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Objective of the Proposal 

The objective of this program is to develop and apply optical coherence tomography (OCT) for 
biomedical applications. OCT is an emerging technology for performing in situ, real time cross- 
sectional imaging of tissue microstructure. 

Accomplishments 

OCT is an emerging diagnostic imaging technology which was developed by our research group 
in part under this program. OCT generates cross-sectional images of tissue microstructure with 
micron scale (1-15 um) resolution by measuring the echo time delay and magnitude of 
backscattered light. OCT can thus function as a type of "optical biopsy," enabling imaging of 
tissue with resolution approaching conventional biopsy and histopathology, but without the need 
to remove and process specimens. Over the three years of work under this contract, we have 
made significant progress in a number of areas: development of new laser technology for 
ultrahigh resolution imaging; new technology and measurement techniques for OCT imaging; in 
vitro imaging studies to establish the feasibility of using OCT for optical biopsy; and preliminary 
clinical studies. 

These key advances are summarized in sections entitled: 

A. Ultrahigh Resolution Technology for OCT imaging 
B. Optical Biopsy and Novel Devices for Clinical Applications 
C. Clinical Imaging using Optical Coherence Tomography 

A list of publications supported under this contract is appended at the end. 

Ultrahigh Resolution Technology for OCT imaging 

Optical coherence tomography (OCT) is an emerging medical imaging technology, developed by 
our research group in 1991 [1], which is promising for applications in several medical fields [2]. 
OCT enables the visualization of tissue microstructure in situ and in real time with resolutions in 
the 1-10 urn range. OCT is a promising technique for optical biopsy, enabling the visualization 
of tissue pathology [3-6]. Enhancing the axial resolution of OCT has been a major focus of the 
previous research. Clinical OCT systems often use superluminescent diodes (SLDs) that enable 
imaging with 10-15 urn axial resolution.  These resolutions are typically insufficient for many 
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applications such as identifying neoplastic changes for cancer detection or tissue morphological 
and structural features for the visualization of other pathologies. 

Over the three years of work under this contract, we have made significant progress in 
developing OCT technology to achieve ultrahigh resolution imaging. In addition, we have made 
advances in optical coherence microscopy techniques which promise to enable in vivo cellular- 
level imaging. The use of broadband laser sources for ultrahigh resolution OCT imaging has 
also enabled the development of spectroscopic methods for enhancing contrast in OCT images. 
Finally, this section will describe studies in ultrahigh resolution spectral domain OCT, which 
enables over an order of magnitude improvement in imaging speed for in vivo ultrahigh 
resolution OCT imaging. 

Ultrahigh Resolution OCT Imaging using Microstructure Fibers 

The longitudinal resolution in OCT images is inversely proportional to the optical bandwidth and 
proportional to the square of the center wavelength of the light source. Ultrahigh resolution OCT 
requires extremely broad bandwidths because of this X2/AX dependence of the longitudinal 
resolution. This is particularly the case for the spectral region between 1.2 um and 1.5 urn. This 
spectral region is important for OCT because of the high penetration depth in biological tissue 
and the possibility to perform spectral resolved imaging of water absorption bands. 
Superluminescent diodes are used in conventional OCT systems and typically yield 10-15 urn 
longitudinal resolutions. We demonstrated previously OCT imaging with resolutions of 1 um at 
800 nm [7] and 5.1 um at 1300 nm [8] in biological tissue using a Kerr-lens modelocked 
Ti: Sapphire laser with double-chirped mirrors and the self phase modulation broadened spectrum 
of a Kerr-lens modelocked CnForsterite laser, respectively. 

These broadband Kerr-lens modelocked lasers are not available commercially and require double 
chirped mirrors. We investigated a broad band light source based on a standard pulse duration 
Ti:Sapphire laser using continuum generation in air-silica microstructured fibers. High 
nonlinearity, air-silica microstructure fibers [9] or tapered fibers [10] can generate an extremely 
broadband continuum using low energy femtosecond pulses. These fibers achieve high 
nonlinearities by using a tight mode confinement and shifting the zero of dispersion to shorter 
wavelengths. We achieved a free-space axial resolution of 2.5 urn at a 1.3 urn center wavelength 
and demonstrated the application of the OCT system for in vivo imaging of biological tissue [11]. 
Figure 1 (left) shows a schematic of the experimental setup. We launched 100 fs pulses 
generated by a commercial Kerr-lens modelocked Ti:Sapphire laser, which was pumped by a 
frequency doubled Nd:Vanadate laser into aim length of microstructure fiber. The fiber 
continuum was collimated with a microscope objective (MO), spectrally filtered by a long-pass 
filter and focussed with a chromatically corrected custom-designed lens (AL) into a dispersion 
shifted single mode fiber. A custom-designed lens and broadband 3 dB fiber couplers (FC), 
designed for 1300 nm center wavelength (FC), were used in the OCT setup. Since the light 
source had excess amplitude noise, a dual balanced detection with two InGaAs photodiodes (Dl, 
D2) was used. Polarization controllers (PC) minimized the polarization mismatch of the 
interferometer arms to avoid degradation of the shape and the peak height of the interference 
fringes. 
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Figure 1. (left) Ultrahigh resolution OCT system using continuum generation in 
an air-silica microstructure fiber as the light source. See text for explanation of 
the acronyms, (right) In vivo ultrahigh resolution (~6 x 2.5 nm, transverse x axial 
resolution, 1.0 x 1.0 mm; 1000 x 3000 pixels) OCT image of a hamster cheek 
pouch showing the epithelium, muscular layers, and a blood vessel. 

The feasibility of in vivo ultra high resolution imaging using this source was demonstrated by 
imaging the cheek pouch of a Syrian hamster, a well-established animal model for studies of 
cancer progression. Figure 1 (right) is an in vivo image of cheek pouch which shows the 
epithelium, connective tissue, muscular layers, and a blood vessel at ultrahigh resolution. In 
conclusion, we successfully demonstrated the use of continuum generation in an air-silica 
microstructure fiber for OCT imaging [11]. We achieved a free-space axial resolution of 2.5 urn 
at a 1.3 urn center wavelength and demonstrated the application of this ultrahigh resolution OCT 
system for in vivo imaging of biological tissue. 

Compact Ultrahigh Resolution System for Real-Time In vivo Imaging 

One of the key problems in OCT has been the lack of compact, high performance, low coherence 
light sources with sufficient bandwidth and power to enable high resolution, real time imaging. 
Compact, diode pumped solid state lasers can generate femtosecond pulses, but do not have 
sufficient bandwidths for high resolution imaging. We recently demonstrated ultrahigh 
resolution OCT with an axial resolution of 2.5 urn at 1300 nm center wavelength using 
continuum generation with femtosecond pulses from a Ti:Sapphire laser coupled into an air- 
silica microstructure fiber. While this approach achieves high resolutions in the important 1300 
nm wavelength range, the Ti:Sapphire laser requires a high power pump laser which makes the 
light source expensive and bulky. 

Working in collaboration with investigators from HighQ Laser Productions in Austria, we 
developed a compact ultrahigh resolution OCT system based on new broadband light sources 
that can emit in either the 1 urn and 1.3 urn wavelength range. The 1300 nm wavelength allows 
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Figure 2. Schematic of the OCT system using a femtosecond diode pumped 
Nd:Glass laser (bottom left corner) with continuum generation either (a) in an 
ultrahigh numerical aperture single mode fiber or (b) in a tapered single mode 
fiber. 

good image penetration depth in tissue, while the 1064 nm wavelength offers a good 
compromise high axial resolution, but lower penetration depths. The laser and OCT system are 
compact, robust, transportable and well suited for clinical studies. 

Figure 2 shows a schematic of the experimental setup. A compact diode pumped femtosecond 
Nd:Glass laser (HighQ Laser Productions) generates pulses with 110-150 fs duration, 150 mW 
average power at 75 MHz repetition rate and 1064 nm wavelength. Either an ultrahigh 
numerical aperture fiber or a tapered fiber can be used to generate a spectrum centered at 1 urn 
or 1.3 um wavelength, respectively. The OCT system consists of broadband 3 dB fiber couplers 
(FC), and custom designed achromatic lenses (L). In order to accommodate the broad 
bandwidths and enable real time imaging, delay scanning is performed using a rapid scanning 
delay line with reflective optics. A hand-held probe was developed for in vivo imaging. An x- 
galvo is used for transverse scanning at 4 frames per second. Dispersion is matched in the two 
arms of the interferometer in order to maintain resolution. Dual balanced detection with two 
photodiodes (Dl, D2) is used to cancel the intensity noise of the light source. Polarization 
controllers (PCI, PC2) are used in the sample arm and the reference arms. 

To demonstrate the performance of the system in an in vivo imaging application, an African frog 
tadpole (Xenopus laevis) was imaged (Fig. 3). The continuum light sources yield an axial 
resolution of 5-6 \im in air or ~4 \im in biological tissue, which is three times higher than with 
the conventional semiconductor sources (superluminescent diodes or amplified spontaneous 
emission light sources). This improved resolution enables the differentiation of small features, 
which cannot be resolved using conventional light sources. 

In vivo ultrahigh resolution OCT imaging of the hamster cheek pouch was also demonstrated at 
1 urn (Fig. 4a). We chose this tissue it has a morphology consisting of thin layers than can only 
be well resolved by using an ultrahigh resolution system. Fig. 4b shows an image of human skin, 
also acquired in vivo and at high speed. The stratum corneum is easily visible. Features such as 
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Figure 3. In vivo OCT images of an African frog tadpole (Xenopus laevis) (a) at 
1064 nm using spectral broadening in a high NA fiber (b) at 1300 nm using 
continuum generation in a tapered fiber. The axial resolution is 5-6 u.m in both 
cases. 

n 

Figure 4. In vivo OCT images acquired at 4 frames per second with the 1 pm light 
source.  The axial and transverse resolution are 5.5 pm and 11 pm, respectively. 
(a) Image of a hamster cheek pouch.  The junction of 2 blood vessels is visible. 
(b) Image of human skin.   Sweat ducts and the junction between the epidermis 
and the dermis can be resolved. 

sweat ducts and the dermal-epidermal junction can also be differentiated. 
2 mm x 1.6 mm (transverse x axial) in size and contain 500 x 360 pixels. 

The images are 

These results demonstrate the utility of our system to perform in vivo ultrahigh resolution OCT 
imaging with a portable light source based on the generation of supercontinuum by nonlinear 
effects in optical fibers. Such system, with its user-friendly laser, opens the door to the ultrahigh 
resolution OCT imaging in the clinic, and will be a powerful tool for future studies. 

All-Fiber Continuous-Wave (CW) Raman Continuum Light Source for High Resolution OCT 

The lack of compact and portable high-performance broadband light sources with sufficient 
power and bandwidths has been a limitation to achieving ultrahigh resolution, high speed OCT 
imaging outside the laboratory setting. Femtosecond solid-state lasers can directly generate 
broad bandwidths for OCT imaging, but are difficult to operate outside the laboratory [7, 12]. 
Nonlinear and microstructure fibers pumped by femtosecond bulk and fiber systems have also 
enabled imaging with unprecedented resolutions, but require the use of femtosecond lasers [11, 
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13, 14]. Reductions in cost can be achieved by using low-threshold femtosecond lasers, which 
use inexpensive low-power pump lasers [15, 16]. The 1300 nm wavelength region is of 
particular interest for biomedical applications because it permits improved imaging depth when 
compared to shorter wavelengths due to reduced scattering [17]. The development of broadband 
light sources for OCT, therefore, focused on this wavelength range [11, 14, 18, 19]. Recent work 
has also investigated light source development and imaging at center wavelengths closer to 1000 
nm, which provide a compromise of higher resolution for a given bandwidth at the expense of 
reduced image penetration [14, 20]. 

A novel approach to broadband continuum generation in photonic crystal fibers has become possible 
due to the development of high-power, all-fiber pump sources. These new light sources promise 
ultrahigh resolution, high speed OCT imaging with lower cost and complexity than what is 
possible with femtosecond laser-based light sources. Microstructure and photonic crystal fibers 
typically have been pumped with femtosecond lasers in order to provide the peak powers 
necessary to initiate self-phase modulation and four-wave-mixing-supported continuum 
generation under conditions of anomalous or near-zero dispersion. However, the use of high 
intensity femtosecond sources for continuum generation in holey fibers leads to severe spectral 
modulation of the continuum in the vicinity of the pump wavelength. This spectral modulation 
produces side lobes and reduced contrast in the interferometric point spread function. Femtosecond 
quasi-CW-pulsed pumping of holey fibers also may result in excessive temporal instability of the 
continuum and nonlinearly amplified quantum noise, which can lead to dramatic relative intensity 
noise fluctuations [21]. An alternative to using high peak powers is to increase the effective 
nonlinear interaction length of the Raman interaction, using longer pump pulses which reduces 
dispersive walk-off. Stimulated Raman scattering is the principle nonlinearity for continuum 
generation by using nanosecond-scale pump pulses [22, 23]. Recently, the possibility of low 
peak power and even continuous-wave, multiwatt Raman continuum generation in highly 
nonlinear fibers was demonstrated [24]. Continuous-wave pumping of nonlinear fibers can 
enable the development of robust and turnkey continuum light sources that require no optical 
alignment, thus enabling high speed, ultrahigh resolution OCT imaging in a wide range of 
applications outside the laboratory. 

In collaboration with Professor James R. Taylor's group at Imperial College, we have 
demonstrated a continuous-wave-pumped, all-fiber Raman continuum light source with 330 mW 
power for high speed, ultrahigh resolution OCT imaging in scattering tissue. This light source is 
robust, compact, turnkey, and suitable for clinical applications. The broadband fiber light source 
was based on a 10 W continuous-wave, nonpolarized, multimode diode-pumped, single-mode 
Yb-fiber laser (IPG Photonics) directly spliced to an anomalously dispersive holey fiber (Crystal 
Fiber). The Raman-soliton continuum had 5.5 W of total power and a spectral width of 318 nm 
(at 20 dB). The spectral range from 1090 to 1370 nm was flat to ±5 dB and contained 2.3 W of 
power. The output was filtered using a special wavelength division multiplex (WDM) coupler to 
remove the pump wavelength. Figure 5 shows the continuum produced by the Raman 
continuum source, and typical spectra before and after spectral shaping by the WDM coupler. 
The output power after the coupler was -330 mW and the spectrum was Gaussian-shaped with a 
bandwidth of-140 nm, which corresponds to a theoretical resolution of 5 nm in free space. The 
complete light source contains no bulk optical components, requires no alignment, and is 
turnkey, compact (25 x 25 x 20 cm) and robust. 
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Figure 5. (a) Continuum produced by continuous wave, Raman light source, (b) 
Typical output spectrum before and after spectral shaping. 

XY Scanning Probe 

Figure 6. Schematic of a high speed, ultrahigh resolution OCT system using an 
all-fiber Raman continuum light source. The system uses broadband 80/20 and 
50/50 couplers to optimize the power on the sample and is coupled back to the 
detectors. Dispersion was matched in the sample and reference arms of the 
interferometer in order to maintain high axial resolution. 

Figure 6 shows the schematic of the experimental setup. The OCT system consists of broadband 
80/20 and 50/50 fiber couplers to optimize power coupled back to the detectors. The reference 
arm was scanned using a reflective delay scanner. Polarization controllers were used in both the 
sample arm and the reference arms. In vivo imaging was performed using an X-Y galvanometer 
scanning probe. Near-infrared achromatic lenses were used to minimize chromatic aberration. 
Dual-balanced detection with two InGaAs photodiodes was used to reduce excess intensity 
noise. The interference signal was electronically band-pass filtered, logarithmically 
demodulated, low-pass filtered, and digitized. The performance of the OCT system using the 
Raman continuum light source was measured by using an isolated reflection from a single 
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Figure 7. High speed, ultrahigh resolution in vivo OCT image of a Syrian hamster 
cheek pouch. The epithelial layer (e), muscular layers (m), and two prominent 
vessels (v) are clearly visible. A microscope cover glass (c) was placed over the 
top of the cheek pouch (-18 urn x 4.8 urn transverse x axial resolution, 500 x 
1000 pixels, 2.5x1.8 mm). 

mirror. To maintain axial resolution, the dispersion in the interferometer sample and reference 
arms was carefully matched. The measured axial resolution was 6.3 um in air, which 
corresponds to 4.8 urn in tissue. The detected optical spectrum was measured to be 110 nm by 
Fourier transformation of the interferometric signal. This reduction in bandwidth may be the 
result of wavelength dependence of the fiber couplers, as well as wavelength variations in the 
sensitivity of the InGaAs photodiodes. 

We demonstrated high speed, ultrahigh resolution in vivo OCT imaging in the hamster cheek 
pouch, which is a well-established model for studies of cancer progression. To minimize the 
effect of wavefront aberration and dehydration, and to achieve better index matching, the cheek 
pouch was irrigated with saline and covered with a thin cover glass. Figure 7 shows a high 
speed, ultrahigh resolution in vivo image of the hamster cheek pouch with <5 um axial 
resolution. The image had 500 transverse pixels and 1000 axial pixels, and it measured 2.5 mm 
by 1.8 mm. The axial dimension was scaled by 1.3 to account for the approximate index of 
refraction. The epithelial layer, muscular layers, and two prominent vessels are clearly visible in 
the hamster cheek pouch. 

In conclusion, we demonstrated an all-fiber, continuous-wave-pumped, broadband Raman 
continuum fiber light source at a center wavelength of -1.3 \im for high speed, ultrahigh 
resolution in vivo OCT imaging. We achieved an axial resolution of <5 urn in tissue, which is a 
factor of 2-3 times finer than what is possible using conventional superluminescent diode light 
sources. This fiber Raman light source requires no alignment; it is compact, turnkey, and 
promising for clinical OCT imaging applications. Broader output spectra and lower excess noise 
may be obtained using higher power Yb lasers and different fiber geometries. Although the cost 
of the light source is rather high, because of the cost of the photonic crystal fiber, these fibers are 
expected to be available at significantly lower cost in the future.   The future cost should be 
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significantly lower than that of bulk solid-state femtosecond laser-based light sources. The high 
performance and ease of use of this light source promises high speed, ultrahigh resolution OCT 
imaging in a wide range of applications. 

Real-Time High Resolution OCT using All-Fiber Femtosecond Fiber Laser Continuum at 1.5 um 

Compact, broad bandwidth supercontinuum sources were recently demonstrated by using 
femtosecond fiber lasers in combination with nonlinear fibers [25, 26]. Fiber lasers can provide 
a more compact and robust approach for ultrahigh resolution imaging when compared to bulk 
solid-state lasers. Fiber-based light sources have achieved sub-2-u.m high-resolution OCT in the 
1300 nm wavelength region [19]. Because the optical scattering in tissues is reduced and the 
penetration depth is increased at longer wavelengths, the wavelength region around 1.4-1.6 urn is 
of interest for OCT imaging [17, 27]. This wavelength region is also attractive for the 
characterization of optical devices or for spectroscopic applications using water absorption [28]. 

We developed an all-fiber scheme for real-time high-resolution OCT imaging in the 1.4-1.7 urn 
wavelength region. A low-noise supercontinuum with 38 mW power and 180 nm bandwidth 
was generated using a high-power, stretched-pulse, passively modelocked fiber laser and highly 
nonlinear fiber. In vivo imaging of human skin is demonstrated using the SC source and a high- 
speed OCT imaging system. 

Figure 8 shows the experimental setup of OCT imaging using the high-power stretched-pulse 
passively modelocked Er-doped fiber laser. The generated supercontinuum was coupled into a 
high-speed OCT system. The OCT system consists of an optical circulator and a broadband 
50/50 fiber coupler to optimize power coupled back to the detectors. The reference arm was 
scanned using a reflective scanner with a scan speed of 7.6 m/s and a repetition rate of 1900 Hz. 
Polarization controllers were used in both the sample arm and the reference arm to match the 
polarizations in the two interferometer arms. In vivo imaging was performed using an XY 
galvanometer scanning probe. A dual-balanced detection configuration was performed with two 
InGaAs photodiodes. The detected interference signal was band-pass filtered, logarithmically 
demodulated, low-pass filtered, and acquired by the computer. 

The performance of the OCT system was measured by using an attenuated isolated reflection. 
To maintain high axial resolution, the dispersion in the two arms of the interferometer was 
carefully matched. Figures 9(a) and 9(b) show the interference signal and the logarithmic 
demodulated signal after band-pass and low-pass filtering. Since the spectral shape is almost 
Gaussian, the magnitude of side lobes was small on a linear scale. On a log scale, there are 
several small side lobes at -40 to -50 dB below the main peak, which is caused by small residual 
modulation in the spectrum. The measured axial resolution was 7.4 jxm full-width-at-half- 
maximum (FWHM) in air, which corresponds to 5.6 urn in tissue. The detected optical spectrum 
was measured to be 151 nm by Fourier transforming the interferometric signal. This reduction in 
bandwidth may be due to the wavelength dependence of the circulator, couplers, and optical 
lenses, as well as wavelength variations in the sensitivity of the InGaAs photodiodes. The 
system sensitivity was 98.7 dB with a power of 12 mW incident on the sample. This sensitivity 
is near the theoretical sensitivity for this incident power and detection bandwidth. 
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Figure 8. Schematic of an all fiber, real-time, ultrahigh resolution OCT system at 
1.55 urn wavelength. (PBC: polarization beam combiner; WDM: wavelength 
division multiplexed coupler; HC-EDF: high concentration Er doped fiber; PBS: 
polarization beam splitter; FR: Faraday rotator; BT: birefringent plate). 
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Figure 9. (a) Interference signal point spread function and (b) logarithmically 
demodulated signal showing an axial resolution of 7.4 urn in air, which 
corresponds to 5.6 urn in tissue. 

We demonstrated the feasibility of using this light source for high-speed in vivo OCT by imaging 
the human skin. To minimize the effect of wavefront aberration, and tissue dehydration, and to 
achieve better index matching, a transparent gel was applied. Figure 10 shows an in vivo image 
of human skin. The image consists of 500 transverse scans with 1000 pixels per scan, which 
covers an area of 2.5 mm by 1.8 mm. The image was scaled by 1.3 times in the axial dimension 
in order to compensate for the approximate index of refraction. The epidermis, sweat duct, and 
junction of epidermis and dermis are clearly visible. 
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Figure 10. High-speed in vivo OCT image of human skin. The stratum corneum 
(sc), epidermis (e), sweat duct (s), and dermis (d) are clearly visible (-18 um x 4.8 
urn transverse x axial resolution; 500 x 1000 pixels; 2.5 x 1.8 mm). 

In summary, we demonstrated an all-fiber, real-time, high resolution OCT imaging system by 
using a high-power, broadband, supercontinuum fiber laser light source in the 1.55 u.m 
wavelength region. Fiber lasers can provide a more compact and robust approach to ultrahigh 
resolution imaging than what is possible with bulk solid-state lasers. Low-noise supercontinua 
with 180 nm bandwidth and 38 mW output power was generated using a stretched-pulse, 
passively modelocked high-power femtosecond fiber laser and normal dispersive highly 
nonlinear fiber. We achieved an axial resolution of-7.4 um in air and -5.6 u.m in tissue at a 
center wavelength of-1.5 um. This light source is stable, compact, and self-starting, and it 
should be useful for a wide range of high resolution high-speed OCT imaging applications. 

Compact Cr4+:Forsterite Laser for High Resolution Endoscopic OCT Imaging 

One of the medical areas where high resolution OCT imaging could significantly impact the 
detection and diagnosis of disease is endoscopic imaging [29]. Gastrointestinal (GI) endoscopy 
has received increased attention due to the prevalence of esophageal, stomach, and colonic 
cancers. In the early stages of development, these cancers manifest as cellular and architectural 
changes in the epithelium or mucosal layers located inside the wall of the gastrointestinal tract. 
In contrast to conventional video 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. 

Previous studies of endoscopic OCT imaging have documented the capability of OCT to 
differentiate abnormal GI pathologies such as the Barrett's esophagus, adenomatous polyps, and 
adenocarcinoma from normal tissues [30-36], while the resolution of these previous OCT 
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systems is typically 10-15 p.m. Higher resolution OCT systems may enable the identification of 
early neoplastic changes in gastrointestinal tissue. This advance could enable image-guided 
biopsy at high resolution, with the prospect of improving the sensitivity of biopsy by reducing 
false-negative rates caused by sampling errors. 

In this study, we have developed high resolution endoscopic OCT imaging system by using a 
compact, broadband Cr4+:Forsterite laser as the light source. Prismless operation within the 
laser cavity was achieved by using double-chirped mirrors for intracavity dispersion 
compensation [37]. Combined with a dispersion-shifted highly non-linear fiber, a spectral 
bandwidth of >200 nm at center wavelength of 1250 nm and an output power of 50 mW was 
generated, as shown in Figure 11. The compact Cr4+:Forsterite laser has a footprint of 40 cm by 
60 cm, and its portability makes it accessible to clinical settings. 

Figure 12 depicts the schematic of the OCT imaging system. Light was coupled into a 
broadband optical circulator and a 90/10 fiber optic coupler, which transmits 90% of the incident 
light to the sample arm. A rapid scanning delay line in the reference arm provided real-time 
imaging up to 3125 axial scans per second. Polarization controllers were used in both the sample 
and reference arms to optimize signal strength and interference. To match the optical dispersion 
within the system, SFL6 and LaKN22 dispersion-compensating glass (DCG) was inserted in the 
reference arm, and an air-gap coupling (AGC) was used in the sample arm. The use of the air 
coupling allowed precise dispersion compensation and enabled broadband operation for high 
resolution imaging performance. The OCT signal after interference was split into two 
orthogonal polarization dependent channels by a polarizing beam splitter (PBS), and the two 
detector outputs were digitally demodulated. A polarization diversity signal was calculated 
using the square root of the sum of the squared signal intensities from the two channels. Due to 
the bandwidth limitations in the optical circulator and other 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 4.6 urn in air. The width of the measured 
axial point spread function is 5 urn, which is a two- to three-fold improvement over standard 
OCT systems. This corresponds to a 3.6 urn resolution in the tissue, assuming a 1.4 mean index 
of refraction. With improvements in the bandwidth of the optical components, higher axial 
resolutions could be achieved. 

The light was delivered through a 1.5-mm-diameter imaging catheter with a 15 urn focal spot 
size and a 0.5 mm focal distance from the outer wall of the catheter sheath. The catheter was 
driven by a magnetic actuator in order to create a linear cross-sectional imaging scan through the 
tissue surface. A 4 Hz frame rate was implemented in the in vivo imaging to reduce the 
movement artifacts. 

The feasibility of endoscopic OCT imaging was demonstrated on an animal model. The 
gastrointestinal tract of the New Zealand White rabbit was imaged by using the linear scanning 
catheter. All imaging procedures were performed at MIT facilities with protocols approved by 
the MIT Committee on Animal Care (CAC). The rabbit was anesthetized, and the OCT imaging 
catheter was manually introduced into the upper gastrointestinal (esophagus) and lower 
gastrointestinal (colon) tracts respectively. 
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Figure 11. (a) The photo of the compact Cr4+:Forsterite laser with the optical 
beam highlighted (top: pump light; middle: laser cavity; bottom: output coupling), 
(b) The output spectrum of the Cr4+:Forsterite laser, compared with the spectrum 
of standard SLD source. 
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Figure 12. Schematic of an endoscopic OCT imaging system using a broadband 
Cr4+:Forsterite light source. Accurate dispersion matching is achieved through the 
use of an air-gap coupling (AGC) and dispersion-compensating prisms (DCG), 
which enables broadband, high resolution operation. 

Figure 13(a) shows an in vivo OCT image of the rabbit esophagus taken with the linear scanning 
catheter. The corresponding histology is shown in Figure 13(b). The structure of the esophagus 
is delineated clearly, with well-organized layers of the squamous epithelium (ep), lamina propria 
(lp), muscularis mucosa (mm), submucosa (sm), and inner (im) and outer muscular (om) layers. 
The OCT image correlates well with the histology in both the order of layers and the layer 
thickness. This result is in agreement with previous OCT imaging studies of the esophagus [38], 
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Figure 13. (a) In vivo endoscopic OCT image of rabbit esophagus with 
corresponding histology (b). Good correlation is seen between the OCT and 
histological cross sections for epithelium (ep), lamina propria (lp), muscularis 
mucosa (mm), submucosa (sm), and inner (im) and outer muscular (om) layers. 

Figure 14. In vivo OCT image of sequential scans that span from the rabbit 
epiglottis to the inner esophagus. High resolution imaging is maintained over a 
large tissue field, allowing detailed discrimination of tissue structure. 

while higher resolution provides more refined details of tissue morphology. Imaging of a larger 
tissue area was achieved by mechanically pulling back the imaging catheters and acquiring a 
series of images. Figure 14 shows a composite image of five OCT linear scans acquired 
sequentially as the catheter was withdrawn during imaging. Images were acquired over a 12 mm 
scanning range from the inner esophagus to the epiglottis. This image illustrates the capability of 
surveying tissue morphology over a large field at high resolution using endoscopic OCT system. 

In Figure 15, an in vivo OCT image and a corresponding histology of the rabbit colon are shown. 
The OCT image shows a highly scattering and multistructured layer at the surface that correlates 
with the colonic mucosa. Individual crypts can be seen in the OCT image and they correlate well 
with the histology. The crypt features within the mucosa are visualized at greater detail in the 3x 
magnification images at the right side. Crypt boundaries within the lamina exhibit high 
scattering intensity in the OCT image, thereby increasing the contrast between individual crypts. 
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Figure 15. /n vz'vo endoscopic OCT image of rabbit colon (a) with corresponding 
histology (b). Delineation of colon upper mucosa (um), muscular mucosa (mm), 
and muscularis propria (me) is possible. Enlarged images show the capability to 
visualize crypt structures in finer details. 

The capability to resolve crypt features within the colon is important in the clinical diagnosis of 
conditions such as inflammatory bowel disease and colon cancer. 

In summary, we have developed a high resolution endoscopic OCT imaging system and have 
obtained high resolution OCT images of the rabbit gastrointestinal tract with minimally invasive 
catheter devices. Using a compact, broadband Cr4+:Forsterite laser, we demonstrated 
endoscopic OCT imaging in vivo at the highest resolution attained to date. A linear scanning 
protocol was used to generate high pixel density images at a real-time imaging rate of 4 frames 
per second. Histological cross sections were obtained from in vivo imaging sites and an 
excellent correspondence of architectural detail was seen between histopathology and OCT 
scans. Identification of clinically relevant tissue layers was possible at high resolution and is in 
agreement with histological findings. 

These results demonstrate the feasibility of using high resolution endoscopic OCT for the 
identification of clinically significant architectural features in the gastrointestinal tract. We are 
currently applying the high resolution endoscopic OCT system in the clinical studies. Ongoing 
advances in the development of turnkey and portable broadband optical light sources promise 
greater access to high resolution OCT imaging capability for investigators. 

Development of Optical Coherence Microscopy 
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Due to the significant clinical potential for a minimally invasive optical biopsy, several 
approaches have arisen [39]. These include confocal microscopy, multiphoton microscopy, and 
optical coherence tomography (OCT). These methods differ fundamentally in the means by 
which they section tissue, and these differences in sectioning method translate into differences in 
contrast, imaging depth, and available probe technology. None of these technologies has 
individually met all the needs of an optical biopsy tool. Confocal microscopy can provide high 
resolution cellular imaging, but it is limited in imaging depth and cannot be easily integrated into 
miniaturized imaging probes. Multiphoton microscopy also provides cellular resolution and can 
extend the imaging depth over confocal microscopy, but it is difficult to miniaturize. OCT 
provides the greatest imaging depth and, by contrast, lends itself to easy integration into 
miniature devices for widespread clinical application. Standard OCT techniques, however, 
cannot reliably reach the level of cellular imaging. In order to extend OCT imaging to the 
cellular level and to address the existing limitations of confocal and multiphoton microscopy, we 
are developing a method known as optical coherence microscopy (OCM). OCM is a novel 
extension of OCT and confocal microscopy that allows cellular imaging with superior imaging 
depth when compared to confocal microscopy alone and it facilitates the design of endoscopic 
and laparoscopic probes for cellular imaging. OCM promises to extend cellular imaging 
capability to the vast range of imaging applications previously available only to lower resolution 
imaging with optical coherence tomography. 

OCM combines coherence-gated detection of OCT with confocal rejection of out-of-plane 
scattered light. These optical sectioning methods complement each other to provide enhanced 
imaging in highly scattering tissues. To achieve cellular-level imaging, OCM focuses to small 
spot sizes in tissue, as in confocal microscopy. OCT operates by fixing the focus at a specific 
depth in tissue and then scanning the coherence gate in the axial direction to generate a cross- 
sectional image. In order to maintain a sufficient depth of field over the extent of the image, 
OCT must operate with weaker focusing and lower transverse resolution. OCM is able to 
overcome this depth of field limitation because it scans an en face image plane similar to that of 
confocal microscopy and multiphoton microscopy. Figure 16 compares the imaging planes for 
OCM and OCT. In OCM, the position of the coherence gate is precisely matched to the optical 
focus at a specific depth in tissue and the beam is raster scanned in a two-dimensional en face 
pattern. Because the signal is recorded from a single depth in tissue, and not over a depth scan, a 
very tight focus can be maintained without the loss of signal that would occur in OCT. In 
focusing to a smaller spot size, the field of view in OCM must decrease, as in confocal 
microscopy. A cross-sectional OCT image spans 2-3 mm in each dimension, while a high 
resolution en face OCM image spans only 200-300 micrometers in each dimension, thus it 
represents only a small range of the OCT image. 

OCM has the unique advantage of using two distinct optical sectioning techniques-confocal 
gating and coherence gating. Generally, the imaging point spread function in an OCM system is 
determined by the product of the confocal field point spread function Jj~ and the source 

autocorrelation function G, iD<x^ic(z)xG(M), where z is the distance of the object from the 

microscope focus and A/ is the mismatch between the reference arm path length and the path 
length to the object. The confocal point spread function is entirely determined by the sample 
arm optics, and in particular, the numerical aperture of the final objective lens. The coherence 
gate, however, is determined by the light source bandwidth. The degree of confocal rejection of 
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Figure 16. Scan planes for OCT and OCM. OCT scans a cross-sectional image 
plane and produces images of millimeter dimensions. OCM scans an en face 
image plane and achieves very high transverse resolution over small field of view 
that spans hundreds of micrometers. 
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Figure 17. (a) Advantages of OCM when compared to confocal microscopy. 
OCM can provide increased imaging depth, (b) OCM can also 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. 

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, thus allowing increased rejection of unwanted, out-of-focus scattered 
light.  Studies from our group, as well as others have demonstrated that combined confocal and 

-18- 



coherence gating can provide improved imaging depth when compared to confocal gating alone 
[40-42]. Figure 17(a) illustrates the imaging depth advantage of OCM. The addition of high- 
sensitivity coherence-gated detection to confocal detection extends the imaging depth in 
scattering media to the shot noise quantum limit, thus 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. In one limit, high numerical aperture (NA) 
optics can be used to produce very thin confocal tissue sections, while relatively weak coherence 
gating can be added to improve rejection of unwanted light. In the other limit, 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 17(b) compares the confocal axial and transverse imaging 
resolution as a function of the numerical aperture of the probe optics in order to demonstrate this 
operating limit for OCM. The axial section thickness degrades much 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 a much lower NA than what 
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 that are compatible with standard endoscopic and laparoscopic procedures. 

Recently, we extended previous theoretical work on OCM in order to develop an OCM system 
suitable for in vivo clinical imaging applications [43]. Such a system needs to be capable of 
high-speed imaging to minimize the amount of motion artifacts in images. In addition, the 
system should support broad optical bandwidths, as in ultrahigh resolution OCT, to take full 
advantage of the optical sectioning ability of OCT. Previous attempts at high-speed, high- 
resolution OCM imaging were limited by the lack of high-speed, broadband phase modulators. 
Based on previous OCT phase delay scanners [44, 45] and femtosecond pulse shaping devices 
[43, 46, 47], we designed a novel reflective grating phase modulator capable of performing 
continuous phase modulation of broadband laser light. Figures 18(a) and 18(b) illustrate the 
phase modulator design in its top and side views. A collimated beam is spectrally dispersed by a 
grating onto a curved mirror. The curved mirror captures and focuses the diffracted beam onto 
the galvanometer mirror, which imparts a wavelength-dependent phase shift in the Fourier plane. 
The modulator is set for double-pass configuration to increase the delay characteristics and to 
improve backcoupling of the scanned beam. Use of a relatively low dispersion grating and a 
short focal-length mirror results in zero group delay at a realizable beam offset from the center 
axis of the scanning mirror. Furthermore, large phase delays of > 1700 radians per degree of 
mirror rotation can be achieved. Most importantly, the reflective nature of the design allows the 
modulator to support a large optical bandwidth, thus enabling high resolution OCM imaging. 

The imaging system diagram, including the grating phase modulator, is shown in Figure 19. 
Light from a broadband femtosecond laser source is coupled into a fiber optic interferometer, 
which splits the light equally between the broadband phase modulator and a scanning confocal 
microscope. Light returning from the phase modulator and from the tissue is recombined at a 
pair of balanced detectors to produce the image interference signal, which is then demodulated 
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Figure 18. Schematic of reflective grating phase modulator in top (a) and side (b) 
views. TS, translation stage; FC, fiber collimator; DCP, dispersion compensating 
prisms; G, grating; CM, curved mirror; SM, scanning mirror; DPM, double-pass 
mirror. The modulator supports broad optical bandwidths that enable high 
resolution OCM imaging. 
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Figure 19. Schematic of broadband, high resolution OCM system. 

electronically and displayed on a computer screen. The fiber optic geometry makes the system 
ready for integration with a variety of catheter-based devices for clinical applications. This 
OCM system is the first system demonstrated that is capable of performing high-speed, high- 
resolution OCM imaging with broadband femtosecond laser sources. 

Using this system, we verified for the first time the ability to use combination coherence gating 
and confocal gating to image cellular features when confocal microscopy alone would be 
inadequate. In particular, the results show that strong optical sectioning achieved with a short 
coherence gate can mitigate the need for high numerical aperture confocal optics. Figure 20 
demonstrates this concept. A short coherence gate of ~3 urn is combined with a confocal gate of 
-30 urn. While this confocal section thickness is nearly six times that of standard histology, a 
high transverse resolution can still be maintained, as shown by imaging the smallest features of 
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Figure 20. OCM system characterization. A short coherence gate is used to 
compensate a longer confocal gate, which will moderate probe design constraints 
on endoscopic imaging. High transverse resolution is maintained, despite weaker 
confocal sectioning. 
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Figure 21. In vivo OCM cellular imaging in Xenopus laevis tadpole (A,B) and 
human skin (C,D). Nuclei (N), cell membranes (CM), and blood cells (BC) inside 
a vessel (V) are visible in the tadpole images, and epidermal cells (EC) and a 
vessel or duct structure (d) in the dermis can be seen in the skin images. The 
images were acquired at 800 nm wavelength at 4 frames per second. 

the USAF resolution target, which measures 4.4 urn. The combined gating effects are sufficient 
for high-resolution in vivo imaging of cellular features in various tissues, as demonstrated in 
Xenopus laevis tadpole and in human skin in Figure 21. In Xenopus tadpole, nuclei (N), cell 
membranes (CM), and blood cells (BC) inside a vessel (V) are visible, while in human skin, 
epidermal cells (EC) and a vessel or duct structure (d) in the dermis can be visualized. 
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Demonstration of this operating limit for OCM marks an important advance because it opens the 
door for the development of multiple miniaturized OCM imaging probes. Eliminating the need 
for high NA confocal sectioning will significantly mitigate the design constraints on catheter and 
rigid endoscope design. Future work will include the demonstration of OCM imaging of 
multiple tissue types and important pathologies, as well as the development of miniaturized 
OCM imaging devices for endoscopic and laparoscopic applications. 

Spectroscopic Optical Coherence Tomography 

Standard optical coherence tomography generates a two-dimensional map of backscattered 
intensity from tissue. Broadband laser sources are used to precisely localize light from small 
volumes via coherence-gated detection, thereby enabling high-resolution imaging of tissue 
microstructure. Beyond providing high spatial resolution, the use of broadband sources also 
provides access to wavelength dependent absorption and scattering in tissue. Spectral 
information obtained from the OCT interference signal can be used to quantitatively probe the 
functional state of tissues through correlation of spectral changes with the known absorption or 
scattering characteristics of tissue constituents. Furthermore, the combination of spectroscopic 
information with structural images provides an alternate mode of contrast for OCT images. 
Because intrinsic image intensity contrast in tissue is low, such contrast enhancement is an 
important area of research to improve the diagnostic capability of OCT. 

Relatively few studies on studies on spectroscopic OCT have been performed because suitable 
broadband light sources have not been available. Spectroscopic OCT was demonstrated initially 
using a bandwidth of- 50 nm at a center wavelength of 1.3 urn [48]. Studies in the spectral 
region of the water absorption band at 1.45 urn were performed using two different light sources 
in dual wavelength OCT systems. One wavelength was used for absorption measurements and 
the second light source for referencing [28, 49]. Our group has had a sustained interest in 
developing spectroscopic OCT for clinical applications. 

The technique for spectroscopic OCT imaging is based on short time Fourier transform (STFT) 
analysis. By applying sequential shifts of a local one-dimensional windowing function to each 
A-scan, and calculating the Fourier transform of the windowed data, an approximate local 
spectrum can be calculated for every pixel in the image. This requires the complete interference 
fringe to be acquired and processed using DSP technology. If the sample being imaged were a 
perfect mirror, the calculated spectra would be identical to the laser spectrum. Spectroscopic 
analysis produces a four-dimensional data set consisting of x and y spatial coordinates, an RF 
frequency equivalent to an optical wavelength, and spectral amplitude. To create an 
interpretable image, it is necessary to condense this information into three dimensions. This 
forms the critical step in spectroscopic OCT analysis, since the metric chosen to describe the 
spectrum at each pixel strongly affects the contrast enhancement of the system as well as the 
types of spectroscopic properties that will be visible. Metrics based on spectral modulation, 
which constitute an indirect measurement of scattering particle size, were developed and applied 
to developmental biology specimens. Traditional center wavelength analyses were also carried 
out on scattering tissue samples, such as the hamster cheek pouch, thus demonstrating the ability 
to detect deeply buried blood vessels in vivo. 
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Figure 22. Standard in vivo intensity-based OCT image of Syrian golden hamster 
cheek pouch. Structural features are clearly visualized and blood vessels (V) are 
visible in upper right portion of image. 

Spectroscopic Image: Center Wavelength 
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Figure 23. Spectroscopic OCT image of Syrian golden hamster cheek pouch, 
acquired in vivo. Red and green colors indicate red-shifting and blue-shifting of 
the detected spectra, respectively. Blood vessels are clearly visible, including a 
deeply buried vessel not visible with intensity-based OCT imaging. 

Figure 22 shows a standard intensity-based OCT image of a Syrian golden hamster cheek pouch, 
acquired in vivo. Figure 23 shows the same image after spectroscopic analysis, where the color 
indicates variations in the center wavelength of the detected spectra. Red colors indicate red- 
shifting of the spectra, while green colors indicate blue-shifting of the spectra. Blood vessels are 
clearly visible in Figure 23 as areas of significant red- and blue-shifting, including one deeply 
buried vessel not visible under standard OCT analysis. 
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Figure 24. Standard in vivo intensity-based OCT image of a developing Xenopus 
Laevis (African frog) tadpole. 

Spectroscopic Image: Autocorrelation Bandwidth 
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Figure 25. In vivo spectroscopic OCT image of a developing Xenopus Laevis 
(African frog) tadpole, using spectral modulation to generate the color overlay. 
Red regions indicate low spectral modulation, while blue areas high spectral 
modulation. Spectroscopic contrast is obtained between the various tissue types 
of the organism. 

Spectroscopic analysis based on a calculation of the center wavelength of the detected spectra is 
useful, but other analysis methods can be used to provide alternative contrast modalities. For 
example, there is a correlation between the size of biological scattering particles and the spectral 
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modulation observed by interferometry [50-57]. Central to this method is the idea that cellular 
organelles of epithelial tissue can be considered as spherical scatterers whose interactions with 
light are governed by Mie theory [58, 59]. By quantifying the spectral modulation at each pixel 
in a spectroscopic OCT image, it is possible to differentiate tissue types based on the size of the 
scattering particles contained in the tissue. Figure 24 shows a standard intensity-based OCT 
image of a developing Xenopus Laevis (African frog) tadpole. Figure 25 shows the same image 
after spectroscopic processing, using an analysis of spectral modulation to generate the color 
overlay. Here, red colors indicate areas of low modulation, while blue colors indicate areas of 
high modulation. The various tissue types of the tadpole are differentiated based on the 
scattering particle sizes contained in the tissues. This method may eventually enable the 
detection of early-stage epithelial cancers, which are characterized by an abnormal proliferation 
of epithelial basal membrane cells having organelle sizes that differ from surrounding cells. 

Ultrahigh Speed OCT Imaging using Fourier Domain Techniques 

Ultrahigh resolution optical coherence tomography (OCT) has improved the differentiation of 
architectural morphology in the retina and can visualize subtle changes associated with early 
disease [6, 60]. One limitation of standard OCT using time domain detection is that high 
resolution imaging requires a decrease in imaging speed. 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. New techniques known as 
Spectral/Fourier domain detection have recently been developed which enable dramatic 
improvements in imaging speed and sensitivity [61-63]. With the higher speeds enabled by OCT 
with spectral/Fourier domain detection, it is possible to form three-dimensional maps of the 
macula and optic disk in vivo. This enables cross-registration of three-dimensional data sets with 
fundus photographs for a more accurate diagnosis of disease and evaluation of treatment 
outcomes. Video-rate movies of dynamic processes in the eye are also possible. High-quality 
images can be generated by oversampling in the transverse direction and by averaging data, 
which allows for the enhanced visualization of intraretinal layers and better segmentation. 
Furthermore, spectral/Fourier domain OCT provides direct access to the spectral fringe pattern, 
thus enabling a wide range of novel applications in Doppler flow imaging [64], absorption 
measurement [65], dispersion compensation [66], and complex spectral analysis [67]. 

In OCT with spectral/Fourier domain detection, a spectrometer with a multichannel analyzer is 
used to acquire and process the spectral components of the optical signal. Backreflected or 
backscattered light from all axial depths in the sample is acquired simultaneously as an 
interferometric spectrum and is processed in software in order to obtain the axial or depth scan. 
This method is different than time domain detection, where a reference arm with a variable delay 
is scanned and data from different axial depths is sequentially acquired. A schematic of the 
spectral/Fourier domain ultrahigh resolution ophthalmic system is shown in Figure 26. Note that 
the reference arm is stationary, a spectrometer and CCD camera are used in place of time domain 
electronics, and the software processing is computationally more intensive. Because of its 
detection method, spectral/Fourier domain OCT has an inherent sensitivity and/or speed 
advantage over time domain OCT. In time domain OCT, the signal noise increases with 
increasing detection bandwidth. Since ultrahigh resolution requires broadband sources and high 
optical bandwidths, the imaging speed must be reduced so that the electronic detection 

-25- 



SfsTnSa 
laser 

Spectrometer 
+CCD camera 

Computer 

Fiber Coupler 
20/80 

SFL6/BK7       Density 
Glass block   Fitter 

Reference 
Mirror 

Biomieroscope 
Ocular A__3t; 

Dichrolc 
Mirror       Image 

Plane 

Figure 26. Schematic of ultrahigh resolution system OCT with spectral/Fourier 
domain detection. Retinal imaging was performed using a slitlamp 
biomieroscope. The spectrometer consisted of a collimating lens, a transmission 
grating, and a lens that imaged the spectrum onto a 2048-element-line-scan CCD. 
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Figure 27. Spectral/Fourier domain OCT images of the human retina in vivo. 
Images with 3000 axial scans area acquired in 150 ms. (a) The high transverse 
pixel density and axial resolution allows better visualization of retinal layers, 
including the external limiting membrane (ELM), photoreceptor inner and outer 
segment junction (IS/OS), and retinal pigment epithelium (RPE). (b) The inner 
limiting membrane (ILM) can also be discriminated from the nerve fiber layer 
(NFL) in the 3x image. 
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Figure 28. Comparison of ultrahigh resolution spectral/Fourier domain OCT (a) 
and standard ultrahigh resolution OCT (b). 
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Figure 29. Three-dimensional reconstructions of full thickness macular hole: (a) 
ortho-slices; (b) virtual rendering; (c) retinal segmentation; (d) en-face view; (e) 
surface topographic view; (f) full thickness mapping. 
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bandwidth decreases and the image quality is maintained. Alternatively, the imaging speed may 
be increased if a reduction in sensitivity can be tolerated. With spectral/Fourier domain OCT, no 
such penally in sensitivity is incurred by increasing the source bandwidth. 

Spectral/Fourier domain OCT was recently applied to retinal imaging [68] and has been shown 
to achieve better imaging speed and sensitivity than time domain OCT [62, 69]. Recently, 
video-rate retinal in vivo imaging was demonstrated [70]. Our group demonstrated high-speed, 
ultrahigh resolution retinal imaging by using spectral/Fourier domain OCT [66]. We achieved an 
axial resolution of 2.1 um using a 5 fs Ti:Sapphire laser light soruce [71] and a broadband 
spectrometer design. Acquisition of 16,000 axial scans per second with 1024 pixels per axial 
scan was achieved using a 12-bit, 2048-pixel-line-scan camera. The system sensitivity was 98 
dB, thus yielding excellent image quality as shown in Figure 27. Spectral/Fourier domain OCT 
enables an increase of lOOx in imaging speed over ultrahigh resolution time domain OCT 
imaging. A comparison of spectral/Fourier and time domain ultrahigh resolution images is 
shown in Figure 28. The spectral/Fourier OCT image of 3000 axial scans was acquired in 150 
mw, while the ultrahigh resolution time domain image of 300 axial scans was acquired in 2 
seconds. We have also developed an efficient software procedure for automatic dispersion 
compensation, an important factor in achieving ultrahigh resolution [66]. We have built a 
clinical spectral domain OCT system using a low-threshold, compact Ti:Sapphire laser[15], and 
have demonstrated three-dimensional imaging of retinal pathologies in collaboration with the 
New England Eye Center at the Tufts-New England Medical Center, as shown in Figure 29. We 
will continue to research the applications of spectral domain OCT through clinical studies, as 
well as conduct basic research on system design and imaging techniques. 

Optical Biopsy and Novel Devices for Clinical Applications 

Optical Coherence Tomography (OCT) permits the visualization of tissue microstructures in vivo 
and in situ, with resolutions of 1-15 urn. Like conventional biopsy and histology, OCT can 
provide three-dimensional cross-sectional images that may allow differentiation of normal from 
diseased tissues. However, unlike histology, 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. 

We are investigating the use of OCT in imaging a variety of clinically relevant tissue types and 
pathologies, for application in clinical diagnosis and treatment, and for basic biomedical 
research. Integration of high resolution OCT into portable systems described previously offers 
promise to expand the use of OCT in in vivo and ex vivo imaging in the clinic. These 
technologies include advanced imaging techniques themselves as well as sophisticated diagnostic 
probes that enable the imaging of internal body organs that would otherwise be inaccessible to 
various imaging modalities. Such devices are critical for the implementation and realization of 
OCT as a diagnostic imaging modality, since OCT image penetration is limited to the first 
several millimeters of a tissue surface. In this section, the design, development, and use of 
minimally invasive catheter-based probes used in OCT systems will be described. 

Micromotor Catheter Probe for Endoscopic Imaging 
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Minimally invasive endoscope-catheter imaging probes that can focus and scan a beam inside the 
body have been an important technology for enabling endoscopic OCT imaging studies. The 
most common probe design uses a mechanical cable, an optical fiber, and a lens assembly 
housed in a transparent plastic sheath. The cable within the sheath is either rotated or translated 
in a push-pull motion to produce a rotary or linear scanning motion of the optics in order to 
generate a transverse or longitudinal OCT image. However, because the distal optics are 
actuated from the proximal end of the long probe, this design can result in a non-uniform 
scanning motion that introduces artifacts in the OCT image. Imaging speeds and duty cycles are 
limited. In addition, for rotary scan designs, a proximally located rotary optical coupling is 
required. Forward imaging designs avoid these problems, but scan ranges can be limited. 
Recent developments in novel MEMS scanning technologies promise distal beam scanning, 
which would improve the speed and reduce image distortion in endoscopic imaging [72, 73]. 
Despite these advances, previous endoscope-catheter probe designs could not provide focus 
adjustment during OCT imaging. For this reason, relatively large spot sizes were necessary in 
order to preserve a sufficient depth of field to enable OCT imaging in intraluminal structures. 
This limits the transverse image resolution. 

We recently developed a new, high resolution, micromotor endoscope-catheter with adjustable 
focus capability. The mechanical scanning and micro-optic components are located at the distal 
end of the probe, thereby eliminating the need for proximally actuated rotating or translating 
elements. Distal actuation provides better uniformity of beam scanning with reduced image 
distortion artifacts and an improved range of image speeds. Standard OCT imaging probes 
usually require long depth of fields and, therefore, the minimum transverse focused beam sizes 
are limited. With the ability to independently adjust the optical beam focal position and use 
higher numerical aperture optics, transverse image resolution can be improved. In addition, an 
adjustable focus device can enable C-mode OCT imaging (acquiring images with several focal 
planes and fusing them together) to overcome depth of field limitations [7]. The micromotor 
imaging probe also has a larger field of view than conventional OCT endoscope-catheter devices, 
thereby allowing larger diameter lumens to be more readily visualized. 

Figure 30 shows a schematic and photograph of the micromotor endoscope-catheter probe 
assembly. The probe consists of a distally actuated micromotor and an optical assembly for the 
beam focusing. The micromotor is a commercially available subsystem (manufactured by Micro 
Precision Systems AG), which consists of a three-phase brushless DC motor. It has a planetary 
gearhead design and is configured with a 125:1 gear reduction ratio. A vertical Hall sensor built 
into the motor is used to accurately control and stabilize the rotation speed with a 5V operating 
voltage. The optical assembly consists of a GRIN lens collimator and an achromatic focusing 
lens that move independently of the probe sheath (in a longitudinal direction) in order to adjust 
the focus position within the tissue. 

The transverse resolution of the focused optical beam was measured at ~8 jam (2co0 spot 
diameter) by using a knife-edge beam profile technique. The corresponding depth of field or 
confocal parameter is -80 (im at a 1250 nm center wavelength. An aluminum-coated rod mirror 
is mounted onto the motor shaft to direct the focused light onto the tissue and to enable a 
rotational OCT scan. The motor speed can be adjusted, thus enabling rotation speeds from 1 Hz 
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Figure 30. Schematic and photograph of the micromotor catheter assembly and 
components, (a) Wireframe cutaway with fiber collimator, focusing lens, rod 
mirror, and micromotor enclosed in housing, (b) Stainless steel housing and 
catheter components photographed before assembly. The micromotor is shown 
with the rod lens attached. 

to 100 Hz. The motor and distal optics fit within a 4.8 mm OD stainless-steel housing, which is 
enclosed within a 5 mm OD transparent plastic sheath. Control wires to actuate the motor are 
fed through the tubing to the proximal end of the probe. The fiber collimator and focusing lens 
are attached to a mechanical speedometer cable, which enables the distal focus to be adjusted by 
translating the fiber and lens assembly with respect to the fixed scanning motor at the distal end. 

The OCT interferometer, which consists of a broadband optical circulator and 90/10 fiber optic 
beam splitter, transmits 90% of the light into the sample arm and 10% into the reference arm. 
Dual-channel detection acquired by using polarization diversity is used before digital signal 
demodulation. A rapid scanning delay line is used in the system reference arm with 2000 axial 
scans per second. This corresponds to 1000 axial scans per OCT image at a 2 Hz image frame 
rate. For a probe diameter of 5 mm, this gives a transverse pixel spacing of 15 um/pixel along 
the probe circumference. A broadband femtosecond CnForsterite laser and nonlinear optical 
fiber are used as the light source. The measured axial image resolution in air is 5 um, which 
corresponds to a resolution of -3.7 urn in tissue. The imaging scan depth is 4 mm and the axial 
pixel spacing is 2 um/pixel. The sensitivity is 92 dB at an incident power of 12 mW. 

In order to demonstrate the micromotor endoscope-catheter probe, in vivo OCT imaging was 
performed on an anesthetized New Zealand white rabbit. Animal handling was performed in 
accordance with protocols approved by the MIT Committee on Animal Care. Imaging was 
performed on the colon, because the columnar epithelial structure of colonic mucosa provided 
well-defined tissue morphology for validation of the adjustable focus probe operation. To 
minimize animal discomfort and to reduce the risk of damaging the colonic mucosa, a sterile 
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Figure 31. OCT image of rabbit colon in vivo with <4 urn axial resolution. 
Visualization of colonic upper mucosa (urn), muscularis mucosae (mm), and 
submucosa (sm) layers is possible. Shadowed regions at 11, 4, and 7 o'clock 
positions are support struts that occlude part of the scan field. 
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Figure 32. OCT images at two different focus settings, (a) Focus near the tissue 
surface provides a higher contrast within the colonic upper mucosa (um), (b) 
Setting the focus 500 um deeper enhances deeper mucosal layers (ml) and 
glandular structure (mg). c) Plots of axial scans along the dashed lines for the 
two focus depth settings (a and b). 
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bacteriostatic lubricant was used during catheter insertion. Multiple locations within the colon 
were imaged. At each imaging position, OCT scans were taken at several focus depths to 
demonstrate the adjustable focusing capability of the probe. The beam focal depth was changed 
by translating the collimator and focusing lens assembly with respect to the fixed motor 
assembly. 

This micromotor imaging probe design has several attractive features. Adjustable focus enables 
smaller focused spot sizes and a shorter depth of field than what was previously feasible. The 
resulting improvement in image resolution could improve the performance of ultrahigh 
resolution OCT imaging by enabling a better visualization of tissue pathology. With additional 
engineering, it should be possible to perform dynamic focusing, where the focal position is 
adjusted as a function of rotary beam position. This would enable focus tracking in cases where 
the endoscope-catheter probe was not centered in the lumen. The use of a micromotor for distal 
actuation reduces the motion non-uniformity that could occur with previous proximally actuated 
endoscope catheter probes. A wider range of imaging speeds can be achieved with improved 
duty cycle. Finally, although this prototype imaging probe was 5 mm in diameter, a reduction in 
probe size is possible with smaller micromotors. 

In conclusion, a new micromotor endoscope-catheter imaging probe for OCT has been 
developed. This device enables focus adjustment and ultrahigh resolution endoscopic imaging. 
In vivo endoscopic imaging was demonstrated in an animal model and ultrahigh resolution 
imaging with <4 jam axial resolution was demonstrated. This new design promises to improve 
imaging performance in future endoscopic OCT imaging studies. 

MEMS Scanner for Endoscopic OCT 

Optical coherence tomography (OCT) is an emerging technology for high-resolution endoscopic 
imaging of biological tissues in situ and in real time [38]. Endoscopic OCT can distinguish 
architectural layers in vivo and can differentiate normal from tumor lesions within the human 
gastrointestinal tract. A need for compact, robust scanning devices for endoscopic applications 
has fueled the development of MEMS scanning mirrors for confocal imaging [74, 75] and for 
optical coherence tomography [72, 73]. Demonstrations of MEMS scanning OCT endoscopes, 
however, have been limited to single-axis scanning. The ability to use two-dimensional (2D) 
scanners would be an important advance that would permit three-dimensional (3D) imaging in 
situ. 

The most important requirement for a MEMS imaging scanner is high resolution. The resolution 
of an angle scanning device is determined by the angular scan range divided by the angular 
divergence of the beam that it can scan, commonly known as the number of resolvable spots. To 
achieve 1000 or more resolvable spots for high resolution imaging, a large optical aperture and a 
large scan range must be achieved. High scan speed, in the hundred Hz to multiple kHz, is also 
important for real-time imaging and the footprint of the scanner must be small to allow for easy 
integration into miniaturized devices. Finally, low power actuation is also necessary to avoid 
risks to the patient. 
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Figure 33. Schematic (a) and SEM (b) of the 2D MEMS scanning mirror. The 
mirror was realized by a combination of surface-micromachining and deep- 
reactive-ion-etching (DRIE). It offers a large mirror in a small form factor that 
enables large optical aperture and miniaturized device integration. 
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Figure 34.    Schematic of packaged MEMS endoscope.    The entire device 
measures less than 6 mm in diameter and can be further reduced in size. 

We are collaborating with Professor Ming Wu, one of the leading optical MEMS groups at the 
University of California at Los Angeles (UCLA). The UCLA group was first to demonstrate a 
two-dimensional surface micromachined scanner [76]. As part of a program also sponsored by 
the National Science Foundation, the UCLA and MIT groups have designed and fabricated novel 
single- and dual-axis high resolution MEMS scanning mirrors, based on a novel electrostatic 
angular vertical comb (AVC) drive approach [77]. Figures 33(a) and 33(b) show the schematic 
and SEM of a typical mirror. Comb drive actuators can significantly reduce the scan drive 
voltage and extend the scan range, as compared to previous parallel-plate scanner designs. The 
scanner is realized by combining a foundry surface-micromachining process (Multi-User MEMS 
Processes, MUMPs) with a three-mask deep-reactive-ion-etching (DRIE) post-process. Surface- 
micromachining provides versatile mechanical design and electrical interconnect, while bulk 
micromachining offers flat micromirrors and high-force actuators. The actuator uses torsion 
beams and a gimbal-mounting configuration in order to scan on two axes. Furthermore, our 
mirror designs implement a large mirror surface area in a small overall form factor that enables 
large optical aperture and miniaturized device integration. 
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Figure 35.   Frequency response of the two-dimensional MEMS scanner.   High- 
speed resonant scanning should enable endoscopic microscopy applications. 

Figure 36. OCT images obtained with the 2D MEMS scanner, (a) In vivo image 
of human skin showing the delineation of stratum corneum (S), epidermis (E), and 
a spiraling sweat duct (horizontal arrow), (b) Image of human nail fold obtained at 
20 frames per second with 4 frame averaging, with stratum corneum (S), 
epidermis (E), and nail (N) are clearly delineated. 

The 2D MEMS mirror was packaged with imaging optics in a compact aluminum housing to 
make a miniaturized OCT endoscope. Figure 34 illustrates the package design. The entire 
device measures < 6 mm in diameter and is compatible with requirements for minimally invasive 
endoscopic procedures. The housing can be machined for low cost and it allows precise 
adjustment of optical alignment using tiny set screws. The optics consists of a graded-index 
fiber collimator followed by an anti-reflection-coated achromat focusing lens that produces a 
beam diameter (2w) of ~ 13 p.m. The mirror is mounted at 45 degrees and directs the beam 
orthogonal to the endoscope axis in a side-scanning configuration similar to those typically used 
for endoscopic OCT procedures. Post-objective scanning eliminates off-axis aberration 
encountered with pre-objective scanning.    The 2D MEMS scanner can also be used for 
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endoscopic microscopy applications using fast-axis resonant scanning. Figure 35 shows the 
frequency response for the mirror. High-frequency scan rates up to 1.4 kHz are possible, which 
should enable real-time microscopy applications. 

Preliminary in vivo imaging results of human skin were obtained with the MEMS endoscope 
(Figures 36). A modelocked Cr4+:Forsterite laser centered at 1250 nm with -180 nm bandwidth 
was used to achieve 5 um axial resolutions. The transverse resolution was -13 p.m. The stratum 
corneum, epidermis layer, and a spiraling sweat duct are visualized. Figure 36(b) shows an 
image of the human nailfold. Good delineation of the nailfold structure can be seen with low 
image speckle. Acquisition rates ranging from 2 Hz (1000 transverse pixels per image) to 20 Hz 
(160 transverse pixels per image) were demonstrated. Fast acquisition rates enabled real-time 
video capture and frame averaging in order to improve image contrast. These results are 
preliminary and were obtained with uncoated mirror optics. Further improvement in sensitivity 
should be possible with the next generation of devices. 

Clinical Imaging using Optical Coherence Tomography 

Ultrahigh Resolution OCT in Ophthalmology 

OCT has been most widely investigated in ophthalmology, where it is now used as a standard 
diagnostic imaging method in the assessment of retinal diseases such as macular holes, age- 
related macular degeneration, glaucoma, and diabetic retinopathy [1, 78-81]. Since the 
introduction of commercial OCT instrumentation for retinal imaging in 1996 by Humphrey 
Instruments, now Carl Zeiss Meditec, OCT technology has undergone multiple generations of 
improvement. The introduction of the third generation commercial instrument, the StratusOCT, 
in 2002 achieved a four-fold increase in imaging speed compared to earlier instruments. The 
commercial ophthalmic StratusOCT system, with -10 urn axial image resolution, provides more 
detailed cross-sectional information on retinal pathology than any other ophthalmic diagnostic 
technique. This system is beginning to achieve widespread acceptance as a standard ophthalmic 
diagnostic tool and is rapidly becoming available in many ophthalmology clinics. However, the 
detection of many early changes associated with early disease can require a more accurate 
quantification of retinal structure than possible with standard resolution OCT. 

Using the broad bandwidth of our ultrahigh resolution (UHR) OCT system, we can achieve axial 
resolutions <3 urn in the retina [7], which corresponds to a factor of five-fold improvement when 
compared to OCT technology that uses conventional super luminescent diode sources. The 
signal-to-noise ratio for the system is -95 dB. This system enables a significant improvement in 
the visualization of intraretinal structures for earlier diagnosis and more precise staging of 
pathology (Figure 37). Standard resolution StratusOCT can visualize major intraretinal 
morphology such as retinal nerve fiber layer, retinal pigment epithelium, the inner and outer 
plexiform layers, and the inner and outer nuclear layers. Ultrahigh resolution OCT offers an 
unprecedented axial resolution to visualize intraretinal morphology such as the external limiting 
membrane and the photoreceptor inner and outer segments. These intraretinal structures are 
relevant in a variety of retinal diseases, including age-related macular degeneration, diabetic 
retinopathy, and glaucoma (the three leading causes of blindness worldwide). 
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Figure 37. In vivo standard resolution OCT3 (top) and ultrahigh resolution 
(bottom) OCT images of a normal human fovea at approximately the same site. 
Resolutions were -10-15 urn (axial) x 15 um (transverse) and ~3 urn (axial) x 15 
urn (transverse), respectively. 

In addition to in vivo retinal imaging of normal subjects, we have begun clinical studies to 
compare the performance of the commercial StratusOCT instrument and the ultrahigh resolution 
OCT prototype for the retinal imaging of ophthalmology patients. We have developed a 
compact, low-threshold Ti:Sapphire laser that is robust and portable and can be used in the 
ophthalmology clinic [15]. The diagnosis of retinal pathology was performed using standard 
methods, including fundus examination, fundus photography, and/or fluorescein angiography. 

A total of more than 700 patients have been imaged so far at the Tufts-New England Eye Center. 
Figure 38 illustrates OCT scans of a patient with macular hole Stage I. Ultrahigh resolution 
OCT provides unprecedented axial resolution to visualize the intraretinal morphology of retinal 
diseases. It promises to provide additional information that can be used to understand retinal 
disease morphology, pathogenesis, and management. 

The visualization and quantification of retinal and intraretinal layers should serve as a valuable 
clinical tool for the early assessment of ophthalmic disease. We demonstrated this concept in a 
mouse retinal disease model, which allows us to follow and track different retinal diseases in this 
animal. Using the ultrahigh resolution OCT system, we have imaged and identified the many 
intraretinal layers of the mouse retina. Figure 39 illustrates the ability for ultrahigh resolution 
OCT to visualize the intraretinal layers of a normal mouse retina in vivo. When compared with 
histology taken from the same animal, the ultrahigh resolution OCT image corresponds well with 
the layers identified in the histology. 

36 



500 |Jm 

Figure 38. Standard resolution StratusOCT (top) and ultrahigh resolution (bottom) 
OCT images in a patient with stage I macular hole. Resolutions were -10-15 urn 
(axial) x 15 um (transverse) and ~3 urn (axial) x 15 urn (transverse), respectively. 
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Figure 39. In vivo ultrahigh resolution OCT image of a normal mouse retina and 
its corresponding histology. The layers identified in the OCT images correspond 
well with histology. 
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Figure 40. In vivo ultrahigh resolution OCT image of a normal mouse retina (Rd 
+/+ wild type) and a rhodopsin knockout mouse retina (Rd -/-). OCT has the 
ability to quantify the thickness of the different intraretinal layers as well as track 
disease progression. 
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In the rhodopsin knockout mouse, the outer plexiform and outer nuclear layers undergo 
degeneration three months postpartum. Figure 40 illustrates the differences between the in vivo 
OCT images of a normal mouse retina and a rhodopsin knockout mouse retina. At 5 months of 
age, the outer plexiform layer and the outer nuclear layer of the rhodopsin knockout mouse retina 
would have undergone degeneration. When comparing the knockout mouse retina with the 
normal wild-type mouse retina, the OCT image clearly demonstrates this degeneration in the 
knockout mouse. The in vivo ultrahigh resolution OCT images clearly depict the degeneration of 
the outer plexiform and the outer nuclear layer in the rhodopsin knockout mouse retina. 

Ultrahigh Resolution and 3D Imaging of the Lower Gastrointestinal Tract Ex Vivo 

Colorectal cancer (CRC) is a common and lethal disease. Approximately 148,000 new cases of 
large bowel cancer are diagnosed each year in the United States, and approximately one in three 
people who develop CRC die of this disease. CRC is the second leading cause of cancer death, 
accounting for 10- 11% of cancer deaths overall [82]. The majority of colon and rectal cancers 
are endoluminal adenocarcinomas that arise from the mucosa. Therefore, there is significant 
interest in the development of diagnostic techniques that can detect early stage colorectal disease. 

Optical coherence tomography has the advantage of a higher resolution than current clinical 
ultrasound without the need for tissue contact or imaging through a transducing medium. Since 
OCT can be incorporated into a variety of endoscopic and laparoscopic imaging devices [30, 38], 
it has the particular advantage of enabling the visualization of microscopic mucosal and 
submucosal architectural features that are not visible by using clinically available imaging 
methods. Endoscopic OCT has also been shown to provide complementary information to 
endoscopic ultrasound for potential applications in the staging of endoscopic tumor resection 
[83]. Because of these advantages, there is significant interest in using OCT to improve current 
endoscopic diagnostic techniques for detecting early stage disease. 

Working in collaboration with Dr. James Connolly from the Beth Israel Deaconess Medical 
Center, we are investigating imaging of gastrointestinal pathology using ultrahigh resolution 
OCT in the pathology laboratory. The goal of this study was to investigate the feasibility of 
using ultrahigh resolution OCT for imaging pathologies of the gastrointestinal tract ex vivo in 
order to provide a basis for interpreting future endoscopic OCT studies using ultrahigh resolution 
imaging. Advances in OCT technology have enabled the development of portable ultrahigh 
resolution, high-speed OCT technology, which has image resolutions of <5 urn, a factor of two 
to three times finer than standard endoscopic OCT imaging systems. Imaging in the pathology 
laboratory allows access to fresh surgical specimens, control of imaging parameters, and accurate 
registration of OCT images with histology, which is difficult to achieve in in vivo OCT imaging. 
In order to preserve diagnostic integrity, specimens often cannot be removed from the hospital. 
The capability of performing ultrahigh resolution imaging in the pathology lab setting enables 
access to tissues that were previously inaccessible and is especially important as a research tool. 

In this study, normal and pathologic areas from 22 surgical specimens of the gastrointestinal tract 
from adult patients were imaged. We used a novel compact solid-state Cr4+:Forsterite laser 
operating at a center wavelength of 1260 nm as well as a compact nonlinear fiber source based 
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on a femtosecond Nd:Glass laser. This second source operated at a center wavelength of 1090 
nm. Tissue scattering and absorption are minimized by using light in the near infrared (1200 to 
1300 nm) range, thus permitting OCT imaging to be performed at 1-2 mm depths in most tissues. 
Using these laser light sources, it was possible to achieve an axial resolution of -3-5 pm in 
tissue, a factor of two to three times higher than standard endoscopic OCT systems previously 
used to image scattering tissues in vivo. The transverse image resolution was determined by the 
focused spot size of the optical beam, which is related to the numerical aperture of the focusing 
lens and the wavelength of the light source, as in conventional microscopy. We investigated 
imaging with transverse spot size of 18 pm using the Cr4+:Forsterite laser system and 10 pm 
using the nonlinear fiber source. Imaging was performed by using a surgical imaging probe 
(measuring 1 cm in diameter and 15 cm in length) that was mounted on a precision stage to 
provide controlled displacements of the light beam orientation and position. Imaging was 
performed at 2-4 frames per second, enabling real-time visualization and the ability to adjust the 
imaging plane. Imaging was performed without contact with the tissue in order to prevent 
alterations in scattering and brightness due to the pressure of the probe on the tissue. 

Studies were performed on freshly excised surgical specimens in the pathology laboratory of 
Beth Israel Deaconess Medical Center. Normal and diseased tissues from surgical resections 
were imaged within two hours of excision. Since the OCT source light was in the near infrared 
and invisible to the naked eye, tissue registration was performed with a visible green light 
guiding beam that was coincident with the OCT imaging beam. Specimens were marked at the 
beginning and end of each OCT scan with microinjections of ink to designate the orientation of 
the OCT imaging plane. Tissue specimens were then placed in 10% buffered formalin, routinely 
processed, and paraffin embedded. Multiple serial tissue sections of 5 pm thickness were 
obtained and stained with hematoxylin and eosin. Samples were sectioned in the same plane as 
the OCT imaging plane. Digital two-dimensional OCT images and histology sections 
corresponding to the imaged areas were compared. Minor discrepancies between histology and 
OCT imaging can be attributed to tissue fixation, processing, and sectioning artifacts. 

Figure 41 shows normal colon specimens. OCT imaging of the normal colon produced distinct 
images of the mucosa, including the muscularis mucosa and submucosa characteristic of normal 
colonic microstructure. Full thickness mucosa of the colon is visible. High scattering bands as 
thin as 25 pm, which corresponds to the muscularis mucosa, could be visualized in OCT images. 
This corresponds to what is seen in the histology; delineating the mucosa from the underlying 
stroma. The submucosa appears as a pale and less optically scattering layer. Figure 41(b) shows 
a higher magnification image where individual crypts are visible. 

Images of chronic colitis due to ulcerative colitis and Crohn's disease are shown in Figures 42(a) 
and 42(b). Ulceration and erosion of the epithelium is evident. Irregular and distorted glands that 
are characteristic of chronic inflammatory bowel disease were clearly visible. In addition, the 
markedly increased inflammatory cells within the supporting lamina propria were noted and 
appeared as highly scattering. Figure 42(c) shows an image of invasive adenocarcinoma. Highly 
scattering and irregular invasive glands were visible in OCT images of adenocarcinoma. OCT 
images of invasive carcinoma revealed a complete loss of normal mucosal architecture and 
invasion of the submuscosa. OCT images also identified areas within the carcinomas of 
ulceration with overlying fibrinopurulent exudate. 
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Figure 41. (a) OCT image of the normal colon acquired with the Cr4+:Forsterite 
laser. Mucosa (M) is clearly delineated from underlying submucosa (SM) by a 
scattering band that corresponds to the thin muscularis mucosa (arrows). Mucosal 
folds and crypts are visible. The submucosa is shown as a loose and less optically 
scattering layer, (b) Higher magnification shows individual colonic crypts 
(arrows). (OCT top; histology bottom, H&E, A: 40x; B:100x) 
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Figure 42. (a) OCT images with the Cr +:Forsterite laser of severe ulcerative 
colitis showing surface ulceration, architectural distortion of glands (arrows) and 
a dense chronic inflammatory infiltrate within the lamina propria (I), (b) Chronic 
colitis due to Crohn's disease showing branching irregular glands (arrows) and a 
dense inflammatory infiltrate in the lamina propria. (c) Well differentiated 
adenocarcinoma. Highly irregular invasive glands (G) are visible in a 
desmoplastic stroma. (top: OCT; bottom: histology, H&E; 40x) 
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Figure 43. Volume rendering of (a) normal colon mucosa and (b) polypoid 
adenoma. Distinctive surface pattern and subsurface architecture were distinct for 
normal mucosa compared to adenoma. The rendered volumes are approximately 
1 mm x 1 mm x 1.3 mm in dimension and consist of 200-300 transverse slices. 

Volume rendering of colon mucosa is shown in Figure 43. Individual crypts which were difficult 
to identify in a single cross-sectional image could be confirmed based on their shape and 
distribution in the rendered en face plane. Folds in the mucosa could be clearly distinguished 
from crypts. It was also possible to render the surface of the epithelium. OCT images identified 
distinctive surface pit patterns in normal mucosa based on a view similar to that of magnification 
endoscopy. A volume rendering of the polypoid adenoma is shown in Figure 43(b). Both the 
surface pattern and subsurface architecture were distinct from that of normal colon mucosa. A 
comparison of cutaway en face views exposed dramatic irregular glandular structures in 
adenoma which were distinct from the relatively uniform crypt distribution in normal colon 
mucosa. 

These preliminary results demonstrate the feasibility of ultrahigh resolution OCT imaging by 
using a portable system in a pathology laboratory environment. Ultrahigh resolution OCT 
clearly distinguished the epithelial layer of the mucosa and visualized individual villi, glands, 
and crypts. Inflammation and architectural distortion of glands due to inflammatory and 
malignant processes were observed. Visualization of submucosal lipoma was possible, as was 
invasion by squamous cell carcinoma and adenocarcinoma. Three-dimensional rendering 
enabled visualization of surface pit pattern and mucosal folds as well as subsurface 
microstructure. All OCT images showed strong correlations with architectural morphology in 
histological findings. Ultrahigh resolution OCT allows improved visualization of both normal 
and pathologic mucosal and submucosal morphology. This study supports using novel ultrahigh 
resolution OCT systems for imaging the lower gastrointestinal tract and provides a baseline for 
interpreting future ultrahigh resolution endoscopic OCT studies. 

Endoscopic Imaging of Barrett's Esophagus and Gastrointestinal Cancer 

Epithelial cancers of the gastrointestinal tract, reproductive tract, and the respiratory tract 
comprise the majority of cancers encountered in internal medicine. Many epithelial cancers are 
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preceded by pre-malignant changes, such as dysplasia. Conventional screening methods often 
rely on the gross morphological characteristics of tissues. Biopsy and histopathology are the 
standard for the diagnosis of dysplasia or carcinoma, but they can suffer from sampling errors 
and are cumbersome for screening and surveillance applications. Our hypothesis is that OCT 
can function as a form of "optical biopsy", which can perform microstructural imaging of tissue 
morphology in situ without excision. We have examined the use of OCT for the identification of 
early neoplastic changes and tissue abnormalities that have a predisposition to malignancy. Our 
group, as well as others, have performed investigations of in vivo endoscopic OCT imaging in 
human subjects [34, 84-86]. The aim of this work is to perform imaging of architectural 
morphology of the human upper gastrointestinal tract to explore the feasibility of ultrahigh 
resolution OCT for the identification of morphologies that are characteristic of early neoplastic 
changes. 

The identification of early malignant changes remains a central objective of clinical medicine 
since, once widely metastatic, most neoplasms become incurable. In addition to biochemical 
methods, excisional biopsy, with subsequent histologic processing, remains a cornerstone of 
early diagnostics. However, in many instances, diagnostics based on excisional biopsy are 
ineffective because of sampling errors. A technology capable of performing optical biopsy (i.e., 
imaging at a resolution comparable to histopathology without the need for tissue removal) could 
significantly improve the ability of clinicians to identify malignancies at curable stages [87-91]. 
Large areas could be screened in real time with an imaging system that is high resolution and 
relatively low cost. High-resolution imaging of architectural morphology may allow the in situ 
assessment of early neoplastic changes such as dysplasia. If successful, this technology could be 
coupled with excisional biopsy in order to reduce sampling errors and false-negative rates. We 
have investigated the feasibility of optical biopsy with OCT to identify early neoplastic changes. 
Although we believe that micron-scale imaging has the potential to be a general diagnostic in 
most, if not all, organ systems, this study will emphasize one clinical scenario where current 
methods of excisional screening are plagued with serious limitations: the problem of early 
neoplastic diagnosis in Barrett's esophagus. 

Barrett's esophagus is the replacement of the squamous epithelium of the distal esophagus with 
columnar epithelium [92]. It is believed to be caused by chronic gastroesophageal reflux. 
Several well-designed studies have demonstrated that Barrett's esophagus is associated with a 
30-40x increased risk of developing adenocarcinoma. The prevalence of Barrett's esophagus 
within the US population is between 0.3% and 2% [93]. Among patients with reflux, the 
prevalence is 8-14% [94, 95]. The incidence of progression to adenocarcinoma in Barrett's 
esophagus is approximately 7-9% [96]. For this reason, endoscopic surveillance of Barrett's 
epithelium every 6-18 months is recommended. Endoscopic screening currently involves 
random biopsies every 2 cm. However, sampling errors exist and may miss small foci of 
carcinoma [97, 98]. Because of the imprecision and high cost associated with screening, new 
methods are required to identify high risk patients. 

An important technology that is necessary in order to apply OCT to the imaging of internal organ 
systems is a catheter-endoscope, which is capable of delivering, focusing, scanning, and 
collecting a single spatial mode optical beam. We have developed, tested, and applied a 
prototype transverse scanning OCT catheter that is suitable for luminal imaging [99]. The OCT 
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catheter consists of an optical coupling element at its proximal end, a single-mode fiber running 
the length of the catheter, and optical focusing and beam directing elements at the distal end. 
The catheter is designed to scan the beam in a circumferential or longitudinal pattern in order to 
cross-sectionally image through the lumen (or other biological structures) into which it is 
inserted. A single-mode optical fiber lies within a flexible speedometer cable that is rotated with 
a motor drive unit at the proximal end. The distal end contains a graded index (GRIN) lens to 
focus the imaging beam and a right-angle microprism to direct the beam at a 90-degree angle 
with respect to the axis of the catheter. The entire assembly is housed in a transparent plastic 
sheath that can be disinfected prior to use and is discarded after use. 

The development and application of OCT has been made possible by the vertically integrated 
structure of our research program at the Massachusetts Institute of Technology, which combines 
fundamental physical studies, engineering, biomedical studies, and clinical applications. In order 
to achieve the high powers and short coherence lengths necessary for high resolution, high speed 
imaging, a CnForsterite laser is used as the light source. This laser generates short pulses in the 
1200-1350 nm wavelength regime. The CnForsterite laser has a coherence length of 15 microns. 
However, because it generates short pulses, the output bandwidth can be increased by using 
nonlinear effects in optical fibers to yield coherence lengths of 5 microns or less. Nonlinear 
techniques such as these are well established in laser engineering and research, and they have 
been used for many applications including pulse compression and signal processing [44, 46, 100, 
101]. 

This study is performed in collaboration with Dr. Hiroshi Mashimo at the Veterans Affairs 
Medical Center of the Boston Healthcare system to perform ultrahigh resolution OCT imaging of 
patients who are diagnosed with Barrett's esophagus and who have a predisposition to the 
presence of dysplasia or adenocarcinoma of the esophagus. Figure 44 shows an example OCT 
image of an abnormal esophageal region and an endoscopic video image of the area. The video 
image reveals both normal regions of the esophagus and finger-like projections of abnormal 
epithelium that are indicative of Barrett's esophagus. Figure 45(a) shows an OCT image of 
normal columnar epithelium in the stomach in the same patient. Pit architecture within the 
gastric (gp) is visible as regular vertical regions of high backscattering intensity. Small pockets 
of mucosal secretion below the surface are also visualized as weakly scattering regions that are 
circular in geometry and have approximate diameters of 50-100 jam. Figure 45(b) shows an OCT 
images of normal esophagus with squamous epithelium. The OCT image illustrates the 
relatively homogeneous epithelium (ep), the high-backscattering region (appears brighter) of the 
lamina propria (lp), The low-backscattering muscularis mucosa (mm), the high-backscattering 
submucosa (sm), and the low-backscattering and thick muscularis propria (mp). The solid 
horizontal line noted above the mucosal surface is from the transparent plastic sheath of the OCT 
catheter. The OCT images show clear differences in the tissue architecture of the Barrett's region 
in Figure 44 when compared to squamous epithelium of normal esophagus in Figure 45(b). The 
uniformly layered structure of normal esophagus is disrupted by the presence of multiple crypt- 
and gland-like structures and is highly heterogeneous. 
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Figure 44. (a) Ultrahigh resolution OCT image of Barrett's esophagus. 
Architectural disruption and glandular features are highly distinct and can be 
differentiated well from OCT images of the normal esophagus, (b) Endoscopic 
view of a patient's esophagus and the OCT catheter. Regions of Barrett's 
esophagus 'b' are seen as finger-like projections consisting of a darker hue than 
the normal pink esophageal tissue 'n'. The red aiming beam of the OCT catheter 
is also visible, which indicates the area being imaged. 

Figure 45. (a) Ultrahigh resolution OCT image of gastric mucosa. Gastic pits (gp) 
are clearly visible as vertical regions of high backscattering (bright) intensity, (b) 
Ultrahigh resolution OCT image of normal esophagus. Layered structure of the 
esophagus is well defined with a homogeneous epithelium (ep) above a highly 
backscattering lamina propria (lp). Deeper layers of the muscularis mucosa (mm), 
submucosa (sm), and muscularis propria (mp) are also visualized. 

OCT enables the visualization of architectural morphology features, such as the normal, layered 
structure of the epithelium, as opposed to the glandular and crypt structures associated with 
Barrett's esophagus. Because pinch biopsies were obtained, it was not possible to exactly orient 
the sectioning plane of the histology, as with in vitro imaging studies. The correspondence of 
OCT with histology was evaluated, based on the presence or absence of architectural 
morphology, which indicates normal as opposed to Barrett's esophagus. 

It has been demonstrated that endoscopic OCT resolution can differentiate between normal and 
Barrett's epithelium in real-time, based on differences in epithelial architecture. Crypt-like and 
gland-like structures that disrupted the relatively uniform layers of squamous epithelium are 
readily identified, thus enabling the differentiation between normal and Barrett's epithelium. 
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The ability to differentiate between normal and Barrett's epithelium suggests that the OCT could 
be used for screening applications. These findings are consistent with other investigations [34, 
84-86]. In the surveillance of patients with Barrett's esophagus for high-grade dysplasia and 
adenocarcinoma, the most intriguing application of OCT would be to direct excisional biopsy in 
order to reduce sampling errors. Developing this application requires detailed investigation 
imaging larger numbers of patients with high grade dysplasia and evaluating correlations with 
histology. Theses studies are currently in process. If successfully, one can envision new OCT 
imaging probes that integrate OCT imaging with pinch biopsy in order to provide a real-time 
"first look" at pathology prior to the excision and processing of a specimen. If successful, this 
technology could be used to help guide excision biopsy in order to reduce sampling errors and 
false-negative rates. This could improve the sensitivity of diagnosis, reduce the cost of 
surveillance, and provide enhanced diagnosis and treatment decisions. 
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