverse pixel density images in a 6 mm x 6 mm raster pattern (2048 A-scans x 21 B-
scans). The third protocol (Figure 2.2 b) acquires three-dimensional OCT (3D OCT) data. It 
achieves comprehensive retinal coverage, taking measurements on a 6 mm x 6 mm area with a 
spacing of 12 µm x 33 µm between axial scans. The large set of cross-sectional images can be 
useful for tracking pathologies in three dimensions, or detecting small focal pathologies. The 
fourth scanning pattern (Figure 2.2 c) consists of 24 radial scans with 1500 lines, centered at the 
fovea. This protocol samples most densely in the fovea, the region of the retina most important in 
determining visual acuity. This protocol can be used to map intraretinal layers. 
 

 
 

Figure 2.2. Selected scanning protocols for the high-speed UHR-OCT clinical instruments 
are shown. A series of high transverse pixel density images in a 6 mm x 6 mm raster 
pattern may be acquired (a).  In addition, a three-dimensional raster scan pattern (b) or a 
radial scan pattern (c) may be performed. 

 
 
2.2 Ultrahigh resolution OCT Study of Retinal Pathologies 
 
High-speed UHR-OCT has a number of advantages over previous OCT instruments including 
improved image quality, preservation of retinal topography, improved retinal coverage [16]. 
Images obtained using this technique show new features (reflective bands) at the level of the 
photoreceptors and retinal pigment epithelium (RPE) which were not previously visible on slower, 
lower resolution systems. Three-dimensional (3D) OCT imaging enables the creation of an OCT 
fundus image which shows features such as blood vessels. Individual cross-sectional OCT 
images are automatically registered to the OCT fundus image. This enables correlation of 3D 
OCT findings with standard ophthalmic examination. 
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Figure 2.3.  Stratus OCT (A) and high-speed UHR OCT (B) scans of a patient with dry 
AMD. Enlarged image of the fovea showing the retinal layers with ultrahigh resolution (C). 
(ILM – internal limiting membrane, ELM – external limiting membrane, IS / OS - inner 
segment / outer segment photoreceptor junction, RPE – retinal pigment epithelium) 
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Figure 2.4. (A)  Color fundus photograph (left), fluorescein angiogram (center), and OCT 
fundus image and cross-sectional image (right) from a 68 year old woman with wet AMD. 
(B) High pixel density image prior to treatment demonstrating thickening of the RPE (1) 
and thinning of the outer nuclear layer (2) with intraretinal fluid.  Bruch’s membrane is 
outlined by asterisks.  (C)  Three dimensional reconstruction prior to treatment showing 
the fibrovascular lesion volume.  (D)  High pixel density image of the same patient one 
month after treatment with ranibizumab (anti-VEGF injection).  The retinal contour has 
improved due to resolution of intraretinal fluid.  (E)  Three-dimensional reconstruction one 
month after treatment.   
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High-speed UHR OCT provides new information about retinal structure that complements 
standard diagnostic techniques like fluorescein angiography (FA), indocyanine green angiography 
(ICG) or fundus photography by visualizing micron-scale pathological changes. Clinical studies 
are performed with our collaborators in the ophthalmology clinics of the New England Eye Center 
(NEEC) and University of Pittsburgh Medical Center (UPMC). Cross-sectional as well as 
longitudinal studies of pathologies are necessary in order to validate the technology. Cross-
sectional studies [16, 17] illustrate features characteristic of retinal pathologies and aid in the 
correct interpretation of OCT images. They can also serve as motivation for future, more involved 
longitudinal investigations. Detailed qualitative and quantitative analysis of UHR OCT images 
allows for characterization of early markers of pathologies and improved understanding of 
pathogenesis. Clinical studies using several generations of prototype instruments have been 
performed at the New England Eye Center, the University of Pittsburgh Medical Center, and 
collaborating institutions over the past 15 years. Retinal diseases including macular holes [18-21], 
glaucoma [22-25], and age-related macular degeneration [16, 17, 26, 27] have been studied.  
Numerous clinical studies involving a range of pathologies and other clinical findings have been 
performed as well [21, 28-41]. 
 
Recently, monitoring of age-related macular degeneration (AMD) has been identified as a high-
impact area of investigation due to the promising treatments which have recently become 
available. AMD is a degenerative and progressive condition which represents the leading cause 
of blindness in the United States and usually affects people over the age of 50.  AMD exists in 
two forms:  non-exudative (dry) and exudative (wet), although the clinical presentation can vary 
significantly. In one study, we investigated objective methods of monitoring dry AMD. We 
manually measured central foveal thickness (CFT) and foveal outer segment pigment epithelium 
thickness (FOSPET) in 46 eyes diagnosed with dry AMD, including geographic atrophy.  We 
found no correlation between the difference of CFT and FOSPET measurements (which is 
equivalent to the thickness measurements made by the standard Stratus OCT) and visual acuity. 
By contrast, both the CFT and FOSPET measurements showed a negative correlation with visual 
acuity. This suggests that alternatives to the conventional Stratus OCT macular map, which 
excludes the photoreceptor outer segments and RPE, should be investigated for monitoring dry 
AMD. In particular, analysis of outer retinal features visualized by UHR OCT may better predict 
visual outcomes. Figure 2.3 shows a comparison between Stratus OCT and high-speed UHR 
OCT imaging of dry AMD. 
 
In a separate study, we characterized normal outer retinal morphology by automated 
segmentation of the outer retinal scattering bands in high-speed UHR OCT images. Quantitative 
thickness mapping of the photoreceptor inner segments, outer segments, and the RPE was 
performed in 43 normal subjects [42]. These results established a normative baseline for outer 
retinal morphology and will aid in distinguishing between normal and disease states.  
 
In another study, wet AMD was studied longitudinally before and after ranibizumab (anti-VEGF) 
injection in 12 eyes of 12 patients. The results showed a reduction in sub-RPE and sub-retinal 
fluid after injection (p=0.01), with no detectable change in fibrovascular lesion volume (p=0.26).    
Figure 2.4 shows an example of a case of wet AMD, where ranibizumab treatment has reduced 
intraretinal fluid. However, fibrovascular lesion volume and regions of focal outer nuclear layer 
(photoreceptor) thinning have remained virtually unchanged. These results suggest that while 
ranibizumab improves overall retinal architecture, some photoreceptor damage may be 
irreversible.  These results also demonstrate the utility of ultrahigh resolution imaging to visualize 
the photoreceptors. 
 
In addition to the ongoing work mentioned above, a number of additional studies have been 
performed with our ultrahigh resolution clinical prototype systems, including work investigating the 
persistence of Cloquet’s canal in normal healthy eyes [37], spectral oximetry [43], corneal 
pathologies [38], quantitation of nerve fiber layer thickness [40, 41], glaucoma findings [39, 44], 
analysis of posterior retinal layers [45], and studies on various other retinal pathologies [21, 27, 
29-32, 34-36, 46-49]. This body of work helped to demonstrate the utility of high resolution and 
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high-speed OCT imaging in the diagnosis and management of a number of retinal pathologies.  
Recently, a number of commercial high-speed, high resolution spectral / Fourier domain OCT 
systems were introduced. 
 
Besides our clinical prototype high-speed UHR OCT system, commercial spectral / Fourier 
domain OCT systems including Zeiss Cirrus HD-OCT, Optovue RTVue, and Topcon 3D OCT-
1000 were also fielded to compare the imaging quality and diagnostic capability with the 
StratusOCT system. We reported normal macular thickness measurements and assessed 
reproducibility of retinal thickness measurements acquired by time-domain optical coherence 
tomography (Stratus OCT3) and the three commercial spectral / Fourier domain OCT instruments. 
Forty randomly selected eyes of 40 normal, healthy volunteers were scanned twice on all 4 
instruments in random order during an initial visit. A subset of 25 subjects was scanned during a 
second visit within 8 weeks. The results show the reproducibility and error in the various scanning 
protocols of the commercial instruments, and demonstrated that measurements across systems 
should not be used interchangeably due to differences in imaging hardware and software 
segmentation.  
 
2.3 Visualization Methods for Ophthalmic Imaging 
 
High-speed spectral / Fourier domain OCT enables three dimensional (3D) imaging of retinal 
pathology. However, comprehensive analysis of 3D OCT data sets can be challenging. Therefore, 
new methods are needed to enhance visualization of pathology without viewing large numbers of 
images. One possible approach is automatic segmentation of pathology. However, segmentation 
can be unreliable if the continuity of layers is disrupted or the image contrast is changed by 
disease. To address this limitation, we developed a method of enhancing en face visualization of 
retinal structure by displaying pathology in selected retinal levels relative to the retinal pigment 
epithelium (RPE) contour. This method, called projection OCT fundus imaging, requires the 
detection of the RPE contour, and does not rely on precise segmentation of individual layers. 
Information from levels parallel to the RPE reference contour is displayed in the form of projection 
fundus images which can be correlated with standard ophthalmic diagnostics. Features such as 
drusen, RPE atrophy, and pigment migration are clearly visualized in projection OCT fundus 
images. Displaying these findings relative to retinal features such as vasculature, enables quick 
and intuitive assessment of the positions and areas of lesions. These attributes may help improve 
diagnostic efficiency. Figure 2.5 shows projection OCT fundus imaging of a macular hole. The 
cystic structures can be visualized using projection OCT fundus imaging of the inner retina. 
 
To summarize, ultrahigh resolution 3D OCT can visualize microstructural changes in the retina. 
However, since 3D OCT data sets are large, sequential analysis of cross-sectional images is 
impractical. Projection OCT fundus imaging visualizes retinal pathology in a small number of en 
face images, facilitating rapid analysis of the overall state of the fundus. The visualization of 
disease is achieved by rejecting signal from unwanted depth ranges, thereby enhancing contrast 
to pathology developing in specific retinal levels. The source of contrast is therefore the 
topography of the pathology. Projection OCT fundus imaging has the advantage that it requires 
only a single segmentation step, using the highly visible RPE boundary to estimate the retinal 
contour, rather than detailed retinal layer boundaries. Projection OCT fundus imaging is therefore 
more robust than advanced methods attempting to segment pathologically changed retinal layers. 
Projection OCT fundus images display pathology in en face images and therefore can be 
correlated with standard diagnostics. Projection OCT fundus imaging is a robust qualitative 
method of 3D OCT data visualization which provides information complementary to standard 
ophthalmic diagnostics.  
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Figure 2.5. Projection OCT fundus imaging of a macular hole. The OCT fundus image (b) 
visualizes an abnormal hyporeflective feature in the fovea. A set of projection images from 
the inner retina (c), outer nuclear layer (d) and retinal pigment epithelium (e) levels reveal 
more details of the pathology. The structure of cysts is fully revealed in sub-levels of the 
inner retina (f-g). 
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2.4 Small Animal Retinal Imaging 
 
Research on ocular diseases is often limited by the restrictions on studying pathophysiologic 
processes in the human eye. Also, many human ocular diseases are genetic in origin, but 
oftentimes appropriate subjects are not available for genetic studies.  Murine (rat and mouse) 
models of ocular disease provide powerful tools for analysis and characterization of disease 
pathogenesis and response to treatment. While enucleation and histology are the gold standard 
for characterization of microstructural changes in animals, non-invasive structural imaging has the 
potential to reduce the need for sacrifice and histology in many studies.   
 
In this study, we built a prototype high-speed, ultrahigh resolution OCT instrument with a pre-
objective scanning microscope design for performing in vivo imaging of the murine retina. OCT 
imaging is performed with a cover slip to remove corneal refraction. Using a compact, multiplexed 
superluminescent diode light source having a bandwidth of ~150 nm centered near ~900 nm, an 
axial resolution of ~3 μm is achieved. A ~10 μm transverse resolution in air is obtained using a 
pre-objective scanning long working distance microscope. OCT using spectral / Fourier domain 
detection enables imaging speeds of 24,000 axial scans per second, an improvement of ~100x 
over previous UHR-OCT systems.   
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High-speed UHR-OCT enables high quality imaging of the murine retina and the visualization of 
all major intraretinal layers including the photoreceptors [3]. OCT imaging protocols using high-
definition, high transverse pixel density imaging, as well as three-dimensional (3D-OCT) imaging 
with dense raster scanning are demonstrated. Raster scan protocols enable volumetric imaging 
and comprehensive coverage of a region of the retina. An OCT fundus image, akin to a fundus 
photograph, can be directly generated by axial summation of 3D-OCT data. This enables precise 
registration of individual OCT images or measurements to fundus features. With the pre-objective 
scanning long working distance microscope, OCT fundus images showing blood vessels and the 
optic nerve head can be easily obtained. In Fig 2.6, the en face rat image on top left reveals the 
major arteries and veins extended out from optic nerve in a radial formation. Three high-definition 
OCT cross-section images are also shown in Fig 2.6 A, B, and C accordingly. Segmentation 
algorithms along with three-dimensional imaging enable quantification of retinal structure, which 
promises to allow repeated, non-invasive measurements to track disease progression, reducing 
the need for sacrifice and histology [43]. This capability can accelerate the translation from basic 
research studies in rats and mice into clinical care. 
 
One limitation in the development of treatments for macular edema is the lack of appropriate 
animal models. In evaluating anti-permeability agents for treatment of diabetic macular edema in 
humans, an animal model that exhibits quantifiable edema is desired. Optical coherence 
tomography (OCT) has become the clinical standard for quantifying diabetic macular edema in 
humans, [15] and is therefore also the preferred method for characterization of retinal edema in 
animal models. Animal studies may also help to determine surrogate markers for early disease 
progression. The availability of clinical surrogate markers would help in the design of clinical trials 
with shorter time frames. These markers would also help to elucidate mechanisms by which 
hyperglycemia and diabetes cause changes in retinal hemodynamics and metabolism. By 
identifying appropriate animal models of diabetic retinopathy and imaging tools for 
characterization, future studies will aid in identification of surrogate markers for early progression 
of diabetic retinopathy. Currently, on going studies investigating retinal thickness changes in a 
STZ-induced diabetic rat model are performed in collaboration with the Joslin Diabetes Center.   
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Figure 2.6. An OCT fundus image obtained by summation of 3D-OCT data. (A,B,C) High-
definition images with 2048 axial scans are registered to the fundus image.   
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2.5 Swept source OCT Retinal Imaging 
 
OCT using Fourier domain instead of time domain technology has a theoretically approved 
sensitivity advantage [44-46]. The sensitivity advantage can be readily transferred to 50-100x 
faster imaging speed than conventional OCT [10, 47]. Therefore this new technology is 
particularly valuable for retinal imaging as speed and sensitivity are all important parameters for 
high quality mapping of retinal structures: higher speed can reduce the artifacts due to the 
involuntary eye motion; higher sensitivity is desirable as the illumination power constraint for 
safety reasons limits the dynamic range when imaging the retina in vivo. Spectral / Fourier 
domain technology resolves the spectral information from the back scattered light and uses 
Fourier transform to obtain depth information. There are two types of OCT realizations using this 
technology. An earlier spectral domain structure uses linear detector array to separate different 
wavelength components from a broadband light source [10, 47]. Swept source/ Fourier domain 
OCT [7, 8, 45, 48, 49] represents a complementary approach, which uses a rapidly tunable laser 
to timely decode the spectral modulation that contains sample scattering information. Swept 
source OCT has higher detection efficiency than spectral/Fourier domain OCT, which uses 
relatively inefficient CCD-based spectrometers in the detection arm and does not employ dual-
balanced detection. Higher detection efficiency may enable swept source OCT imaging at higher 
speeds than current spectrometer-based OCT systems. The key challenges in the swept source 
OCT technology are the requirement to develop the state of the art high speed and high 
bandwidth tuning lasers.   
 
We have reported an ophthalmic swept source OCT system based on Fourier domain mode-
locking (FDML) technology [50]. The system has an ultrahigh speed of 236,000 axial scans per 
second, ~500x faster than the StratusOCT, and ~5-10x faster than the standard spectral domain 
OCT. Dual-balanced detection was used to cancel excess intensity noise. More recently, we 
improved the system design by compensating the birefringence using sigma ring [51, 52]  and 
dispersion using Mach-Zehnder dual-path component inside the fiber cavity of FDML. The 
resulting axial resolution was 8 μm in tissue while the measured sensitivity was 91 dB for an 
incident power of 1.2 mW. Using swept source OCT, we were also able to choose an imaging 
wavelength centered around 1060nm which is an alternative water transmission window 
compared to ~850 nm wavelength commercial OCT. This wavelength is invisible to the subject. It 
has a potentially higher sensitivity because ANSI standard allows a higher illumination power 
limit. More importantly, this particular wavelength penetrates deeper into retina due to the smaller 
scattering cross section and less absorption from pigmented epithelium layer compared to the 
conventionally 850nm wavelength [53-56].  
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Figure 2.7.  High-definition imaging of (A) the retina and (B) the optic nerve head. 
Acronyms: NFL – nerve fiber layer, GCL - ganglion cell layer, IPL – inner plexiform layer, 
INL – inner nuclear layer, OPL – outer plexiform layer, ONL – outer nuclear layer,  ELM – 
external limiting membrane, IS / OS – photoreceptor inner segment / outer segment 
junction, PR OS – photoreceptor outer segments, RPE – retinal pigment epithelium, CH – 
choroid.  Beam diameter at cornea: 1.4 mm. 16,000 axial scans per image.   
 

Using the semiconductor FDML laser, high-definition and three-dimensional OCT retinal imaging 
of the normal retina and optic nerve head were performed with 16,000 axial scans in only 0.064 
seconds. As can be seen in Fig. 2.7, increased speed and light penetration by 1060 nm FDML 
laser enabled enhanced visualization of the choroid, lamina cribrosa, and sclera. Figure 2.8 
shows the images from different prospectives of 3D scan including fudus view, fast axis view, and 
slow axis view. From these images we can appreciate the reduced motion artifacts by ultrahigh 
speed swept source OCT. Figure 2.8 A shows an OCT fundus image of the macular region, 
exhibiting no apparent transverse motion distortion.  Figure 2.8 B shows a nasal-temporal image, 
parallel to the fast axis of the raster scan, which takes approximately 0.0034 seconds to acquire.  
Due to the rapid acquisition, no axial motion artifacts are visible.  Figure 2.8 C shows an (slow 
axis) orthogonal slice through the 3D OCT data along the inferior–superior direction, parallel to 
the slow axis of the raster scan. Due to the relative longer time duration, axial motion artifacts are 
evident. However, the motion artifacts are correctable because of the high density scans from the 
ultrahigh speed OCT system. Figure 2.8 D shows the same image after high frequency motion 
correction, yielding an image comparable to the fast axis image (Fig. 2.8 B).  Figure 2.8 E shows 
an OCT fundus image of the optic nerve head, without motion correction, again exhibiting no 
apparent transverse motion artifacts. Figure 2.8 F shows an oblique slice through the 3D OCT 
data set, also after correcting for axial motion.   
 
Another novel outcome using ultrahigh speed OCT is for the first time to our knowledge, we were 
able to clearly identify fine retinal structures such as thin fiberous nerve bundles and capillaries 
through selective en face integration. These features were difficult to obtain earlier due to the 
speed limit. Figure 2.9 shows several en face visualizations of the inner retina at different 
anatomic layers. We developed algorithms to segment the junctions of vitreous / retinal nerve 
fiber and photoreceptor inner segment /outer segment. Based on the segmentation, a foveal 
image (Fig. 2.9 A) and parafoveal image (Fig. 2.9 B) are shown with boundaries delineated. The 
nerve fiber layer (NFL) (Fig. 2.9 C,F), around the fovea was visualized by computing the median 
reflectance from the vitreoretinal interface to the region 30 μm posterior to the vitreoretinal 
interface. The retinal vessels in the ganglion cell layer were visualized by using a surface to 
approximate the contour of the ganglion cell layer. In order to compute the vessel image, each 
axial scan was multiplied by a Gaussian window (σ=25 μm) centered on this layer, and a 
maximum projection filter was applied along the axial direction. The capillaries of the inner 
nuclear layer were visualized by using a surface to approximate the contour of the inner nuclear 
layer. In order to compute the capillary image, each axial scan was multiplied by a Gaussian 
window (σ=25 μm) centered on this layer, and a maximum projection filter was applied along the 
axial direction.  The foveal avascular zone was detected based on the foveal contour and 
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excluded from the image.   A network of GCL vessels (Fig. 2.9 D, G), and inner nuclear layer 
capillaries (Fig. 2.9 E,H) are clearly seen. Figure 2.10 A-B shows visualization of the lamina 
cribrosa by interpolating 3D OCT data onto en face planes.  Figure 2.10 B shows a trend of 
decreasing pore size with increasing depth relative to the RPE, and larger pore size in the 
superior portion of the lamina relative to the other portions.  Both trends are consistent with 
known anatomy.  The inferior portion of the lamina is obscured by blood vessel shadowing.  
Figure 2.10 C shows a single image from median filtering six consecutive images along the slow 
axis.  The lamina cribrosa (LC) is clearly visible in this cross-sectional image, which approximates 
to the scanning electron microscope image of in situ samples. The ultrahigh imaging speed swept 
source OCT system using FDML laser at 1060 nm make possible the measurement of the 
laminar pore size at different depths. It will aid in elucidating the pathophysiology of diseases 
such as glaucoma.   

 
 
Figure 2.8.  (A) OCT fundus image of the retina, without motion correction.  (B) Slice 
through 3D OCT data set along the fast axis.  (C) Slice through 3D OCT data set along 
the slow axis, showing the severity of axial motion.  (D) Slice through 3D OCT data set 
along the slow axis, after correcting for axial motion (E) OCT fundus image of the optic 
nerve head, without motion correction. (F) Oblique slice through 3D OCT data set, after 
correcting for axial motion.  Beam diameter at cornea: 1.4 mm (A-D) and 2.9 mm (E-G).  
512 x 850 axial scans. 
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Figure 2.9. En face visualization of retinal layers.  By processing a 3D OCT data set, 
enhanced visualization of individual intraretinal layers is possible.  (A,B) Different layers or 
boundaries are delineated and used to enhance visualization of anatomy, as described in 
the text. En face visualizations of the (C,F) nerve fiber layer (NFL), (D,G) Blood vessels in 
the ganglion cell layer (GCL), and (E,H) capillary network of the inner nuclear layer (INL) 
is shown.  Inner retinal vasculature images (D, E, G, and H) are displayed with an inverted 
grayscale.  Beam diameter at cornea: 2.9 mm. 512 x 850 axial scans. 

 
 
In summary, the combination of the 1060 nm wavelength and ultrahigh imaging speed enables 
excellent visualization of the choroid, sclera, and lamina cribrosa. OCT imaging of the retina was 
demonstrated at an unprecedented 249,000 axial scans / second, ~5-10x higher speed than 
commercial spectral / Fourier domain OCT technology. The results presented here show 
conclusively that high quality imaging of the retina is possible at ultrahigh imaging speeds with a 
significant reduction of motion artifact.  The ultrahigh imaging speeds also enable novel methods 
for visualizing anatomy of the retina and optic nerve head such as the nerve fiber layer bundles, 
intraretinal layer blood vessels and capillary network, photoreceptors, RPE, and the lamina 
cribrosa.     
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Figure 2.10. Imaging of the lamina cribrosa.  (A) Images are interpolated onto en face 
planes through the 3D OCT data set at different depths relative to the RPE.  (B) 
Interpolated images show the porous structure of the lamina cribrosa.  Depths relative to 
Bruch’s membrane are shown.  (C) Enhanced visualization of deeper nerve head structure 
using a series of 6 consecutive images compounded with median filtering along the slow 
axis.  The lamina cribrosa (LC) is clearly visible. Beam diameter at cornea: 1.4 mm.  512 x 
450 axial scans.   
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2.6 Ultrahigh Speed Spectral Domain OCT Retinal Imaging 
 
Most of the current generation ophthalmic OCT systems use spectral / Fourier domain detection 
principles based on an OCT instrument design incorporating a spectrometer and there are 
currently no FDA approved swept source systems commercially available. Although exhibiting a 
greater roll-off in sensitivity with imaging depth when compared to swept source OCT systems, 
spectrometer based systems can make use of superluminescent diode (SLD) light sources with 
broad bandwidths for high axial resolutions, as well as leverage the existing infrastructure of 
economically priced high speed line scan cameras and frame grabbers used in machine vision.  
Prior to the development of high speed Fourier domain OCT detection techniques, the 
conventional approach for clinical ophthalmic imaging was to collect individual cross sectional 
OCT images of the retina. This approach undersamples the retina, raising the probability of 
missing focal disease pathology, as well as making it difficult to longitudinally correlate imaging 
results from visit to visit. With the development of high speed spectral / Fourier domain OCT [5,6] 
and swept source [7,8], it became possible to acquire three dimensional volumetric data sets 
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using raster scanning. However, the 25,000 axial scans per second imaging speed of the majority 
of spectral / Fourier domain systems demonstrated to date [9-12] is still too low to enable dense, 
volumetric OCT data acquisition in ophthalmic applications, because the images are often 
compromised by ocular motion. 

                 
 
Figure 2.11. (A) Cross sectional image of the optic disc in the human retina acquired at 
312,500 axial scans per second with the ultrahigh speed spectral / Fourier domain 
ophthalmic OCT imaging system. The image is composed of 5000 axial scans in the 
lateral direction. (B) Densely sampled three dimensional data set of the fovea in the 
human retina acquired at 250,000 axial scans per second. (C) OCT fundus image of the 
fovea constructed from the 3D-OCT data by summing the linear intensities along the axial 
direction for each transverse point in the image shows minimal motion artifacts at these 
high speeds.  

 
 
We have developed several configurations of ultrahigh speed spectral / Fourier domain 
ophthalmic imaging systems that are enabled by a new CMOS sensor technology. Operating 
around 850 nm, the imaging speeds of our systems range from 70,000 to 312,500 axial scans per 
second. To the best of our knowledge, the 312,500 axial scans per second configuration is the 
fastest reported in vivo imaging of the human eye by any OCT method to date.  An example 5000 
axial scan cross sectional image of the optic disk in the human retina acquired at 312,500 axial 
scans per second is shown in Figure 2.11 (A). A second configuration uses a high resolution 
spectrometer design with 4096 pixels to increase the useful imaging range of the instrument by a 
factor of two over standard configurations, while simultaneously achieving higher resolution and 
higher imaging speed (70,000 axial scans per second).  An ultrahigh speed configuration images 
at 250,000 axial scans per second, which is an order of magnitude faster than most clinical and 
research systems. We have used this ultrahigh speed configuration to perform densely sampled 
volumetric imaging of the optic disk and fovea in the human retina, as shown in Figure 2.11 (B).  
OCT fundus images have no discontinuity of retinal features and show that there are minimal 
motion artifacts at this very fast acquisition speed, as shown in Figure 2.11 (C).   
 
Residual motion induced distortion of three dimensional data sets over large acquisition regions 
can be compensated with the use of registration frames oriented orthogonally to the slow raster 
scan direction, as shown in Figure 2.12 (A).  By axially shifting each B-scan to achieve the best 
intensity profile match with the registration frame, as shown in Figure 2.12 (B), the axial motion of 
the eye, as seen in Figure 2.12 (C), can be identified and compensated. Figure 2.12 (e) shows 
the resulting motion corrected volumetric data along a slice in the direction of the slow axis scan.  
Comparing Figure 2.12 (e) to Figure 2.12 (d), which shows the registration scan, it can be seen 
that the motion is well corrected from the similarity of these two images. The resulting volumetric 
data set is now motion corrected and represents the true global topography of the retina. These 
techniques promise to be important for applications which require precise measurement of three 
dimensional features, such as imaging the optic nerve head for glaucoma diagnosis and 
monitoring. 
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Figure 2.12. Motion corrected volumetric acquisition. (A) Registration scans are acquired 
perpendicular to the slow axis scan direction. (B) A search is performed to determine the 
axial shift of each B-scan that provides the best match to the registration scan intensity 
profile. (C)  Slow axis cross sectional image before motion correction shows considerable 
axial motion. (D) Central registration scan cross sectional image represents the true 
topography. (E) Slow axis cross sectional image with motion correction is now nearly 
identical to the registration scan in topography.  

 

   
Figure 2.13. (A) Retinal capillary network cannot be distinguished in the image generated 
from a full depth summation over each axial scan.  (B) Retinal capillary network 
surrounding the INL is isolated using a local depth summation over the Gaussian 
windowed data. (C) Retinal capillary network surrounding the INL is highlighted using a 
maximum projection filter over the local Gaussian windowed data.  The additional 
temporal information obtained with the rapid sequential volumetric imaging aids in 
identifying the capillary network structure. 

B A C 

256 μm (128 pixels)
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Rapid repeated imaging of small volumes is made possible with ultrahigh speed OCT acquisition. 
The ability to perform fast acquisitions is important for imaging very small features, where motion 
artifacts could produce blurring or distortion. Repetitive imaging of the same region provides 
additional temporal information that can aid in the identification and quantification of dynamic 
processes and features, such as the retinal capillary networks (which cannot be measured by 
Doppler techniques because of their perpendicular orientation to the optical interrogation beam). 
A frame from a repeated volume imaging sequence of the capillary network is shown in Figure 
2.13 as (A) a full depth summation image, (B) a local depth summation after Gaussian windowing 
to isolate the inner nuclear layer (INL) region, and (C) a maximum projection image after 
Gaussian windowing. Furthermore, features with low contrast or showing small changes with time 
can benefit from signal averaging methods which are made possible by the high imaging speeds. 
With these recent advances in imaging speeds for both spectral / Fourier domain and swept 
source [13], OCT enters a new performance domain, and we envision similar advances in image 
processing techniques, visualization methods, and data collection approaches to exploit this new 
technology. 
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3. Optical Biopsy Using OCT 
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Optical coherence tomography (OCT) is an emerging biomedical imaging technology that enables 
the visualization of tissue microstructures in situ and in real-time, with a resolution of 1-10 μm, 10-
100 times higher than standard ultrasound. OCT can provide cross-sectional images at the 
resolution approaching that of histopathology, which may allow differentiation of normal from 
diseased tissues. However, unlike conventional biopsy and histology process, OCT can be 
performed in real-time and without the need of tissue excision, thus increasing its possible 
application areas in where the excision biopsy is impossible or undesirable, and potentially 
allowing the use of OCT in guidance of biopsy or surgery. This potential has been demonstrated 
in a wide range of applications such as ophthalmology [1, 2], cardiology [3, 4], gastroenterology 
[5-7], dermatology [8], dentistry [9], urology [10], and gynecology [11].  In our lab, advanced OCT 
technology is developed and investigated in a variety of clinically relevant tissue types and 
pathologies. Application areas include clinical diagnosis and treatment as well as basic 
biomedical research. Integration of high-speed, high-resolution OCT into portable systems with 
various beam delivery devices promises to enable new applications in clinics and pathology labs. 
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3.1 Ultrahigh-Speed 3D Endomicroscopy 
 
Gastrointestinal (GI) cancers will be found in over 270,000 new people and will cause over 
135,000 deaths in the United States in 2008 [1]. When detected and treated early, the 5-year 
survival rate for colorectal cancer increases by a factor of 1.4 [1]. For esophageal cancer, the rate 
increases by a factor of 2 [1]. Unfortunately, many early-stage lesions are missed during standard 
endoscopic examination. Approximately 15 – 27% of small (< 5 mm) lesions in the colon go 
undetected, with miss rates of flat lesions being ~2x worse than polypoid lesions [2]. The situation 
is worse for the esophagus, where 30 – 40% of relatively large, invasive cancers are missed [3]. 
An early cancer detection method for imaging the GI tract may reduce morbidity and mortality 
associated with the disease, allowing physicians to intervene earlier using minimally invasive 
therapies. 
 
The majority of gastrointestinal (GI) cancers begin as small (< 100 μm) lesions that are 
impossible to identify using conventional endoscopy. OCT is well-suited for detecting the changes 
in tissue microstructure associated with early GI cancers. Since the lesions are not visually 
apparent, however, it is necessary to survey a relatively large area of the GI tract with high-
resolution OCT in order to avoid missing the lesions. As tissue motion and patient discomfort are 
problematic in the GI tract, imaging must be performed at extremely high speeds inside the living 
body. Recently, our group has developed an endoscopic imaging system using an FDML laser, 
state-of-the-art data acquisition system, and rapid spiral-scanning fiberoptic endoscope probe. 
This “3D endomicroscopy” system is capable of acquiring 3D-OCT data at unprecedented speeds 
and 3D resolutions, enabling the detection of small GI structures linked to colon cancer for the 
first time. 3D acquisition also enables a variety of powerful visualization techniques such as frame 
averaging for speckle reduction, en face image generation for comparison to microscopy or 
endoscopy, and arbitrary sectioning with quantitative measurement of tissue structures. 
 
To perform in vivo 3D imaging of organs such as the colon and esophagus, several criteria must 
be met simultaneously. First, the optical resolution of the system must be sufficiently high to 
detect features that are of clinical interest. For detecting the earliest stages of cancer in the colon, 
for example, it is desirable to clearly resolve individual crypt structures that are 40 – 80 μm in 
diameter [4]. Second, the spatial sampling density of the system must be sufficiently high to fully 
utilize the optical resolution. For an OCT system with an optical resolution of 10 x 10 x 10 μm 
(XYZ), for example, the system should acquire data points every 5 μm in all three dimensions 
according to the Nyquist sampling criteria. Third, the dataset should be acquired over a time 
frame shorter than or comparable to the time associated with tissue motion in the organ. In the 
colon, where tissue motility and whole-body movement are the dominant sources of motion 
artifacts, this time scale is 10 – 20 seconds. In the esophagus, where cardiac motion can displace 
the lumen, the time scale is 0.5 – 2 seconds. High speed imaging is also necessary to minimize 
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procedure times and patient discomfort. Finally, it is beneficial to be able to perform a higher 
speed, lower resolution “survey scan” of a large segment of the colon or esophagus. A survey 
scan could allow suspicious areas of tissue to be identified, perhaps automatically [5], and 
subsequently imaged at higher resolution for a more detailed analysis. 
 
With these requirements, we have built up an ultrahigh-speed 3D endoscopic OCT system for in 
vivo imaging of GI tract [6]. Figure 3.1 shows a schematic of the fiber optic probe pictured which 
is a spiral-scanning device that combines rapid rotary motion (up to 80 Hz) with a linear pullback 
(0.5 – 5 mm/sec) to image 3D volumes. The optical fiber is placed inside a flexible polymer tube, 
which is necessary for mechanical stability. The tube can be water flushed using a syringe 
located outside the body to reduce specular reflection from the tissue surface and wash debris 
from the imaging site. The proximal end of the fiber is attached to a patient interface unit (PIU) 
containing the rotary and push/pull actuators. The distal end of the fiber is attached to an angle-
polished microlens, providing a 9 μm spot diameter. The total probe diameter is 0.83 mm, 
allowing it to pass down the working channel of a wide variety of commercial endoscopes.  

 
 

Figure 3.1. A: Schematic of endoscopic OCT probe with 1.8 mm diameter. B: Photo of 
probe in the working channel of the endoscope. C: Endoscopic view of OCT probe in 
human esophagus.  
  

 
We have already demonstrated preliminary 3D images in the rabbit colon in order to validate the 
3D-OCT endomicroscopy system [6]. The imaging rate was 100,000 axial lines per second. The 
optical resolution in tissue was 9 x 9 x 7 μm (XYZ). The spatial sampling density is 3 x 10 x 3.5 
μm (XYZ). An 9 mm segment of colon was imaged in 18 seconds. Figure 3.2 shows a signal 
radial OCT image of the rabbit colon. Colonic crypts are clearly distinguishable as dark regions 
surrounded by bright filament-like bands of lamina propria. The ability to detect and analyze crypt 
structures in 3D is important since abnormal crypts are signatures of early neoplastic change [4]. 
3D-OCT data allows virtual manipulation of tissue geometry to facilitate visualization. For 
example, Figure 3.2 (B) shows a cutaway view of the rendered dataset to allow visualization of 
the luminal surface. Figure 3.2 (C) shows a rectangular volume rendering created by performing a 
“virtual incision” and unfolding along the colon. In addition high density spatial sampling enables 
averaging of consecutive longitudinal (YZ) slices to reduce speckle noise (Figure 3.2 (D) (E)) and 
improve imaging quality.  Cross-sectional OCT data (Figure 3.2 (F)) correlate well with convention 
histology (Figure 3.2 (G)).  
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Figure 3.2. In vivo 3D-OCT data acquired in the rabbit colon at 100,000 axial lines / sec. A: 
single radial frame, with the epithelium shown as an enlarged inset. Colonic crypts are 
visible in the epithelium. B: Cutaway view of the cylindrical volume rendering of the entire 
dataset. C: Rectangular volume rendering of the tissue following a virtual incision and 
unfolding. D-G are longitudinal (YZ) OCT images taken from the center of the 3D dataset. 
D: single YZ frame. E: average of 7 frames over a width of 21 μm, showing reduced 
speckle noise. F: enlarged view of a region of B, showing the layered structure of the 
colonic tissue. G. representative histology of colonic tissue showing good correlation to 
the OCT image. 

 
This system was also used to evaluate its ability to detect early diseases in humans that are 
difficult to detect endoscopically. Figure 3.3 shows ex vivo analysis of human colon. Figure 3.3 (A) 
shows an en face OCT image of the ex vivo human colon. Crypts are visible as dark regions 
between bright white bands of lamina propria. Figure 3.3 (B) shows an enlarged view of a section 
of Figure 3.3 (A), while Figure 3.3 (C) shows an en face histological section from approximately 
the same depth. The size and distribution of crypts vary, with crypts often appearing larger in the 
OCT image. This is due to tissue shrinkage that occurs during histology processing, and 
differences in crypt orientation in the OCT image compared to the histological plane. 
 
Currently, two important applications of high-speed 3D OCT endomicroscopy system are being 
evaluated in clinical investigations. One focuses on in vivo identifications of disease at early stage 
in humans. The other focuses on assistance with planning and follow-up evaluation of endoscopic 
therapies. In order to investigate the imaging of neoplastic lesions and to perform pre- and post-
treatment evaluation of endoscopic therapies in the GI tract using OCT technology, we worked in 
collaboration with Dr. Hiroshi Mashimo, MD, PhD at the Boston Veteran Affairs Medical Center 
(VAMC). A high-speed 3D OCT imaging system was used to image the GI tracts of patients 
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undergoing elective endoscopy. Imaging was performed in patients being screened for 
adenomatous polyps and those undergoing surveillance for dysplastic lesions in inflammatory 
disease. Both types of lesions are premalignant, and have a high predisposition for developing 
into adenocarcinoma. In addition, imaging was performed in patients with intention to undergo 
endoscopic therapy such as radiofrequency ablation for the treatment of radiation proctitis. This 
group of patients was imaged prior to and following treatment to assess the effectiveness of the 
treatment. OCT was used to characterize post-ablation healing and highlight sub-epithelial 
features not visible with white light endoscopy.  
 
Figure 3.4 shows the 3D-OCT endoscopic image of in vivo human colon following ablative 
treatment for radiation proctitis. The en face projection in Figure 3.4 (A) was averaged over an 18 
μm section at a depth of 327 μm. There were no visible crypts, but sub-epithelial glands could be 
observed. From the longitudinal projection view, which is averaged over 20 mm thickness, in 
Figure 3.4 (B), visible glands can be seen, which demonstrates that 3D imaging provides 
important structural information in human tissues. 
 

 
 

Figure 3.3. 3D-OCT endoscopic image of ex vivo human colon acquired at 100 kHz 
showing en face projections. A: 13 mm pullback. B: Enlarged view showing crypt 
structures. C: Representative histology of human colon. 
 

3D-OCT can provide more complete coverage of suspicious regions for the guidance of 
excisional biopsy to reduce sampling errors. It also offers new approaches for visualizing and 
analyzing data. For example, cross-sectional images with arbitrary orientation can be generated 
and en face views similar to magnification endoscopy can be constructed from the 3D dataset. In 
the future, this system will be focused on GI clinical applications mentioned above. The system 
speed will also increase as more advanced data acquisition systems become available, since the 
FDML laser can support speeds several times higher than the current 100,000 axial lines per 
second. 
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Figure 3.4. 3D-OCT endoscopic image of in vivo human colon following ablative treatment 
for radiation proctitis. A: En face projection. B: Longitudinal projection over 20 um 
thickness. Subepithelial glands are visible (arrows). 
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3.2 Endoscopic Imaging of Barrett’s Esophagus  
 
Optical coherence tomography (OCT) is an emerging biomedical imaging technology which can 
generate high resolution, cross-sectional images of biological tissues in situ and in real time [1-3].  
OCT can function as a type of optical biopsy to enable imaging of tissue microstructure with 
resolution approaching that of standard excision biopsy, without the need of excising the tissue 
specimen [4-6]. One promising application of optical biopsy using OCT is the endoscopic imaging 
of the gastrointestinal (GI) tract. In contrast to conventional endoscopy, which can only visualize 
the surface alterations, OCT can detect changes in tissue morphology beneath the tissue surface. 
Therefore, endoscopic imaging with high resolution OCT could potentially improve the detection, 
visualization, and diagnosis of gastrointestinal diseases.   
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Several investigators have investigated endoscopic OCT (EOCT) imaging in the human 
gastrointestinal (GI) tract, including the esophagus and stomach, the small and large intestine, 
and the bile duct [7-17]. In addition to structural imaging, imaging of blood flow can also be 
performed using endoscopic Doppler OCT [18]. OCT has shown promise in diagnosing Barrett’s 
esophagus (100% sensitivity and 93% specificity, retrospectively; 97% sensitivity and 92% 
specificity, prospectively [19]), esophageal dysplasia (68% sensitivity, 82% specificity, and 78% 
diagnostic accuracy in one study [20]; and 83% sensitivity and 75% specificity in another study 
[21]), and its feasibility has been established for detection of colon dysplasia [22]. However, 
currently almost all clinical studies have been performed using standard OCT with 10-15 μm 
resolution. Ultrahigh resolution OCT could enhance the imaging performance for the identification 
of early neoplastic changes, and could improve the sensitivity of biopsy by reducing false 
negative rates from sampling errors.   
 
In order to achieve the high power and short coherence length necessary for high resolution, 
high speed imaging, a Cr:Forsterite laser can be used as the light source [23].  This laser 
generates broadband spectrum in the 1300 nm wavelength regime. The output bandwidth is 
increased by using nonlinear effects in optical fibers to yield a coherence length of 5 µm or less.  
To match the optical dispersion within the system, dispersion-compensating glass (DCG) was 
inserted in the reference arm, and an air-gap coupling (AGC) was used in the sample arm.  Due 
to the bandwidth limitations in the optical components in the sample and reference arms, the 
back-coupled spectrum on the detector has a bandwidth of 150 nm, which corresponds to a 
theoretical axial resolution of 4.7 μm in air. The width of the measured axial point spread function 
is 5.5 μm; corresponding to ~4.2 μm resolution in the tissue, which is two- to three-fold times 
finer than standard OCT systems. With improvements in the bandwidth support of the optical 
components, higher axial resolutions could be achieved.  The system sensitivity was 100 dB with 
up to 15 mW power on the sample. 
 
Recently, we have developed an endoscopic OCT system using the Cr:Forsterite laser and 
demonstrated the imaging of Barrett’s esophagus and esophageal cancer in vivo in 50 human 
subjects [24]. Ultrahigh-resolution (UHR) EOCT imaging was performed in the patients 
undergoing upper GI endoscopy at the Boston Veteran Affairs Healthcare System (VAHS).  
Informed consent was obtained from patients enrolled under a protocol approved jointly by the 
Institutional Review Board (IRB) of Boston VAMC, the Committee on Human Studies at Harvard 
Medical School and the Committee on the Use of Humans as Experimental Subjects (COUHES) 
of Massachusetts Institute of Technology. The disinfected OCT imaging catheter was inserted 
through the accessory channel of the endoscope.  While in the field of view of the endoscope, 
the OCT imaging catheter was positioned to the areas of interest by maneuvering the tip of the 
endoscope. The side of the distal end of the catheter was placed in gentle contact with the tissue 
surface during image acquisition to maintain mechanical stability for minimizing motion artifacts. 
The internal optics of the catheter was rotated so the OCT image plane was perpendicular into 
the tissue surface. A visible wavelength (670 nm) light source served as an aiming beam to 
facilitate the visualization and identification of the OCT imaging plane. 
 
Figure 3.5 presents representative in vivo EOCT images from patient with Barrett’s esophagus. 
An UHR-OCT image (Figure 3.5 (A)) and a 4x enlargement (Figure 3.5 (B)) illustrate the 
characteristic glandular structures associated with Barrett’s esophagus. Figure 3.5 (C) shows a 
comparative standard resolution OCT image of a nearby region in the same patient, with a 4x 
enlargement in Figure 3.5 (D). The speckle size is smaller and fine morphological features can be 
resolved with UHR-OCT compared with standard resolution OCT.  
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Figure 3.5.  In vivo endoscopic OCT imaging of Barrett’s esophagus using UHR- and 
standard resolution OCT. (A) UHR-OCT image with 4x enlargement (B); (C) Standard 
resolution OCT image with 4x enlargement (D). UHR-OCT image shows reduced speckle 
size and resolves finer morphological features (indicated by arrows).  

 
OCT images show progressive increase in architectural irregularity from Barrett’s esophagus to 
high-grade dysplasia and eventually to adenocarcinoma. To quantitatively assess the effect of 
improved axial resolution and reduced speckle size on computer-aided diagnosis, tissue 
classification was performed with both standard and UHR-OCT images. Image features of 100 
endoscopic OCT images from normal and Barrett’s esophagus (50 standard resolution images 
and 50 UHR images) were extracted through computational metrics including two-dimensional 
discrete Fourier transform (2D-DFT) and center-symmetric auto-correlation (CSAC) [25]. These 
features were analyzed using principal component analysis (PCA) to reduce the variable 
dimensions and perform classification [26]. 
 
Figure 3.6 (A)-(B) plot the quantitative results for normal and Barrett’s esophagus using 2D-DFT 
features with standard and ultrahigh resolution OCT. UHR-OCT shows more distinct 
differentiation between normal and Barrett’s groups, therefore facilitating further discrimination.  
The discrimination capability for normal and Barrett’s groups was statistically analyzed by one-
way analysis of variance (ANOVA). The results are illustrated in Figure 3.6 (C)-(D) and tabulated 
in Table 3.1. Similarly, Figure 3.7 (A)-(B) plot the quantitative results for normal and Barrett’s 
esophagus using CSAC features with standard and ultrahigh resolution OCT. Again, UHR-OCT 
shows more distinct differentiation between the two groups. The one-way ANOVA results are 
illustrated in Figure 3.7 (C)-(D) and tabulated in Table 3.1. For both cases, UHR-OCT shows 
higher F statistics, i.e., the ratio of between-group variance to within-group variance, than 
standard resolution OCT (see Table 3.1), indicating that normal and Barrett’s data are further 
separated in UHR-OCT images, improving discrimination over standard resolution OCT. The 
enhanced classification abilities of image features using UHR-OCT would help in the computer-
aided diagnosis of GI disease. Further studies to assess the discrimination of pathologies such as 
high grade dysplasia using UHR-OCT are necessary. 
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Figure 3.6. Scatter plots of first two linear discrimination functions (LD1 and LD2) from 
PCA-LDA for normal and Barrett’s esophagus using 2D-DFT features from (A) standard 
resolution OCT images and (B) UHR-OCT images. (C) and (D) are the corresponding box 
plots for the distribution of LD1, which has the maximum separation between groups (“+” 
denotes outlier). The normal and Barrett’s groups are further separated using UHR-OCT.  

 
 

Figure 3.7. Scatter plots of first two linear discrimination functions (LD1 and LD2) from 
PCA-LDA for normal and Barrett’s esophagus using CSAC features from (A) standard 
resolution OCT images and (B) UHR-OCT images. (C) and (D) are the corresponding box 
plots for the distribution of LD1, which has the maximum separation between groups (“+” 
denotes outlier).  The normal and Barrett’s groups are further separated using UHR-OCT.  
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Table 3.1. One-way ANOVA significance comparisons for UHR- and standard resolution 
(SDR) OCT classifications of normal and Barrett’s esophagus.  

 
Another important clinical application for EOCT is to evaluate the subsurface abnormality after 
ablative therapy. Therapy for bleeding from chronic radiation proctitis include epinephrine or 
sclerosant injections, bipolar electrocoagulation and argon plasma coagulation (APC) [27]. 
However, these methods may be complicated by development of ulcers or strictures. Moreover, 
many patients present with multiple ectatic vessels, requiring a broad area of treatment. 
Radiofrequency ablation (RFA) [28] with BarRx has achieved superficial and broad fields of 
ablation in the esophagus, and we sought to use RFA for bleeding from chronic radiation proctitis. 
EOCT allows cross-sectional and subsurface high-resolution imaging of tissue architecture and is 
suited for follow-up assessment of these patients undergoing ablative therapy [29] . 
 
Figure 3.8 shows in vivo pre- and post-treatment EOCT images of lower GI bleeding from ectatic 
vessels in the rectum of a patient with chronic radiation-induced proctitis. Figure 3.8 (A)-(B) show 
the pre-treatment EOCT images of the patient. Ectatic blood vessels were clearly identified in the 
EOCT images as low scattering regions with strong shadowing (arrows). Eight-month post-
ablative images (Figure 3.8 (C)-(D)) showed re-epithelialization over prior hemorrhagic sites with 
orad marching of the border of the dentate line, covering former sites of distal ectatic vessels. 
Effective treatment was noted using BarRx Halo90 RFA for chronic radiation proctitis, with 
excellent re-epithelialization and absence of ulcerations or strictures. Real-time in vivo EOCT 
enables assessment of treatment efficacy after RFA treatment of chronic radiation proctitis as an 
adjunct to standard endoscopy. Larger numbers would be needed to assess the superiority of this 
method over traditional treatments. 
 

 
 

Figure 3.8. In vivo endoscopic OCT imaging of pre- and post-treatment of lower GI 
bleeding from ectatic vessels in the rectum of a patient with chronic radiation-induced 
proctitis using UHR- and standard resolution OCT. (A) Pre-treatment EOCT image, ectatic 
blood vessels were identified. (B) Pre-treatment EOCT image, abnormal subsurface were 
observed with edema. (C) 8 month post-treatment EOCT image in treated area, 
squamous epitheliazation was observed. (D) 8 month post-treatment EOCT image in 
untreated area, columnar epithelium can be observed. 
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3.3 OCT Imaging of Kidney Microanatomy 
 
One major challenge in kidney transplants is the difficulty of establishing viability of the donor 
kidney. Since organs may have been exposed to varying degrees of ischemia prior to removal 
from the donor, a noninvasive method for assessing viability may reduce transplant failure rates. 
Tandem scanning confocal microscopy (TSCM) can provide non-invasive imaging of superficial 
uriniferous tubules of kidney, and has the potential of evaluating the status of donor kidney prior 
to their transplantation [1]. OCT, however, offers better penetration depth than confocal 
microscopy. To investigate these benefits, a series of OCT studies using animal models of kidney 
transplants were conducted in collaboration with Dr. Peter Andrews at Georgetown University [2]. 
In these studies, high-resolution OCT technology was used to image normal kidneys as well as 
kidneys that had been subjected to an ischemic or toxic insult. In the first stage of the study, ex 
vivo kidneys were excised from rats. In the second stage, in vivo kidneys were studied in live rats. 
In both stages, the effects of protective agents to preclude ischemic damage in the kidneys were 
also investigated. 
 
The OCT imaging system used in the first stage of the study was a research prototype based on 
a commercial OCT system (Lightlab Imaging, Inc., MA, USA) which was modified for ultrahigh 
resolution performance [3]. Imaging was performed using a broadband laser source consisting of 
a compact femtosecond Cr4+:Forsterite laser combined with nonlinear spectral broadening in a 
dispersion-shifted fiber. The laser generated a 180 nm bandwidth at a center wavelength of 1260 
nm with 50 mW output power. An axial resolution of 4.6 µm in air (~ 3.3 μm in tissue) was 
achieved. The average optical power incident on the tissue was ~10 mW and the system 
sensitivity was measured to be 102 dB. Time domain detection was used with a high-speed 
scanning delay line to give an imaging speed of 3,125 axial lines per second. Imaging was 
performed using a fiber-based collimator and microlens, giving a transverse spot size of 6 µm (full 
width at half maximum). Individual cross-sectional OCT images were 3 mm in length (600 pixels) 
and 2.5 mm in depth (1,600 pixels), generated at a rate of 2 frames per second. 3D-OCT volumes 
were obtained by scanning the beam in the orthogonal direction. 
 
Following excision of the kidney, tubules and glomeruli were clearly visible. Tubule and 
glomerulus shape are thought to be indicative of overall kidney health. Figure 3.9 (A) shows a 
cross-sectional OCT image of an intact rat kidney that was protected from ischemia by prior 
infusion of sucrose prior to excision. The uriniferous tubule lumens appeared low backscattering 
(dark region) while the parenchyma appeared highly backscattering (bright region). An en face 
image can be reconstructed from consecutive cross-sectional images as shown in Figure 3.9 (B). 
The lumens appear wide open. Rendered OCT images using 3D visualization and volumetric 
rendering software provided three-dimensional cut-open views, as shown in Figure 3.9 (C). In 
contrast, there was a significant difference in OCT images between those receiving the protective 
injection (Figure 3.9 (A-C)) and those that received no protection prior to ischemic insult (Figure 
3.10 (A-C)). The unprotected kidneys revealed sections where tubules lumens were either 
entirely or partially occluded, possibly with cytoplasmic debris. This feature was dramatically 
illustrated when viewed in en face images (Figures 3.10 (B-C)). For comparative purposes, 
histology images of normal, protected kidney and the unprotected ischemic kidneys are 
presented in Figures 3.9 (D) and 3.10 (D), respectively. 
  
OCT images of kidneys subjected to mercury toxicity revealed regions devoid of tubule lumens 
due to accumulated cytoplasmic debris and casts. Other tubules exhibit distended lumens due to 
distal tubule blockage. It is nevertheless difficult to distinguish between the distal and proximal 
convoluted tubules in these images. The foregoing OCT images correlate with light microscopic 
images of these kidneys showing debris in selected proximal convoluted tubules, distal tubule 
casts and distended lumens following the mercuric chloride insult. 
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Figure 3.9. OCT images of an ex vivo rat kidney that was protected from one hour of 
ischemic insult due to prior infusion of sucrose. A: Cross-sectional image (bar: 250 μm). B: 
En face image (bar: 250 μm). C: Three-dimensional view (size: 2.1 mm in length x 1.0 mm 
in width x 0.8 mm in height). D: Plastic embedded light microscopic section image (bar: 75 
μm). 
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Figure 3.10. OCT images of an ex vivo kidney that was subjected to 1 hour of ischemia 
followed by 5 minutes of recovery prior to excision. A: Cross-sectional image (bar: 250 
μm). B: En face image (bar: 250 μm). C:  Three-dimensional view (size: 2.0 mm in length x 
1.7 mm in width x 0.8 mm in height). D: Plastic embedded light microscopic section image 
(bar: 75 μm). 
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A follow-up study building on the prior ex vivo results, also conducted with Dr. Peter Andrews, 
involved similar experiments on in vivo rat kidneys using high-speed 3D-OCT with an FDML laser 
[4]. Kidneys were surgically exposed in living rats and we observed kidneys prior to, during, and 
following renal ischemia induced by clamping the renal artery. OCT images were acquired at 
42,000 axial image lines per second. The effects of intravenously injected mannitol as a 
protective agent against ischemic damage were also studied using 3D-OCT. As with the ex vivo 
studies, kidney tubules and glomeruli were clearly visible as shown in Figure 3.11 (A). Following 
15 minutes of ischemia, induced by clamping the renal artery, tubule lumen diameter was 
dramatically reduced as shown in Figure 3.12 (A). When a mannitol infusion was used to protect 
the kidneys prior to ischemic insult, tubule architecture remained comparatively intact as shown in 
Figure 3.12 (B).  
 

 
 
Figure 3.11. En face images of in vivo rat kidney acquired using an FDML laser and 3D-
OCT system. A: OCT image of uriniferous tubules (*) and glomerulus (G) prior to ischemic 
insult. B: corresponding histology from tissue acquired after kidney resection. Image sizes 
are 750 x 750 μm. 

 
  

 
 

Figure 3.12. En face OCT image of in vivo rat kidney following 15 minutes of renal 
ischemia. A: Unprotected kidney. Arrows indicate a small number of open tubule lumens. 
B: Kidney protected with mannitol infusion. Image size is 750 x 750 μm. 

 
Tubule volume was quantitatively analyzed using 3D rendering software and intensity-based 
segmentation of tubules. Figure 3.13 (A) shows a single OCT cross-sectional image with tubules 
segmented in blue. Figure 3.13 (B) shows the results of segmentation for an entire 3D-OCT 
volumetric image. Figure 3.14 shows the results of quantitative tubule volume measurement 
following segmentation. Tubule volume was considerably reduced following ischemia due to 
swelling of the epithelial wall. Volume recovered following reperfusion, eventually approaching 
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normal levels. Mannitol was observed to reduce swelling after ischemia. This study provides 
motivation for using OCT to assess kidney health prior to or following surgical transplant. 

 
 

 

 
 

Figure 3.13. Intensity-based segmentation of tubules from 3D-OCT in vivo images. A: 
single cross-sectional image with tubules segmented in blue. B: segmented tubules from 
entire volumetric data set. Volume size is 2000 x 2000 x 300 μm. 

 
 

 
 

Figure 3.14. Total tubule lumen volume prior to ischemia (baseline), during ischemia, and 
following return of normal bloodflow. 
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3.4 OCT Imaging of Developmental Biology Specimens 
 
Abnormalities that occur during heart formation in the human embryo are responsible for 
congenital heart disease. Observations made in the avian embryo have contributed greatly to the 
understanding of human congenital heart disease, avian heart development being strikingly 
similar to heart development in humans. In the developing embryo the heart initially bulges 
toward the right in the shape of a “C”, then forms a complete loop leading to the process of 
septation that permits formation of a four chambered heart. Cardiac looping is an intricate 
process whose mechanisms have yet to be fully understood, although many intrinsic and extrinsic 
parameters are thought to affect this process. During looping the flow in the heart changes from 
peristaltic (a smooth contraction wave from the inflow tract to the outflow tract) to pulsatile 
(sequential and rapid ejection of blood from the atria to the ventricles and then the body). Due to 
a lack of appropriate imaging technology, there is much uncertainty and speculation regarding the 
cause and time frame of this transformation. To date researchers have had to rely upon 
bioassays, video microscopy, and mathematical models to investigate the mechanisms 
underlying development during looping. Direct observation of looping has been problematic due 
to the diminutive size (< 2 mm) of the heart and the inability to measure the small and rapid 
events that influence heart development. Previous studies using OCT imaging have not been 
performed at sufficiently high speeds to prevent the need for significant post-processing and 
image gating to resolve beat dynamics [1-3].  
 
To address these issues in developmental biology, our group conducted a study of early-stage 
avian embryos in collaboration with Dr. Andrew Rollins at Case Western Reserve University. A 
high-speed FDML-based OCT imaging system was used for obtaining 2D and 3D movies at 
100,000 axial image lines per second [4]. This marks the first time that 3D movies of the 
preseptated embryonic avian heart have been captured in vivo without the aid of cardiac gating. 
This study was also the first time the avian heart has been viewed in vivo in cross section during 
looping with extremely high temporal resolution, enabling the observation of morphological 
dynamics of the beating heart during systole. 
 
Figure 3.15 shows an example of one frame of a 3D movie taken from a stage 14 embryonic quail 
heart. A Sobel mask was applied to the volumetric data in order to highlight the heart surface. 
This gradient filter technique clearly reveals the cardiac interaction with surrounding tissue. The 
3D morphology of the outer and inner lumen of the heart tube as it fills and ejects blood was also 
visible. These 3D movies permit visualization of the peristaltic motion and blood flow, with a bolus 
of blood visible in cut-away views of the volume. 
 

 
 

Figure 3.15. One frame from a 3D movie of a beating stage 14 embryonic quail heart. A 
3D Sobel mask was applied to the volumetric OCT data in order to highlight the heart 
surface. 
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Figure 3.16. Single frames from 2D movies of beating embryonic quail hearts. A-C: One 
heart imaged at stages 10, 11, and 12. D-F: Another heart imaged at stages 13, 14, and 
15. The looping process is captured, and movies elucidated mechanics of beat dynamics. 
Myo – myocardium. SV – sinus venosus. CJ – cardiac jelly. EC – endocardium.  

 
Figure 3.16 shows ultrahigh-speed OCT imaging of the same region in two different embryonic 
hearts. The younger heart in Figure 3.16 (A-C) represents 6 hours of development from stage 10 
to 12. The heart in Figure 3.16 (D-F) represents 6 additional hours of development from stage 13 
to 15. At stage 10 the heart had just begun to beat and the myocardium and endocardium were 
uniform in thickness. Contraction of the myocardium was slow and peristaltic in nature with flow 
from right (inflow) to left (outflow). By stage 11, the posterior wall developed a gentle bend that 
was more evident by stage 12. The sinus venosus was observed in cross-section in Figure 3.16 
(A, B). This structure did not actively contract, although blood can be seen flowing through it 
during systole. The posterior bend in the heart tube was more evident at stage 12. After the 
contractile wave passed through the heart tube, regurgitant blood was seen reentering the 
cardiac chamber at the beginning of diastole. 
 
The older heart in Figure 3.16 (D-F) was U-shaped with a stricture that provided a dividing point 
between rapidly and slowly contracting myocardium. The endocardial surface was no longer 
uniform, with shallow wrinkles that were more evident during systole. These wrinkles suggest 
connections between the endocardium and myocardium that we call “tethers”. By stage 13 the 
myocardium and endocardium were in closer proximity where the ventricle will form and remained 
thick where the endocardial cushions were developing. The heart rate was higher than previous 
stages, and flow appeared continuous through the sinus venosus. Thinning cardiac jelly except in 
the endocardial cushions, folding of the endocardial lining, and myocardial thickening of the 
ventricle were more prominent as the heart developed. After contraction of the ventricle, the 
inflow portion of the heart relaxes and fills with blood in preparation for the next wave of 
contraction that is initiated in the inflow region. The heart will continue this rhythm until it dies or is 
interrupted by illness or toxicity. Overall, these movies elucidated previously unknown 
mechanisms of the cardiac cycle, and show that OCT can be a powerful tool for studies in 
developmental biology. 
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3.5 Novel Contrast Agents for OCT 
 
OCT instruments typically derive contrast from sources that are endogenous to the tissue being 
imaged, such as spatial or temporal variations in the scattering properties of the tissue. 
Exogenous contrast agents have not typically been used in OCT, but recently have been studied 
more closely. As in other biomedical imaging modalities, OCT contrast agents promise to enable 
enhanced visualization of selected features such as microvasculature, epithelial structures, and 
diseased or abnormal tissue. Gold nanoparticles are particularly attractive contrast agents since 
they can be targeted to biochemical markers associated with specific types of disease such as 
cancer, which raises the possibility of highly sensitive and specific OCT detection of early 
neoplasia [1, 2]. Gold nanoshells consist of an inner silica core surrounded by a thin gold shell. 
By changing the relative dimensions of the core and shell, the optical resonance frequency of the 
particles can be tuned from ultraviolet to near infrared wavelengths [3]. This allows customized 
tailoring of the optical scattering and absorption properties of the particles to suit the needs of the 
specific application. Nanoshells can be designed with high absorption, targeted to cancer cells, 
and used for photothermal therapy with minimal damage to surrounding tissue. Other types of 
gold nanoparticles such as nanorods [4] and nanocages [5] exhibit similar properties to 
nanoshells and can also be used for exogenous OCT contrast enhancement. 
 
Our group has demonstrated an active contrast agent detection technique for high-speed OCT 
imaging based on photothermal modulation. The technique uses gold nanoshells designed to 
have high absorption at 808 nm where tissue absorption is inherently low. A multimode laser 
diode operating at 808 nm is used to induce small-scale, localized temperature gradients in 
regions of the sample that contain the contrast agent. These temperature variations alter the 
optical path length in the sample. Changes in path length are detected using a swept source OCT 
phase microscopy system [6-9] built using a double-buffered Fourier domain mode locked 
(FDML) laser operating at 1315 nm and a sweep rate of 240 kHz. By modulating the 808 nm laser 
diode at a known frequency and observing variations in optical path length that occur only at that 
frequency, the contrast agent can be detected in a way that significantly reduces background 
noise. Contrast agent SNR’s of up to 131 (21 dB) are obtained using modulation frequencies of 
500 Hz – 60 kHz.  
 
Figure 3.17 shows a schematic of the system used for this study. 95% of the FDML laser output 
is routed to a common path interferometer, designated as the “sample interferometer.” The liquid 
sample is held in a glass cuvette where the first glass/liquid interface provides the reference 
reflection for the interferometer, as shown in Figure 3.17 (B). The output of the 808 nm laser 
diode is combined with the OCT beam using a dichroic mirror and directed collinearly onto the 
sample. The OCT system is arranged in a phase-sensitive configuration to detect small variations 
in optical path length of the sample. As shown in the inset of Figure 3.17 (A), the phase noise of 
the system is 2.2 mrad, corresponding to a path length sensitivity of 153 pm. 
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Figure 3.17. A: Swept-source OCT phase microscope with photothermal modulation 
system. C1, C2, C3, collimating lenses. OBJ, objective lens. DCM, dichroic mirror. X,Y, 
galvanometer mirrors. PD, photodiode. A, amplifier. TRG, sweep trigger. CH 1, OCT 
signal input. CH 2, calibration signal input. DAQ, data acquisition. Inset shows measured 
phase noise of 2.2 mrad. B: Sample holder and beam geometries for photothermal 
detection of gold nanoparticles. Beam widths are approximate 1/e2 points of optical 
intensity. 
 

To demonstrate the concept of photothermal detection of gold nanoshells, OCT phase 
microscopy was performed on both pure deionized water and a gold nanoshell solution, both with 
and without exposure to the 808 nm laser source. The results of these experiments are shown in 
Figure 3.18. These plots show the interference fringe phase associated with the second 
fluid/glass interface, measured over time, at a single spatial location in the cuvette. Figure 3.18 
(A) shows the measured phase when the sample is pure deionized water and the 808 nm laser is 
disabled. The phase profile is generally featureless and corresponds to noise. Figure 3.18 (B) 
shows the measured phase when the sample is a 1010 mL-1 gold nanoshell solution and the 808 
nm laser is disabled. Phase noise is increased due to increased scattering in the sample, but no 
systematic pattern is observed. Figure 3.18 (C) shows the measured phase from the deionized 
water sample, but with the 808 nm laser activated. The 808 nm laser modulation pattern is shown 
at the top of the plot, and the vertical line indicates the time at which the 808 nm laser was 
switched on at t = 4 ms. No change in the phase is observed compared to Figure 3.18 (A), 
indicating that the absorption of water at 808 nm is not high enough to cause localized heating 
and induce optical path changes. Figure 3.18 (D) shows the measured phase from the nanoshell 
solution with the 808 nm laser activated. The modulation parameters were identical to those used 
for the deionized water sample, and the vertical line indicates the time at which the laser was 
switched on at t = 4 ms. In this case, a strong phase response is observed. The high absorption 
of the gold nanoshells at 808 nm causes localized heating of the solution, which in turn increases 
the optical path length of the sample. The phase response of the sample shows the same 
modulation pattern as the 808 nm laser. 
 
As the modulation frequency of the 808 nm laser is increased, the frequency of the phase 
modulation in the nanoshell solution also increases. This has the benefit of shifting the measured 
phase modulation to higher frequencies where 1/f noise is reduced. However, the sample volume 
illuminated with the 808 nm beam has less time to heat and cool, resulting in a smaller optical 
path modulation and lower FT peak amplitude. To investigate this tradeoff, three additional 
experiments were conducted using 808 nm modulation frequencies of 1, 15, and 60 kHz. The 
results are shown in Figure 3.19. Figure 3.19 (A-C) shows the measured phase from the 
nanoshell solution at one transverse position. The vertical line in each plot indicates the time 
when the 808 nm beam was switched on at t = 4 ms. The insets show enlarged views of 500 μs 
(Figure 3.19 (B)) and 90 μs (Figure 3.19 (C)) segments of the measured phase, with clear 
modulations visible. For all three cases, a gradual path change is visible due to slow heating of 
the sample, although this effect is lower at 15 and 60 kHz. 
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Figure 3.18. Measured phase from back surface of cuvette vs. time. A: Deionized water 
with 808 nm laser deactivated. B: 1 x 1010 mL-1 nanoshell solution with 808 nm laser 
deactivated. C: Deionized water with 808 nm laser modulated at 500 Hz. D: nanoshell 
solution with 808 nm laser modulated at 500 Hz. Phase modulations are visible only when 
sample contains nanoshells and when 808 nm laser is activated. 
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Figure 3.19. A-C: Measured phase, and D-F: Fourier transforms of measured phase at 
various 808 nm laser modulation frequencies. Red lines in (a-c) show time when 808 nm 
laser was activated. Insets in (B,C) show enlarged views of measured phase. 808 nm 
laser modulation frequencies were 1 kHz (A,D), 15 kHz (B,E), and 60 kHz (C,F). SNR, 
signal-to-noise ratio. 
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Figure 3.19 (D-F) shows the Fourier transform of the measured phases, beginning at 4 ms and 
with the slow phase component removed by subtracting a quadratic fit. The signal to noise ration 
(SNR) is measured at each modulation frequency as described in 3.1 above. An optimum SNR of 
112 ± 45 is achieved at a modulation frequency of 15 kHz. At a modulation frequency of 1 kHz, 
the SNR suffers from low frequency 1/f noise near the baseband. At a modulation frequency of 60 
kHz, the benefits of decreased 1/f noise are outweighed by the decrease in peak modulation 
amplitude. It is expected that the optimal modulation frequency will vary depending on the optical 
properties of the sample, nanoshell concentration, and 808 nm laser power level. 
 
Although the initial results suggest that the photothermal modulation technique may provide 
performance benefits in vivo, more study is required to verify this. Future experiments will focus 
on evaluating SNR performance in solid tissue phantoms that more closely approximate the 
scattering, thermal conductivity, and mechanical properties of biological tissue. Minimum 
detectable nanoshell concentrations will be studied in these phantoms and assessed for benefits 
compared to scattering- or absorption-based contrast. Finally, experiments in in vitro and in vivo 
biological tissue are needed to validate the photothermal contrast technique. For future 
applications in scattering systems such as biological tissue, detection of a phase modulation at a 
known frequency should significantly reduce background noise from speckle and sample motion. 
In the future, the use of molecularly-targeted nanoshell contrast agents with photothermal 
modulation OCT imaging may enable highly sensitive and specific detection of diseases such as 
cancer. 
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Ultrahigh-resolution optical coherence tomography (OCT) can achieve 1-2 µm axial resolution in 
tissue, but is limited in transverse resolution due to the low numerical aperture (NA) focusing 
used to maintain a sufficient depth of field over the range of the cross-sectional image [1]. The 
relatively low lateral resolution achievable with cross-sectional OCT is generally insufficient for 
imaging of cellular features and therefore limits the utility of OCT in applications requiring cellular 
level diagnostics. To extend the imaging power of optical coherence tomography to very high 
transverse resolution, we are developing a technology known as optical coherence microscopy 
(OCM), which combines optical coherence tomography with confocal microscopy. Figure 4.1 
compares the image penetration depth and resolution of OCM with that of OCT, confocal 
microscopy and ultrasound. OCM can provide enhanced penetration depth compared to standard 
confocal microscopy while dramatically improving the resolution over typical cross-sectional OCT 
imaging methods. 

 
 
Figure 4.1. Transverse resolution and image penetration in optical coherence microscopy 
(OCM). OCM can dramatically enhance image penetration compared to confocal 
microscopy alone while significantly improving transverse resolution in OCT to enable 
cellular level imaging. 
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Optical coherence microscopy overcomes the depth of field limitation present in traditional OCT 
imaging by imaging in the en face plane rather than the cross-sectional plane. To image en face, 
the optical path length of the reference arm is matched exactly to the focus of the sample arm 
microscope while scanning a transverse raster pattern on the tissue. This eliminates the need for 
path length scanning to generate an axial depth map and allows the use of high NA lenses to 
provide very small spot sizes. Because of the high NA focusing used in OCM, the field of view in 
the images is necessarily smaller than in OCT. OCT images architectural features over a field of 
view of 3 - 6 mm square while OCM can image down to the cellular level but with reduced field of 
view of 100 – 500 µm square. 
 
OCM has the unique advantage of using two distinct optical sectioning techniques – confocal 
gating and coherence gating. While the confocal point spread function is entirely determined by 
the numerical aperture of the final objective lens, the coherence gate is determined by the light 
source bandwidth. The degree of confocal rejection of unfocused scattered light can be varied by 
changing the numerical aperture of the objective lens while the amount of coherence gated 
sectioning can be varied by changing the bandwidth of the light source. The multiplicative effect 
of the two sectioning methods strengthens the overall optical sectioning power, allowing 
increased rejection of unwanted, out of focus scattered light. Studies from our group as well as 
others have demonstrated that combined confocal and coherence gating can provide improved 
imaging depth compared to confocal alone [2-4]. The addition of high sensitivity coherence gated 
detection to confocal detection extends the imaging depth in scattering media to the shot noise 
quantum limit, providing a factor of 2-3 increase over standard confocal microscopy. 
 
The use of multiple optical sectioning techniques also allows considerable flexibility in system 
design for achieving high-resolution cellular images. Broad bandwidth light sources as used in 
ultrahigh resolution OCT can provide thin optical sectioning via coherence gating, and the 
confocal sectioning can be relaxed to facilitate development of miniaturized imaging devices.  
 

 
Figure 4.2. Numerical aperture requirement for OCM compared to confocal microscopy. 
OCM can image with high transverse resolution at much lower numerical aperture than 
confocal microscopy because it does not depend on high axial resolution for optical 
sectioning. 

 
 

Figure 4.2 compares the confocal axial and transverse imaging resolution as a function of the 
numerical aperture of the probe optics to demonstrate this operating limit for OCM. The axial 
section thickness degrades more quickly than the transverse resolution, and there exists a region 
where the transverse resolution is sufficient for cellular imaging but the axial resolution is not. 
Addition of a short coherence gate to provide tissue sectioning can therefore make cellular 
imaging possible with much lower NA than is sufficient for confocal microscopy alone. This 
operating regime for OCM imaging has very important clinical implications, since it promises to 
allow cellular imaging with small diameter probes compatible with standard endoscopic and 
laparoscopic procedures. 
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Figure 4.3. A to D, OCM imaging of squamous cellular progression in depth. Decrease in 
cell size and increased relative nuclear-to-cytoplasm ratio is evident in the images. Image 
depths for (A) to (D) are 30 μm, 90 μm, 180 μm, and 210 μm, respectively. Scale bars, 
100 μm. E to H, Zoom views (3x) of the regions highlighted in (A) to (D). Scale bars, 20 
μm.  

 
 

Figure 4.3 presents an example of sequential OCM images taken at depths between 30 μm and 
210 μm in esophageal squamous mucosa. The cellular stratification is highlighted in Figures 4.3 
(A) to (D). Surface cells are larger and with lower relative nuclear to cytoplasm (N/C) ratio 
compared to cells at deeper levels. In this specimen, the papillae projections in the squamous 
mucosa can be visualized, with squamous cells appearing to swirl around them. At greater depths, 
the cellular epithelium disappears earlier over the ridges, as evident in Figures 4.3 (C) and (D). 
Figures 4.3 (E) to (H) show 3x zoom views of the boxes identified in (A) to (D). A clear decrease 
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in the cell size, as well as an increase in the relative N/C ratio can be appreciated. These images 
highlight the high resolution of the OCM images well below the tissue surface.  
 
4.1 Swept Source OCM 
 
Traditionally, OCM is implemented with time domain detection, which allows high speed en face 
imaging in order to eliminate motion artifacts [2, 5]. However, time domain systems have a 
number of features that make the optical system undesirably complex. First, a rapid phase 
modulation scheme in the reference arm is required for time domain OCM systems. Several 
methods have been proposed, including rapid scanning optical delay lines [5], electro-optic 
modulators [6, 7], and acousto-optic modulators [8, 9]. All of these methods require sophisticated 
optical designs and specific issues, such as scanner synchronization and dispersion 
compensation, need to be carefully addressed. Second, spatial overlap between the coherence 
gate and confocal gate is critical to ensure optimal image quality in highly scattered tissues. Due 
to the inhomogeneous nature of tissues, the matching between the two gates generally cannot be 
set a priori without real time measurement. In addition, when a fiber based endoscope system is 
used, any variation of stress in the fiber can introduce gate mismatch and degrade the image 
quality. Therefore, a feedback loop and a fast coordination algorithm are required to maintain 
optimal image quality during the imaging period. Finally, due to the limited field of view, usually a 
few hundred µm, OCM itself can suffer from sampling error in clinical studies. One solution to this 
limitation is to use optical coherence tomography (OCT) for large-scale survey and to conduct 
OCM only in the regions where abnormalities are detected using OCT. An imaging modality 
which incorporates high speed OCT and OCM is thus desirable. However, due to differences 
between time domain OCT and OCM system designs, it is challenging to achieve both high-
speed OCT and OCM in one system. 
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Figure 4.4. Schematic of the swept source OCM system. L1-L4, lenses; M1, mirror; OB, 
water-immersion objective; D1-D2, dual-balanced photodetectors; FW, neutral density 
filter wheel; DC, dispersion compensating glass. 

 
 
Swept source/Fourier domain OCM is a new technique and has several advantages compared to 
time domain OCM. First, it more easily enables integration with OCT. Figure 4.4 is a schematic 
diagram of the swept source OCM system developed by our group. In contrast to time domain 
OCM, which acquires only a single en face image, swept source/Fourier domain OCM generates 
an image by acquiring an entire 3D volume and rendering the en face plane. The ability to 
generate images at different depths covering the entire focal range within one acquisition 
circumvents the need for online coordination between coherence gate and confocal gate. In 
contrast, for time domain OCM, only one en face image is acquired at a time and therefore 
precise control of the position of the coherence gate is required to ensure optimal image quality. 
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Besides, OCM and OCT using swept source/Fourier domain detection has the advantage of 
sharing the same optics in the reference arm, which makes integration of the two techniques 
relatively straightforward. An imaging modality which can be easily switched between high speed 
OCT for large-scale survey imaging and OCM for a detailed cellular level examination would be a 
powerful modality for optical biopsy and facilitate clinical studies. Swept source/Fourier domain 
OCM also has the advantage of reduced system complexity. Rapid phase modulators in time 
domain OCM system is not required in swept source/Fourier domain OCM. 
 
Although the data rate of swept source/Fourier domain OCM is higher than time domain OCM, 
the frame rate for an en face image at a particular depth is limited by the laser sweep rate. Unlike 
standard swept laser sources, the FDML laser [10] can operate at extremely high speeds and 
therefore enables rapid, swept source/Fourier domain OCM. FDML lasers overcome limitations of 
sweep speeds which are present in standard swept lasers and unprecedented high sweep rates 
up to 370 kHz have been demonstrated with a buffered configuration [11]. At these speeds, ~6 
Hz frame rate can be supported and motion artifacts for in vivo imaging can be minimized. 
 
We have demonstrated initial imaging results at ~42 kHz axial scan rates, corresponding to 
image acquisition times of ~1.5 seconds. Image resolutions of 1.6 µm × 8 µm (transverse × axial) 
with a 220 µm × 220 µm field of view and sensitivity higher than 98 dB are achieved. Figure 4.5 
presents in vivo cellular images of a Xenopus laevis tadpole.  Images (A) and (C) are two en face 
images acquired when the focus is set at ~200 μm and ~400 μm below the surface.  Image size 
is 256×256 pixels over the field of view of ~220 μm × 220 μm. Nuclei and cell membranes can be 
clearly visualized in both images. Cytoskeletons can also be identified in image (C).  Images (B) 
and (D) are generated by summing the 3D dataset in the axial direction.  Because the coherence 
gate is shorter than the confocal gate in this study, the images resemble those taken by a 
confocal microscope, but with reduced speckle. In contrast to standard confocal microscopy, 
these images were acquired using a relatively low NA and long confocal gate. Obscuration of 
detailed cellular structures and loss of contrast are evident, indicative of the insufficient rejection 
of out-of-focus scattered light by confocal gate alone.   
 

 
 
Figure 4.5. In vivo cellular images of a Xenopus laevis tadpole.  (A) and (C) are OCM 
images at ~200 µm and ~400 µm below the surface, respectively.  (B) and (D) are 
confocal-like images generated by summing the 3D datasets in the axial direction.  
Obscuration of detailed cellular structures and loss of contrast in the confocal-like images 
are evident.  Scale bar: 50 µm. 

 
The ability to generate high quality cellular images in human tissue with the system is 
demonstrated in Figure 4.6. Figure 4.6 (A) is a swept source OCM image of a normal human 
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colonic mucosa taken at ~100 μm below the surface while Figure 4.6 (B) is H&E stained histology. 
Mucosal specimens can exhibit changes in optical properties with fixation, so the sample was 
preserved in phosphate-buffered saline (PBS) and imaged within 6 hours of excision, then fixed 
and processed for histology. Normal colonic mucosa shows the presence of round crypts with 
goblet cells inside epithelium lining the lumen. In addition, the lamina propria houses many 
lymphoid cells. All features mentioned above can be clearly resolved in the swept source OCM 
image. Figures 4.6 (C) and 4.6 (D) are images of a different region at ~100 μm and ~150 μm 
below the surface, respectively. A decrease of lumen size with depth is apparent and detailed 
structures such as goblet cells and lymphoid cells can still be easily identified deep in the tissue. 
 

 
 
Figure 4.6. Cellular images of an unfixed human colonic mucosa. A. OCM image of a 
single crypt structure at ~ 100 µm below the surface. B. Representative histology stained 
with H&E. C, D. OCM images of a different region at ~100 µm and ~150 µm below the 
surface, respectively. Features like round crypts, goblet cells, epithelium lining the lumen, 
lymphoid cells in the lamina propria, and lumen shrinkage over depth can be resolved. 
Scale bar: 50 µm. 

 
 
The imaging speed is currently limited by the data acquisition and processing hardware, but has 
the potential to be significantly increased, enabling in vivo imaging and real-time display. To fully 
utilize the laser’s high sweep rate and dynamically display an en face image of interest, an analog 
demodulation scheme should be developed so that the digital processing requirements can be 
minimized. Unfortunately, because of the nonlinear frequency sweep of the FDML laser, a simple 
band-pass filter is not sufficient to demodulate a particular en face image from the 3D dataset. 
However, matched filter approaches should be possible and promises to enable very high 
demodulation speeds. In terms of real-time processing and display, time domain OCM 
approaches are currently easier to implement. Toward improving resolution, we have recently 
developed FDML lasers with full tuning ranges of ~170 nm using specially matched 
semiconductor optical amplifier (SOA). This suggests that axial resolutions can be improved to ~5 
µm, which is comparable to the thickness of standard histological sections. Furthermore, the 
superior phase stability of the buffered FDML laser compared with other frequency swept lasers 
promises to enable real-time phase microscopy with phase sensitivity compatible to spectral / 
Fourier domain systems [12]. 
 
4.2 Line-Scanning Optical Coherence Microscopy (OCM) 
 
Optical coherence tomography (OCT) is an emerging medical imaging technology which can 
generate high-resolution, cross-sectional imaging of biological tissues in situ and in real time [13]. 
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OCT functions as a type of optical biopsy to enable imaging of tissue microstructure with a 
resolution approaching that of histopathology, without the need to excise tissue specimens. 
However, high resolutions in both axial and transverse dimensions are necessary to resolve 
subtle morphological alterations for diagnosis of diseases such as cancer. Ultrahigh axial 
resolution in OCT can be achieved using broadband light sources [1], however high transverse 
resolutions are also required for cellular imaging. Optical coherence microscopy (OCM) uses high 
numerical aperture (NA) focusing to generate en face images with cellular level, transverse 
resolution [2]. OCM has been implemented by raster scanning a tightly focused beam [5].   
Alternately, full-field OCT uses a Linnik-type interferometer with full-field illumination and CCD 
detection to achieve cellular resolution en face imaging [14]. Full-field OCT has excellent image 
quality and uses low-cost, thermal light sources. However, full-field illumination and detection is 
sensitive to phase averaging effects from sample motion and has increased scattered light 
compared with single-point, beam-scanning illumination. 
 

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
Figure 4.7. Schematic of line-scanning optical coherence microscopy (OCM) imaging 
system. A broadband Ti:Sappire laser is used as the light source. SMF: single mode fiber; 
CL: cylindrical lens; BS: beam splitter; MO: microscope objectives; M: mirror; ND: neutral 
density filter; GP: glass plate for dispersion compensation; PZT: piezoelectric transducer; 
LSCCD: line scan CCD camera. 

 
 
We have developed line-scanning OCM, a new technique for cellular-resolution en face imaging. 
Figure 4.7 shows the schematic of the experimental setup. The line-scanning OCM system was 
based on a Linnik-type interference microscope with two identical microscope objectives (10x, 0.3 
NA, water immersion, working distance 3.1 mm, infinity corrected) in the sample and reference 
arms. A compact, commercially available broadband Ti:Sapphire laser (Femtolaser Produktions 
GmbH) was used to generate a spectral bandwidth of 80 nm FWHM at a center wavelength of 
820 nm. 50 mW average power was coupled into a single-mode fiber and delivered to the 
interferometer, which gave 25 mW line illumination on the sample. Since the illumination was a 
line, the exposure is significantly less than for point illumination. Line illumination was achieved 
using a spherical focusing lens and a plano-concave cylindrical lens (CL). The reference arm 
power was controlled by a neutral density filter, and a glass blank used in the sample arm to 
balance dispersion. Light from the sample and reference arms were recombined by the beam 
splitter and imaged onto a high speed, 1024 pixel line scan CCD camera (Atmel) with 12-bit A/D 
range. The interference signal was modulated by actuating the reference mirror with a 
piezoelectric transducer (PZT), using four integrating-bucket technique with sinusoidal phase 
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modulation to extract the interference component [15]. En face images were generated by 
transversely scanning the sample orthogonal to the illumination line with a precision translation 
stage. A series of en face images at different depths were also acquired by translating the sample 
in the axial direction. 
 
The line scan camera was read at ~ 52 Mpixel/s, corresponding to a 51.6 kHz line acquisition rate, 
while the PZT was sinusoidally actuated at f / 4 = 12.9 kHz and synchronized to the camera 
frame grabber. Typically, 120 line scans, or 30 from each of the four-quadrant integrating-buckets, 
were averaged to increase the signal-to-noise ratio, and resulted in a line acquisition speed of 
430 lines/second. Each en face image consisted of 256 lines and was acquired in 0.6 second. 
The magnification and the scanning speed of the system were chosen such that the image size is 
256x256 pixels over the field of view (FOV) of 256 μm x 256 μm. 
 
The axial point spread function of the system was measured by translating a mirror in the sample 
arm and was ~3 μm in water, as shown in Figure 4.8 (A). The axial point spread function is a 
combination of the coherence gate and confocal gate. Figure 4.8 (B) shows an en face OCM 
image of a USAF target in the sample arm. The smallest group 7, element 6 bars were resolved, 
indicating a ~ 2 μm transverse resolution. The detection sensitivity of the system was measured 
to be 93 dB with 30 line averages, which corresponds to an imaging speed of ~ 2Hz.  
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

 
Figure 4.8. (A) Measured axial point spread function with 3 μm FWHM in water. (B) 
Coherence gated image of a USAF resolution target demonstrating a transverse 
resolution of ~2 μm. 
 

Figure 4.9 shows representative images of a human colon specimen ex vivo.  En face image at 
100 μm below the surface is shown in Figure 4.9 (A).  Detailed structures such as the crypt 
lumens, the epithelial layer, and lamina propria were clearly visualized.  Individual goblet cells 
containing translucent mucin could be seen within the epithelial layer.  The image demonstrates 
the high-resolution, cellular level imaging capability of the line scan OCM.  After imaging, 
specimens were fixed in formalin and processed for histology.  In addition to the standard cross-
sectional plane, sectioning was performed in the en face plane to facilitate comparison to the 
OCM image plane. Histology is representative because exact registration of the histological 
section to the area of OCM imaging and especially the depth of the section are difficult. 
Representative en face histology stained with H&E is shown in Figure 4.9 (C). Three-dimensional 
imaging was performed by acquiring a stack of en face images when translating the sample in 
depth.  A total of 80 en face images with 5 μm depth interval were acquired in 48 seconds with a 
frame rate ~2 Hz. With intensity threshold segmentation, lower scattering structures including 
crypt lumen (CL) and mucin-containing goblet cells were segmented.  A three-dimensional view 
of a single crypt lumen is shown in Figure 4.9 (B). The crypt lumen (CL) was visualized to almost 
its full depth, with individual goblet cells surrounding the crypt lumen. The lumen diameter 
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decreases as the sectioning depth increases into the mucosa.  A representative cross-sectional 
histology is shown in Figure 4.9 (D). 
 

 
 

Figure 4.9. Cellular images of human colon specimen ex vivo.  (A) OCM image of crypt 
structures at ~ 100 µm below the surface.  (B) 3D rendering from a stack of 80 en face 
images (with 5 µm spacing) of the colon specimen with low-scattering crypt lumen (CL) 
and goblet cells (red arrows) segmented out.  (C) Representaitve en face histology of the 
colon.  (D) Corresponding cross-section histology showing crypts lumen (CL) and goblet 
cells (red arrows).  Scale bar: 50 µm.   

 
Compared with full-field OCT, line scan OCM has the advantage of reducing the amount of 
incoherent scattered light and pixel cross talk in scattering tissues and therefore achieves higher 
detection sensitivity compared with full-field illumination. The use of line scan cameras promises 
to enable in vivo imaging by reducing sensitivity to sample motion compared with full-field camera 
detection because phase sensitive information is acquired rapidly, before phase averaging effects 
can occur. The imaging speed could be increased up to ~8 frames per second by using two 
integrating-bucket demodulations and a higher speed, 512-pixel camera. Therefore, image 
speeds should be sufficient for in vivo imaging. Future work will include the development of a 
scanning mirror system to scan the line illumination and detection, and the development of 
miniaturized scanner for endoscopic applications.  
 
4.3 Integrated OCT/OCM Imaging of Pathology 
 
Ex vivo imaging in the pathology lab is a powerful methodology for validating new imaging 
modalities. The pathology lab imaging studies enable the acquisition of comprehensive 3D-OCT 
and OCM data sets as well as a more controlled comparison between imaging and histology 
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compared with in vivo. It also provides access to large numbers of specimens which would not be 
available outside the clinic. Integrated 3D-OCT and OCM has the additional advantage of 
enabling investigation of tissue structure at the architectural and cellular scale: the 3D OCT data 
sets enable en face projection imaging, which provides large field of view with uniform focus and 
signal level, while OCM provides high magnification that enables cellular resolution imaging. Our 
group has performed the pathology lab studies in collaboration with Dr. James Connolly, M.D. at 
the Beth Israel Deaconess Medical Center and Harvard Medical School to investigate various 
human pathologies. 
 
A time-domain integrated 3D-OCT and OCM imaging system was employed for the study [16]. 
The system incorporates a spectrally broadened femtosecond Nd:Glass laser, which provides > 
200 nm bandwidth centered at 1060 nm and > 100 mW fiber coupled power. The reference path 
has a broadband, electro-optic phase modulator and dispersion compensating optics which 
enables nearly transform limited axial resolution of < 4 um in tissue. The confocal microscope in 
the sample arm uses high speed, linear-scanning galvanometers to produce raster-scan line 
rates of up to 2.5 kHz. Transverse image resolution was measured at < 2 um and 400 – 500 um 
fields of view were achieved. The output of the electronic receiver is sampled at 5 MHz and digital 
demodulation, image processing, and display is performed. Detection sensitivity was -98 dB.  To 
date, the following number of human tissues with various pathologies have been imaged, 
including colon (75), esophagus/stomach (20), thyroid (43), breast (70), lymph nodes (24), female 
reproductive tract (58), male reproductive tract (16), kidney (9) and others (over 30), to 
investigate a broad range of diseases where integrated 3D-OCT and OCM can serve as a useful 
imaging tool. 
 

 

G

G
FF 

C 

A 

FF

0.5 mm 

B

D

100 um 

100 um 

0.5 mm 

 
 
Figure 4.10. Characteristic pattern of a breast fibroadenoma. (A) En face projection over 
20 um breast tissue from 3D-OCT images. Fibrostic tissues (F) can be clearly identified 
from the en face projection and the corresponding histology (C).  Detailed structure of 
breast glands (G) can be observed through the magnification of OCM imaging (B). (D) 
Corresponding histology to (B).  
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Figures 4.11. Lobular carcinoma of the breast.  (A) En face projection of the 3D-OCT 
scan over 20 um breast tissue close to the surface.  Linear infiltrative pattern consisting 
single row of cells are clearly identified from the image (arrows). (B) OCM image shows 
the linear infiltrative pattern in more detail.  The corresponding histology is shown in (C) 
and (D). 

 
 

Figures 4.10 to 4.12 present sample data from this study. Figure 4.10 illustrates the characteristic 
pattern of a breast fibroadenoma. En face projection over 20 um breast tissue (Figure 4.10 (A)) of 
3D-OCT images of the specimen was constructed, demonstrating uniform focus and signal level 
across a large field of view (~1.5 mm x 3 mm). Fibrostic tissues can be clearly identified from the 
en face projection and correspond well to the H&E histology (Figure 4.10 (C)). Detailed structure 
of breast glands can be observed through the magnification of OCM imaging (Figure 4.10 (B)). 
The corresponding histology is shown in Figure 4.10 (D).  
 
Figure 4.11 illustrates the characteristic pattern of lobular carcinoma of the breast. En face 
projection over 20 um 3D-OCT images of the breast tissue is demonstrated in Figure 4.11 (A). 
Linear infiltrative pattern consisting single row of cells are clearly identified from the image 
(arrows), indicating a classic type lobular carcinoma of the breast. The linear infiltrative pattern 
can be observed in more detail through the magnification of OCM imaging (Figure 4.11 (B)). The 
corresponding H&E slides (Figure 4.11 (C) and (D)) confirm these findings. 
 
Figure 4.12 shows an example of integrated OCT and OCM imaging of papillary thyroid 
carcinoma, which is the most common type of thyroid cancer (65 to 80% in USA) [17]. Figure 4.12 
(A) is the en face projection of the 3D-OCT scanned over close to the tissue surface.  Normal and 
papillary follicle structures are clearly identified from the image. Detailed papillae structure can be 
observed from the OCM image shown in Figure 4.12 (B).  Individual nuclei lining along the 
follicles are readily identified.  The corresponding histology is shown in Figure 4.12 (C) and (D). 
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Figures 4.12. Integrated OCT and OCM imaging of papillary thyroid carcinoma.  (A) En 
face projection of the 3D-OCT scan over 20 um close to the tissue surface.  Normal 
thyroid (N) and papillary carcinoma (PC) are clearly identified from the image. (B) Detailed 
papillae structure can be observed from the OCM image.  Individual nuclei (arrows) lining 
along the follicles are readily identified.  The corresponding histology is shown in (C) and 
(D). 
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Noninvasive imaging of neuronal response to external stimuli is an active area of research. 
Among available methods, hemodynamic techniques, including positron emission tomography 
(PET), single-photon emission computed tomography (SPECT), and functional magnetic 
resonance imaging (fMRI), have proven useful for visualizing spatial localization of neural activity, 
but they have limited temporal resolution. In contrast, electrophysiological techniques, such as 
electroencephalography (EEG), can measure neural responses on the millisecond time scale, but 
have limited spatial resolution. Optical methods can offer both high spatial and high temporal 
resolutions and are therefore particularly promising for making full-field measurements of 
hemodynamic, metabolic, and neuronal activities in vivo. Currently, most optical intrinsic signal 
imaging (OISI) methods present two-dimensional en face maps of brain activation, and do not 
provide depth resolution of the functional response [1, 2]. Depth-resolved images can be 
achieved by multiphoton fluorescence microscopy [3] and laminar optical tomography [4]. Optical 
coherence tomography (OCT) is another promising method for high-resolution, depth-resolved 
imaging in the cerebral cortex [5-7].  
 
In collaboration with Dr. David Boas at the Martinos Center for Biomedical Imaging of the 
Massachusetts General Hospital and Harvard Medical School, we are investigating OCT for 
measuring subsurface scattering changes due to functional activation in the rat somatosensory 
cortex. Simultaneous OISI and OCT imaging were performed on anesthetized rat with thinned-
skull preparation [7]. Forepaw stimulation is performed using 20-second stimulation blocks. Each 
block consists of 1 second of pre-stimulus period followed by 4 seconds of stimulation with ~1.8 
mA pulses at 3 Hz. A 15-second post-stimulus period is then provided to allow full recovery of the 
excitable tissues to baseline. The stimulus block is repeated 60 times during data acquisition over 
a 20-minute period. Block averaged signals are then computed to reduce the effects of 
physiologic noise in the measurements. Functional OCT signals are presented as fractional 
changes by normalizing signals at all time points to the averaged signal levels in the 
corresponding pixels at baseline (pre-stimulus period). 
 
Figure 5.1 highlights the typical functional OCT imaging of rat somatosensory cortex. The 
averaged functional image from the time window 4-7 seconds (around the peak of maximal 
activation) is shown in Figure 5.1 (A). Both positive and negative signal changes are observed. 
Warm colors at the red and yellow end of the colormap represent positive signal changes, while 
cool colors at the blue end represent negative changes. The functional OCT image reveals highly 
localized, distinct “hot spots” of activation in the cortex. Figure 5.1 (B) shows a magnified view of 
the temporal sequence for the corresponding boxed region in Figure 5.1(A). Time point 0 
represents the baseline. At 4 and 6 seconds, bright areas of signal change emerge and 
subsequently return to baseline after 8 and 10 seconds. Figure 5.1 (C) shows a second magnified 
region of the functional OCT image. The colormap has been switched to gray scale, with positive 
signal change in black, to allow clear color-coded delineations of regions of interest (ROI). The 
corresponding temporal sequences of activation for the boxed regions in Figure 5.1 (C) are 
provided in Figure 5.1 (D). The OCT functional signal timecourses reveal clear increases and 
decreases that deviate from baseline, reach a peak near the cessation of the stimulus, and then 
gradually return to baseline.  
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Understanding the exact etiology and timecourse of the OCT functional signal will require 
additional investigation. The results presented here have been validated in more than 10 animals 
to date, and in each case, a robust and highly localized OCT response is seen corresponding 
with the hemodynamic response measured by OISI. The presence of positive and negative going 
OCT signals and the relatively speckled appearance of the response under differential signal 
analysis implicate swelling mechanisms as an important contributor. Furthermore, the presence 
of highly localized regions of activation in the cortex suggests that localized swelling or vascular 
dilation, rather than simply bulk brain swelling, is a contributor.  
 
A closer look at the timecourses for different ROIs reveals different temporal responses. For 
example, Figure 5.2 shows different temporal response for two specific ROIs. The blue region in 
the cortex (Figure 5.2 (A)) shows a timecourse correlating well with the stimulation pattern (Figure 
5.2 (B)). The functional signal increases when the stimulation starts at 1 second, and reaches the 
apex at the end of the stimulation (5 second). In contrast, the red region indicating a large vessel 
from the structural image in Figure 5.2 (A) shows a delayed response in the timecourse with 
respect to the stimulation pattern (Figure 5.2 (B)).   
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

 
Figure 5.1. Functional OCT measurements in the rat cortex. A fractional change map (A) 
demonstrates the presence of positive (warm colors) and negative (cool colors) changes 
in OCT signals during stimulation. Temporal sequences (B) reveal the presence of highly 
localized regions of activation in the cortex that persist throughout stimulation. Further 
analysis of the localized regions of interest (C,D) shows a functional OCT timecourse that 
correlates well with that of the intrinsic hemodynamic optical signal but with both positive 
and negative going responses. The horizontal bars in (D) indicate the time windows of 
interest used to generate the functional map (A, B, C). 

 
 
Figure 5.3 shows an example of a time lag image of functional OCT activation. The averaged 
time lag at the same depth (from the skull surface) is plotted versus the depth in Figure 5.3 (B). 
There exists a two-phase behavior for the averaged time lag. In the first 200 µm of the cortex 
(about 100-300 µm from the skull surface), the averaged time lag decreases as the depth 
increases (characterized by slope S1). From 200 µm and deeper into the cortex (>300 µm from 
the skull surface), the averaged time lag does not change appreciably with the depth 
(characterized by slope S2). We analyzed the spatial-temporal correlation between OCT and OISI 
on 6 independent runs from 2 rats, and the distribution of S1 and S2 are indicated in Figure 5.3 
(C). The averaged S1 = − 0.0041 ± 0.0013 second/µm, while the averaged S2 = − 0.00018 ± 
0.00035 second/µm. There is statistically significant difference between S1 and S2 (p < 0.0001). 
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Figure 5.2. (A) Structural OCT image of rat brain. Red and blue regions denote the larger 
pia artery, and the smaller arterioles in the cortex region respectively. (B) Timecourses of 
functional activation from these two regions. The blue curve is from the region denoted by 
blue color (cortex), and the red curve is from the region denoted by red color (pia artery). 

 

 
 
Figure 5.3. (A) Structural OCT image overlaid with the time-lags with respect to the 
averaged OISI time-course at different activation regions.  The time-lags are color-coded 
(unit: second). (B) Plot of the averaged time-lags at the same depth (from the skull surface) 
versus the depth.  Two distinct regions are indicated by different slopes (S1 and S2).  (C) 
Box plot of the S1 and S2 from 6 independent runs on 2 rats showing statistically 
significant difference. (D) Histology of rat somatosensory cortex indicating layered 
structures (layer I, II, III are specified). 

 
 
Compared to depth-integrated OISI, OCT has the unique advantage of resolving functional 
response at different depths. This capability is important when investigating the dynamic 
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responses at different cortical layers. From our study, we observed two-phased signal dynamics 
with respect to the stimulation pattern (Figure 5.3). The response from deeper (>200 µm) cortex 
layers is synchronized to the stimulation pattern with the average time lag of 0s. In contrast, for 
shallower cortical regions (<200 µm), we observed a delayed response with respect to the 
stimulation pattern, and there is a gradual increase in time lag when the depth decreases towards 
the cortical surface. We hypothesize this phenomenon is consistent with retrograde vessel 
dilation. The first 200 µm in cortical region corresponds to layer 1, where neurons are scarce, and 
is verified by the corresponding histology of rat cortex shown in Figure 5.3 (D). The functional 
response from the deeper layers are transmitted up-stream to the surface vessels through 
retrograde vessel dilation [8], therefore there exists a depth-dependent time delay in the response. 
From Figure 5.3, we observed an averaged propagation speed (1/S1) of 0.27 ± 0.11 mm/second, 
which agrees with previously reported retrograde vessels dilation speed of ~ 0.3 mm/second in 
cerebellar cortex [9]. Further studies using Doppler OCT methods promise to provide a 
quantitative assessment of changes in vascular flow with respect to depth.  With further 
investigation, this technique has potential to become a new tool for basic and applied 
neuroscience research in animal models. 
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