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ABSTRACT

Advances in biomedical imaging technology are rapidly becoming integrated into the surgical suite for
image-guidance of interventional procedures. Clinical imaging modalities including computed tomogra-
phy, magnetic resonance imaging, and ultrasound offer resolutions sufficient to guide placement of surgi-
cal instruments, but insufficient to resolve tissue and cellular microstructure. Optical coherence
tomography (OCT) is a new high-resolution biomedical imaging modality based on the detection of back-
scattered near-infrared laser light from tissue. The compact fiber-optic based OCT technology is capable
of micron-scale resolution real-time imaging in non-transparent highly-scattering tissue.

This thesis research investigates the use of OCT for high-resolution real-time surgical diagnostics, guid-
ance, and intervention. The capabilities of OCT imaging of tissue microstructure are first demonstrated
using in vivo developmental biology animal models. Morphological and functional imaging of normal and
abnormal specimens is performed. High-resolution OCT permits in vivo imaging of cellular mitosis and
migration providing insight into limits for cellular imaging and identification of neoplastic tissue in
humans. :

The fiber-optic based design of OCT has been integrated with optical surgical instruments including cathe-
ters, endoscopes, laparoscopes, microscopes, and hand-held surgical imaging probes. Using these devices,
in vitro imaging of surgically-relevant human tissue is performed to determine diagnostic capabilities and
limitations. High-speed interventional OCT imaging is used to guide placement of laser and radio-fre-
quency thermal lesions in in vitro tissue and to assess dynamics during tissue ablation.

These results demonstrate the capabilities of OCT for use in the surgical suite. In addition, results suggest
OCT may play a significant role in new methodologies of high-resolution 1 lrnage gu1ded surgical proce-
dures.

Thesis Supervisor: James G. Fujimoto, Ph.D.
Title: Professor of Electrical Engineering and ‘Computer Science
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Chapter 1

Introduction

1 1 Overview

Advances in imaging technology have historically had major influences on medicine. Ever since
Roentgen first visualized the bones of his hands using newly discovered x-rays!, the potential to visualize
within the human body has led to improvements in patient diagnostics and treatment with a subsequent
improvement in patient mortality and morbidity. The two seemingly disparate fields of engineering and
medicine will continue to be tightly interrelated in the future as high-technology advances our ability to
peer into the body less invasively and with higher resolution. No field of medicine is more aligned for
improvements in technology than the field of surgery. Viewed objectively, the art of surgery is rather
archaic and still relies primarily on invasive procedures with rather large incisions. The recent success of
“minimally invasive surgery (MIS) has, in part, been due to patient demands for smaller incisions, shorter
hospital stays, and reduced morbidity. Along with the minimally invasive approach to surgery comes the
* necessity for visualizing inside the body, often at remote sites. In this thesis, I describe a state-of-the-art
advance toward improving medical imaging in surgery. Optical coherence tomography (OCT) is applied
for surgical diagnostics, guidance, and intervention to advance the state of technology and patient care
within the surgical suite. '

1.2 The Surgical Suite

The surglcal suite is the ultimate proving grounds for OCT. It is a rather hostile environment which
presents additional challenges for imaging modalities. The sterile surgical field requires that all instru-
ments be frequently sterilized with high temperatures and pressures. Often the surgical field is small, mak-
ing it difficult to integrate additional surgical instruments into the field. The number of instruments
available and the frequency at which the surgeon must switch between instruments must be kept to a mini-
mum. Finally, the presence of blood and other body fluids can quickly obscure the viewing and imaging
capabilities of optical instruments. Still, the need for the surgeon to visualize the tissue he or she is operat-
ing on is essential and imaging modalities which enable better visualization will attract attention. Imaging
modalities such as computed tomography (CT), magnetic resonance imaging (MRI), ultrasound (US), and
mlcroscopy are techmques which play a role in surgery, both in and out of the operatmg room. Minimally
invasive or keyhole surgery utilizes multiple small incisions through which imaging and mechanical instru-
ments are passed. These MIS instruments can be flexible, such as the endoscope for examining the upper
and lower gastrointestinal tract, or rigid, such as the laparoscope for trans-abdominal access. Because the

surgeon does not have full visualization as in the open surgical field, imaging instruments play a critical
role. :
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1.3 Imaging Modalities

The integration of imaging modalities into the surgical suite has been fueled by improvements in
visualization and the additional information that can be obtained from the tissue. Imaging modalities can
either directly acquire an en face image of the tissue as in microscopy or endoscopy, or indirectly assemble
‘an image of the tissue structure based on measured properties. Examples of this indirect form include the -
detection of sound reflections in ultrasound, fluorescence in spectroscopy, or backscattered light in OCT. It
is clear that the continual improvements in imaging techniques will benefit patient care. The next genera-
tion of MIS technologies will begin to incorporate multiple modalities into a single instrument. The inte-
gration of endoscopic ultrasound has already occurred and efforts are underway to incorporate the
magnetic resonance technology into MIS devices?. No doubrt, optics and laser-based techniques will be
integrated as well.

Prime examples of cutting-edge MIS technology and the integration of multi-modality imaging
include endoscopic ultrasound and the miniaturization of ultrasound transducers that permit their place-
ment at the tips of endoscopes and laparoscopes. Studies have shown that sonographically guided laparos-
copy and mediastinoscopy can be used to identify sub-surface morphology® which normally would be
detected by palpation, but is no longer palpable due to the remote operative site. This innovation also illus-
trates the powerful concept of image-guided surgery which relies on real-time imaging capabilities for
intra-operative guidance of procedures. This area appears ripe for technological insight as is demonstrated
by the intense interest in open-magnet MR imaging at the Brigham and Women’s Hospital in Boston.
Excitement has been generated internationally in not only the medical community, but also in the engineer-
ing and computer science communities as well. Perhaps neurosurgery will experience the greatest impact
from open-magnet MRI-guided procedures. Removing small pathologic tissue deeply positioned in criti-
cally sensitive structures such as the brain is an ideal application. Near real-time feedback is Tnecessary to
reduce collateral damage.

The remainder of this section will describe the major imaging modalities and techniques that are
incorporated into surgery and surgical planning. Comparisons will be made between methods of image
generation, imaging parameters, instrument design, and economic factors. Consideration will be given to
both clinical and research instruments as imaging performance often varies between these systems. This
will provide a basis for an objective assessment of OCT and its role in surgery.

1.3.1 Computed tomography

Computed tomography (CT) has been primarily used to plan surgical procedures and guide place-
~ment of needle biopsies. Current CT technology uses x-rays emitted from a source in a fan-like pattern.
Multiple detectors arranged in a similar fan-like pattern are positioned opposite the source. The patient is

positioned between the source and detector array which rotate around the patient to collect projection data
from angles over 360°. Images are then reconstructed using algorithms based on the source and detector
geometry. Image contrast is based on the x-ray attenuation properties of the tissue. Highly attenuating
bone appears white while low attenuating air and fluid appears black in CT images. Tissue discrimination
is poorest between soft-tissues with similar x-ray attenuation coefficients. Iodine or barium-based contrast
agents which increase x-ray attenuation can be administered to localized specific organ systems such as the
gastrointestinal tract. X-ray radiation is ionizing and represents a hazard at high energies or accumulated
doses.

12




The resolution of CT is determined by the detector array, number of angular projections acquired,
and the algorithms used to reconstruct the image. Within a single plane, 0.5-1.0 mm resolutions are
possib]e4, multiple planes are acquired by stepping the patient through the source-detector plane in incre-
- ments as small as 5-10 mm. The density resolution on the exposed film is 2-3% and dependent on the radi-
ation dose, x-ray energy, and slice thickness*. Depth of imaging, at least in the human body, is not
restricted due to the ease at which x-rays pass through tissue. The field-of-view is large (= 1 m) represent-
ing the bore-size between the source and detector array. Image acquisition times of 50 ms per planar scan
have been improved in recent years with helical-scanning methods and algorithms. The patient is continu-
ously translated through a rotating source-detector pair rather than stepping and repeating the image acqui-
sition process®. Acquisition of 3-D data sets is straightforward by translating the patient through the
source-detector plane. The size of the CT instrument is large, often requiring a separate room to house the
device and to limit x-ray exposure to medical personnel. - Instrument costs are expensive, in the range of
$500,000-$750,000 dollars®.” Still, CT has become a standard for whole-body or organ imaging and scan-
ners are found in every major hospital.

Research applications of x-rays have been applied to microscopic applications. The shorter wave-
lengths of x-rays (= 1 nm) compared to those of visible wavelengths (300-700 nm) allow higher resolu-
" tions. Configured with a sintrle source and detector which are scanned over specimens, x-rays have been
used to image in vitro insects’ and more recently individual live bacteria with 200 nm resolutions; hlgh
enough to resolve bacterial DNAS.

1.3.2 Magnetic resonance imaging

- Magnetic resonance imaging (MRI) is ideally suited for whole-body or organ imaging. Because the
technique relies on the detection of the electron spin from hydrogen atoms, excellent contrast between soft,
water-based tissues can be obtained, a limitation for CT imaging. One significant advantage of MRI is the
many modes of operation and image contrast mechanisms. Images can be weighted according to spin
relaxation mechanisms (T, and T,), chemical-shifts, bulk flow, and spectroscopic functional information.
Contrast agents such as gadolinium can be given intravenously to identify the vasculature. In the past,
MRI was solely used for diagnosis and planning prior to surgery. The powerful idea of image-guided sur- -
gery have produced an open-magnet MRI machine which permits the surgeon to stand next to the patient®.
The surgical field lies within the uniform magnetic field of the instrument allowing three-dimensional MRI
data to be acquired during the surgical procedure.

The resolution of MRI is dependent on the magnetic field strength that can be generated within the
tissue. Most clinical MRI machines have a 1.5 T magnet and provide 0.5-1 mm resolution within an imag-
ing plane'®. The depth of imaging is governed by the dimensions of the uniform magnetic field that is
established within the bore of the magnet. Bores are large enough to pass a prone patient, permitting
whole-body or organ imaging. Image acquisition times have been reduced to 50 ms and 3-D volumes are
readily acquired by translating the patient through the magnet bore. The instrument size is equivalent to
that for a CT scanner. However, extra precautions are necessary surrounding the magnet to prevent the
introduction of metal instruments which are attracted toward the strong magnetic field. Statistics from
1995 estimate 3900 commercial MRI machines in operation in the U.S.!! since the introduction in the early
'1980’s. The instrument costs for MRI machines exceed those of CT scanners. Clinical 1.5 T machines cost
approxnnately $1.6 million dollars'!

Engineering improvements in the MRI technology have enabled high-resolution research systems

for MRI microscopy: Resolutions as high as 12 um have been demonstrated on in vivo Xenopus laevis
(African clawed frog) tadpoles during development'*!3. However, to attain these resolutions, 7 T field |

13




strengths were needed across small (= 1 cm) magnet bores. Acquisition times are prohibitively slow with
three-dimensional volumes of developing tadpoles requiring 2 hrs. The use of gadolinium contrast agents
can be used to label blood flow within mouse embryos and striking sequences of vascular development in
the mouse have been demonstrated'“. '

1.3.3 Ultrasound imaging

Ultrasound (US) is routinely used in an outpatient setting, particularly in obstetrics and gynecology
because the fetus can be safely imaged. Ultrasound image-guidance is used for the placement of needles
for biopsy. Ultrasound imaging relies on the detection of reflected acoustic waves from biological tissue.
Contrast within US images is generated by differences in acoustical impedance within tissue. The use of
air-filled albumin-coated microspheres has recently been used to increase ultrasound backscatter contrast
in echocardiography'>!7. An US transducer made from piezoelectric materials functions both as an acous-
tic pulse emitter and receiver. The transducer can be swept in an arc, collecting adjacent depth information
to form an image, or multiple transducers can be positioned within a phased array. The phased array per-
mits multi-location imaging without moving parts by controlling constructive and destructive interference
patterns of pulses within the tissue. Engineering of US transducers has permitted a reduction in size.
Transducers less than 3 mm have been placed on the tips of endoscopes and laparoscopes to develop multi-
modality instruments for the imaging of subsurface tissue structures’. Transducers have been placed
within rotating catheters for intravascular ultrasound (IVUS) imaging of atherosclerosis and stenosis in the
human coronary artery'®.

Most clinically available instruments today operate at 10-20 MHz with high-frequency US consid-
ered to be 30 MHz and higher. These acoustic frequencies provide 100-200 um resolutions at depths of
tens of centimeters'®. The resolution is governed by the frequency of the acoustic wave. Higher frequen-
cies do not penetrate as deeply into tissue and therefore a trade-off exists, much like in optics, between
image resolution and depth of imaging. The field of view in US is dependent on the translation of the
transducer ranging from several millimeters to tens to centimeters. Clinical instruments acquire images at
video-rates (30 frames/s). Three-dimensional US imaging is performed by translating the transducer along
a third axis and assembling a series of 2-D slices to form the 3-D data set. The instrument size is compact
compared to CT and MRI and can fit on a small cart. The US waves are delivered to the patient via a small
hand-held probe containing the transducer. Costs for US instruments range from $30,000-$150,000, rela-
tively affordable for most hospitals and clinics®. A major limitation of US imaging is the requirement of an
index-matching medium between the transducer and the sample to be imaged. The placement of a gel or
medium during laparoscopic or endoscopic exam is problematic and impractical if large areas are to be
imaged.

Ultrasound backscatter microscopy is a research field utilizing extremely high frequency transducers
(>100 MHz) to image microstructure at the expense of depth of penetration’®. Human myocardial cells
have been imaged with 1.7 um resolutions using a 600 MHz transducer?!. However, a fixed 5 um-thick tis-
sue section was used as the sample as penetration was poor. Currently, these resolutions are not available
in any clinical instrument. Ultrasound backscatter microscopy using 40-100 MHz transducers providing
17-30 pm axial and 33-94 um lateral resolution has been applied clinically for imaging skin in humans and
the progression of melanoma in the mouse animal model?223, '
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1.3.4 Microscopy

Light microscopy has been well established in the surgical suite, particularly for microsurgery of
vessels?* and nerves®, and for delicate procedures of the central nervous system-6 Surgical mlcroscopes
and loupes magnify the tissue under examination to allow avoidance and recognition of injury, prompt
- visualization of abnormal changes, and the practice of delicate surgical techniques using fine microsurgical
instruments and suture materials. Resolutions as high as 1 wm can be achieved under high magnification.
Depth of visualization, however, is limited to the optical scattering properties of the tissue. Except for the
transparent structures of the eye, only surface features can be visualized. Contrast between tissue types
can be enhanced with dyes, such as toluidine blue, which selectively attaches to dividing cells. The field-
of-view is limited by the magnification. The 5-10X magnification of surgical microscopes and loupes pro-
vides a field-of-view of several centimeters. Because microscopy is considered a visualization technique
rather than imaging, statistics on acquisition times and 3-D imaging are not applicable. Surgical micro-
scopes occupy a significant amount of space within the surgical suite. Counter-weighted positioning sys-
tems allow placement over the operating table. The costs associated with a surgical microscope approach
and exceed $100,000 depending on the complexity of the optics and positioning systemsﬁ.

The bench-top light microscope is the standard for clinical and research biological investigations
with resolutions of approximately 1 um. Light microscopy coupled with differential tissue staining prop-
erties enables the histopathological visualization of tissue constituents down to the cellular and subcellular
levels. The use of selected stains permit specific identification of cells. Hematoxylin and eosin are the
most commonly used stains which color the nucleic acid within cell nuclei (DNA) purple while staining
collagen and connective tissue pink. Without the use of stains, no contrast would exist within tissue slices
at visible wavelengths for light microscopy observation.

The confocal microscope?’ has revolutionized the way in which biological samples are visualized.
The confocal microscope utilizes a point source illumination, either white-light or a laser, and collection
through a pin-hole aperture placed confocally to the source. Light arriving from outside of the objective
lens focal plane is spatially rejected by the pin-hole aperture. This reduces the axial point-spread function
to 0.5 to 1 um and permits optical sectioning of biological specimens. Fluorophores can be attached to
specific cells or subcellular constituents which can later be excited by an incident laser source. Recent
advances utilizing ultrafast lasers®® have demonstrated two- and three-photon confocal microscopy?®-3!.
By utilizing the high peak powers that are confined to the focus, a further reduction in the axial point
spread function is possible. In addition, because longer wavelengths in the near infrared (IR) are used,
deeper penetration into tissue is possible. Real-time confocal microscopy has been a challenge, but suc-
cesses have revealed fascinating sequences of calcium dynamics in fertilized oocytes?2-3,

1.4 Minimally Invasive Surgery

Minimally invasive surgery (MIS) is a relatively new methodology that has contributed significantly
to patient care by reducing the morbidity and mortality that is associated with more invasive procedures.
- By reducing the size of the surgical access site, patient recovery time and risk of infection are likewise
reduced. Because of this, MIS procedures are becoming the standard for many surgical procedures. The
increase in MIS procedures has, in turn, resulted in advancements in instrument design and optical and
non-optical imaging technology for specific tissue or organ system access>*. Examples include the rigid
laparoscope for abdominal or pelvic access, the flexible bronchoscope or endoscope for respiratory or gas-
trointestinal systems, and the small rigid arthroscope for access into joint spaces. Recent advancements
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have begun to take advantage of synergistic benefits from multlp]e imaging modalities integrated into a
single MIS instrument®3>: 3. Common to all instruments, both mechanically and optically, are design fea-
tures which permit entry via narrow incisions or natural body openings.

1.41 Endoscopy

Endoscopy is a well-established technique used primarily for visualizing tortuous internal body
lumens and cavities. Endoscopic instruments are flexible, consisting of either coherent fiber bundles for
relaying or a micro-CCD (charge-coupled device) camera located at the distal end of the device for captur-
ing surface images of tissue. Instruments range from 0.5-2 cm in diameter and from 10 cm to over 1 m in
length. Manual manipulation at the proximal end is translated to the distal end with cables enabling direc-
tional control of the i 1mag1ng field-of-view. The surgical uses of endoscopes include the resection of pol-
yps from the colon?” and for investigating tumors of the lung during video-assisted thoracic surgical |
(VATS) procedures®. Endoscopes can be made extremely small in diameter permitting the passage into
individual vessels (angioscopy) for the repair of valves®’.

Contrast in acquired images is dependent on the illuminating wavelengths (typically white-light
from an arc lamp), surface optical properties of the tissue, and the dynamic range of the CCD. The resolu-
tion is limited to the pixel size of the CCD, generally 1-5 um. Visualization depth into tissue is limited to
surface features as in microscopy. The field of view is dependent on the magnification which, in turn, is
nofi-linearly dependent on the distance from the tissue. This presents one limitation for assessment of
scale during the procedure. The instrument light source and control unit can fit on a small cart with inter-
changeable, steralizable endoscopes for each appllcatlon Costs for the light source and controller are
around $50,000 plus $10,000-$12,000 for each endoscope®.

1.4.2 Laparoscopy

Laparoscopy is becoming the standard for cholecystectomy tubal sterlhzatlon puncture and aspira-
tion of ovarian cysts, diagnostics for abdominal disorders*’, staging intra-abdominal mahgnancws41 and
many others. Laparoscopy has even been found to be 51gmﬁcant1y more sensitive and more accurate than
either US or CT for detecting intra-abdominal metastases*

Unlike the flexible endoscope, the laparoscope is a rigid instrument approximately 2-10 mm in diam-
eter and 10-40 cm in length. The rigid design permits the use of glass optical relay elements to relay the
image from the distal end to the proximal end“ where it is observed with either the human eye or digitized
with a CCD camera and displayed on a monitor. The imaging performance, instrument size, and device
costs are comparable to those for endoscopy. ‘

The hallmark MIS procedure is laparoscopic cholecystectomy which is now a gold standard because
of its high success rate, efficiency at which the procedure can be performed, and the decreased morbidity.
Since the introduction of the technique** in the U.S. in 1989, the number of surgeons adopting the proce-
dure reached 80% in 1992 and is approaching 100% today45. The widespread dissemination and accep-
tance of this procedure has occurred with a rapidity that has never been seen before. Perhaps the largest
collection of statistics has been assembled by the Connecticut Laparoscopic Cholecystectomy Registry*®
which surveyed 97% of the hospitals in Connecticut from May 1, 1990 to September 30, 1991. In 1989,
before the first laparoscopic procedure, 5786 open cholecystectomies were performed. In 1991, 4389 out
of 7462 (58.8%) procedures were performed laparoscopically. Overall, there was a 29% increase in the
number of cholecystectomies (both open and laparoscopic). Mortality decreased from 1.5% to 1.1% and
was statistically significant (p<0.05). The mean hospital stay was reduced from 9 to 3 days and the cost of
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the procedure fell from $10,295 (1989 dollars) to $7,576 (1991 dollars). Technical complication rates fell
with increasing experience. The 5.3% rate in the surgeon’s first 10 cases fell to 0.98% after the 75th proce-
dure. These results helped quantify what many had observed. The introduction of this MIS procedure
resulted in increased frequency of surgery without an increase in surgical mortality.

1.5 Optical Coherence Tomography
Optical coherence tomography (OCT)*"*® is a relatively new imaging technology compared to those
previously described. OCT is based on the detection of backscattered optical radiation from biological tis-
sue and is somewhat analogous to ultrasound B-Mode imaging except optical rather than acoustical reflec-
tions are detected. Cross-sectional images of tissue microstructure are generated based on the optical
backscatter characteristics of the specimen rather than the acoustic properties as in ultrasound. Contrast in°
OCT images is generated by scattering inhomogeneities or changes in index of refraction within tissue.
There have been no published reports of the use of contrast agents for OCT, although melanin granules and
air-filled microspheres may be effective.

OCT performs optical ranging within tissue utilizing low-coherence interferometry to localize the
position within the specimens from which the backreflection originated. Imaging depths range from
1-3 mm in highly scattering tissue. Micron-scale axial and transverse resolutions are possible within two-
dimensional cross-sectional images. Two-dimensional images can be acquired spatially at given intervals
to produce three-dimensional volumes. Three-dimensional volumes can be acquired over time to produce
four-dimensional volume sequences of dynamic tissue changes. The field-of-view is limited by the beam
scanning range, typically < 5 mm. OCT images have high signal-to-noise (SNR) ratios around 110 dB by
utilizing optical heterodyne detection originally implemented in optical communication techniques. .
Video-rate acquisition times (30 frames/s) can be achieved, depending on the image size. Because OCT is
fiber-optic based, the personal computer-driven device is compact, portable, and readily integrated into
existing medical and surgical optical instruments including microscopes, endoscopes, laparoscopes, and
hand-held optical imaging probes for beam delivery. Cost estimates for an OCT instrument range between
. $30,000-$50,000. The non-contact, non-invasive nature of OCT, coupled with resolutions exceeding those
of clinical instruments, makes this technique extremely promising for applications in biomedical imaging.
A comparison of OCT with existing imaging modalities and techniques is summarized in Table 1-1.
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. Imaging | Field of ' Device
Resolution Depth View Speed | Size Costs Notes
Clinical 0.5-1.0 full body | full body | 50 ms room >$500K ionizing radiation
CT mm . ‘ size
Research | 200 nm cm cm seconds cart research ionizing radiation
CT (x-rays) costs
Clinical 0.5-1.0 full body | full body | 50 ms room >$1 mil expensive
MRI mm size
Research 12 pym lcm lcm 10 min bench | research slow acquisition
MRI ' _ top costs
Clinical 100-200 30 cm 20 cm video cart $50K tissue contact
UsS um ‘ rate
Research 2 um 50 um mm-cm I5s bench | research tissue contact
Us top costs
- Light I pm <100 ym | mm-cm video bench $10K- surface imaging
Microscopy : rate top $100K -
Confocal 0.5-1 um | <300 um mm video bench $50K- limited imaging depth
Microscopy rate top $150K
Endoscopy 5 um <100 pm cm video cart >$50K surface imaging
rate variable magnification
Laparoscopy Spum | <100 um cm video cart >$50K surface imaging
' » ' rate . variable magnification
OCT 2-15 um 3 mm mm-cm | 4-8 fps cart $30K- imaging in
$50K highly scattering tissue

TABLE 1-1: Comparison of Imaging Modalities and Visualization Techniques.

1.5.1 Historic.al overview

Optical ranging measurements were first performed using optical time domain reflectometry
(OTDR) which relied on the optical time-of-flight of ultrashort laser pulses*. One of the first applications
for OTDR was for diagnostics of concatenated fiber-optic components or long optical fiber transmission
lines*'. In 1986, OTDR was demonstrated by Fujimoto, et. al.>!-32 for the first time in biological tissue.
Reflected pulses from ocular tissue were correlated with pulses from a reference optical delay line in order
to determine the time delay, and hence the position, of the reflection. The approach to optical ranging pro-
vided high axial resolutions (15 um) in cornea and skin, but suffered from low detection sensitivity of
70 dB, was expensive, and complex. In addition, axial resolution was determined by the temporal pulse
W1dth requiring the maintenance of a 30 fs pulse for 10 pum axial resolution.

The frequency domain analog to OTDR, called optical coherence domain reflectometry A'(OCDR)
was subsequently developed for optical ranging. Low-coherence interferometry was implemented to pro-
vide equivalent resolutions as OTDR without the need for complex mode-locked laser sources necessary to
generate femtosecond optical pulses. The techniques of low-coherence reflectometry was first applied to
diagnosing optical waveguxde properties and finding faults in fibers>34, Rather than using short pulses of -
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light, OCDR used light with short temporal coherence. Therefore, continuous-wave laser sources with
broad spectral bandwidths (short coherence lengths) could be used with equivalent axial resolutions. The
development of the super-luminescent diode (SLD) in the 1980s made it possible to integrate a fiber-cou-
pled SLD with a fiber-optic coupler (beam splitter) for the construction of a compact fiber-based instru-
ment. Utilizing optical heterodyne detection, dynamic ranges of 120 dB (detectlon of 10712 of the incident
power) were possible with axial resolutions up to 10 pm.

In 1988, the first biological application of OCDR was performed by Fercher ez. al.’® in the transpar-
ent tissue of the eye. The longitudinal ranging capabi]ities were demonstrated by measuring in vivo human
eye lengths’®37 and in vitro corneal incision depths®®. Optical coherence tomography was proposed by
Huang, et. al.*® in 1991 as the two-dimensional extension of OCDR. By assembling adjacent axial profiles:
acquired using OCDR, two-dimensional images could be constructed representing the optical backscatter’
from within tissue. These techniques have analogues in ultrasound. The single axial profile acquired with
OCDR is equivalent to the ultrasound A-scan while the OCT image is equivalent to the B-scan.

1.5.2 OCT in ophthalmology

OCT imaging in the in vivo human eye was first performed by the Fujimoto group® in 1993.
Advancements in faster acquisition rates and the integration of the OCT instrument with a slit-lamp biomi-
croscope used in ophthalmology enabled real-time imaging of the retina in human subjects®®. Studies
imaging anterior eye structures were also performed and asséssments for clinical potential were made®!.
The high-resolution cross-sectional OCT imaging of the retina provided unprecedented detail which sug-
gested a use for diagnosing a wide range of retinal and anterior eye diseases®!%2. Clinical studies were
begun in collaboration with the New England Eye Center of Tufts University School of Medicine: To date;
over 5000 patients have been diagnostically imaged and followed for response to treatment and therapy.
OCT images of macular pathologies have been strongly correlated with corresponding fundoscopic photo-
graphs and fluorescein angiography. OCT has been shown to be effective for diagnosing and following
macular holes, retinal detachment, epiretinal membranes, macular edema, and age-related macular
degeneratlon“ 67 The ability of OCT to image and quantify retinal nerve fiber layer thickness has been
shown®®, Thinning of the nerve fiber layer is an early indication of glaucomatous changes within the eye.
Current studles are attempting to demonstrate that the axial resolution of OCT is sufficient to detect early
changes in thickness and to diagnostically monitor progression and treatment of OIaucoma69

153 Optical biopsy with OCT

The term “optical biopsy” associated with OCT refers to the non-excisional imaging of biological
structure, in vivo, at resolutions that approach those of histology. Non-excisional imaging is in contrast to
excisional biopsy in which the tissue sample is removed, fixed, sectioned, stained, and observed using light
microscopy. -Other optical research groups have used the term optical biopsy in regard to the detection of
spectroscopic information from tissue. This data, however, may not necessarily be in the form of an image,
but may represent spectral data characteristic of specific tissue types. The term “optical biopsy” may be a
misnomer for the medical community given that a biopsy has been traditionally defined as the physical
resection of tissue. The concept, however, is powerful because tissue removal can often become nontrivial
in surgical settings, particularly in MIS. This technique would enable images of tissue microstructure for
the diagnosis of disease without having to physically remove tissue. For sensitive tissues of the nervous
and cardiovascular systems where the physical resection of tissue could prove detrimental to the patient, an
“optical biopsy” would offer the surgeon a nondestructive means of diagnosing tissue pathology.
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The first demonstration of an OCT optical biopsy from an in vitro coronary artery was performed by
Huang, et. al.*® in 1991. This highly scattering tissue presented challenges compared to the transparent
structures of the eye. The low-power, 800 nm wavelength, SLD used for this study did not permit deep
imaging penetration. Imaging penetration was improved with the use of longer wavelengths in the near
infrared’® and with higher-power broad bandwidth sources’!. Penetration in highly scattering, non-trans-
parent tissue is possible with OCT because multiply-scattered photons, which travel longer pathlengths
than corresponding photons in the reference arm of the interferometer, are rejected. The human skin was
the most accessible highly scattering in vivo tissue available. Researchers were able to penetrate 1 mm
with up to 10 um resolution and identify architectural structures corresponding to the epidermis, dermis,
sweat glands and hair follicles’®7>. At the same time, studies were being performed to characterize OCT
imaging in highly scattering tissue’>7* and to utilize OCT to determine optical properties of tissue such as
‘absorption and scattering coefficients and the index of refraction” 7’

Investigational studies were and continue to be performed in highly scattering tissue samples
throughout the human body including the gastrointestinal, urinary, respiratory tracts and cardiovascular
- and nervous systems. Advancements in high-power broad bandwidth mode-locked laser sources along
with the engineering and development of beam delivery devices described in this thesis have permitted the
in vivo optical biopsy of the gastrointestinal and respiratory tracts of a rabbit’®. Since the demonstration of
imaging in highly scattering tissue, the number of investigators pursing OCT and OCT-related research has
grown at a tremendous rate with in vivo human studies already being performed in the gastrointestinal,
reproductive, and urinary tracts’>. Not limited to biological tissue, OCT has been used for the non-destruc-
tive evaluation of composite and ceramic materials for structural defects®®®! and as a technique for high-
density multi-layer optical data storage32#3, The blossoming level of interest in this technology serves not
only as a motivating factor for further research, but also as a testament to the future potential for improve-
ments in patient care.

1.6 Scope of thesis

The goal of this thesis is to investigate a previously unexplored potential of OCT in biomedical
imaging: the use of OCT in surgery for diagnostics, guidance, and intervention. The high-resolution,
high-speed imaging capabilities of OCT are ideally suited to interface with the surgical environment and
advance the state of technology within the surgical suite. The compact, portable, and fiber-optic based
instrument can be readily integrated into existing surgical instruments or provide new minimally-invasive
~ devices for in vivo imaging. The non-contact nature of performing an optical biopsy enables imaging and
diagnostics of tissue structure, particularly in the sensitive regions of the cardiovascular and nervous sys-
tems. Real-time surgical guidance using OCT can avoid vessels and nerves during incisions or be used to
rapidly locate suspect regions of tissue for further investigation. Finally, OCT can be used to guide surgi-
cal interventions such as the delivery of high-power laser radiation for tissue ablation or to monitor the pro-
cess of radio-frequency ablation. OCT has the potential for improving a surgeon’s ability to visualize
tissue which will subsequently improve patient outcome.

The fundamental operating principles and theory behind OCT will be described in Chapter 2. Eval-
uation of low-coherence light sources and axial scanning mechanisms will be considered along with the
necessary modifications for high-resolution and high-speed OCT imaging. Other embodiments of coher-
ence-domain optical imaging including frequency-scanning OCT and spectral radar will be discussed.
Descriptions, designs, and performance of beam delivery instruments will be discussed in Chapter 3.
Chapter 4 demonstrates the fundamental capabilities of OCT imaging in in vitro and in vivo biological
structures using developmental biology animal models. Correlations are made between OCT images and
corresponding histological preparations to define how biological structures are represented in OCT images.
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Functional imaging is performed to demonstrate high-speed capabilities and high-resolution cellular imag-
ing is explored as precursors to cellular imaging in humans. Not only will these developmental biology
studies define and demonstrate OCT imaging capabilities for use in the surgical suite, but they will also
establish, for the first time, the use of OCT in the field of developmental biology and as a new in vivo
microscopy technique. Characterizing OCT images for surgical diagnostic information is described in
Chapter 5. This is followed in Chapter 6 by an exploration of the surgical tissue environment in which
OCT will function-to guide surgical procedures. Monitoring surgical interventions with OCT is demon-
strated in Chapter 7. Finally, thesis research results are summarized, conclusions are made, and future
studies are described in Chapter 8.
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Chapter 2

Optical Coherence Tomography

2.1 Introduction

Optical coherence tomography represents a high-resolution imaging technique that could signifi-
cantly impact the approach to surgery. The compact, non-invasive, non-contact nature of this optical tech-
nique minimizes the changes that would have to occur in the surgical setting. The concept of image-guided
surgery is well recognized with the use of ultrasound, CT, and MRI as imaging modalities. However, the
high-resolutions of OCT offer a new level of surgical precision not offered by other imaging modalities.
Surgical guidance can approach the level of cellular resolutions which would reduce the amount of collat-
eral damage to normal tissue. Adaptability to minimally-invasive instruments will permit surgical guid-
ance with demonstrated reductions in patient morbidity and mortality as a result of smaller incisions, faster
recovery times, and fewer post-operative complications. Understanding the principles and limitations of
OCT will establish a framework on which surgical diagnostics, guidance, and intervention can be built,

2.2 System Overview

OCT is based on the principle of low-coherence interferometry using an optical heterodyne detection
scheme to detect small levels of backscattered light from within tissue. The OCT technology can be mod-
ularized to simplify the understanding of the components and how each interacts within the system. In
addition, since the development of this imaging technique, technical advancements have improved various
modules of the overall system and these will be addressed individually in later sections. In general, the
OCT system can be represented by the block diagram in Figure 2-1. A light source is coupled into a sin-
gle-mode optical fiber which is one arm of a fiber-optic 50:50 coupler used as a Michelson interferometer.
The sample arm of the interferometer consists of a beam-delivery instrument which acts at the interface
between the OCT instrument and the sample to be imaged. The beam-delivery instrument also includes
transverse scanning mechanisms to translate the i imaging beam. Instrument designs are discussed in detail
in Chapter 3. The reference arm of the interferometer includes a mechanism to perform an optical path-
length delay for axial (depth) scanning of the detection envelope through the sample. Backreflections from
both the reference and sample arms are recombined at the detector where the optical signal is converted
into an electrical signal current. This signal is filtered and processed resulting in the amplitude of the back-
scattered intensity from one localized region within the tissue sample. All of the scanning and data acqui-
smon is under computer control
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FIGURE 2-1: Modular OCT system.
2.3 Interferometry

Interferometry is the process which begins by splitting a single optical wave into two using a beam-
splitter. Optical delays are then introduced ifi each of the waves. Finally, the two waves are recombined
and the intensity of the superposition is measured. The Michelson interferometer uses a single element to
both split and recombine the waves. A schematic of the interferometer is shown in Figure 2-2. If one first

Reference Mirror l;] R,

Light Source

50/50 Beam

) Sample Mirror
Splitter

Detector |

FIGURE 2-2: Michelson interferometer. U; s and I,  refer to the optical field and mtensuy,
respectively, in the reference and sample arms.

assumes the light source emits monochromatic plane waves, then the complex amplitude of the incident
electromagnetic wave propagating in the z direction has the form

UG = 24,exp(-jkz). o @
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This wave is split equally by the beamsplitter. The two waves in the reference and sample arms travel dis-
tances 1; and I, respectively, before undergoing a reflection and returning. The two fields are summed at
the detector '

UD(v) =U, (r)+U (P = A oR exp( —J2kl) + 5 A R exp( —j2kl,) (2-2)

where Rgand R represent the reflectivities from the sample and reference arms, respectively. The intensity
at the detector is the magnitude squared of the summed fields given by

Ip = [UpOf = &

24 %U",.(%-)Us(?-) + %Ur(?-)U*s(%) (23

or

]
ID = Z IS+ / cosAq) | . (2-4)

where A¢ is the phase dlfference between the fields from the reference and sample arms. This phase differ-
ence can be expressed in terms of pathlength dlfference

Ad = 2kAl | (2-5)

where k = 21/A and Al = 1, - I, the difference in the arm lengths. If the reference arm mirror is moved at a
constant velocity vy, the pathlength mismatch becomes a linear function of time

Al(t) = 2vyt. ' (2-6)

The moving mirror will induce a Doppler-shift in the returning light with a frequency fD 2 vpm/A. The
1nten51ty at the detector is then

‘ 1, 1, 1 o .
Ipt) = 31+ 30, +3 f1 T.cos(2nfpt). 2-7)

The first two terms in Equation (2-7) represent a DC component to the detector signal. The last term
is an AC cosine component whose amplitude depends on the relative phase between the two arms.

If the source contains more than one wavelength, it is considered polychromatic and has a lower
degree of coherence. The complex wavefunction from this source can be represented as a sum of mono-
chromatic waves |

U, 1) = }EJ‘: U, (Fexp(jor)do - (2-8)
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where Ug(r) can be determined by obtaining the Fourier transform of U(r,t). The degree of temporal
coherence in the complex wavefunction stated above is determined by its autocorrelation function

G(1) = (U (U (1 + 1)) - (2-9)

where T represents a time delay. The autocorrelation function can be normalized by dividing by the auto-
correlation function G(t = 0) thereby allowing a measurement of coherence that is insensitive to the inten-
sity of the fields. The absolute value of the normalized autocorrelation function g(t) is bounded between 0
and 1. For a given position and time, the normalized autocorrelation of the waves from the two arms of the
interferometer is given by

(U;U
8 = —= 2-10)
[I'[S
which then enters into the interference equation as
1, 1, 1 ) : '
I, = Z[" + ZIS + §|g,.s[ /1.1 .cos(2nf pr). 2-11) v

The term Ig,( will vary between 0 and 1 depending on the polarization, dispersion, and phase differences
between the two arms; parameters which affect the coherence of the light returning from the reference arm
and the sample.

The autocorrelation function in Equation (2-9) is related to the spectral density function S(®) by the
Fourier transform

S(w) = J'm G(t)exp(—jo1)dt. (2-12)

The relation in Equation (2-12) is known as the Wiener-Khinchin theorem®*83. The Fourier transform rela-
tion implies that for low-coherence light, the autocorrelation function will be narrow and the spread of
wavelengths about a center wavelength will be broad. Therefore, high axial spatial resolution can be
achieved by using sources with broad spectrums. The interference signal at the detector is proportional to
the interference by each monochromatic component. Incorporating the source spectrum S(®) yields

Ipe Re{zim[_:S(co)exp(’—jAd))dco}. » (2-13)

The medium in the arms of the interferometer through which the light propagates will affect the rel-
ative phase difference A¢ in Equation (2-5) and consequently the detected intensity in Equation (2-13)..
For the case where the medium is uniform, linear, and non-dispersive, the propagatlon constant k is equal
in both arms. The constant can be Taylor—serles expanded to first order to give

k(o) = k(@) = k(wg) +k'(0) (0~ ©y) (2-14)
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where ® = 21tv and ) is the center frequency. Inserting this into Equation (2-5) and (2-13) gives a photo-
current

Ipe Re{ exp(—jﬁ)OA‘tp)%tJ. NOE mo)exp(—j(m - GJO)ATg)d(CO - mo)} (2-15).

where the phase delay mismatch At is

s, = 28800 o 2-16
T w, ot (2-16)

and the group delay mismatch ATy is
At, = 2AlK (wg) = 2Al-vg. (2-17)

The light propagating from the source will experience group velocity dispersion (GVD) from the
optical fiber, other lenses or optical components, and the specimen. The effect of these dispersive elements
will be to broaden the autocorrelation function, resulting in a decrease in the axial point spread function or
axial resolution. To examine the effect of GVD on the photocurrent at the detector, the propagation con-
stants k; and kg are Taylor series expanded to second order around the center frequency @,

(@) = £, (@) = K(0g) +K(0)(®@ - 04) + 3K (@0)(® - )2, @)

Note that k; and kg are only approximately equal because of differences between each arm. If thé length
over which GVD is mismatched between the two arms is Ly, then the effect of GVD is added to the phase
difference in Equation (2-5) to give

AP(®) = k(wq) - 2A1+k'(m0)(m—m0)-2A1+%Ak”(m0)(m-m0)3ﬂ 2L, . (2-19)

where Ak”(wg) represents the change in GVD between the reference and sample arms. By increasing or
decreasing the amount of GVD in the interferometer arms, it is possible to fully balance the dispersion and
minimize the width of the autocorrelation function; thereby maximizing the axial resolution of the OCT
system. The photocurrent obtained by propagating light from a polychromatic source through dispersive a
medium is given by

Ipe< Re{exp(—ijA’tp);—nj S(o)—mo)exp(—j%Ak”(a)O)(co—mo)2 . 2LM) X ; (2-20)
exp(~j(® - ©g)AT,)d(® - wg) }

The effect of the dispersive medium on the polychromatic hght is to broaden the autocorre]atlon functlon
and to induce asymmetry due to chn‘p (time-dependent frequency varxatxons)
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If the source spectrum can be represented by a Gaussian power spectral density given by

S(@) = |——ex (00 : (2-21)
- 2162 P 262 :

with G, being the standard deviation and 26, being the width of the Gaussian distribution, then the auto-

~ correlation function also has a Gaussian profile. The signal current at the detector is then represented by

Atsz, ‘ ,
ID oc eXp -ZTCZ COS(O)OA‘EP) , . (}..-22)

T

where the temporal standard deviation o is inversely proportional to the standard deviation of the source
spectrum

G, = —. | (2-23)

Two standard deviations of the temporal Gaussian envelope 26, represents the coherence length or axial
resolution of the OCT system which will be thoroughly defined in Section 2.7.1.

Non-Gaussian light sources may broaden the autocorrelation function and increase the presence of
sidelobes. In addition, the presence of noise or ripple on the source spectrum will elevate the noise floor of
the autocorrelation function. These effects are shown in Figure 2-3. The source spectrum in the left col-
umn is Fourier transformed using the FFT to produce the autocorrelation functions displayed on linear and
logarithmic scales. The FFT of the Gaussian spectrum is another Gaussian function. On a logarithmic
scale, this would be a parabolic function without sidelobes. The sidelobes which are a factor of 10~ below
the peak are due to the truncation of the Gaussian spectrum. Two Gaussian profiles were separated by
30 nm and added together to produce the rectangular Gaussian profile. A wider spectral bandwidth of the
rectangular Gaussian produces a narrower autocorrelatxon function but with the presence of elevated side-
lobes. The sidelobes are approx1mately a factor of 10°! below the peak, sufficiently close to become evi-
dent during OCT imaging at regions that differ greatly in index of refraction such as the air-tissue interface.
Within tissue, the change in index i 1s less significant reducing the effects from the elevated sidelobes. The
additional sidelobes a factor of 10™* below the peak are due to the truncation of the rectangular Gaussian -
spectrumn. A noisy Gaussian spectrum was generated by multiplying the Gaussian profile with a random
frequency sinusoidal function. This spectrum produces an autocorrelation function with an elevated noise
floor but without the presence of large sidelobes. :

2.4 Low-Coherence Light Sources

The low-coherence light source represented by the box in Figure 2-1 is optimally selected based on
its center wavelength, spectral bandwidth, spectral profile, output power, and compact design. Each of
these parameters will be discussed for the sources used in this thesis research. :
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FIGURE 2-3: Non-Gaussian source spectrum effects on autocorrelation function envelope.

2.4.1 Super-luminescent diodes

Super-luminescent diodes (SLDs) are extremely compact, solid-state, fiber-coupled devices that pro-
vide low-coherence light for OCT imaging. A superluminescent diode is constructed in a similar manner
as laser diodes except the end facets are angle-cleaved to prevent lasing. Typical center wavelengths are
800, 1300, and 1500 nm used in the telecommunications industry. Bandwidths in the range of 30-50 nm
permit axial resolutions of 15-25 pm. Output powers have been in the range of 300-1000 W which is suf-
ficient for most OCT systems at slow acquisition rates. With a recent interest in developing compact gyro-
scopic guidance systems, manufacturers have increased production of SLDs. However, SLDs designed for

gyroscopes have 10-30 nm spectral bandwidths which are sufficient for only moderate 25-75 pum resolution
OCT imaging.

Recently, commercial devices using an amplified SLD with spectrum-shaping filters have produced

outputs at Ag = 1310 nm, AA = 40 nm, and output powers of 18 mW (AFC Technologies, Inc.). This spec-
tral bandwidth produces a coherence length of 19 um. By modifying the spectrum-shaping filters and
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reducing the output power to 9.5 mW, it is possible to achieve AL =80 nmat Ag= 1310 nm. This source is
capable of 9.5 pm axial resolution with reasonable output powers. Ongoing research in SLD source devel-
opment with an expanding market for OCT will continue to improve performance.

2.4.2 Kerr-lens modelocked lasers

Increased output powers and broader spectral bandwidths are possible with the use of solid-state
crystals in Kerr-lens modelocked (KLLM) lasers?®. The disadvantages, however, include increased com-

~ plexity, cost, and size of the source. A general schematic of a KLM oscillator is shown in Fi gure 2-4. The

FIGURE 2-4: Schematic of KLM oscillator. Abbreviations: C, crystal; CM, curved mir-
ror; HR, high reflector; OC, output coupler.

titanium:sapphire (Ti:Al,03) KLM laser has become a reliable laser source for generating ultrashort opti-
cal pulses in the femtosecond regime®%7. As schematically shown in Figure 2-4, the Ti:Al,O5 crystal is
pumped by a continuous wave (cw) argon laser at 514 nm. Dispersion is compensated within the laser cav-
ity by adjusting the position of the prisms to permit longer or shorter pathlengths through the dispersive
glass. This dispersion compensation is also used to balance the dispersion between the two arms of the

-OCT interferometer. With a center wavelength at 800 nm, output powers near 400 mW, and spectral band-

widths of 145 nm, this source was used for high resolution OCT imaging by a number of investigators38:89.
Free-space axial resolutions as high as 1.9 um have been achieved.

Because longer wavelengths scatter less and permit deeper imaging penetration in biological tissue,
a solid-state KLM laser using a Cr**:forsterite crystal was developed by Bouma, et. al.?® for OCT imaging.
Cr**:forsterite oscillators pumped by a cw Nd:YAG have achieved pulse durations less than 25 fs by sev-
eral groups”!%2
Cr**forsterite laser has been constructed. Output from this source is 300 mW at 1280 nm center
wavelength®®. A spectral bandwidth of 50 nm results in a 15 um coherence length. The stability of the
pump source eliminates the need for dual-balanced detection which was required for shot-noise-limited

detection with the Ti:Al,O5 source. The high output powers from this laser permit higher image acquisi-

tion rates while maintaining high signal-to-noise ratios (SNRs). Scanning speed and SNR limitations will

- be covered in Section 2.7. The use of this laser permits high-speed in vivo imaging of tissue morphology

which is necessary for any viable surgical application.
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The spectral and tempdral output characteristics of the KLM laser are related through the Fourier
transform. Therefore, the frequency bandwidth Av and the pulse duration T, cannot vary independent of
one another. The minimum duration-bandwidth product is

‘21£-AV-TI)22R-SP - ) (2-24)

where Sy isa constant dependent on the pulse shape. For a Gaussian pulse, S, =(21In2)/n=0.441. Using
the proportionality relation

- % | | | @29
_which is eciual to
Av = £ '127‘, (2-26)
Equation (2-24) can be written as
S 12 '
AL 2 :P_c | (2-27)

Therefore, for a 25 fs Gaussian pulse from a Cr**:forsterite KLM laser operating at A = 1280 nm, the Fou-
rier-transform limited spectral bandwidth would be 96 nm. This corresponds to a coherence length and
axial resolution of 7.5 um.

To further broaden the output spectrum from this laser, and therefore increase axial imaging resolu-
tions, the high peak output powers are used to induce self-phase modulation (SPM) within an optical
fiber®395. Self-phase modulation was induced in a single-mode Corning SMF-DS™ CPC3 dispersion-
shifted fiber”®. Spectral broadening due to self-phase modulation is illustrated in Figure 2-5. SPM in stan-
dard SMF-28 single-mode fiber with a zero group velocity dispersion point around 1.3 um interferes with
the output spectrum broadening the autocorrelation function and raising the level of the sidelobes. Using
SMF-DS single-mode dispersion-shifted fiber with a zero group velocity dispersion point at 1.55 um, the
spectrum is broadened to 127 nm with an autocorrelation function that has reduced side lobes. The coher-
ence length was 5.7 um FWHM. This laser was used to acquire all of the high-resolution images in this
- thesis. In addition, its high-output powers were used to acquire the majority of the high-speed images as
described in the following chapters. Although high-resolution and high-speed OCT imaging can be per-
formed with this laser source, this source in its current state of development does not represent a reliable,
compact, and cost-effective option for clinical or surgical applications. Studies have investigated the use of
compact cavity designs for mode-locked solid-state lasers’®. Ongoing research will continue to investigate
compact and reliable sources with output characteristics suitable for OCT imaging.

2.4.3 . Fiber lasers

‘ Fiber sources may offer broad spectral bandwidths at high output powers in simplé and compact
geometries. Rare-earth doped fibers (REDFs) can be diode-pumped and output single-mode beam profiles
ideal for coupling into a clinical or surgical-based OCT instrument. Pumping of the REDF results in fluo-
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FIGURE 2-5: Output from KLM Cr**:forsterite laser’®. Plots illustrate spectrum and auto-
correlation function on both linear and logarithmic vertical axes. Output is shown prior to
SPM, after SPM using standard SMF-28 single-mode fiber, and after SPM using SMF-DS
single-mode dispersion-shifted fiber.

rescence within the fiber which is amplified by spontaneous emission along the fiber length. During ampli-
fication, spectral narrowing and lasing occurs. Angle-cleaving the fiber ends and reducing the degree of
feedback within the device suppresses lasing and produces outputs of broad bandwidth superfluorescence.
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Fibers doped with neodymium, praesodymium?’, ytterbium®®, erbium®®, and thulium'%, among oth-
ers, have been investigated as possible sources for OCT imaging'?!. Thulium-doped fiber with emissions
at 1.8 um offers the most promise. The 1.8 pum wavelength is in a region of low water absorption between
a sharp peak around 1.6 um and increasing absorption after 2.0 pm. The fiber was pumped with 500 mW
of 785 nm output from a Ti:Al,03 laser. An asymmetric but near-Gaussian spectrum with a 80 nm band-
width produced a coherence length of 18 um. A comparison between OCT imaging at 1.8 pm and 1.3 pm
of in vitro calcified aortic plaques shows similar image penetration with few effects due to high sidelobes
in the autocorrelation function'®. The current state of development for most of the REDF sources, how-
ever, is limited by narrow, non-Gaussian spectrums, low output powers, and unavailable or expensive
pumping diodes.

2.5 Axial Scanning Mechanisms

In the OCT system, a mode-locked laser, superluminescent diode, or other suitable broad-bandwidth
optical source is used and coupled to the interferometer. The reference arm illustrated in Figure 2-1 must
incorporate some means of varying the optical pathlength between the two arms of the interferometer.
Only when the optical pathlengths of the sample and reference arms are equal to within the source coher-
ence length is optical interference detected. Thus, by varying the reference arm path length, depth resolved
interferometric profiles of the samples optical properties can be obtained. Although varying the reference
arm path length is not difficult at slow velocities, doing so becomes increasingly difficult when performing
linear axial scanning at rates fast enough for high-speed in vivo OCT imaging. This section describes and
compares mechanisms by which axial scanning may be performed.

2.5.1 Galvanometer retroreflector

The simplest mechanism is the mechanical displacement of a reference arm mirror mounted on a
computer-controlled galvanometer. Linear translation of a flat mirror or the sweep of a mirrored retrore-
flector in a small arc enables linear velocities up to tens of millimeters per second at frequencies less than
100 Hz. The length and mass of the mirror mount determine the maximum frequency before mechanical
resonances affect the linear displacement. Custom drive waveforms can be used to minimize resonant
oscillations from rapid changes in direction of the reference arm mirror. The galvanometer-mounted ret-
roreflector used to acquire images in this thesis operated at a linear translation velocity of 30 mm/s. There-
fore, a 300 x 300 pixel, 3 x 3 mm image required approximately 30 s to acquire.

The linear translation velocity imparts a Doppler-shift in the reflected light. This Doppler-shifted
frequency beats with the frequency of the light returning from the sample arm. Detection electronics dis-
cussed in Section 2.6 will explain how this Doppler-shifted frequency is used in optical heterodyne detec-
tion.

2.5.2 Piezoelectric displacement

Piezoelectric crystalline materials have the property of producing mechanical forces proportional to
applied electrical charges. The basis of this effect is an asymmetrical crystalline structure. Polycrystalline
ferroelectric ceramics such as lead-zirconate-titanate (PZT) are preferred for their optimum expansion or
displacement'0%:103,
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The first use of piezoelectric materials to vary the optical pathlength of the OCT reference arm was
described by Sergeev, et. al.!%. Tens of meters of optical fiber were wound around a piezoelectric cylinder.
Although the change in radius of the cylinder was on the order of microns, this change over the wound
optical fiber resulted in a path length change of = 3 mm. By rapidly varying the drive waveform to the
piezoelectric material, rapid axial scanning could be performed.

A modified design incorporating four piezoelectric stacks was used to displace two hemi-
cylinders'®!. Forty meters of single-mode optical fiber were wound around the hemi-cylinders. A custom
0-60 V, 600 Hz, triangular waveform was used to drive the four PZT stacks. A custom waveform was nec-
essary to compensate for the hysteresis effects due to temperature, displacement, and the material itself.
Displacement of 10 um resulted in a reference arm pathlength change of 3 mm. A high power of 400 W
was necessary to drive the four PZT stacks. This significant demand was only feasible in the laboratory
setting.

Stretching the optical fiber induced a birefringence mismatch between the two arms of the interfer-
ometer resulting in variations in detector signal amplitude'%. To reduce this mismatch, Faraday rotators
were inserted into each arm of the interferometer. Faraday rotators will rotate the polarization of the inci-
dent light in a non-reciprocal manner'%. The Faraday rotators are designed for one wavelength. The use
of broad bandwidth light results in incomplete correction of polarization mode dispersion. This reduces
the contrast of the interference fringes and broadens the coherence length by a factor of two!%!. The use of
PZT stacks enabled acquisition of 1200 axial scans per second or 300 x 300 pixel OCT images in 250 ms.
This axial scanning method was used to acquire in vivo high-speed images of a beating Xenopus laevis
(African frog) tadpole heart'?’.

2.5.3 Optical delay line

Techniques for obtaining optical delays have evolved from the development of autocorrelators for
determining the temporal shape of an ultrafast optical pulse!%®. Spinning mirrors and rotating cubes have
been used to rapidly alter the pathlength and delay an optical pulse!®-''%. Scan velocities > 20 m/s at
400 Hz repetition rates are possible, but nonuniform delay rates and varying dispersion during cube rota-
tion require additional compensation to linearize scanning.

Phase control of the optical field is an effective method for producing a scanning optical delay'!'.
Based on the Fourier transform property

f(t—ty) & F(jo)exp(-jwry) ‘ (2-28)

which states that if the original spectrum F(jw) is shifted in phase by -wtg, then the function in time will be
delayed by ty. This technique has been used to temporally shape ultrafast pulses by spatially filtering the
optical spectrum at the Fourier transform plane of a lens once the spectrum has been dispersed by a grat-
ing. A second lens-grating pair is used to perform an inverse Fourier-transform resulting in a modified
temporal profile of the ultrafast pulse!!>!13.

The diagram in Figure 2-6 illustrates an optical delay line developed by Tearney, er. al.!'* that has
been used for high-speed OCT imaging. This configuration represents a folded geometry where the inci-
- dent optical spectrum is spread by the grating, Fourier transformed by the lens, and incident on a galva-
nometer scanning mirror. The angular scanning of the mirror imparts a sweeping wavelength-dependent
phase shift. The returning field is inverse Fourier transformed and re-coupled back into the single-mode

33



collimator

grating )

d % x(1)} l

\—/ rotation axis —T’
L

scanning mirror

FIGURE 2-6: Optical delay line for high-speed OCT imaging'®'
fiber of the interferometer reference arm. The swept wavelength-dependent phase shift in the frequency
domain corresponds to a swept time delay in the time domain. The folded geometry not only doubles the

time delay, but also conveniently re-couples the light back into the interferometer.

The phase delay produced by the scanning galvanometer mirror in Figure 2-6 can be written as

O(A, 1) = 4an [60 - asm(% - sin® ) jﬂ (2-29)

where the variables are defined in Fi gure 2-6. This phase delay reduces to

4myrx,
Ao

O(hg. 1) = (2-30)

when the rotation angle y changes linearly with time!?!. Therefore, the modulation frequency used in het-
erodyne detection of OCT is

2yx,
fo = TOO (2-31)

One advantage of this optical delay scheme is the independence of the phase and group delays. The total

group delay for the double-pass configuration in Figure 2-6 is given by

2fAgY
dcoseo'

() =
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For small mirror scan angles, this group delay is linearly dependent on the angle y. The group delay can be
varied to perform axial scanning and OCT imaging at different rates while the phase modulation remains
matched to the center frequency of the detection filter used for demodulation'®!.

This optical setup enables flexible control over both the modulation frequency and dispersion com-
pensation. Arbitrary modulation frequencies may be obtained by varying the offset xq of the center wave-
length A, from the center axis of rotation of the scanning mirror as shown in Equation (2-30). The group
velocity dispersion of the double-pass grating compressor has been analyzed by Fork, et. al!'>, and
described by

do| _ MEL-H 1 B (2-33).

2 2,2 :
dw @, nccd 3,00590

Dispersion compensation is varied by adjusting L, the separation between the grating and the lens. For
L > f, the optical delay line contributes negative dispersion while for L < f, positive dispersion is added.
This adjustment allows dispersion balancing between the two arms of the OCT interferometer.

For high-speed OCT imaging, the galvanometer scanning the mirror in the optical delay line was
driven with a 1 kHz triangular waveform. This enabled 2000 scans per second because scanning was per-
formed for both the rising and falling portions of the waveform. The 3° rotation of the mirror enabled axial
scan lengths of 3 mm. High-speed image acquisition rates were dependent on the number of horizontal
pixels in the OCT image. Images of 256 x 256 pixels were acquired in 8 frames per second. Real-time
acquisition, considered to be 30 frames per second, is possible for images with 67 horizontal pixels.

2.6 Detection Electronics

The signal current generated by the photoelectric conversion at the detector represents the axial point
spread function of the OCT system modulated by a sinusoid as shown in Equation (2-11). The modulation
frequency is the beat frequency between the backreflections from the sample and the Doppler-shifted
reflections from the reference arm. For the galvanometer-scanning retroreflector in the reference arm, the
Doppler-shifted frequency is

-2

=7, (2-34)

where vy, is the velocity of the retroreflecting mirror. The optical pathlength variations between the refer-
ence and sample arms map the spatial distributions of optical backscatter from within the tissue into the
signal current which is a function of time. The detection electronics module in Figure 2-1 extracts the
envelope of the interferometric signal, the peak of which represents the intensity of optical backscatter
from the spatial position within the tissue. The block diagram for the detection electronics is shown in Fig-
ure 2-7. The detection electronics were developed and constructed by Swanson, et. al.%®. The transimped-
ance amplifier converts the detector signal current into a voltage which is then bandpass-filtered around the
Doppler modulation frequency f. The interferometric signal, which has been separated from both the DC
component and the noise, is then demodulated and low-pass filtered to extract the envelope. The amplitude
of the envelope is stored in an array representing the spatial position within the image.
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FIGURE 2-7: Block diagram of detection electronics.

The transimpedance amplifier circuit in Figure 2-8 converts the photon-generated current i(t) into a
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|
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i(t) —O +
+ v(t)

FIGURE 2-8: Transimpedance amplifier.

voltage v(t) according to Ohm’s Law, v(t) = i(t) R. The resistor and capacitor provide feedback and stabi-
lize the amplifier. The gain of amplifier is determined by the resistance R and a single pole at

0, = RC (2-35)
above which the gain will roll off at 20 dB/decade.

The voltage v(t) is then bandpass filtered to separate the interferometric signal from the noise. Two
types of bandpass filters were used depending on the Doppler-shifted modulation frequency. For frequen-
cies less than 100 kHz, such as those generated with the galvanometer-scanning retroreflector, two active
Sallen and Key filters were cascaded to shape the pass-band. The cascade filter shown in Figure 2-9 con-
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FIGURE 2-9: Active Sallen and Key cascade filter.

sists of a low-pass filter with transfer function Hi,(s) followed by a high-pass filter with transfer function
th('s). The overall transfer function pr(s) is the product of the two and can be described in terms of the
undamped natural frequencies @ and the quality factors Q for the low- and high-pass filters:

2 w? §2

mlp hp 5
pr(s) = H/]J(S) ’ H/zp(s) = © (2-36)
_52+—-1i’s+a),2p s2+——hps+w,2”) 4 |
le th

where

1

®, = (2-37)
JRIR,C Gy
© = I ‘ (2-38)
hp C3 R1R2 <
)
9 = | (2-39)

1 (R
th = i 'R_Z (2-40)

Bode plots of magnitude and phase were generated to predict the frequency response using values of
R =R; =316 kQ, Ry = 68.1 kQ, R, =681Q, C, =100 pF, C; =0.01 uF, C3 =470 pF. The center fre-
quency of 50 kHz corresponds to the Doppler-shifted frequency induced by the retroreflector velocity of
| 32.5 mm/s. The bandwidth of 16.6 kHz with a roll off of 40 dB/decade outside of the bandpass will be
_ important for bandwidth selective Doppler imaging in Section 5.4.2.
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FIGURE 2-10: Frequency response of Sallen and Key cascade.

For modulation frequencies above 100 kHz, the slew rate of the operational amplifiers will limit the
frequency response. Therefore, a passive Butterworth filter is used for bandpass filtering when performing
high-speed OCT imaging with the optical delay line (Section 2.5.3). The circuit diagram of a fourth order
Butterworth filter is shown in Figure 2-11. The frequency response of the transfer function Hy(s) using
component values R; = 826 Q, R, =2606 Q, C; =437 pF, C, = 152 pF, L; = 346 pH, L, = 91 pH is shown
in Figure 2-12. Lateral adjustment (xg) of the rotating mirror in the optical delay line places the modula-
tion frequency at the center frequency (750 kHz) of this filter to maximize SNR and utilize the full band-
width (475 kHz). Outside of the pass-band, the frequency response falls off at = 40 dB/decade.

Following bandpass filtering, the voltage v(t) is demodulated using envelope detection. Envelope
detection can be modeled in Figure 2-13 as rectification by a diode followed by low-pass filtering. The
diode conducts only during the rising part of the interferometric signal, charging the capacitor to the peak
value. If the time constant T = RC is long compared to the modulation frequency, then the output voltage
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FIGURE 2-13: Envelope detection circuit.

v, (t) will follow the envelope of the interferometic signal. In practice, this envelope detection was per-
formed with an AD637 or AD606 High Precision Wideband RMS-to-DC Converter (Analog Devices) for
linear or logarithmic demodulation, respectively.

For image acquisition using the slower, galvanometer-based scanner in the reference arm, the analog
output voltage v(t) is digitized using a 12-bit A/D converter and stored in a computer. For each sweep of
the reference arm pathlength, one waveform v(t) is obtained, representing one axial profile of optical
backscatter. Two-dimensional OCT images are constructed by assembling adjacent axial profiles. The
base-ten logarithm of the 2-D image data is obtained to improve visibility of the full dynamic range of the
data. A false-color or gray-scale table is assigned and the image is displayed on the computer.

Image acquisition at higher rates (4-8 fps), using the optical delay line to vary the pathlength differ-
ence between the reference and sample arms, requires a system for rapid acquisition, display, and storage.
An in vivo OCT (IVOCT) system was developed by Tearney, er. al.'®"!%7 and used to perform high-speed
OCT imaging. The IVOCT system is synchronized by a computer-controlled master clock. The clock
controls the image acquisition by a frame grabber, the reference arm scanning by the optical delay line, and
the transverse scanning by the sample-arm beam delivery instrument. As the optical backscatter intensity
data is continuously acquired, the data is video-formatted for display as either 512 x 256 or 256 x 256 pixel
images (4 and 8 fps, respectively). Images can be displayed in either rectangular coordinates or in polar
coordinates if acquisition is performed with the radial-imaging catheter (described in Section 3.6). Images
are simultaneously displayed on the computer screen and a second video monitor for real-time recording
on analog super-VHS (SVHS) video tape. Options in the custom-designed software permit digital storage -
of screen images as well.

High-speed image acquisition is performed using the AD606 High Precision Wideband RMS-to-DC
Converter for base-ten logarithmic demodulation followed by capture and display using an 8-bit variable-
rate frame grabber. The PCI bus 8-bit frame grabber has sufficient dynamic range to capture all levels of
the demodulated signal. Using an Apple Computer Power Macintosh 8500/120 to control the IVOCT sys-
tem, image data is transferred directly from the frame-grabber memory to the computer memory using
direct memory access. Both frame-grabber and computer bus speeds are sufficient to accommodate real-
time video-rate (30 fps) acquisition.
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2.7 System Performance

The performance of the OCT system is dependent on fundamental optical, electrical, and statistical
parameters. These performance parameters and limitations will be described in this section.

2.7.1 Resolution

Gaussian optics will be used to define the resolution and optical parameters of OCT. The propaga-
tion of a Gaussian beam through beam delivery instruments in Chapter 3 will be used to compare optical
properties and imaging performance. Therefore, a thorough description of the Gaussian beam is provided.

The complex amplitude of the Gaussian beam is given by!l6

T - T O LA ]
Ui = jZRW(Z)exp(WZ(Z))exp( Jkz szR(Z)+JC(z)) (2-41)

where zy, is the Rayleigh range, p = x2 + y2, and the other paraméters are defined as

w(z) = wy [1 +(2§1;:)2 (2-42)

w0 1+(2])
.C(z) = atan(zl;) (2-44)

)\.ZR ’
H'O = }T (2-45)

The parameter wy, is the minimum Gaussian beam radius defined as 1/e = 0.368 down from the peak of the
normalized optical field U(r) or 1/e2 = 0.135 down from the peak of the normalized beam intensity
I(r) = {U(r)I*. The transverse resolution in OCT is typically defined by the minimum spot size diameter d
of the Gaussian beam which is 2wg. The spectral bandwidth and coherence length of the source are typi-
cally defined in terms of the full width half maximum (FWHM). For a normalized Gaussian beam, the
FWHM is related to the beam diameter d by

FWHM = .[in3-d, ,, = ]“72 d, . (2-46)

All of the beam parameters in Equations (2-42) to (2-45) are dependent on the Rayleigh range zp and the
Wwavelength A. The Rayleigh range is defined as the distance from the minimum beam radius wgatz=0to
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where the radius has increased by a factor of the square root of 2 at z = zg. The confocal parameter b or
depth of focus of the Gaussian beam is defined as

b=2zp=2— (2-47)

and represents the region in which the beam area lies within a factor of 2 of its minimum. The confocal
parameter is an important factor in OCT imaging because over this region, the transverse resolution is
assumed relatively constant. The converging and diverging Gaussian beam above and below the region
defined by the confocal parameter will have larger spot size diameters, and hence, poorer transverse resolu-
tion. The dependency of the confocal parameter on the spot size diameter and the wavelength is illustrated
in Figure 2-14. The wavelengths represented are visible (550 nm) and those for which SLDs are currently
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FIGURE 2-14: Confocal parameter dependence on spot size diameter and source wave-
length.

available. For a given spot size diameter, shorter wavelengths will diverge less, providing a longer region
of uniform transverse resolution. The difference between visible and near IR wavelengths must be consid-
-ered when designing beam delivery instruments through which both wavelengths are propagated.
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Far from the minimum beam waist, when z >> zp, the beam diameter increases approximately lin-
early with z which defines a half-angle 8 given by

Ao

90 = m (2-48)

a

Smaller spot size diameters will produce a more highly diverging beam as illustrated in Figure 2-15.
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FIGURE 2-15: Gaussian beam diameters as a function of minimum spot size diameter and
distance from lens.

Assuming constant beam diameters incident on the focusing lens, this figure also demonstrates the shift of
the focus toward the lens for smaller spot size diameters or equivalently, higher NA lenses.

In OCT, the transverse and axial image resolutions are independent. 'For measurements of spectral
bandwidth and coherence length, the FWHM of a Gaussian beam is used. The axial resolution or coher-
ence length Al in free-space is governed by the center wavelength A and the spectral bandwidth AX of the
source

A2
Al (air) = 21;;2[—0] (2-49)
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A plot illustrating the dependence on the coherence length on the center wavelength and spectral band-
width is shown in Figure 2-16. Shorter wavelengths require less spectral bandwidth to achieve a given
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FIGURE 2-16: Coherence length dependence on source wavelength and spectral band-
width.

coherence length. Therefore, to maximize the axial OCT resolution, shorter wavelength sources with
broad spectral bandwidths are desired. However, shorter wavelengths are scattered more in biological tis-
sue (see Section 5.2). ‘

A confocal OCT limit can be defined which is dependent on the confocal parameter b and the coher-
ence length of the source Al_

confocal OCT limit: b < Al . - (2-50)

c

Above this limit, which is typically encountered in low-resolution OCT imaging, the confocal parameter is
much larger than the coherence length. Translation of the reference arm mirror sweeps the coherence
envelope through the confocal parameter. The number of non-overlapping envelopes (defined by FWHM)
within the confocal parameter is then determined by

b ZTEW(%

Ay (2-51)
Al ™ RAL
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Below this limit, at high transverse resolutions, the confocal parameter will be less than the coherence
length. Therefore, reference arm scanning alone is insufficient for axial imaging because the majority of
the scan positions will lie outside of the confocal parameter. An axial translation of the beam focus must
subsequently be employed. Within the confocal OCT limit, as in high NA confocal microscope systems,
the confocal parameter will determine the axial resolution while the transverse resolution will remain as
the spot size diameter d.

The use of OCT can further increase axial resolution in highly scattering tissue as was shown in a
study by Izatt, er. al.!'7. A similar confocal imaging limit was defined for optical coherence microscopy
(OCM). OCM is the use of coherence gating in OCT to further reject out-of-focus light when using high
NA objectives and imaging in highly scattering media. Assuming the source spectrum is Gaussian, the
axial point spread function in OCT and OCM decreases exponentially compared to the geometric decrease
in single-mode confocal microscopy. This results in improved optical sectioning when the focal plane is
dominated by light scattered from other planes. In terms of the scattering MFP of tissue, confocal micros-
copy is limited to 0-5 MFP while OCM extends the imaging depth to 5-15 scattering MFPs; down to the
quantum noise sensitivity limit.

The axial OCT resolution will change when the imaging beam is propagated through tissue or other
material with an index of refraction that is different from air. The axial resolution in tissue with an average
index of refraction n, will be scaled by the inverse of the index

Al (air)

n

Al (tissue) =
: t

(2-52)

because of the change in the wavelength of the light propagating through the tissue. The transverse resolu-
tion, which is determined by the spot size diameter d of the focused beam within the tissue, will change in
a more complicated manner. For an incident beam diameter D on a lens of focal length f, the spot size
diameter in air is

1
0 tanea

4 2
d, = 2wy= T—[KO% :_‘Fck (2-53)

where 6, is the half-angle of the incident beam on the tissue''%. Similarly, the spot size diameter in tissue
1s given by

2,

4= g (2-54)

Using Snell’s Law, the two half-angles 8, and 6, are related by

smea

n, 1- (sinea/nt)2

tanG, =

(2-55)
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and the spot size diameter in tissue d, in terms of the NA (sin 6,) and the tissue index n, is therefore

2hg J1- (sinea/n[)2

G TTwme, (2-36)

The ratio of the transverse resolution in tissue to the transverse resolution in air is then

d [1-(sin® /n)?
L= a’") . (2-37)

da cosea

To verify Equation (2-57), two limits can be examined

&
lim | =] = 1 (2-58)

n,— 1 d[,

. d,
lim | —
Oa—>0 da

Hence, from Equation (2-58), as the tissue index approaches that of air (n = 1), the spot sizes in air and in
tissue will become equal. Equation (2-59) reflects the NA of the focusing optics. As the beam becomes
collimated (6, = 0) the spot sizes in air and in tissue will again become equal.

and

(2-59)

When the confocal parameter is much larger than the coherence length, the confocal parameter
should be chosen to closely match the imaging penetration depth (typically 1-2 mm), however, because an
inverse relationship exists between the confocal parameter (depth of field) and the transverse image resolu-
tion, there will be a loss in transverse resolution. For imaging at high transverse resolution, when b = Al,
large depths of field are not feasible. Therefore, the spot size diameter should be chosen to closely match
the coherence length providing pixel dimensions that are comparable in both the axial and transverse
dimensions. To image in depth, the short confocal parameter requires additional mechanisms to shift the
focus of the lens axially through the tissue while simultaneously positioning the coherence imaging vol-
ume to maintain overlap. This technique is called focus tracking and is discussed in Section 3.2.

Typical free-space axial resolutions for the SLD-based OCT systems range from 15-20 um. The
broader spectral bandwidths of the KLM lasers permit axial resolutions as high as 5.1 um for the Cr**for-
sterite and 1.9 um for the Ti:Al,05 sources. Transverse resolutions are governed by the beam-delivery
instrument optics and are typically 30 um for in vitro, SLD-based imaging. At 1300 nm wavelengths, this
" results in a 1.1 mm confocal parameter. For high-resolution imaging, it is more important to closely match
the transverse resolution with the axial resolution. A spot size diameter of 9 um at the Crforsterite cen-
ter wavelength of 1280 nm gives a confocal parameter of 100 pm.
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2.7.2 Noise

Noise within the OCT system arises from the optical source and the detection electronics, The term,
quantum noise, can be used to describe these contributions. In addition to the statistical fluctuations of the
source, the statistical nature of converting a photon into an electron generates its own noise, called shot
noise. Each photoelectron in a quantum detector will produce a current impulse given by

. \ e
= e; = % (2-60)

where v is the free electron velocity and x is the distance it travels before recombining; giving a lifetime T.
If ip(t) is the detector current produced by the optical photons, then the Fourier transform of this current is
described by

(2-61)

I(0) = e[w]

wt/2

Therefore, the process of detecting a photon produces a current pulse whose frequency components are
spread over a band according to the spectral density function

_ € [sin(wt/2)72 e 56
Sp(@) = nT[ ©1/2 J T (2-62)
T-0

where T represents the sampling interval.

The finite temperature within the detection electronics contributes to thermal noise. The maximum
power that can be transferred from a blackbody at a temperature T in a bandwidth Av can be described as

hv
hv
exp ﬁ —1

A current generator defined to transfer this power would be, in terms of squared rms current,

P=

Av. (2-63)

Av=——Ay (2-64)

which shows that only the resistive components will accept or generate power and hence, produce thermal
noise. Capacitors and inductors will affect the bandwidth Av, but will not contribute to the thermal noise.

In practice, OCT detection is optimal if operating within the shot-noise limit. By choosing the

proper transimpedance gain and reference arm power, shot-noise will exceed the contributions from ther-
mal noise. A low-frequency noise contribution, called 1/f noise, may arise from within the semiconductor
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material of the detector or from the mechanical oscillations of optical mounts and components. This noise
is avoided by modulating the OCT signal current above the dominant low-frequency (< 10 kHz) compo-
nents of this noise source.

2.7.3 Dynamic range

The contributions of shot, thermal, and 1/f noise result in a decrease in signal-to-noise ratio (SNR)
and dynamic range (DR). The maximum SNR possible, assuming shot-noise dominates the thermal noise,
is defined as

P 1 ]

SNR(dB) = 1010g|:n Y

(2-65)

where 1 is the quantum efficiency and <P¢> is the time-averaged signal power. Experimentally, the SNR
is determined by measuring the peak signal from a mirror placed in the sample arm and dividing by the
variance of the signal when the sample arm is blocked. The SNR is represented in units of decibels
because of the high sensitivity of the optical heterodyne detection. For the slow-scanning, amplified SLD-
based OCT system, theoretical SNRs as high as 126 dB are possible (que = 08, <P> = 5 mW,
Av =3 kHz).

The SNR alone does not specify the dynamic range of the OCT system. Although a SNR of 120 dB
implies that a signal 10712 of the sample arm power can be detected, the signals returning from the tissue
do not approach the magnitude of the incident power. Therefore, the dynamic range is more accurately
stated as the difference between the SNR and the maximum signal detected returning from the sample.
Maximum backreflections from tissue are typically -45 to -55 dB giving a dynamic range of approximately
70 dB.

The dynamic range may be further limited by the digitization of the analog signal. For an n-bit A/D
converter, the dynamic range DR, in decibels, would be limited to

DR(dB) = 10log(2"). (2-66)

Current 12-bit A/D converters are therefore restricted to a dynamic range of 36 dB resulting in loss of data
during the scaling process. The use of a base-ten logarithm demodulator circuit enables a larger dynamic
range of 60-80 dB.

The SNR in Equation (2-65) is linearly dependent on the signal power. This was empirically demon-
strated by measuring the SNR and acquiring images of the same tissue for various sample arm powers
using the galvanometer scanning retroreflector in the reference arm and the amplified SLD source. The
effect of SNR on image quality is shown in Figure 2-17 by acquiring images of in vitro human uterus. For
SNR less than 100 dB, image penetration is poor for this highly scattering tissue. The vertical lines in each
image indicate the location of an axial scan obtained for comparison between images. This comparison is
shown in Figure 2-18. With a relatively constant peak signal from the tissue surface, the noise floor ele-
- vates with decreasing SNR. From these axial plots, it is obvious that with lower SNR, the DR is reduced.
There is also a shift in depth of the tissue surface for lower SNR. Images were acquired over time with

decreasing sample arm powers. This shift is due to dehydration of the tissue over time.
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FIGURE 2-17: Effect of SNR on image contrast and quality. Images acquired from the

same location on in vitro human uterus. Vertical lines in each image indicate location of
axial scan used for comparison. Bar represents 1 mm.
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FIGURE 2-18: Axial scan comparison between images of varying SNR. Axial scans were
acquired from images shown in Figure 2-17 and illustrate elevation of noise floor and sub-
sequent reduction of dynamic range with decreasing SNR.
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2.7.4 Scanning speed

Increasing the scanning speed during OCT imaging will reduce the period of time the beam is posi-
tioned over a region of tissue. Hence, the power delivered to this region will be decreased resulting in a
lower SNR as defined in Equation (2-65). The power on the sample, the SNR, and the detection bandwidth
Av are related by '

SNR - Av
(P

= constant (2-67)

where the detection bandwidth Av in terms of scanning speed S and source parameters is defined as

Av =28, iz‘ (2-68)

These two equations imply that scanning speed will linearly increase the bandwidth of the OCT signal. To
maintain the same SNR, the power delivered to the sample must also be linearly increased. In addition to
scanning speed, improvements in axial resolution, which can be obtained using shorter wavelengths A and
broader source spectrums AA, also increase the required detection bandwidth.

Y

2.7.5 Image representation

The beam spot size and coherence length are used to determine pixel dimensions within an image
and to ensure that sampling is greater than the Nyquist limit. The Nyquist sampling theorem states that if
sampling is performed at greater than twice the highest frequency contained in the data, then the original
signal (backscatter properties) can be accurately recovered. The number of non-overlapping spot size
diameters (NOSSDs) in the X and Y direction is given by

X orY Scan Length
Spot Size Diameter

NOSSD = (2-69)

and the number of non-overlapping coherence lengths (NOCLs) in the Z (depth) direction is given by

Z (depth) Scan Length

NOCL = Coherence Length

(2-70)

Therefore to ensure sampling above the Nyquist limit, the acquired OCT image for given X, Y, and Z scan
lengths must have the following number of pixels:

pixelsy ,22- NOSSD - . (2-71)
pixels;22- NOCL. | (2-72)

The mdex of the tissue specimen must be considered to correctly scale the Z (axial) image dimen-
sion. Accurately determining the index of refraction for biological specimens is difficult because of its het-
erogeneous nature and the dependency on the state of hydration of the tissue. Several methods have been
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ploposed for using OCT to determine the index of refraction of tissue, both in vitro and in vivo’>77. By
comparing the measured tissue thickness from an image Zmeasured With the actual tissue thickness z
average index of refraction could be determined by

actual> N

ré
measured
Mavg = = (2-73)

Zactual

This average index of refraction is typically close to that of water (n = 1.33), which is often the main con-
stituent of tissue. Because of the slower propagation velocity of light within tissue, the axial OCT image

dimensions do not coincide with the free-space distance the reference arm pathlength has varied. There-

fore, for accurate image representation, the axial image dimension must be scaled by a factor of 1/n,ye
where N,y Tepresents the average index of refraction for the tissue being imaged defined by Equation (2-
73). :

2.8 Spectral Radar

Spectral radar is an OCDR technique based on spectral interferometry. Like OCT, a source with a
broad spectral bandwidth is coupled to an interferometer. Reflections from the sample and stationary ref-
erence arm will optically interfere at the receiver, which is an optical spectrum analyzer. The optical spec-
trum will consist of fringe profiles, the contrast of which is proportional to the reflection coefficients within
the sample and the period of which is proportional to the relative distance between the sample and the ref-
erence reflections. Using Fourier analysis, the axial profile of the sample reflectivity can be obtained.

According to Bail, er. al.!'®, the spectrometer will measure the interference si gnal I(k) in terms of the
wavenumber k = 2n/Ag. The interferometric signal is given by

k) = S(k)[] + 2'[0ma(z)cos(2klzz)dz N J'OwIowa(z)a(z')exp(—i2klz(z— z’))dzdz':l (2-74)

where S(k) is the spectral density function and a(z) is the backscattering amplitude with respect to depth
Aside from the DC term in Equation (2- 74), the second term encodes the depth information and the third
term describes the mutual interference between all the of the backscattered waves from the sample. The
inverse Fourier transform of I(k) will give

S-1(I(k)) = 3-1(S(k)) ® (5(2) + %&(z) + %AC(a'(z))) @79

which represents the convolution of the source spectrum with a delta function, the scattering amplitude,
and the autocorrelation of the scattering amplitude'!3. From this, the scattering amplitude can be bandpass
filtered out and used to construct an image of the sample reflectivity.
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The imaging depth is limited by the resolution of the spectrometer because large optical pathlength
differences between the two interferometer arms will cause high frequencies in the detected spectrum. The
depth for detection is given by

1A
Az = 4—’1— (2'76)

pd L=

where A is the center wavelength of the source, n is the index of refraction of the sample, and 8) is the
wavelength resolution of the spectrometer''®. As with OCT, the spatial resolutions are governed by the
coherence length of the source, the scattering properties of the sample, and the beam focussing optics.
Acquisition time to acquire and process a single axial scan is = 100 ms, which is comparable to the galva-

- nometer retroreflector scanning in OCT. Spectral radar has been used for 3-D imaging and surface profilo-

metry of human skin'!®. With a dynamic range of 79 dB, imaging depths were limited to less than 600 pm.
However, this was sufficient to determine the hydration state of skin and to differentiate between normal
skin and a melanoma!!9:120,

_ Without having to scan the reference arm to collect axial depth reflectivity profiles, spectral radar
potentially can be performed at high acquisition rates. The computational time necessary to extract the
profile will become shorter as faster processors become available, making spectral radar a potentially via-
ble alternative to OCT.

2.9 Frequency Scanning OCT

Both OCT and Spectral Radar perform optical ranging in the coherence domain (OCDR). Similar
optical ranging can be performed in the frequency domain (OFDR) by scanning the source wavelength
rather than scanning the optical pathlength. A frequency-tunable optical source is coupled to the interfer-
ometer. With a stationary reference arm mirror, the photodetector receives signals from the sample and ref-
erence reflections and detects any optical interference. The slight time delay between the arrival of these

~ two signals, combined with the frequency tuning, results in a beat signal. The sample reflectivity can then

be derived by taking the Fourier transform of the detector signal current. There are several methods for
performing a wide frequency sweep including mechanically or electronically tuned external cavity
lasers'?!, current or temperature tuned semiconductor lasers!?>124 multi-section semiconductor lasers, and
broad-band amplified spontaneous emission sources combined with tunable optical filters.

The Fourier transform of an OFDR photocurrent from an infinitely tuned optical source can be con- _
volved with the Fourier transform of a square emission spectrum which reflects the finite tuning range of
the source. The spectral density function of this convolution is'% '

sin(anT)]z + 2_Rs[5i"(“(f tf b>ATT, (2-77)

Sorpr(f) = (1+ Rs)[ AT T(f £ F)AT

where Rj is the reflectivity from the sample, fj is the beat frequency between the two arms of the interfer-
ometer, and AT is the measurement time. The spectral density function is composed of three squared sinc
functions, one at the tuned source frequency f and two separated from the source frequency by f}, the beat
frequency.
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Assuming the minimum detectable frequency change is inversely proportional to the measurement
window!26, Af i = 1/ AT, then the smallest resolvable separation of two backscatterers is

Y |
Azmin 4AA. . (2-78)

max
where Aq and A\, are the center wavelength and maximum tuning range of the optical source'5.

Rapid wavelength scanning of a cw Cr**:forsterite laser has been used as a tunable source for OFDR
ranging, imaging, and 3-D surface profiling!?>!?”. Tilting of the high-reflector cavity mirror over 0.61° at
frequencies up to 1 kHz continuously tuned the laser wavelength from 1200 to 1275 nm. Axial resolutions
of 15 um were achieved with a SNR of 70 dB. This technique is attractive for biological imaging, as is
spectral radar, because ranging can be performed without physically scanning the reference arm path-

‘length. The use of tunable cw solid-state lasers may require less technical knowledge for operation and

maintenance compared to solid-state KLM sources used for high-resolution OCT. However, the system
complexity is shifted from the laser source to the signal processing required to extract the sample reflectiv-
ity profiles. Significantly more computing power is required to rapidly perform FFT calculations at acqui-

sition rates comparable to current OCT imaging. Future research in OFDR techniques may make this a
viable option for imaging in biological tissue.
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Chapter 3

Beam Delivery Instruments

3.1 OCT Imaging Beam

The sample arm of the OCT Michelson interferometer is comprised of two components: a single-

mode optical fiber'2® and a mechanism to scan the low-coherence light on the specimen for imaging. The
: Y ] g P ging

optical fiber can be of arbitrary length, with the only requirement being that optical pathlengths in the sam-
ple and reference arms of the interferometer be matched. This chapter will focus on the means by which
the OCT imaging beam is delivered to the tissue of interest. Mechanisms vary considerably depending on
the particular application. Although delivery of the OCT imaging beam to the tissue may be rather
straightforward, the engineering of scanning mechanisms to translate or displace a focused beam through a
specimen represents a challenge. A simple, reliable, and compact displacement mechanism is necessary
for the instrument to be integrated into the surgical suite. '

The single-mode, spatially coherent optical beam exiting from the OCT sample arm fiber must be
focused to a spot within the tissue specimen by the optics of the beam delivery instrument. The axial and
transverse resolutions are determined by the Equations (2-49) and (2-56). A stationary focused beam in
tissue only enables single axial backscatter profiles to be acquired. In order to obtain a multi-dimensional
OCT image, the focused optical beam must be translated through the specimen or, alternatively, the speci-
men must be translated beneath a fixed optical beam. Numerous mechanisms exist for translating the opti-
cal beam in either the forward, lateral, or radial direction. Mechanisms include mechanical, optical, and
acoustical means among others. Designs for beam delivery instruments will be discussed in the following
sections including ABCD matrix representation of the optical components. Based on the optical design,
magnification, field-of-view (FOV), and image and pixel dimensions will be determined.

3.2 Research Microscope

3.2.1 Introduction

Research microscopes are commonly used for laboratory investigation of biological specimens as
well as small, microscopic, material samples. The principle advantage of integrating OCT with a micro-
scope is to allow the precise positioning of the imaging beam on the specimen or sample, particularly when
the specimen is on the microscopic scale (100-1000 um). High magnifications imply short confocal
parameters or depths-of-field for the microscope objectives. The numerical apertures (NA) for these objec-
tives range from 0.3 to 1.0 and higher. In such a device, focus tracking is critical. Focus tracking permits
the coherence envelope of the OCT source to be continuously aligned with the focal region of the micro-
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scope objective and hence, collect image information only within the confocal parameter (the region of
highest and relatively constant transverse resolution). As the sample is translated under the beam or the
beam is translated through the sample, inhomogeneities in the index of refraction of the sample will dis-
place the predicted location of the coherence envelope as well as vary the beam parameters and focusing

properties of the OCT imaging beam. The focal depth in the specimen is not simply related to any

mechanical tracking parameter. Thus, custom waveforms must be generated to position the focus within
the specimen. A high speed dynamic feedback system can be used to compensate as imaging is performed.

The use of high NA objectives is necessary for high transverse resolution in OCT images. Schmitt,
et. al. has found that the use of high NA objectives significantly improves image contrast within OCT
images. Aside from reducing the size of the diffraction-limited spot, the increase in NA improves multi-
ple-scatter rejection by reducing the average size of the speckle!?®. Additionally, high NA objectives
smooth the depth-dependent attenuation in OCT images due to the large illumination region. This is most
noticeable in media with clusters of large backscattering particles which shadow underlying regions. Thus,
shadowing effects are less significant when using higher NA objectives.

3.2.2 OCT research microscope designs

The general research microscope design used in these OCT studies is diagrammed in Figure 3-1.

Szr:&le /}‘ Collimating
Fiber (] Lens

Z translation
stage

Microscope
Obijective

X-Y translation stages

FIGURE 3-1: General research microscope design. Microscope objective is interchange-
able to vary spot size diameter (transverse resolution) and confocal parameter.

The sample arm output is collimated and then focused by a microscope objective lens coated for the source
wavelength to reduce backreflection artifacts. The Z-translation stage controls the depth of the focus in the
specimen while the X-Y translation stages are used to scan the specimen and collect 2-D or 3-D images.
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The beam path through the general research microscope design in Figure 3-1 can be represented by
optical components and dimensions given in Figure 3-2. The ABCD ray matrix formulation is used to

Collimating Focusing Sample
Lens Lens » Plane
1

N | |
| |

OCT Sample
Arm Fiber

FIGURE 3-2: Research microscope beam path.

determine the output ray height y” and angle 0’ for a given input ray height and angle (y, ). In matrix

form, this is written as
)" _ A B y . (3_])
) C D||6

The representation of these cascaded elements is given by

f2 0 | |

{A B} - f ' (3-2)
O A N S|
AR R T

The magnification of the system, given by the A matrix element, is determined by the ratio of the focusing
and collimating lenses. The negative sign implies image inversion. Similarly, the angular magnification is
given by the D matrix element. Because this system remains fixed and the specimen is translated beneath
a stationary OCT imaging beam, the system FOV is dependent on the distance the specimen is translated.

The ABCD matrix is also useful to describe the propagation of a Gaussian beam through the optical
system. The q parameter is defined as ‘

L1 __Jr )
g R@E@) mwi(y) 3-3)
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where R(z) and w(z) were defined in Equations (2-42) and (2-43). The q parameter is bilinearly trans-
formed by the optical system giving the output q" as

(3-4)

In this optical systefn, the output from the single-mode fiber core will therefore be magnified by -f,/f; at
the sample plane. For a spot side diameter 2w in the sample plane, the number of non-overlapping spot
size diameters (NOSSDs) is given by the total scan length divided by 2w,

The research microscope was implemented using a fiber-optic collimator and single-lens microscope
objectives with low NAs. Longer confocal parameters were selected for depth-priority scanning. With
f; =5 mm, f; = 15 mm and 4.5 mm, and d = 10 cm, the 9 um core of the single-mode fiber was magnified
(demagnified) producing spot size diameters of 27 um and 8.1 um, respectively. For an X scan length of
5 mm and a 27 pm diameter spot size, NOSSD = 185.

‘In the previous microscope design, scanning is performed with depth priority. That is, the beam is

- positioned at one location via a two-dimensional scanning mechanism while the effective path length

between the sample and reference arms of the interferometer is varied in order to collect data in depth
(z direction). The scanning mechanism then repositions the beam and another axial depth scan is per-
formed. Imaging can also be performed with transverse priority by keeping the reference arm position
fixed during a single transverse scan and then stepping the reference arm (coherence envelope) in depth as

subsequent transverse scans are acquired. In a three-dimensional mode, this is equivalent to the optical

sectioning characteristics of a confocal microscope. The advantage of transverse priority scanning is a

potential increase in speed. Rapid transverse scanning can readily be performed with galvanometers and

mirrors. The axial position of the coherence envelope, determined by the position of the reference arm
mirror, cannot be varied as quickly. OCT was not integrated with high NA microscope objectives, trans-
verse-priority scanning, or focus-tracking for this thesis.

3.3 Surgical Microscope
3.3.1 Introduction

OCT can be integrated with existing surgical or dissecting microscopes to permit simultaneous OCT

imaging at an arbitrarily oriented tomographic plane with en face visualization. Dissecting or stereo

microscopes are typically binocular microscopes with long working distances (low NA) and large confocal
parameters. They are frequently used in the research environment for low magnification of large samples
that cannot be placed on the stage of a high-magnification, high NA microscope. Surgical microscopes
with long working distances and long depths-of-fields are utilized in microsurgical techniques to enable
the surgeon to visualize small structures such as arteries, veins, tendons, and nerves. Use of these micro-
scopes is critical during procedures involving the reattachment of severed limbs as well as the reconstruc-
tion of delicate structures around the face, head, and neck.

In all of these microsurgical procedures, visualization of the small structures is crucial for success.
Because most surgical microscopes only provide the en face surface profile of tissue and structures, the
integration of OCT for sub-surface, cross-sectional imaging of these structures offers an improved degree
of visualization and information. If the object to be imaged has dimensions that are difficult to view with
the naked eye, then positioning the optical imaging beam on the sample will be equally difficult. Use of an
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integrated stereo microscope will enable the user to view the precise scan location on the sample. Because
most surgical and stereo microscopes offer accessory ports for the attachment of CCD video cameras, the

" en face view and the position of a visible aiming beam coincident with the near infrared imaging beam can

be captured and stored on either video tape or digitized and stored on computer storage media.

3.3.2 OCT surgical microscope designs

One design of an OCT surgical microscope is illustrated in Figure 3-3. The optical fiber from the

Surgical Microscope

Galvo Fiper

FIGURE 3-3: OCT surgical microscope. The OCT imaging beam is aligned with the view-

- ing axis of the surgical microscope and scanned in arbitrary patterns with a pair of orthog-
‘onal galvanometers.

sample arm is mserted into a collimator. The collimated beam is directed through a pair of orthogonal oal-
vanometer scanners'*® before passing through a focusing lens. The orthogonal scanners enable the i imag-
ing beam to be scanned in arbitrary patterns on the specimen. This arbitrary pattern also enables the
acquisition of multiple cross-sectional planes for 3-D image acquisition. As the beam is converging to a
focus, a beamsplitter mounted at 45° redirects the near infrared imaging beam and the visible aiming beam
downward and coincident with the viewing axis of the microscope. The beam splitter is coated to reflect
the imaging and aiming beam wavelengths while allowing other visible wavelengths to transmit. The
focusing lens will focus the imaging and aiming beams at two different locations. Since the visible aiming

beam is only used to trace the location of the imaging beam, its focal position is relatively insignificant as
long as the beam diameter is small (= 1 mm).

The beam path through the surgical microscope is diagrammed in Figure 3-4. The beam path is sim-
ilar to that of the research microscope except galvanometer scanning mirrors have been added between the
collimating and focusing lenses. The ABCD matrix is identical to the one given in Equation (3-2) with a
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FIGURE 3-4: Beam path through surgical microscope.

magnification of -f5/f; and an angular magnification of -f;/f,. Assuming a collimated beam is reflected by
the scanning mirrors at a distance d,, from the focusing lens, it can be shown that the output ray position y’
is equal to

y = fZ ’ 9m' ) (3-5)

Therefore, X or Y scan length on the specimen can be increased by incréasing the focal length f; or the
mirror angle 6. Increasing f, will provide a greater working distance and confocal parameter at the
expense of transverse image resolution. .

The FOV in this system is limited by the aperture of the focusing lens. For a focusing lens diameter
Dy , and using the paraxial approximation tan 6 = 8 (6 in radians), the FOV is equal to

D
FOV =28, = -2 (3-6)

and the maximum X and Y scan length is given by

! fZDLZ '
2y max = d : (3-7)

n

The number of NOSSDs within this maximum scan length is determmed by the maomﬁcatlon of the sys-
tem and the spot size diameter in the specimen ‘

(3-8)
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The surgical microscope described in Figure 3-3 was constructed for simultaneous OCT imaging
and microscope visualization of the scan location and the specimen. Orthogonal galvanometers placed at
d;, = 50 mm permitted high-speed in vivo OCT imaging of dynamic or rapidly moving specimens. A
1280 nm Cr**:forsterite beam had a 3.7 mm diameter at the focussing lens (f; = 75 mm, Dy, = 23 mm).
After the focusing lens, the converging beam was reflected downward onto the specimen by a dichroic
beam splitter which permitted the near IR wavelengths to be reflected while passing the visible wave-
lengths. The beam was focused to a 33 um diameter spot. The maximum X or Y scan length was 34.5 mm
permitting NOSSD = 1045.

3.4 Forward-Imaging Hand-Held Probe

3.4.1 Introduction

Forward-imaging devices overcome a limitation of side-imaging devices; permitting data to be col-
lected before introducing the device into tissue!*!. This concept also permits the image-guided placement
of the device in surgery and for monitoring interventional procedures such as tissue incision, resection, and
laser surgery. While flexible endoscope or catheter-based imaging is necessary for internal lumens deep
within the body, rigid laparoscopic and hand-held devices are suitable for regions accessed during mini-
mally invasive or open-field surgical procedures, respectively. OCT beam delivery can be implemented in
a hand-held device that performs férward-directed optical imaging of biological specimens or material
samples'®”. The ability to have forward-directed imaging in an instrument no larger than a pen offers the
advantages of data and image acquisition at locations remote to the OCT interferometer, electronics, and
computer. The combination of OCT with a hand-held probe can be a powerful imaging technology for sur-
gery because it enables the cross-sectional imaging of internal tissue microstructure in situ. Thus, it may
be possible to guide surgery near sensitive structures such as nerves or blood vessels and identify abnormal
pathology such as the margin between tumor and normal tissue.

A hand-held probe has applications in the medical field, materials investigation, and the military'>3,
The medical field can utilize its compact profile in the open-field surgical setting to image sub-surface tis-
sue morphology prior to disrupting, incising, or resecting the tissue. A forward-directed imaging probe
offers the advantage that no portion of the instrument has to come in contact with the tissue prior to obtain-
ing imaging data. This is in contrast to devices that image in the radial or transverse direction. Here, the
catheter or device must be inserted into the tissue prior to obtaining an image. Within the open-surgical
field, space is at a premium. Therefore, an additional instrument must be compact and easily manipulated -
by the surgeon. For medical applications not involving open-field surgery, the hand-held probe can be used
to access any external region of the human body or any external orifice. For OCT imaging to occur, the
fiber path lengths between the sample and reference arms must be matched or otherwise compensated for

. dispersion. Because long fiber lengths can be contained within small volumes, the sample arm, to which is

connected the hand-held probe, can be of any reasonable length. Therefore, a hand-held probe can be used
to image any external region of the human body while the patient stands, sits, or lies in a bed. In addition,
because of the use of micro-optics, the distal portion of the device can be made very small and able to be
inserted short distances into body orifices and canals such as the external ear canal, nasal passage, or
mouth.

The compact nature of the OCT instrument éoupled with the small hand-held probe permits the

entire system to be portable for materials investigation around a factory or at remote job sites. The concept
of a pen-like device requires little training in its use and alignment as this style has been readily adopted in
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technologies such as pen-style bar code readers. Finally, a compact profile and portability are attractive
options for military medical i maging at forward battlefield locations where in-field assessment and poten-
tial treatment of injuries take place.

3.4.2 OCT hand-held probe designs

GRIN Lens Probe

One implementation of a forward-imaging hand-held probe is shown in Figure 3-5. This design uti-
lizes a piezoelectric cantilever to displace a fiber and GRIN (GRadient INdex) lens unit in an arc. The
overall dimensions of this device are no larger than a standard ink pen, making the instrument fit comfort-

enclosure is made of a protective and insulating plastic that shields the cantilever, fiber, and lens from con-
taminants and liquids. The use of an insulating plastic material also prevents possible injury to the user

which could result from electrical shorting between the piezoelectric cantilever and the user’s hand.

The GRIN lens used in this device contains an optical index profile given by

i 2 2
n = ”0(] X +y) ) (3-9)

where ny is the index at the center of the GRIN lens and 1/h is a measure of the rate of decrease of the
index n with increasing distance from the axis!* The ABCD matrix for a GRIN lens of length 1 is given
by

(3-10)

cos| - | —sin| -
[A J _ h ng h
¢b -iz-gsin(l) cos(—l—)

h h /

For the case 1/h = n/2, the ABCD matrix is identical to that of a thin lens with focal length h/ng and free-
space distances of h/n, on either side of the thin lens'34, The beam path through the optical system of the
GRIN lens probe is diagrammed in Figure 3-7. The dotted line through the GRIN lens represents an arbi-
trary ray path. The actual ray path is dependent on the length of the GRIN lens 1, the index profile n, and
the h parameter. The ABCD matrix Tepresentation is given by .

' n (3-11)
CD 01 ne /e lg 0 IC
-—WSID(E) COS(F)

cos(l—G) isin(l—G) l
[A J - [1 l‘{l h) ng hji1 £
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Micrometer Adjustment Single-mode Fiber Clear Plastic Cap

i

Wires & Fiber Piezoelectric Cantilever GRIN Lens

FIGURE 3-5: Hand-held surgical probe - GRIN lens design. Piezoelectric cantilever later-
ally scans beam focus from GRIN lens through tissue.

FIGURE 3-6: Hand-held surgical probe. A) Pen-like assembly with plastic housing. B)
Exposed cantilever and extension tube. The GRIN lens is located at the distal end of the
extension tube. :
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FIGURE 3‘-7: Beam path of GRIN lens probe.

AT

FIGURE 3-8: Scanning characteristics of GRIN lens probe. A) Low (0.1 Hz) and B) high
(8 Hz) frequency scanning. Images are of in vivo human skin. Significant artifacts are
noted during high frequency scanning (arrows). Bar represents 500 pm.
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which for simplicity, has not been reduced. The transverse and angular magnification for this optical sys-
tem are equal and given by

' - { I.n [
Y 28 _ o[ C)_elogn(S .
) 5 cos( ) " sm(h). (3-12)

The spot size diameter at the focus of the GRIN lens can be calculated from the ABCD matrix elements by

4rz2
2wy = J%(A2+Bz/z%) (3-13)

where zp is the Rayleigh range and z is the position of the fiber output.

In this optical design, the FOV is limited by the displacement of the piezoelectric cantilever. The
cantilever is a piezoelectric bimorph material centered within the probe barrel to allow bending displace-
ment during scanning. The proximal end of the cantilever is fixed to a micrometer to vary the location of
the imaging beam focus with respect to the distal end of the probe and with respect to the tissue specimen
or sample. To increase the lateral displacement of the beam, a tube is fixed at the end of the cantilever.
This increases the distance of the GRIN lens from the bending cantilever and linearly increases the dis-
placemeht. The tube also protects the small lens and single-mode fiber. To reduce the degree of optical
backreflections which would occur from the normal-incident faces of the fiber and GRIN lens, the fiber can
be angle-cleaved and the GRIN can be angle-polished. The fiber is attached to the GRIN lens using ultra-
violet-cured optical cement. :

The distal end of the cylindrical enclosure has a clear plastic cap that is removable after contact with
biological tissue. This cap serves four major purposes: 1) to allow the probe to be placed in contact with
the tissue specimen or material sample thereby fixing the GRIN lens focal plane at a fixed distance within
the specimen, 2) on contact, motion artifacts are minimized because the probe can move with the tissue or
sample, 3) the clear plastic permits the user to visualize where scanning is occurring when a visible aiming
beam is coincident with the OCT imaging beam, and 4) the replaceable cap maintains cleanliness and
avoids transmission of bacteria or viruses between patients.

The only interconnections required with the use of this design include the single optical fiber and
two wires necessary to drive the piezoelectric cantilever. The cantilever was a 6.4 x 38.1 mm lead zircon-
ate titanate double plate flexing element manufactured by Morgan Matroc, Inc. The two transverse
expander plates are bonded together so the applied voltage deforms the plates in opposite directions'?,
The advantage of this design is the ability to generate large motions, with low forces, for modest electrical
excitation. Typically, voltages of several hundred volts are necessary to displace the cantilever. The dis-
placement, AD, of the cantilever is related to the applied voltage, V, by

3dVL2
t2

AD = (3-14)

where d is the piezoelectric charge constant defined as strain developed/applied field or 274 x 1012 myv
for this material, t is the cantilever thickness and L is the length'®}. The cantilever used to construct these
devices had a theoretical displacement of 1.27 mm when 300 V were applied. The limit for the applied
voltage depends largely on the material properties of the piezoelectric, the duration the voltage is applied,
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and the operating temperature’®>. Under dynamic conditions, the piezoelectric response is complex. Of
practical importance is the resonance frequency f; of the cantilever which determines the maximum fre-
quency at which OCT imaging can be performed with linear translations:. This is calculated from

= = | (3-15)

where N is a material-specific frequency constant equal to 1420 Hz-m. For this cantilever, a resonant fre-
quency of 173 Hz was considered adequate for OCT imaging. Maximum scan length in the sample plane
is determined by the angle of the cantllever 8, and the distance from the pivot point to the GRIN focus
given by ‘

=2 (lcan! + lc + lG +1,) 9, (3-16)

I"ﬂl‘

where 6, is in radians. The number of NOSSD is found by dividing Equation (3-16) by the spot size diam-
eter in the sample plane.

The hand-held probe design in Figure 3-5 was constructed for OCT imaging. A measured cantilever
dlsplacement of 1 mm was possible with a 0-300 V ramp waveform applied to the piezoelectric. This dis-
placement was increased to 2 mm by the addition of a 38 mm extension tube to increase the cantilever arm
length. The extension tube housed a single-mode optical fiber and a 0.7 mm dia, 0.25 pitch, 8° angle-pol-
ished GRIN lens'*. The GRIN lens was fixed 290 pm from the tip of an 8° angle-cleaved fiber with UV-
- cured optical cement. The faces of the GRIN lens and fiber tip were angled to reduce internal backreflec-
tions which would saturate the detector. The faces were oriented parallel to maximize coupling between
the optical elements. This produced a 31 um diameter spot (the transverse resolution), which corresponds
to a 1.2 mm confocal parameter, at a working distance of 3 mm from the GRIN lens. Only 65 NOSSDs
can be acquired in the 2 mm scan length. Because of the fixed magnification and relatively small trans-
verse scan length, this design is somewhat limiting.

This design permitted image acquisition at slow rates as shown by the in vivo image of human skin
in Figure 3-8A. However, the addition of the extension tube lowered the frequency at which resonance
occurs. When this design was operated at 8 Hz, nonlinear axial and lateral translation resulted as shown by
the artifacts in Figure 3-8B. The GRIN lens design has the advantage that it is a compact single-unit
assembly but has the disadvantage of having a fixed magnification and transverse scan length.

Telescope Probe Design

A second probe design in Figure 3-9 permits variable magnification by scanning a cleaved fiber tip in
the focal plane of the first lens (L) in a telescope. The beam is collimated and then focused by a second
lens (L,) which effectively relay-images the fiber tip onto the object or specimen. Displacement of the
fiber tip in the transverse direction results in a transverse displacement of the beam focus in the object
plane. The working distance is set by the focal length of the second telescope lens (L,). The advantages of
this design include low mass on the piezoelectric cantilever permitting higher translation velocities and
interchangeable magnification via different lenses. The interchangeable cap and lens are disposable and
serve to protect the remainder of the probe from liquids and contaminants.

The beam path for the telescope probe design is shown in Flgure 3-10. The ABCD matrix for the

telescope probe is identical to the ABCD matrix for the research microscope described in Equation (3-2).
The transverse magnification is determined by the ratio of the focal lengths of the two lens -f,/f; and the
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FIGURE 3-9: Hand-held surgical probe - telescope design. The piezoelectric cantilever

displaces a fiber tip in the tissue image plane of a telescope which results in a magnified
displacement and mode size on the tissue.
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FIGURE 3-10: Beam path of telescope probe design.

angular magnification is given by the reciprocal -f /f. Unique to-Figure 3-10, however, is the transverse
displacement of the fiber tip by the PZT cantilever. From the ABCD matrix, the transverse output ray posi-
tion y”is only dependent on the input ray position y and scaled by the magnification

. _ b

)= =y (317
) f1> | (3-17)
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The FOV of this system is limited by the apertures of the collimating (L;) and focusing (L,) lenses.
If the collimating and focusing lenses are far apart as shown in Figure 3-10, the focusing lens diameter
(D) will be the limiting aperture. Using a single ray in the ABCD matrix representation, the maximum
cantilever angle 6, is given by

0, = 2?“ (1 -fil). | (3-18)

cant

Assuming the fiber tip is in the focal plane of the collimating lens, the collimated beam diameter D, will be

2Af

c

This will reduce the maximum cantilever angle because of the finite beam diameter D to

. Dp,-D, d _ : ~
0, = —21——(1 - f—l). | (3-20)

cant

To minimize the aperture effects from the focusing lens (L,), the focusing lens should be placed as
close to the collimating lens (L) as possible. The collimating lens diameter Dy | then becomes the limiting
aperture. The beam exiting the single-mode fiber will diverge with a half-angle o. The maximum 6.
before aperture effects from the collimating lens is given by

D
= _ L} .
B, = ?-—fl_a . ’(3-21)
which limits the maximum scan length to
. /,
2y'ma.!: = 2(f20( - JTI'DLl : (3-22)

This design has different optical characteristics than the GRIN lens design in Figure 3-5. The previ-
ous design has resolution and depth of field determined by a fixed GRIN lens magnification with the maxi-
mum scan length determined directly by displacement. The design in Figure 3-9, however, has resolution
and depth of field determined by the fiber mode size and the numerical aperture of the lenses. Both the
mode size exiting the fiber and the transverse displacement are scaled by the magnification of the two-lens
optical system. In this case, the number of NOSSDs can be increased by decreasing the spot size.

The telescope probe design of Figure 3-9 was constructed using aspherlc lenses with focal lengths

fj=4.5mm (D = 4.1 mm) and f; = 18 mm (D ; = 5.7 mm) with a magnification of 4. The lens separa-
tion d was minimized without contacting the lenses. Assuming an NA of 0.15 for the single-mode fiber,
0 = 9° and 6 (max) = 26°. At maximum applied voltage to the PZT cantilever, the angular displacement of
0.8° was far less than 8,(max) and no limiting aperture effects were present. The long length of the canti-

_lever arm 1, relative to the transverse displacement resulted in only a 3 [im deviation of the fiber face

from the focal plane of the collimating lens and was considered negligible. These calculations do not
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incorporate effects due to aberrations which may limit the off-axis distance of the beam. Empirical studies
using a CCD camera to image the beam at the object plane have shown that the beam profile remains rela-
tively focused at fiber displacements of 533 um off-axis. At larger displacements the profile degrades to
levels unacceptable for imaging. On-axis, the spot size diameter at the focus was 32 wm and the scan
length was 3.8 mm; giving 119 NOSSDs.

A comparison was made between the GRIN lens and telescope probe designs at an 8 Hz scanning
frequency. These are shown in Figure 3-11. Images in Figure 3-11A & B were acquired from the cuticle
of a human finger. The finger nail is located on the right. The gross image artifacts in Figure 3-11A are a
result of higher frequency transverse resonant oscillations in the cantilever as the imaging beam is scanned.
These artifacts are reduced substantially in Figure 3-11B when using the telescope probe design. The
lower mass on the cantilever is responsible for this improvement. The images in Figure 3-11C & D are of
a calibrated metal grid composed of 129 um metal lines and 43 pum open slits. Differences between the
probe designs are striking. The decreasing size of the metal lines from left to right in Figure 3-11D, how-
ever, implies that the cantilever displacement is not uniform. This non-uniformity appears minimal and
can be compensated:

The use of the hand-held probe in the surgical setting offers simple integration with existing surgical
devices such as a scalpel. Because the forward-directed imaging probe is comparable in size to a surgical.
scalpel, the two can be attached in a manner which permits forward-directed imaging prior to incision and
at arbitrary angles with respect to the surgical blade. Several design options exist which can direct the light
more closely to the tip of the scalpel. For instance, a small fold mirror between the scalpel and probe could
angle the beam more closely to the tip. Also, the scalpel blade could be rotated 90° with respect to the axis
of imaging and the probe could be located below the scalpel so that the cutting axis is imaged prior to inci-
sion. Images obtained with the probe will permit the surgeon to view tissue sub-structure, avoid sensitive
tissues, assist in determining locations of tumors, and identify tumor margins prior to resection. In addi-
tion, OCT may be configured to perform laser Doppler velocimetry prior to incision. Images can be gener-
ated which detect and dlsplay any sub-surface movement, such as flowing blood, which would mdlcate the -
presence of an artery or vein.

Alternatively, high-power continuous wave (cw) lasers or high-energy pulsed lasers can be inte-
grated with the OCT imaging system to replace the surgical scalpel. These concepts have been demon-
strated in the past as feasible means of thermally incising, coagulating, or mechanically disrupting
biological tissues. High power or high energy laser light can effectively be dehvered with single-mode or
multi-mode optical fibers!?’.

‘The designs discussed and shown for the hand-held probe all utilized a single piezoelectric cantilever
for forward-directed imaging. An additional design would allow the internal scanning mechanism to rotate
about the axis of the instrument. This would permit linear scanning at arbitrary angles. Multiple axes can’
be incorporated to allow two- and three-dimensional scanning. In place of piezoelectric cantilevers, a
small pair of orthogonal galvanometers could be incorporated to direct the imaging beam off of rotating
mirrors. This design would permit rapid two- and three-dimensional scanning.
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FIGURE 3-11: Comparison of GRIN lens (A,C) and telescope probe (B,D) imaging per-
formance at 8 frames per second. Images in A,B were acquired from in vivo human finger
nail. Images in C,D acquired from a calibrated metal grid. Bar represents 250 um.




3.5 Forward-Imaging Laparoscope
3.5.1 Introduction

The design of the forward-scanning hand-held probe represents a method of transverse displacement
that is modular in design. Using the probe described in Section 3.4 to transversely displace a focus in a
forward-imaging plane is useful in other optical instruments such as a rigid endoscope or laparoscope. A

laparoscope is a rigid optical device that is used in medical applications to visualize magnified tissue sur-

faces at remote internal sites. The concept of laparoscopic surgery has contributed to minimally invasive
surgery; the idea that surgical procedures can be performed without large incisions and without exposing
internal tissues as occurs during open-field surgical procedures. The laparoscope consists of a rigid cylin-
drical tube 1-2 cm in diameter and 10-50 cm in length. The proximal end contains optics that permit the
operator to visualize the tissue surface located at the distal end. Alternatively, a CCD camera can be
mounted at the proximal end with the en face image of the tissue appearing on a video monitor. Optics
contained within the laparoscope relay the image of the tissue in the object plane to an image plane at the

proximal end. Additionally, there are white-light fiber-optic bundles that run parallel to the imaging optics

to provide illumination of the tissue surface. Typical laparoscopic surgical procedures involve inflating the
human abdominal cavity with a gas to provide space to visualize internal organs and to manipulate various
surgical instruments within the cavity. The laparoscope is especially well suited for OCT imaging because
it preserves the transverse spatial mode character of the optical beam. The integration of forward-directed
OCT imaging with a laparoscope design offers the possibility of sub-surface i imaging of intra-abdominal

. and other internal organs and structures'*2. Sub-surface imaging can significantly complement the en face

imaging that is currently performed with laparoscopes and white- -light illumination. Additionally, the
en face imaging significantly complements the sub-surface OCT imaging by allowing the user to simulta-
neously visualize the OCT scan location at a remote internal site.

- 3.5.2 OCTHIa'parosco‘pe designs

The general optical design of a laparoscope is shown in Figure 3-12. A single relay element in stan-

" White-light Illumination

‘End View

f ‘ General Optical Rélay System

FIGURE 3-12: General laparoscope design..

dard form can be described by a series of 'bicon‘vex lens shown in Figure 3-13. The relay system consists

~ of a train of one or more identical stages; each providing unit magnification as the image is transferred. A

conventional system of thin bi-convex lenses requires that each stage be telecentric in both its object and
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FIGURE 3-13: Biconvex lens relay element.

image spaces. Notice the b-ray enters and exits with zero slope. In this design, the medium between the
field lens and the relay objective lens is air. This free space is replaced with a glass rod in the Hopkins
relay system'*® shown in Figure 3-14. The advantages of this modification include increased light

glass rod T glass rod
. field lens - relay relay field lens
~ objective stop objective

FIGURE 3-14: Hopkins relay element. Glass has replaced the free-space between the field
‘lens and the relay objective resulting in increased light throughput and reduced vignetting
" or distortion of the image.

throughput and reduced vignetting or distortion of the image*>. Because of these advantages, most modern ,
_ laparoscopes are of this design. In fact, the enabling technology for laparoscopy is attributed to the use of -
CCD cameras and these design and image quality improvements.

Alternatively, it is possible to construct a relay system with a single radial GRIN rod'3. The ray
path is sinusoidal with a full period, P = 2 7 /v, defined as the pitch. The v is a material parameter specific
for each lens. Figure 3-15 illustrates how a rod lens (= 0.45 pitch) can be used as one stage in a relay sys-
tem. Rod lenses are typically defined by their pitch length. An integral pitch length rod lens will relay a-

“non-inverted image from one face to the other. In terms of the I/h parameter described in Section 3.4.2, a
1 pitch rod corresponds to I/h = 7. In this case, a beam which is focused into the proximal end of the rod
lens will be focused at the distal end as if the rod was of zero length. For rod lenses that are m/2 pitch

‘lengths, where m is an odd integer, the image at the opposite rod face will be inverted. For rod lenses of
other pitch lengths, the system resembles a focusing lens with free-space object and image distances.
Hence, these rod lenses have image and object planes located finite distances away from the end faces.
Typically, non-integral pitch length rod lenses are used in conjunction with additional focusing or collimat-
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FIGURE 3-15: GRIN lens relay element. Radial index gradient produces sinusoidal beam
propagation through lens.

ing lenses. These lenses can be small standard lenses or additional GRIN lenses which can be attached
directly to the rod lens. Additional magnification and image-viewing optics may be necessary at the prox-
imal end of the rod. The GRIN relay is the easiest rigid relay system to color-correct*>. However, the man-
ufacturing process of GRIN lenses is somewhat problematic because ions must be diffused radially into the
rod to establish an index gradient. This process is variable and matching lenses to specifications is diffi-
cult. Overall, as this fabrication technology improves, GRIN lens relay designs are likely to be incorpo-
rated into clinical laparoscopes largely because of their simple de51gn fewer optical components, and
comparably hlgh optical quality.

A rigid OCT laparoscope désign is shown in Figure 3-16. A single rod lens was used to relay both
Image *

L, Bs . FPlanes White-Light Fiber Bundles ‘ ‘. E"dViéw

Object

* GRIN Image Relay Rod Lens Plane |
Eye White-Light - :
(ccD) lllumination

FIGURE 3-16: OCT laparoscope. A single GR]N rod lens was used to relay the scanning
focus of the OCT imaging beam to the tissue as well as relay the surface i image of the tis-
sue back to the CCD camera. _

the OCT imaging beam and the en face image of the tissue. The two are separated at the proximai end of
the device by a beamsplitter. The path of the OCT imaging beam through the laparoscope is diagrammed
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in Figure 3-17. The sample arm fiber and GRIN lens on the left represent the GRIN lens hand-held probe

OCT Sample | ;\I' _____ :\_}_ _____ ‘l//;
Arm Fiber | ' : . \ o
. Object
Tissue Image Plane
Optical PI?ne . - !
w Cement = . o —
( " GRIN Rod -

ng

GRIN Lens Probe |

g}

-

FIGURE 3-17: Beam path through OCT laparoscope.

which was described in Section 3.4.2. The object plane of the probe is placed at the tissue image plane of
the GRIN rod to relay image the OCT beam to the tissue. The PZT cantilever displaces the focus in the tis-
sue image plane which scans the focus on the tissue. The cascaded ABCD matrices for this optical system
are given by

7 ’ ‘
' lg hp (g ls he (g
cOS r FSIH /1_ ‘ COS /‘l_ FSm /’l_ lc
1

CDl o]l ny (LY (LY[O v | ng (1 i) g 1
——sin| — | cos|— ——sin| = | cos|—=| |10 1
~ » hp hp hg hg hg hg

which for simplicity, have not been reduced. Although the resultant ABCD matrix is complex, magnifica-
tion can be determined by assuming that the GRIN lens and rod are equivalent to a thin lens with regions of

free space on either side. For a thin lens, magmﬁcatlon depends on the position of the object and image
planes. Therefore, the magnification of the GRIN rod is

B l +hy/n
Mg = 2w RR (3-24)
[ ls+hp/ng -
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and similarly, the magnification for the GRIN lens is

' o _ ls]+hG/nG

Mp=—-—<= ——v-——. (3-25)
G i l.+hg/ng
The overall magnification of the laparoscope is the product of these two
M= M, Mp. ' (3-26)

The FOV for the laparoscope is limited by the input aperture or acceptance angle of the GRIN rod.
The NA of the GRIN rod is given by

NA = sin6a=nRay | (3-27) |

where a is the rod radius and v is a measure of the pitch length. To avoid aperture effects, the displacement
of the GRIN lens focus must remain within the acceptance angle 8, of the GRIN rod. Under the paraxial
approximation, tan 8 = 8, this relation is given by

ec.(lsl+lG+lc+lcant)Seall.\‘2' ‘ (3'28)

The maximum scan length in the tissue image plane is determined by 6,l;; which is magnified by the
GRIN rod to give the scan length on the tissue. Because the GRIN rod magnifies both the spot size diame-
ter at the tissue image plane and the scan length, the number of NOSSDs will be the same at either plane -
and given by 8,5, / 2w where 2w, is the spot size diameter at the tissue image plane.

Because most commercial parameters for GRIN rod lenses are specified at 550 nm, calculations
were performed' to determine optical parameters at 1300 nm, a typical OCT imaging wavelength. The
gradient index profile within the rod for 550 nm and 1300 nm is shown in Figure 3-18. The small differ-
ence in index profile resulted in small variations in pitch length between the two wavelengths as shown in
Figure 3-19. -

“The rigid OCT laparoscope shown in Figure 3-16 was constructed using a 2.68 mm diameter,
19.5 cm long, rod lens (n = 1.57) with a nominal pitch length of 3/2 for visible wavelengths. The index gra-
dient of a rod lens is a function of wavelength so for 1280 nm, the rod pitch length is less than the nominal
value of 3/2. Thus, an object at a distance of = 10 mm from the distal end face of the rod lens yields an
image plane at 10 mm from the proximal end face. Magnification of -3.1 for the GRIN lens and -1.04 for
the GRIN rod gave an overall magnification of 3.22. Assuming a 9 im diameter fiber core, the predicted
spot size diameter at the tissue is 29 m. A 33 um diameter spot size was measured from the 1.3 mm con-
‘focal parameter and is in close agreement. Beam scanning at the proximal end was performed using a
piezoelectric cantilever with an attached fiber and GRIN lens, similar to the hand-held probe described in
Section 3.4.2. The focal plane of the PZT mounted GRIN lens was placed in the image plane of the rod
lens which relay-imaged the beam onto the specimen at a working distance of = 10 mm from the distal
face. The 2 mm displacement of the focus from the GRIN lens was the maximum scan length permissible
before aperture effects from the GRIN rod, which had an acceptance angle 8, = 5.8°. The scan length at
the tissue image plane was only slightly magnified by the GRIN rod (Mg =-1.04). For a maximum scan
length of 2 mm on the tissue and 2wy = 33 um, NOSSD = 60. :
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FIGURE 3-18: Gradient index profiles in rod lens. Visible (550 nm) and OCT imaging
(1300 nm) wavelengths were chosen for comparison.
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FIGURE 3-19: Pitch length variation of rod lenses. Between visible (550 nm) and OCT
imaging (1300 nm) wavelengths, pitch length variations are minor and can be compen-
sated. ' : : ‘ ' »
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FIGURE 3-20: Images acquired with OCT laparoscope. A) Human ovary with mature

oocyte (0). B) Gland (g) in secretory endometrium of human uterus.” Bar represents
250 pm.
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3.6 Radial Scanning Catheter
3.6.1 Introduction

When imaging is to be performed in tortuous lumens of the body, such as the 8astrointestinal, respi-
ratory, or urinary tract, or within the vascular system, 4 rigid imaging System is impractica]. A flexible
device js required. Becayge such a device g used in lumens, imaging of the luminal waj jg the prime
region of interest. The endothelium that lines the majority of body lumens js 5 region of actjve cell divi-
sion and often g site of neoplastic changes. Hence, a device that is capable of Imaging this area a¢ high-res-

ous thesis research!0! zpg experimenta] studies?8.142-144 Modifications to thig original design were made
and are shown in Figure 3-21 ang Figure 3-22, Specific modifications wil] be discussed later i this sec-
tion.
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FIGURE 3-21: Modified OCT catheter and optical coupling. A) Modified catheter
designed with short working distances for radial imaging of small vessels and lumens. B)
Free-space optical coupling permits catheter rotation without optical backreflections from

coupler.

The optical system of the OCT catheter is-similar to that of the GRIN lens probe design with the
addition of a right-angle prism. The beam path is shown in Figure 3-23. The dotted line through the GRIN
lens represents an arbitrary ray path since the actual ray path depends on the length of the GRIN lens and
the index profile. The ABCD matrix cascade is represented by

CcD 01 P l lG "
IIG G
h sm( h | Ccos n

where, again for simplicity, the matrices have not been reduced. The transverse and angular magnifications
are equal and described in Equation (3-12). The spot size diameter at the focus can be calculated from the
matrix elements as described in Equation (3-13).

! / lg '
' ) cos(—c) —TSin(—) )
11 L } £
[A } i [ HZI | " h o ok (3-29)
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FIGURE 3-22: Photograph of OCT catheter on penny.
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FIGURE 3-23: Beam path through OCT catheter.
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The FOV for the radial imaging catheter is over 360° with a circumferential distance dependent on
the working distance of the catheter (distance from the outer catheter sheath to the beam focus). Consider
the diagram in Figure 3-24. The radial-imaging catheter, with a radius ¢, lies at the center of the region to

—

rotation

FIGURE 3-24: Radial scanning parameters. Confocal parameter of catheter is rotated
about the center axis of catheter for imaging lumens. Variables: b, confocal parameter;
¢, outer catheter radius; r, beam focus radius,

be imaged. The focus of the beam is swept around the catheter at a larger radius . If we let s, represent
the degree of oversampling in the transverse dimension, and Px equal the pixel size, then the relation

) 2w
LTUr _ o _ (3_30)

pX SOVEV

can be obtained. If the catheter is to be used for small lumens which may come in contact with the external

catheter sheath, then it is desirable to have the inner limit of the confocal parameter at the catheter
sheath (c). Hence, r = b/2 where b is the confocal parameter or twice the Rayleigh range as defined in
Equation (2-47). Substituting for r in Equation (3-30) reduces to

. 2
o s Tew
w, = A ptx2 or equivalently, pix = %——0 (3-31)
s, T

over

which determines either the resolution or the number of transverse pixels needed for s, times oversam-
pling. The Nyquist limit governs that s, > 2. For large confocal parameters, satisfying the requirement
of two-times oversampling at the focus may not ensure that two-times oversampling occurs at the outer
edge of the confocal parameter. This is a result of the transformation of the OCT image from a Cartesian
coordinate system to a polar coordinate system. To ensure adequate oversampling within the confocal
parameter, r should equal b rather than b/2.
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Obtaining high resolution imaging at long working distances from the catheter is limited by the
numerical aperture and wavelength

spot size diameter = 2w = —Df (3-32)

~where f is the focal length of the lens and D is the diameter of the beam incident on the lens. Solutions to

the engineering problem of permitting high imaging resolutions within large lumens include incorporating

mechanisms for adaptive focus positioning, varying, and tracking. This would permit radial imaging at

large working distances with low transverse resolution to screen large areas of tissue. Once suspicious
- areas are located, the beam parameters could be modified and the catheter approximated to the area of
interest to permit high-resolution imaging at short working distances. Integrating a short working distance
catheter with a quadrant balloon catheter can be used to control the position of the catheter with respect to
the lumen wall. The major disadvantage is imaging can only be performed over a small angle rather than a
full 360°.

New catheters were constructed to permit shorter imaging working distances. Previous catheter
designs utilized GRIN lenses with working distances of 5 mm. Although earlier catheters were suitable for
the larger lumens of the gastrointestinal and respiratory tracts, they would not permit imaging of small
lumens, such as vessels, because the lumen wall lies outside of the confocal parameter. Therefore, radial
imaging ‘catheters were constructed using a GRIN lens with a 2 mm working distance and a 27-30 pm
diameter spot size (confocal parameter of 0.9-1.1 mm). This permitted the acquisition of 524 NOSSDs
around the circumference swept out by the catheter focus.

The second modification in catheter design was a refinement of the optical coupling between the
rotating catheter and the fixed sample-arm fiber. Previous designs utilized contact-coupling within an FC
fiber connector. Despite the addition of index matching oil within the coupling, significant backreflections
resuited in saturation of the detector and poor OCT image quality. A free-space optical coupling was
implemented as shown in Figure 3-21. Rotational variations were less than 5%. Single pass optical power
loss was 46%.

The optical performance of this modified catheter design was demonstrated by measuring the free-
space point-spread-function from the inner surface of calibrated holes within an aluminum block. The
series of images is shown in Figure 3-25. The point-spread-function (PSF), measured at FWHM, varied
from 48.4 um just outside the catheter sheath to 24.6 pum at the focus to 60.5 pm 3 mm away from the cath-
eter sheath. The images in Figure 3-25 also demonstrate several artifacts that occur during imaging. For
smaller hole diameters, multiple backreflection artifacts from the close proximity to a highly reflective
object are produced as illustrated by the arrow in the 2.0 image. Non-uniform catheter rotation and rapid .
catheter movement produces shifted image features as shown by the arrows in the 4.0 and 4.4 images.
Detector saturation from a highly reflecting surface is approached in the 5.6 image. Similar artifacts have
also be reported in intravascular ultrasound imaging!43

The lumen sizes within the human body range from the 5 um diameter capillary to the > 6 cm diam-
eter distended colon. The outer catheter diameter determines the minimum lumen size which may be
investigated, but the range of 1-60 mm body lumen diameters require further engineering of catheter
designs if a single catheter is to be used. Optical beam focusing characteristics constrain the resolution,
depth-of-field, and number of pixels necessary for OCT imaging.
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FIGURE 3-25: Catheter images of calibrated hole diameters. Numbers refer to hole diam-
eter in millimeters. Arrow in image 2.0 illustrates backreflection artifact from highly
reflective surface. Non-uniform and slow catheter rotation artifacts are shown in 4.0 and
4.4, respectively. Detector saturation is approached in image 5.6.
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3.7 Summary

The results from both the theoretical calculations of the optical systems and the experimental investi-
gations of instrument performance reveal both advantages and disadvantages for each beam delivery
instrument. The research microscope relies on fixed lens and beam positions, enabling the use of high-
quality, aberration-free objective lenses. High NA objectives permit high transverse resolutions at the
expense of depth of field. The FOV or scan length is only limited by the translation stage travel distance.
This instrument is ideal for a laboratory bench-top delivery system and could be fully integrated with exist-
ing light and confocal microscope designs.

The surgical microscope design permitted large 34.5 mm scan lengths (FOVs) in both the X and Y
directions at high acquisition speeds. Colinear alignment with the viewing axis of the surgical microscope
permitted simultaneous high-magnification visualization of the scan location. Achieving large working
distances while maintaining a small spot size diameter was difficult. The current design permitted a 33 pm.
diameter spot at a working distance under the dichroic beamsplitter of 6 cm, sufficient for manipulating tis-
sue specimens. The maximum number of NOSSDs was 1045.

Two optical designs for a hand-held surgical probe were constructed. The GRIN lens design had a
fixed magnification dependent on the GRIN lens parameters and the GRIN-fiber separation. The focal spot
was transversely displaced by a PZT cantilever. The cantilever displacement limited the scan length on the
tissue to 2 mm. With a 31 um spot size diameter, only 65 NOSSDs could be acquired. This design was
compact, but suffered from mechanical resonances and nonlinear displacement during high-speed scan-
ning. The telescope probe design minimized high-speed imaging artifacts by reducing the mass on the
cantilever. Magnification was variable, determined by the ratio of the focal lengths of the two lenses. Both
the scan length and spot size were scaled by this magnification resulting in a finite number of NOSSDs in
an image. Experimentally, scanning a 33 pm spot over a 3.8 mm scan length implied NOSSD = 115. In
order to increase this number, the cantilever displacement must be increased. The spot size at the fiber face
is a fixed dimension.

The laparoscope permitted imaging at a remote location through a small-diameter GRIN rod. Using
the GRIN probe to displace the focal spot in the tissue image plane of the GRIN rod, displacement was
relayed to the tissue surface. The near-unity magnification of the GRIN rod implied a 1:1 mapping of the
scan length in the tissue image plane. The NA of the GRIN rod limited the FOV or scan length to = 2 mm
in this device. A 33 um spot size diameter permitted acquisition of 60 NOSSDs. The focal spot size can
be reduced and the number of NOSSDs subsequently increased by implementing a design similar to the
telescope probe where a bare fiber face is translated at the tissue image plane. However, this may restrict
the space for inserting a beam splitter for simultaneous visualization of the tissue surface.

The optical design of the radial imaging catheter is similar to the GRIN probe with the addition of a
right-angle prism. As with the GRIN probe, the magnification of the catheter is fixed. The FOV is over
360° as the catheter is rotated. The circumferential scan length is determined by the working distance,
which is also fixed. The NA of the GRIN lens determined the focal spot size. Smaller spot sizes will sub-
sequently decrease the working distance. Hence, new short-working distance catheters were constructed
for imaging lumens that were approximately the diameter of the catheter sheath, such as in the vascular
system. A working distance of 2 mm and a spot size diameter of 30 pm permitted NOSSD = 524. An
engineering challenge remains to construct a catheter to permit high resolution imaging in large lumens.

84



i
{

These optical system designs for beam delivery instruments represent fundamental methods for
scanning the OCT imaging beam. Further refinements are necessary to increase resolution, scan length,
and scanning speed in a compact, rugged instrument. Integration with existing optical instruments will
require adaptive modification depending on the specific optical system. However, the combination of the
unique imaging abilities of OCT with standard visualization of tissue will represent an advance in imaging
tissue microstructure.
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| Chapte'r 4

Imaging Tissue Microstructure

4.1 Introduction

Prior to integrating OCT in the surgical suite, fundamental OCT imaging of biological structure must
be demonstrated. OCT images must be at sufficient resolutions to differentiate tissue microstructure.
Images must reveal morphological differences that distinguish normal tissue from abnormal. Imaging at
cellular resolutions in human tissue is the ultimate objective for identifying early neoplastic changes within
tissue. High-speed OCT imaging must be demonstrated in order to reduce or’eliminate motion artifacts
while imaging in vivo. In this chapter, these imaging characteristics will be demonstrated and defined
using well-characterized in vivo animal models. :

4.2 In Vivo Developmental Biology Animal Models

Developmental biology is a research field that has exploded within recent years due to advances in
molecular biology techniques. The field seeks to answer fundamental questions of how a single fertilized
egg can develop into a multi-cellular, complex, organism. Developmental processes are all directed via the
expression of genes within the animal genome. If the expression of the genetic program is understood,
then researchers can determine when and why failure occurs, and how failure can be avoided. Aside from
the inherent quest for this scientific knowledge, the research has long-ranging clinical applications to
humans such as gene therapy, cloning research, and the treatment of genetic diseases. :

The field of developmental biology utilizes several common animal models ranging from prokary-
otic bacteria and eukaryotic yeast to increasingly more advanced nematodes (worms, Caenorhabditis ele-
gans), fish (zebra fish, Brachydanio rerio), insects (fruit fly, Drosophila), amphibians (African frog,
Xenopus laevis), birds (chicks) and small mammals (mice, rats). The lower species on the evolution‘ary
tree are preferred for their ease of care and handling and their rapid reproductive cycles. Mice and rats are
preferred for their close homology to humans. The single-cell yeast even has a significant degree of
homology to humans, a rather humbling fact. The advancements in molecular biology techniques have
permitted researchers to site-specifically modify the genomes of these animal models. By modifying the
genome and observing how mutations are expressed within the developing organism, locations and func-
tions of specific genes can be determined. OCT can be applied to developmental biology to observe the
expression of genes in vivo, in ways previously unavailable to this research community.
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The small organisms utilized in developmental biology research are ideal animal models for demon-

strating the high-resolution, high-speed imaging capabilities of OCT'#. These models are ideal due to
their small size, ease of care and handling, variations in optical transparency, intact in vivo functioning
organ systems and high cellular mitotic rates. Common animal models, namely amphibians and fish, are
used in a series of experiments which not only define a novel imaging modality for biological microscopy,
but also illustrate and define the limits for OCT imaging in surgical applications.

4.3 Identification of Tissue Morphology

Improved imaging of morphological changes has the potential for offering new insight into the com-
plex process of embryonic development. Imaging embryonic morphology that results from cellular differ-
entiation is important for the understanding of genetic expression, regulation, and control. Several well-
recognized. imaging technologies are currently used to provide structural information about microscopic
specimens. These include magnetic resonance imaging, computed-tomography, ultrasound, and confocal
microscopy (CM). High-resolution magnetic resonance imaging has been used to produce in vivo cross-
sectional images of early Xenopus laevis development'? with resolutions of 12 um. Because the static and
gradient magnetic fields required to obtain these resolutions are orders of magnitude greater than those
found in most clinical systems, this modality represents a costly and technically challenging option that
requires considerable skill from its operator in order to achieve high-resolution images. High-resolution
computed-tomographic imaging of fixed insect specimens revealed internal microstructure with 8-12 um
resolution, yet required an elaborate microfocusing instrument and complex image reconstruction
algorithms’. Ultrasound backscatter microscopy utilizing high-frequencies (40-100 MHz) is capable of
50 pm resolutions to depths of 4-5 mm and has been applied to the analysis of early embryonic develop-
ment in the mouse'#’. To effectively image with ultrasound, probes require contact with the tissue.

The invention of the confocal microscope?’ and laser-scanning confocal microscopy has produced a
revolution of understanding of biological systems and their development largely due to the ability to selec-
tively visualize biological specimens, cells, and sub-cellular constituents'*®. Transverse resolutions of
0.5 um with 1 pm optical section thicknesses are possible!*’. Although CM is superb for optically section-
ing a specimen, imaging depths are still limited to less than 500 um in nontransparent tissue'%’. Recent
advances in CM have successfully shown that in vivo confocal imaging is possible. Examples include the
imaging of calcium dynamics in sea urchin eggs®? as well as Xenopus oocytes® during fertilization.
Obtaining in vivo images is difficult, however, due to the toxicity of the products that are released when the
fluorophores are excited by the incident laser radiation, the image acquisition time, and the maintenance of
sub-micron specimen position. These limitations prevent biologists from imaging structure at later devel-
opmental stages or in highly scattering, optically opaque specimens. Currently, internal morphological
changes occurring in later stages can only be studied with histological preparations at discrete time-points.

An in vivo means of imaging morphology is frequently needed to help identify the expression of
genes. Furthermore, observing and tracking morphologic changes throughout development is useful for
characterizing all aspects of genetic expression which take place. Here, OCT can perform high-resolution,
non-contact, cross-sectional tomographic imaging in vivo with the potential to analyze the morphological
changes in both semi-transparent and highly scattering specimens during normal and abnormal develop-
ment. OCT tomographic imaging is performed on several of the commonly used animal models in order to
establish baselines and demonstrate domains of application for this technology'#. To verify image repre-
sentation of morphology, OCT images are correlated with standard histological observations of the speci-
men, the current gold-standard for identifying morphological features during development.
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Optical coherence tomography has the ability to image specimens that are opaque to visible light
because it utilizes wavelengths of light in the near-infrared region. Although most tissues appear opaque
under visible light, they are relatively non-absorbing in the near infrared. Imaging depth is therefore lim-
ited by attenuation from optical scattering rather than absorption. A 1300 nm super-luminescent diode
light source in the interferometer enables imaging to depths up to 3 mm with an optical power of only
160 uW incident on the specimen. This imaging depth is sufficient for imaging many anatomical features
of interest in most developing embryos. For these studies using the SLD, the free-space longitudinal spa-
tial resolution was 16 pum (as determined by the 50 nm optical bandwidth of the low coherence light
source) and the transverse resolution was set to be 30 pm (as determined by the spot size of the light
beam). Within the specimen, a longitudinal resolution of ~12 pm is determined by dividing the free-space
resolution by the measured average index of refraction of the specimen’’, n = 1.35.

The transverse resolution for the following OCT images was 30 pm with a corresponding confocal
parameter of 1.1 mm. The SNR was 109 dB. The fact that OCT uses low coherence light and detects light
at selected echo time delays greatly discriminates against the detection of light which is multiply scattered.
While confocal microscopy discriminates against unwanted light using spatial coherence, the technique is
still sensitive to multiply scattered photons which degrade image quality'"”.

Imaging studies were performed on several standard biological animal models commonly employed
in developmental biology investigations. OCT imaging was performed in Rana pipiens tadpoles (in vitro),
Brachydanio rerio embryos and eggs (in vivo), and Xenopus laevis tadpoles (in vivo). Tadpoles were anes-
thetized by immersion in 0.05% Tricaine until they no longer responded to touch. Specimens were ori-
ented for imaging with the optical beam incident from either the dorsal or ventral sides. After imaging,
specimens for histology were euthanized in 0.05% Benzocaine for 30 min until no cardiac activity was
observed. Specimens were then fixed in 10% buffered formalin for 24 h, embedded in paraffin, sectioned,
and stained with hematoxylin and eosin.

In order to facilitate the registration between OCT images and corresponding histology, numerous
OCT images were first acquired at desired anatomical locations in 25-50 pum intervals. Serial sectioning at
20 um intervals was performed during histological processing. Following light microscopic observations
of the histology, OCT images from the same transverse plane in the specimen were selected based on cor-
respondence to the histological sections.

To illustrate the ability of OCT to image developing internal morphology in optically opaque speci-
mens, a series of cross-sectional images were acquired in vitro from the dorsal and ventral sides of a Stage
49 (12 day)'>! Rana pipiens tadpole. The plane of the OCT image was perpendicular to the anteroposterior
axis. Figure 4-1 shows representative OCT images displayed in gray-scale. The gray-scale indicates the
logarithm of the intensity of optical backscattering and spans a range of approximately -60 dB to -110 dB
of the incident optical intensity. These images (7x3 mm, 500x250 pixels, 12-bit) were each acquired in
40s. '
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FIGURE 4-1: Rana pipiens tadpole. Images in left and right columns acquired from the
dorsal and ventral sides, respectively. Abbreviations: ea, ear; ey, eye; g, gills; h, heart;
i, intestinal tract; m, medulla; rt, respiratory tract. Bar represents 1 mm.
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Features of internal architectural morphology are clearly visible in the images. Identifiable struc-
tures in Figure 4-1E include the midbrain, fourth ventricle of the brain, and medulla as well as the ear ves-
icle. The horizontal semicircular canal and developing labyrinths are observed. Internal morphology not
accessible in one orientation due to the specimen size or shadowing effects can be imaged by reorienting
the specimen and scanning in the same cross-sectional image plane. The images in Figure 4-1B, D, & F
were acquired with the OCT beam incident from the ventral side to image the ventricle of the heart, inter-
nal gills, and gastraintestinal tract. The image of the eye (Figure 4-1A) differentiates structures corre-
sponding to the cornea, lens, and iris. The comneal thickness is on the order of 10 pm and can be resolved
due to the differences in index of refraction between the water and the comea. By imaging through the
transparent lens, the incident OCT beam images several of the posterior ocular layers including the gan-
glion cell layer, retinal neuroblasts, and choroid. The thicknesses of these layers were measured from the
corresponding histology using a microscope with a calibrated reticule. The thicknesses of the ganglion cell
layer, retinal neuroblasts, and choroid were 10 um, 80 um, and 26 um, respectively, and demonstrate the
hlwh imaging resolution of the OCT system.

To confirm the in vivo resolution of OCT, regions of the anterior chamber and the retinal layers of the
eye globe were magnified and measured from the OCT image. Figure 4-2A & B illustrate that as the cor-
nea-lid and iris-cornea structures converge, two distinct layers could no longer be resolved when they were
separated by less than 15 pm. The thickness of the retinal ganglion cell layer approaches the resolution
limit of OCT and is measured in Figure 4-2C to be 14 pm. These measurements confirm the in vivo reso-
lution predicted by dividing the free-space resolution of the OCT instrument by the measured index of
refraction of the specimen.

Retinal layers are not imaged throughout the entire globe because of shadowing effects from the
highly backscattering iris and sclera which attenuates the transmission of light to deeper structures directly
below. A sharp vertical boundary demarcates the regions where light is transmitted through the lens and
where light is shadowed. Variation of the specimen orientation W1]l vary the shadow orientation and permit
the imaging of different internal structures. :

OCT image contrast results from the different optical backscattering properties between different
structures. Tissue structures are differentiated according to their varying degrees of optical backscattering
while the fluid-filled cavities within the specimen have low backscattering. The cartilaginous skeletal sys-
tem of the tadpole appears highly scattering and is clearly identified in Figure 4-1A. As light propagates
deeper through the specimen, a larger percentage of the incident beam is either scattered or absorbed.
Hence, less signal is available from deeper structures and the shades of gray become lighter as the signal-
to-noise ratio is reduced. Morphology located directly below a highly backscattering structure can be
shadowed from the structure above. These effects are analogous to attenuation and shadowing observed in
ultrasound. If the biological specimen is relatively homogeneous, the signal attenuation with depth can be
compensated by simple image processing techniques. However, because the morphology of the specimens
used in this study are highly complex, the application of these techniques is problematic.

Figure 4-3 shows corresponding Rana pipiens histology taken from the same axial plane as the OCT
images. The neural retina, choroid, and sclera along with the anterior ocular structures in Figure 4-3A con-
firm the morphology observed in Figure 4-1A. The muscular ventricle of the heart in Figure 4-3B is well
correlated with the corresponding OCT image in Figure 4-1D. Finally, in Figure 4-3C, the multiple coils
of the gastrointestinal tract confirm observations made from the OCT image in Figure 4-1F.
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OCT image

cornea/iris

FIGURE 4-2: Verification of in vivo OCT resolution. Convergence of eye lid/cornea and
cornealiris structures as well as thickness of retinal ganglion cell layer confirm in vivo res-
olution of OCT. Bar represents 500 um.
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FIGUiFlE 4-3: Rana pipiens histology. OCT images in Figure 4-1 strongly correlated with
histological observations shown here. Abbreviations: ey, eye; g, gills; h, heart; i, intesti-
nal tract. Bar represents 1 mm.
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There is a strong correlation of the tissue architectural morphology between OCT images and the
histology. However, it 1s important to note that OCT images tissue properties in a completely different
manner than histology. Histology relies on the differences in the transmission of light through stained tis-
sue while OCT relies on differentials in optical backscattering. The 10-15 pm resolution of OCT for the
previous images does not permit the imaging of subcellular features.

To understand the complex processes that occur during neural development, a means of visualizing
these micron-scale changes is necessary, often in semi-transparent and opaque specimens. OCT was used
to image developing neural morphology in Xenopus laevis (African clawed frog) specimens'*2. A sagittal
section through a Xenopus brain is shown in Figure 4-4. This image (2x6 mm, 250x500 pixels) was
acquired in 40 s and represents a 30 [im-thick (spot size) optical slice of the specimen. This image shows
high-resolution detail of internal brain morphology. Structure corresponding to the cerebellum, choroid
plexus, and medulla oblongata are identified as well as a longitudinal section of the nasal tube and olfac-
tory nerve as it enters the nasal placode. The white internal regions correspond to the low-backscattering
cerebral spinal fluid within the lateral, third, and fourth ventricles. Posteriorly, a longitudinal section of the
spinal cord is observed.

The vertical labelled lines in Figure 4-4 correspond to planes where cross-sectional OCT images
were acquired from this same specimen. These images (1.5x1.5 mm, 200x200 pixels), each obtained in
15 s, are shown in Figure 4-5 and were acquired perpendicular to the anteroposterior axis of the specimen.
These represent a normal developing Xenopus nervous system. In each image, distinct regions of the brain
can be identified. Figure 4-5A shows the paired cerebral hemispheres of the telencephalon and the two lat-
eral ventricles. Figure 4-5D illustrates the narrowing of the aqueduct of Sylvius connecting the diocoel
with the rhombocoel. The posterior choroid plexus, which is on the order of 50-100 pm, is clearly resolved
in the fourth ventricle in Figure 4-5G.

Following imaging, the specimen was histologically prepared for comparison with OCT images.
One comparison is shown in Figure 4-6. The correlations between the OCT image and the histological
preparation are strong, although the resolution of this diode-based OCT system does not permit the imag-
ing of individual cell due to the limited spectral bandwidth of the super-luminescent diode light source.
Instead, OCT performs well at imaging larger tissue and organ morphology; structure that is often too large
to image in vivo with confocal microscopy. Note, however, the presence of preparation artifacts indicated
by the arrows in Figure 4-6B. The top arrow indicates the displaced outer membrane of the embryo. The
bottom arrow points to neural tissue which has been separated from the surrounding structure. These arti-
facts are most likely the result of dehydration of the tissue during processing or dislocations from section-
ing and are relatively common. The OCT image in Figure 4-6A closely preserves the in vivo orientation
and can be used to identify questionable artifacts found in the histology. The arrows in the OCT image
point to the in vivo location where histological processing artifacts occurred. OCT images have their own
specific artifacts based on the optical properties of the tissue and include the attenuation of signal with
increasing depth and shadowing of deeper morphology from backscattering structures.
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FIGURE 4-4: Sagittal section of Xenopus laevis neural tube. Labelled lines correspond to
cross-sectional images in Figure 4-5. Abbreviations: cb, cerebellum; cp, choroid plexus;’
mo, medulla oblongata; o, olfactory tract; sc, spinal cord. Bar represents 500 pm.

FIGURE 4-5: Xenopus neural tube cross-sections. Images correspond to labelled lines in
Figure 4-4. Bar represents 500 ym.
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FIGURE 4-6: Xenopus neural tube histology. Arrows in B indicate preparation artifacts
and can be compared to the in vivo image in A. Bar represents 250 ym.

FIGURE 4-7: Xenopus cardiovascular histology. Excellent correspondence exists between
the OCT images in the left column and the histology in the right column. Abbreviations:
a, atrium; aa, arteries; v, ventricle. Bar represents 250 ym.
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The developing cardiovascular system presents a technical challenge because of the inherent
dynamic motion. A comparison was first made between in vitro acquired OCT images and the correspond-
ing histology (stained with hematoxylin and eosin) from a stage 47 (7 day) specimen. In Figure 4-7, repre-
sentative data from three different cross-sectional planes are shown from the same specimen which
illustrate the strong correlation throughout various regions of the developing cardiovascular system. The
OCT image in Figure 4-7A (histology, Figure 4-7B) is a cross-sectional image of the two major branches
of the ventral aorta anterior to the bifurcation. The muscular walls, as thin as 3-4 cell layers, are clearly
distinguished from the larger lumens and surrounding tissue. However, in Figure 4-7A, the smaller arterial
lumens were not clearly identified on the OCT image. Using a light microscope with a calibrated reticule,
the lumens of these smaller arterial cross-sections were measured to be 8-15 um. This diameter is below
the 16 wm resolution of the diode-based OCT system. In Figure 4-7E, the internal trabeculae carneae net-
work and papillary muscles of the ventricular wall are easily identified in the OCT image and histology.

Figure 4-8 is a selection from 22 cross-sectional images that were acquired from a stage 47 (7 day)
Xenopus tadpole. This sequence demonstrates the ability of OCT imaging to delineate fine cardiovascular
microstructure along the axis of the embryo and maintain registration between images for. three-dimen-
sional reconstruction. These OCT scans were acquired at planes perpendicular to the anteroposterior axis
of the embryo. The image most anterior to the heart (Figure 4-8A) includes two branches of the ventral
aorta leaving the heart, one of which is noted by the arrow. Figure 4-8B was acquired 200 um posterior
and coplanar to Figure 4-8A. This image shows the bifurcation of the ventral aorta as it exits the truncus
arteriosus. Other cardiac structures noted in the three chamber amphibian heart include an atrium, shown
in Figure 4-8D, and the ventricle indicated in Figure 4-8F. Both atria and the ventricle can be identified in
many of the images in this sequence. The pericardial sac is also readily apparent in Figure 4-8B-H.

The presence of histological processing artifacts are common as seen in Figure 4-3, Figure 4-6 and
Figure 4-7. High-quality histology, especially serial sectioning, is often difficult, time consuming, and
costly. It is especially difficult to histologically prepare the large numbers of specimens typically needed
for genetic and developmental studies. The OCT technology offers a promising alternative for rapidly
accessing changes in architectural morphology. Because the position of the OCT optical beam on the
specimen is precisely controlled by micron stepping motor stages and galvanometric scanners, the registra-
tion of the OCT images with respect to the specimen is precisely established. Repeated serial OCT sec-
tional images can easily be acquired to construct a three-dimensional representation of specimen
morphology in analogy with MRI. In contrast, in histology, alignment of sectioned planes is often difficult
and not repeatable. The major discrepancy in registration between OCT images and histology occurs as
the result of small discrepancies in the tilt angle of the image planes rather than axial (anterior-posterior)
registration.

A number of com_parisoné and contrasts can be drawn between the OCT images and histological
preparations. Histology with light and electron microscopy offers unprecedented resolution on the cellular
and subcellular level. OCT does not have comparable resolution but has the ability to rapidly and repeat-

edly perform imaging in vivo. Histological images have artifacts due to tissue dehydration, shrinkage, and

stretching during processing. OCT images have artifacts which arise from optical attenuation with depth,
shadowing, and refractive index effects. The axial distances measured in OCT images represent the echo
time delay of light and thus, in order to convert this information into physical dimensions, it is necessary to

. know the index of refraction of the tissue. The index of most tissues varies between 1.35 and 1.45, thus,
possible errors in longitudinal range can be on the order of only 5-10% if the index is unknown.

In addition to axial scale changes, the index of refraction also produces refraction of light rays when

they traverse boundaries with different index. This effect is most significant at the proximal boundary of
the specimen where the OCT beam is incident on the specimen from air. This refraction effect can cause
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FIGURE 4-8: OCT cross-sections of in vitro Xenopus heart. Arrows indicate A) branch of
ventral aorta, B) pericardial sac, D) atrium, F) ventricle. Bar represents 500 yum.

Normal Abnormal

FIGURE 4-9: Identification of abnormal Xenopus development. Normal specimen in A
with corresponding histology in D can be compared to an abnormal specimen in B,E.

. Arrow in B indicates longitudinal section of left optic nerve and ocular muscles. Subtle
neural tube abnormality is shown in C. Bar represents 500 xm.




internal features to appear as if they are angularly displaced. Refraction depends on the mismatch of the
index across a boundary and is negligible if the light enters the tissue perpendicular to the boundary and
becomes larger when the light ray is more oblique. These errors can be minimized by either partially or
fully submerging the specimens in liquid which produces refractive index matching. It is important to note
that these same scale uncertainties and refractive effects are also present in ultrasound imaging. However,
if measurements are performed in a consistent manner, these effects are considered part of the baseline.
The diagnostic power of the imaging technique is not compromised because it relies on detecting devia-
tions from the baseline.

The image scale and distortion effects are actually present in both ultrasound and MRI images
although they arise from slightly different physics principles. Histology, to some extent, suffers from sim-
ilar problems in obtaining measurements from preparations due to tissue preservation, dehydration, and
sectioning. Tissue configuration following preparation may not always reflect the in vivo orientation mak-
ing quantification difficult. Despite the artifacts in both techniques, these artifacts are reproducible and can
be perceived as the baseline. The differences in calibrating histopathology against real tissue dimensions
usually does not compromise its diagnostic utility.

4.3.1 Morphological abnormalities

The application of OCT in surgery is advantageous if the technique is sensitive enough to detect sub-
tle changes in tissue microstructure compared to a normal baseline. This is demonstrated using develop-
mental biology animal models by distinguishing internal structural abnormalities from normal
morphology'*6. Figure 4-9A-F compare and contrast in vivo morphology between both normal and abnor-
mal Xenopus using OCT images (3x3 mm, 300x300 pixels) and corresponding histology. These develop-
mental abnormalities are believed to be spontaneous and not the result of mutagenic agents. The normal
Xenopus OCT image (Figure 4-9A) correlates well with histology (Figure 4-9D). The neural tube shows
normal formation as well as symmetrically placed and correctly oriented eyes. Internal gills are observed
in both OCT and histology. Shadowing of the clay-lined dish is evident below the highly scattering ocular
structure. In striking contrast, the abnormal specimen (Figure 4-9B & E), at the same stage, has an irregu-
larly shaped neural tube and abnormally large orbits which contain small, poorly formed optic cups. The
optic cups are oriented asymmetrically. In this image plane, a longitudinal section of the left optic nerve
and ocular muscles are noted by the arrow in Figure 4-9B. An OCT image acquired more posterior in the
abnormal specimen reveals the continuation of the poorly formed neural tube with morphological varia-
tions occurring on the scale of 50 um (Figure 4-9C). These images show that both gross and microscopic
structural differences are clearly identifiable.
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FIGURE 4-10: Abnormal neural tube development. Image sequence also demonstrates

general morphological abnormalities and shadowing artifact from ocular structures in
A-D. Bar represents 1 mm.

FIGURE 4-11: Abnormal cardiovascular development. Arrows in A,B indicate abnormal

vasculature while arrows in C,D indicate poorly formed cardiac chambers. Bar represents
500 pm. '
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The ability of OCT to sample abnormal developing neural structure is shown in Figure 4-10. Cross-
sections of an abnormal specimen were acquired every 200 um along the anteroposterior axis as the speci-
men rested in a clay-lined dish. Representative images (3x3.5 mm, 300x350 pixels, 35 s acquisition) show
a poorly developing nervous system as well as a greatly distorted body pattern. The developing optic cups
are oriented dorsally rather than more lateral. Images in Figure 4-10A & B show portions of the left optic
nerve and ocular muscles. The neural tube can be readily identified in each image in this sequence. To
highlight particular neural abnormalities, imaging can be limited to just the brain or neural tube as was
done for the normal specimen in Figure 4-5. These images are also intended to illustrate the potential for
OCT to image many other systems within the developing specimen as imaging is possible through the
entire specimen and into the clay. The highly backscattering ocular tissue in Figure 4-10C produces a
shadowing effect on the underlying tissue below. As incident light travels through the specimen, photons
are either scattered or absorbed. At regions deep within the specimen or in areas below scattering struc-
tures, less light is available to be backscattered and, hence, the signal-to-noise is lowered and the region
appears faint. The shadowing that is observed below the ocular tissue is an extreme example of this effect.
It is difficult to predict when this effect will be significant. For example, the neural tube and brain in these
images are scattering structures yet little shadowing is observed. In fact, high contrast is still present in the
tissue structures below.

The molecular pathways involved in heart development are complex, requiring the interaction of
multiple genes at precise time-points during development!*3, Because of this, cardiovascular malforma-
tions are common. Abnormal developing cardiovascular structures are shown in Figure 4-11. These
in vitro images of a Xenopus heart illustrate abnormal vasculature (arrows in Figure 4-11A and B) and
poorly formed cardiac chambers (arrows in Figure 4-11C and D). Prior to OCT imaging, the Stage 43
(3 day) specimen was active, but future development is likely to be retarded due to the poorly functioning
circulatory system. In Section 4.4, OCT is applied to imaging and measuring functional heart parameters
from the developing cardiovascular system.

4.3.2 Tracking development

The non-contact nature of OCT and the use of low-power near-IR radiation for imaging causes few
harmful effects on living cells. However, focused beams of 800 nm light from lasers used in optical twee-
zers, optical traps, and two-photon microscopes have been shown to induce irreversible damage within the
cellular DNA!S4155 This is highly significant if such techniques are to be used to assist in vitro fertiliza-
tion procedures in humans. OCT imaging does not require the addition of fluorophores, dyes, or stains in
order to improve contrast in images. OCT relies on the inherent optical contrast generated from variations
in optical scattering and index of refraction. All of these advantages contribute to the use of OCT for
extended imaging of development over the course of hours, days, or weeks. ‘
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FIGURE 4-12: Early embryonic zebrafish develo
fertilization. At3:30 hrs., cells have migrated to
anteroposterior axis has been established (arrow

pment. Times are indicated in hours post-

the dorsal pole (arrow). At 14:30 hrs., the
). Bar represents 500 um.

B 1.75hr mm

= AN

FIGURE 4-13: Early and late zebrafish development. A.B) 2- and 4-cell stages 1 and
1.75 hr after fertilization, respectively. C,D) Embryo before (24 hr) and after (48 hr)
hatching. Bar represents 500 ym. ‘
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Figure 4-12 demonstrates the application of OCT for sequential imaging of development in vivo.
Images (3x3 mm, 300x300 pixels) of a developing zebrafish embryo within its egg were acquired every
15 min beginning at one hour post-fertilization and continuing for 24 hrs. Images were acquired from the
same cross-sectional plane within the specimen. The egg was suspended in low-temperature gelling agar
to prevent egg movement and to maintain a uniform state of hydration. Developmental changes illustrate
early cleavage beginning at the &-cell stage, 1 h post-fertilization. Because of the high mitotic rate of the
embryo, results of cellular division and migration are observed as well as the establishment of the antero-
posterior axis. In this example, the zebrafish egg and embryo were semi-transparent and the use of OCT
significantly complemented observations made using light microscopy. By imaging subtle differences in
backscattering intensity, interfacial structural layers millimeters deep within specimens can be clearly
delineated. In Figure 4-13A & B, images of a second zebrafish embryo are shown at the 2- and 4-cell
stage, just minutes after fertilization. Images of a zebrafish embryo prior to and immediately after hatching
are shown in Figure 4-13C & D.

A fundamental question in developmental biology is the establishment of patterns within the devel-
oping embryo and the interaction of genes which control this process. The hox gene is a member of the
homeobox domain which governs antero-postero segmentation and limb development!>®, The develop-
ment of Xenopus limb buds was followed using OCT and shown in Figure 4-14. Early images reveal a
small limb bud which extends and develops into individual digits. A larger developing hindlimb is shown
in Figure 4-15 which reveals internal vascular and skeletal development. A cross-section of the lower leg
reveals the internal formation of the tibia and fibula. Genes responsible for limb development are a com-
mon site for genetic manipulation. OCT can be used to track the morphological expression of these genes
without sacrificing the specimen for histological processing.

4.4 Functional Imaging

Previous OCT images have characterized morphological features within biological speéimens.
These structures are static even though they may have been acquired from in vivo specimens. In vivo imag-

ing in living specimens, particularly in larger organisms and humans, must incorporate fast acquisition

techniques to eliminate motion artifacts within the images. In vivo imaging is necessary but not sufficient
to perform functional imaging. Functional imaging is the quantification of in vivo images which yield
information characterizing the functional properties of the organ system or organism. Prime examples
include the use of functional MRI (fMRI) to characterize brain activity during various states of conscious-
ness, thought, or motor control, and determining cardiac performance using ultrasound, CT, or MRI.
Functional imaging is currently utilized with neurosurgical procedures to determine proximity to sensitive
brain areas. The intraoperative functional assessment of the patient status is critical information which can

~be used to determine if the surgical procedure should continue or be concluded. I predict morphological

and functional imaging will be fully integrated in many surgical procedures in the near future. Develop-
mental biology animal models represent a nearly ideal functioning system to demonstrate both high-speed
and functional OCT imaging.
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FIGURE 4-14: Early Xenopus hindlimb bud development. Arrow in each image indicates
right hindlimb bud. Bar represents 500 ym.

FIGURE 4-15: Cross-sections of internal hindlimb structures. Images were acquired prox-
imal-to-distal along the length of one hindlimb. Abbreviations: d, digits; f, fibula; t, tibia;
v, vasculature. Bar represents 500 ym. o
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~4.41 Cardiovascular system

Studies investigating normal and abnormal cardiac development are frequently limited by an inabil-
ity to access cardiovascular function within the intact organism. OCT has been used for the high-resolu-
tion assessment of structure and function in the developing Xenopus laevis cardiovascular system!3”. OCT,
unlike technologies such as computed tomography and magnetic resonance imaging which require gated-
image acquisition, provides real-time, high-speed in vivo imaging. This allows quantitative dynamic activ-
ity, such as ventricular ejection fraction, to be assessed. OCT imaging is analogous to both ultrasound
M-mode and 2-D echocardiography.

Abnormal cardiac function remains a leading cause of morbidity and mortality worldwide. Develop-
mental animal models have been used to assess molecular and physiologic mechanisms of not only con-
genital cardiac abnormalities, but also the genetic predisposition to acquired abnormalities. However,
although imaging technologies exist which allow the progression of human adult cardiac function to be
followed with time, comparable imaging does not exist for following cardiac function in the developing
animal embryo. Video light microscopy has been used to acquire real-time images of the developing beat-
ing heart. However, it is limited to axial, en face, views and only surface morphology is visible. There-
fore, investigators are either confined to using embryos that are transparent during early stages of
development, exposing the heart via surgical intervention, or sacrificing the animal at a predetermined
stage.

The Cr**:forsterite laser was used as a light source to enable high-speed OCT imaging. The laser
provided additional power (2 mW) incident on the specimen in order to maintain a signal-to-noise ratio of
110 dB during high-speed imaging. Other modifications to the OCT system include the incorporation of a
piezoelectric fiber stretcher as a replacement for the mechanical galvanometer reference arm scanner. This
enabled faster axial scanning and an image acquisition rate of 4 images (300x300 pixels) per second. Fara-
day rotators compensated for the birefringence induced during stretching of the fiber. Both the axial and
transverse resolutions were comparable to those for the super-luminescent diode source.

Though the relatively slow data acquisition rate of the diode-based system (30 s per image) is ade-
quate for in vitro imaging of microstructure, two-dimensional in vivo imaging of the rapidly beating heart
requires considerably faster imaging speeds. To illustrate the presence of motion artifacts, an in vivo image
of a beating heart acquired with the diode-based system is shown in Figure 4-16A. The periodic bands
within the image correspond to the movement of the cardiac chamber walls during the cardiac cycle. In
contrast, in Figure 4-16B, an image of the same heart was generated at 4 frames/s. The morphology of the
in vivo cardiac chambers is clearly delineated at this faster imaging speed. Image acquisition is fast
enough to capture the cardiac chambers in mid-cycle. With this capability, images were acquired over
many beats at various times during the cardiac cycle. A sequence of six frames is shown in Figure 4-17
which comprise a complete beat. These frames were assembled to produce a movie illustrating the
dynamic, functional behavior of the developing heart.
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FIGURE 4-16: Comparison of slow and fast OCT imaging. Images of beating Xenopus
heart were acquired in A) 30 s and B) 250 ms. Abbreviations: a, atrium; ba, bulbous arte-
riosis; v, ventricle. Bar represents 500 pgm.

FIGURE 4-17: Single Xenopus heart beat sequence. Each image was acquiréd in 250 ms
but from different cycles. Sequence from A) beginning of diastole with emptied ventricle
(arrow) to F) beginning of systole with filled ventricle (arrow). Bar represents 500 ym.
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Unlike the source used with the diode system, the high speed system utilized a laser which is not
commercially available. Though commercial sources with bandwidth characteristics similar to the laser
are anticipated in the near future, I investigated whether any dynamic information, other than two-dimen-
sional imaging, can be obtained with the slower diode system. In particular, since a single axial scan can
be acquired in approximately 100 ms with the diode-based system, an OCT optical cardiogram, analogous
to a M-mode echocardiogram, can be obtained with this slower system. Characteristic oscillations corre-
sponding to movement of the embryonic cardiovascular structure are observed. Both the ventral and dorsal
walls of the ventricle, in addition to the ventricular lumen, can be identified as well as the oscillatory nature
inherent during the cardiac cycle. To capture OCT optical cardiograms, the beam was positioned in one
location over the ventricle (which corresponded to the center of the OCT image) and held stationary as data
from this single location was acquired over time. In Figure 4-18A, the OCT beam was positioned over the
ventricle at the site corresponding to the center of the image (arrow). Axial (depth) scans from this loca-
tion were acquired over time and are shown in Figure 4-18B. Figure 4-18B is an OCT optical cardiogram
of a normal functioning anesthetized heart.

OCT optical cardiograms permitted quantitative measurements of chamber function and allowed
assessment of changes over time. Measurements included heart rate, chamber dimensions, filling and
emptying time, and ejection fraction as shown in Figure 4-18B. For each beat within these cardiograms,
four points were recorded by a blinded observer (using IP Lab 3.0, Spectrum Analytics) which corre-
sponded to the locations of the dorsal and ventral ventricular wall. The end of systole was defined as the
maximum ventricular dimension while the end of diastole was defined as the minimum ventricular dimen-
sion. No micropipet electrode was used to obtain an electrocardiogram for the specimens as this would
have interfered with cardiac performance and optical imaging. Measurements were obtained for the heart
rate (HR), end diastolic and systolic dimensions (EDD, ESD), and ejection and fill times (ET, FT). The
ventral wall velocity (VWYV) was calculated by

VWV = EDD-ESD

2ET @D
and the fractional shortening (FS) was calculated from
EDD - ESD ’ ’

To determine the volume of the developing amphibian heart, an ellipsoid model was used assuming the two
minor axes (a) were equal and the major axis was twice the length of a minor axis (22)'38. Therefore, the
volume of the ventricle is

Volume = gna3. (4-3)

The ejection fraction (EF) was then determined from

V-V
EF = ( D SJx 100 (4-4)
Vb

where Vp is the diastolic volume and Vg is the systolic volume.
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FIGURE 4-18: OCT optical cardiograms. A) OCT image of beating ventricle with arrow
indicating acquisition site for B) Optical cardiogram of in vivo ventricle (v). Measured
parameters: EDD, end-diastolic dimension; ESD end-systolic dimension; ET, ejection
time; FT, filling time. ‘
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Measurement averages and standard deviations were obtained from 16 beats present in each optical
cardiogram. Paired t-tests were performed on all the measured data (heart rate, end diastolic/systolic
dimension, ejection/filling time) to determine if there were statistically significant changes between suc-
cessive recording times. The results of these statistics are described in the next section and listed in Table
4-1 and Table 4-2 which compare the response following a dose of verapamil, a calcium channel blocker.

4.4.2 Response to pharmacological agents

Following acquisition of normal OCT optical cardiograms, verapamil, an inotropic drug, was admin-
istered to vary the functional behavior of the embryonic heart as well as to determine the sensitivity of
OCT optical cardiograms for assessing functional changes. A 25 ng dose was administered to a specimen
by placing drops on the ventral side of the tadpole as the specimen rested in the optical imaging setup.
This permitted data acquisition prior to and immediately following administration and the ObSCI‘VElthIl of
the transient effects of the drug as it diffused from the external membrane to the heart.

An image of the beating heart prior to the verapamil does is shown in Figure 4-19A with a normal
optical cardiogram in Figure 4-19C. In Figure 4-19D and E, optical cardiograms illustrate the effects of
verapamil on the functional properties of the heart. These optical cardiograms were acquired at 1 and
4 min, respectively, following administration of verapamil. Figure 4-19B is an image of the ventricle
10 min following the verapamil dose. Here, cardiac motion is minimal and dilation of the ventricular
chamber is evident. -

Cardiac measurements and heart parameters were obtained as described for the initial optical cardio-
grams. From each OCT optical cardiogram, dynamic indices (heart rate, end diastolic/systolic dimension,
ejection/filling time) were measured (Table 4-1). Although many algorithms exist, such as the Pappus’
rule, summated ellipsoid method and biplane Simpson’s rule for modeling human ventricle volumes'>®- 160,
few studies have modeled the developing amphibian heart. Based on OCT image data of these embryomc
hearts, the ellipsoid model most closely approximates the in vivo ventricle. The calculated results are sum-
marized in Table 4-2. For all the measured parameters, only 3 out of 20 paired t-tests failed to have a
p-value below 0.05. In addition, 13 out of 20 had p-values less than 0.005. No significant change in heart
rate occurred after 2 min and no significant change in filling time was noted between the initial measure-
ment and 1 min after the verapamil dose. All other changes were statistically significant (p < 0.05).

As shown in Table 4-1 and Table 4-2, OCT demonstrated a decrease in heart rate after verapamil
administration, in addition to reductions in fractional shortening and ejection fraction. The EF reached a
minimum of 56£8% at 2 min before beginning to recover. The administration of an inotropic drug via dif-
fusion from the external ventral membrane to the heart was chosen to minimize side-effects that would
result from micropipet injections. Although diffusion does not result in a bolus of drug delivery, my
emphasis in this research was to demonstrate the use of the OCT technology for noninvasively assessing
changes in cardiac function, not to determine the specific effects of precise doses on the amphibian heart.

Incorporating high-speed OCT to assess the functional behavioral response to pharmacological
drugs provides rapid feedback on the organism’s state of health. The high-speed image sequences of the
beating Xenopus heart shown in Figure 4-17 was assembled from several beats. Although each image was
acquired in 250 ms (4 frames per second), the images were not sequential in time. This was a limitation of
the data acquisition system and computer memory. The development of the optical delay line
(Section 2.5.3) and direct data storage on super-VHS video tape enabled the acquisition of sequential
images at 8 frame per second (256 x 248 pixels). The surgical microscope described in Section 3.3 was
used for high- speed transverse scanning. The Cr**:Forsterite laser was used to provide high incident opti-
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FIGURE 4-19: OCT optical cardiogram variations following verapamil dose. A) OCT
image of beating Xenopus heart. C,D,E) Optical cardiograms acquired at 0, 1, and 4 min,
respectively, following verapamil dose. Lines indicate measurements of end-diastolic
(EDD) and end-systolic dimension (ESD) used to evaluate functional parameters. Image
in B was acquired 10 min after dose when heart had stopped.
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cal power to maintain an image SNR at 105 dB. The high-speed acquisition enabled immediate feedback
of scan location within the tadpole. Arbitrary image angles were explored to rapidly optimize image qual-
ity. The images in Figure 4-20 show transverse, oblique, and sagittal orientations of the in vivo cardiovas-
cular system. Valves were identified in Figure 4-20A and Figure 4-20B shows a longitudinal section of a
branch of the aorta.

TABLE 4-1: Measured parameters of verapamil effects on Xenopus cardiovascular

function.
Time bHear‘t Rate: Em.i-Dias.tolic En'd -Syst.olic EjectionTime | Filling Time
(mm) : (bpm) Dlmensnon Dimension (ms) (ms) .
(1m) (1m)

Initial 128 + 4 666 + 18 398 + 35 21722 251 +27
1 124+5" 616 % 13 371+27* 236+20 251£20
2 119 £4" 537+ 13 413 +30F 268 117 236+ 197
3 17£5 710+ 19% 507 £ 22% 223 + 417 288 + 34%
4 115+7 741 £ 17 478 + 20 279 +£31% 240+ 17%

g:;:;?ﬁig: *P <0.05 <001 *P<0.008

. Ventral Wall Fractional Ejection
Time . . .
(min) Velocity Shortening Fraction

(HmJs) (%) (%)
Initial 630 % 86 406 776

1 572 £ 109 405 776

2 366 + 69 23+5 56+ 8

3 504+ 104 29+4 6317

4 585+ 66 35+3 734

TABLE 4-2: Calculated parameters of verapamil effects on Xenopus
cardiovascular function.

- The administration of verapamil produced dramatic changes in the functional performance of the
heart. Changes in heart rhythm from a 1:1 atrial-to-ventricle conduction to a 2:1 heart block was observed.
A toxic dose of verapamil converted a normal ventricular rhythm heart into ventricular fibrillation. A
series of this is shown in Figure 4-21. The initial image shows the ventricle and an atrium. Over time, the
ventricle dilates and begins fibrillating. ‘
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FIGURE 4-20: Orientations of Xenopus heart acquired at 8 fps. A,B) Transverse and

oblique images illustrating valves (v) and artery (a). C,D) Sagittal sections of heart ventri-
cle, atrium, and vasculature. Bar represents 500 ym.

FIGURE 4-21: Verapamil-induced ventricular fibrillation. Drug (d) was applied on outer

membrane. Atrium (a) was displaced from imaging plane by dilating ventricle (v). Bar
represents 500 gm. '
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Optical measurements with OCT can be applied to the assessment of other variables such as cardiac
output and flow velocity. To achieve this, OCT can be configured to measure the velocity of moving tissue
and flowing blood using laser Doppler velocimetry'¢!-16%. Rather than having a fixed specimen in the sam-
ple arm and a moving reference arm mirror, the reference arm mirror may remain fixed and the moving
sample produces Doppler-shifted backscatter. Other variations including a moving reference arm mirror
are also possible. The frequency of this Doppler-shifted light can be used to calculate the velocity of the
moving tissue or blood. This is analogous to Doppler ultrasonography and will be explored in greater
detail in Section 5.4.

The investigation of cardiovascular development in animals models, utilizing the powerful technolo-
gies of molecular and cellular biology, has been aggressively pursued to understand the mechanisms
underlying cardiac dysfunction. However, severe limitations exist with current methods for assessing car-
diac structure and dynamics in these animal models, frequently forcing investigators to analyze phenotypes
with postmortem histopathology. The disadvantages of this approach include an inability to assess
dynamic information and the sacrificing of mutants which typically are in limited supply. I have demon-
strated the feasibility of OCT for overcoming the limitations associated with both histopathology and cur-
rent methods of imaging through its assessment of structural and dynamic information at micron-scale
resolutions.

Though organisms were anesthetized prior to imaging, real-time acquisition (30 frames/s) may offer
the potential for images to be obtained without the need to anesthetize specimens. Improved data acquisi-
tion rates will also enable 3-D images to be rapidly acquired and processed; petmitting the 4-D (x, v, z;
time) analysis of the dynamic functioning of the heart as well as morphological changes that occur during
development. The high-resolution, high-speed imaging provided by OCT should represent a powerful tool

for assessing and understanding the molecular basis of abnormal cardiovascular development.

4.5 Cellular and Subcellular Imaging

Optical coherence tomography is capable of cellular resolution imaging which may ultimately have
a role in the early diagnosis of human malignancies'®. Neoplasias are most responsive to medical inter-
vention at early stages, prior to undergoing metastasis. When these disorders arise from known premalig-
nant states, and if a detection method exists, the high risk population can be screened to reduce patient
morbidity and mortality. Organs where these premalignant conditions occur at relatively high frequency
include the esophagus, uterus, bladder, colon, and stomach. The ability to image these organs in real-time
at cellular and subcellular resolutions could represent a powerful tool for the early identification of neo-
plasms.

4.5.1 Technical considérations

Imaging at cellular and subcellular resolutions with OCT is a major technical challenge. This is par-
ticularly difficult for human cells which vary in size from 5-20 pm. For example, the stratified squamous
epithelium of the cervix has 10-20 um diameter cells with 5-15 um diameter nuclei. Larger cells include
megakaryocytes at 30 um and tumor giant cells as large as 100 pum in size. There are significant structural
changes in tissue which begin immediately after the tissue is separated from its in vivo blood supply. Cells
rapidly lose the oxygen and nutrients necessary to maintain ionic gradients and cell death begins within
minutes to hours. The hydrated state of in vivo tissue improves OCT image contrast enabling smaller
microstructure to be resolved. This will be illustrated in Section 6.6 with in vivo images of rabbit tissue.
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Contrast in optical imag'ing can generally be defined as

A_I Intensity Difference
] ~ Average Image Brightness’

(4-5)

Intensity differences can arise from changes in absorption, fluorescence, refraction, reflection, phase-shifts,
scattering, and polarization changes. A study by Dunn, et. al.'®” found that for confocal reflectance imag-
ing, changes in index of refraction contributed most to image contrast followed by absorption then scatter-
ing. Assessment of indices of refraction for cellular components can be used to determine which structures
are likely to provide contrast in OCT 1mages168 A listing of cell structures and their index of refraction is
shown in Table 4-3.

TABLE 4-3: Indices of refraction for cellular constituents!68-172,

Extracellular fluid 1.35
Cytoplasm 1.37 -
Nucleus 1.39
Mitochondria 1.42
Melanin ~ ~ 1.70
Structural fibers | 1.43

High contrast should particularly be present with melanin granules mitochondria, and structural fibers
because of their relatively high 1ndex of refraction. '

The macroscopic scattering coefficient can be defined as

n, = ¢(‘_V—¢)xc - (4-6)

where 0 is the volume fraction of cells relative to tissue, V is the volume of a single cell, and C is the scat-
tering cross-section!”®. The scattering coefficient represents an average of local tissue variation dependent
on the size of the imaging volume. Larger focal spot sizes with correspondingly larger confocal parame-
ters average out small scattering variations making individual cells difficult to resolve. In order to have
sufficient contrast within single cells, the imaging focal volume must be smaller than the dimensions of the
cell. Equation (4-6) also demonstrates why loss of tissue hydration or volume decreases the amount of con-
trast. For in vivo epithelial tissue, ¢ = 0.7 with a pg of 60-105 cm’l. If water is removed from tissue, the
volume of a single cell decreases thereby increasing the scattering from the tissue. Regions of relatively
low scattering are absent from the dehydrated tissue. Backscatter from a particular location within tissue is
characterized on the macroscopic scale by the scattering coefficient and the anisotropy factor. Changes in
backscatter depend on the size, shape, and index difference of the scatterers within the focal volume.

Contrast and resolution in OCT images degrade with increasing depth. Coherent multiple-scattering
processes or speckle results in a reduction of lateral coherence at the detector aperture and produces a
speckled appearance in OCT images. Additionally, interfacial reflections and absorption from overlying
tissue reduce the power available at greater depths. One means of reducing speckle and improving contrast
is by using higher NA objective lenses. Schmitt, et. al.'>® determined that broader bandwidth sources, with -
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correspondingly shorter coherence lengths, improve image contrast. However, due to speckle noise,
improvements in resolution are less obvious. A reduction in the coherence time from 50 to 16 fs does not
change the nature of the speckle because during the detection time window, several cycles of the center
optical frequency are still detected. ' ‘ “

A study performed using high-frequency ultrasound compared various high-frequency transducers
with achievable resolution®!. At each resolution, the smallest resolvable tissue structure or cell was identi-
fied. The results are found in Table 4-4. Although acoustical properties of cells at these frequencies may

TABLE 4-4: High-frequency ultrasound imaging of human cell

21

structure“'.
Frequency ‘ Resolution Observations
100 MHz 10 um macro cell structure
200 5 ' myocytes (20-30 pm)
400 - 25 _ lymphocytes (10-12 pm)
600 1.7 myofibrils (1.2 pm)

permit individual cells to be resolved, this does not necessarily imply the same would hold true for optical
resolutions. However, this study provides approximate resolutions needed for cellular imaging. This study
therefore suggests that OCT resolutions of 5 pm may be sufficient to image cells 20-30 wm in diameter.

The Xenopus developmental animal model was selected because it is relatively easy to care for and
handle. This model also provides a variety of cell-types with high mitotic indices. Many of the cells
observed were as large as 100 pm in diameter, but ranged in size down to dimensions below the resolution
of this OCT system. Images of various mesenchymal cells sizes are shown in Figure 4-22. The Cr**:for-
sterite laser was used for imaging. Axial and transverse resolutions were 5 and 9 um respectively. These
images provide an evaluation of cell size limits for future human investigations. Cells as small as 15 pum in
diameter could be imaged with this OCT system. The size of most malignant cells in humans varies dra-
matically, showing an approximate correlation with the degree of differentiation. As a general rule, cell
dimensions found in human neoplasias are typically in the range of 10-40 um and therefore, similar in size
to the cells imaged in this animal model. With low-grade dysplasias, cell size tends to be smaller and will

~ be more difficult to resolve with OCT at 5 um resolution.

The use of broader bandwidth laser sources at other wavelengths in the near-IR can be used to
increase image resolution. Shorter coherence length laser sources have been used to achieve higher axial
resolutions®®-3%:174 on the order of 2 to 4 pm. OCT can be performed using a high numerical aperture lens
to achieve high transverse resolutions, as in confocal microscopy, at the expense of reducing the depth of
field'!7. With these higher resolutions, in vivo imaging of individual human cells may be possible.
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FIGURE 4-22: In vivo cell sizes imaged with OCT. Dimensions refer to diameter of cell
indicated by the arrow. "
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FIGURE 4-23: Differentiated and undifferentiated cells. Encircled cells represent two
states of cellular differentiation. Differentiated cells have small nuclear-to-cytoplasmic
(N/C) ratios whereas undifferentiated cells have larger N/C ratios.
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Cellular imaging in in vivo human tissue may not be absolutely necessary to extract useful informa-
tion regarding the state of differentiation of the cells within the tissue.  The nuclear-to-cytoplasmic (N/C)
ratio of a cell is a histopathological indicator of the state of differentiation. Cells with high N/C ratios are
less differentiated often indicating a high degree of cellular division or rapid tumor growth. In addition,
the degree of pleomorphism, the variation of differentiated and undifferentiated cells within a tissue, can
indicate possible early neoplastic changes. Examples of these two types of cells are shown in Figure 4-23.
The images shown were acquired from regions that, at this developmental stage, are considered differenti-
ated and undifferentiated'>!. However, no molecular techniques were performed to validate the precise
state of cell differentiation. Area measurements of the nucleus and cytoplasm were taken from each image
using Image 1.60 (NIH). The comparison is shown in Table 4-5. The left image in Figure 4-23 was
acquired from a more differentiated region of the Xenopus ventral membrane. The N/C ratio and the
degree of pleomorphism is low compared to the undifferentiated image on the right, which was acquired
from a rapidly developing region near the dorsal neural tube. In human cells, the N/C ratio approaches 1:1

TABLE 4-5: Comparison of differentiated and undifferentiated cell area measurements
obtained from images in Figure 4-23.

Differentiated cells

Undifferentiated cells

Nuclear area

small - 216 pm?

large - 832 pmz

Cytoplasmic area

large - 7488 pim?

small - 12012 pum?

Nuclear:cytoplasm ratio

low - 1:35

high-1:14

Pleomorphism

low

high

for undifferentiated cells. The larger N/C ratio subsequently implies less cytoplasm ‘which result in higher
scattering coefficients. Studies by Liu, er. al.!”' have shown that a 100 nm decrease in the radius of a cell
will affect the reduced scattering coefficient by as much as 37%. This indicates that changes in cell size or
N/C ratios may be detectable using OCT.

Current subcellular imaging of developing Xenopus mesenchymal cells has helped establish neces-
sary protocols for future in vivo cellular imaging in humans. The dynamic nature of living cells requires a
means of tracking cells in tissue. For these experiments, three-dimensional OCT imaging was performed
over time to enable subtle cell movements to be recorded within the acquired volume. A series of 2-D
OCT cross-sectional images were acquired at spacings that ensured oversampling in the third dimension.
Hence, the nuclei of the cells were imaged in at least one of the 2-D images contained within the 3-D vol-
ume. Such 3-D imaging may be necessary in humans. However, high-speed imaging at cellular resolu-
tions may permit real-time tracking of a cell by positioning the OCT imaging plane at arbitrary angles.
The ability to position the OCT imaging plane at arbitrary angles is advantageous especially when cell
division is to be observed. The division of a parent cell into two daughter cells may not always occur in the
same OCT imaging plane.

Precise image registration with histology is more problematic at the cellular level. The comparison
of Xenopus cardiac structures in Figure 4-7 and mesenchymal cells in Figure 4-24 represents excellent cor-
relation at the cellular level. Such correlations are difficult considering that cells may divide, enlarge, and
migrate between the time the cells are imaged and the time the specimen is euthanized and fixed for pro-
cessing.
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4.5.2 InVivolmaging

Although previous studies have demonstrated in vivo OCT imaging of tissue morphology, most have
imaged tissue at ~10-15 um resolution which does not allow differentiation of cellular structure. The
Xenopus laevis (African frog) tadpole was used to demonstrate the feasibility of OCT for in vivo cellular
and subcellular imaging. The ability of OCT to identify the mitotic activity, the nuclear-to-cytoplasmic
ratio, and the migration of cells was evaluated. OCT images were compared to corresponding histology to
verify identified structures. These results have implications for OCT imaging of in vivo cellular morphol-
ogy which, on extension to humans, could represent a powerful tool for the early evaluation of neoplastic
changes.

Specimens ranged in age from 14-28 days (Stage 25-30). Drops of housing-tank medium were
placed over the specimen at 5 minute intervals to prevent dehydration during imaging. Multiple two-
dimensional cross-sections (900 x 600 ptm, 300 x 300 pixels) were acquired perpendicular to the antero-
posterior axis. Fifteen two-dimensional cross-sections acquired at 5 pm intervals were assembled to pro-
duce a 3-D data set. Three-dimensional volumes were acquired every 10 min from the region posterior to
the eyes and lateral to the neural tube of the specimen.

Immediately following image acquisition, the location of the image planes was marked with India.
ink for registration between OCT images and histology. Specimens were euthanized by immersion in
0.05% Benzocaine for 1 hr. and then placed in a [0% buffered solution of formaldehyde for standard histo-
logical preparation. Histological sections, 5 um thick, were sectioned and stained with hematoxylin and
eosin for comparison with acquired OCT images. Correspondence was determined by the best match
between OCT images and light microscopy observations of the histology. Images were processed using IP
Lab 3.0 (Signal Analytics) on a Power Macintosh 9500/200. The 3-D volumes were analyzed to identify
individual cells and track these cells within the acquired volumes over time. Cell position was determined
by measuring distances from two internal reference points, the neural tube and the outer membrane.

A comparison between OCT images and corresponding histology is shown in Figure 4-24. The

~comparison between Figure 4-24A and B confirms the presence of multiple nuclei and cell membranes.

The seemingly wide cell membranes in the OCT images are actually composed of membranes and extra-
cellular matrix. The variation in correspondence between the OCT image and histology in Figure 4-24A
and B is likely due to small angular deviations in the histological sectioning plane or cell movement prior
to fixation. The OCT image in Figure 4-24A illustrates cells with varying size and nuclear-to-cytoplasmic
ratios. Based on image measurements, cells as small as 15 pm in diameter can be imaged. An enlarged
OCT image of a dividing cell is shown in Figure 4-24C with corresponding histology in Figure 4-24D.
Two distinct nuclei are clearly shown. To the right of the nuclei, the membrane has begun to pinch in. The
OCT image in Figure 4-24E demonstrates the high backscatter observed from melanin contained within
neural crest melanocytes and tissue structures. Two melanocytes located within the superficial membrane
are indicated by black arrows while a melanin layer from the pigmentation pattern is indicated by the white
arrow. The corresponding histology in Figure 4-24F verifies these observations.
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FIGURE 4-24: Cellular histological correlation. A-D) Xenopus mesenchymal cells, E,F)
Xenopus melanocytes (black arrows) and pigmentation pattern (white arrows). '
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4.5.3 Cell Mitosis

Mitosis is the process by which a parent cell replicates DNA and physically divides into two daugh-
ter cells. This process contributes to the growth of an organism and the differentiation of progenitor cells
into specific tissue types. Abnormal mitotic activity can result in unregulated growth, poor differentiation,
and the growth of neoplasms. The ability to assess the mitotic stage of cells, in vivo, and to determine their
state of differentiation will provide key diagnostic potential for the early detection of neoplasms in

“humans. The cell cycle is diagrammed in Figure 4-25.

S phase
M phase

non-dividing
0

FIGURE 4-25: Cell cycle diagram.

The cycle is divided into four segments. During the S phase, synthesis of nuclear DNA occurs. The
M phase represents actual cell division or mitosis. The synthesis and mitosis phases are separated by gap
phases (G and G,) which provide additional time for cell growth. The G| phase can be very long depend-
ing on the age of the specimen and the local cellular environment. The G, phase serves as a safety gap
ensuring DNA replication is complete before beginning to divide. The complete cell cycle, or mitotic
index, can occur as rapidly as 8 min in developing embryos or as slowly as days to weeks in developed tis-
sue. Cells may enter into a Gy phase which is a resting state that can last for years. The mitosis portion of
the cell cycle is when actual cell division occurs and is further broken into phases as shown in Figure 4-26.

Mitosis begins in interphase when chromosomes are decondensed. This is followed by prophase
when chromosomes condense and separate chromatids may become visible. In metaphase, the spindle is

- formed which will function to separate the chromosome pairs. Centromeres divide in anaphase and in telo-

phase, the nuclear membranes reform, microfilaments contract, and the two daughter cells pinch apart.

In order to confirm the ability of OCT to identify cell division, a sequence of OCT images following
the mitotic activity of a single cell is shown in Figure 4-27. A number of mesenchymal cells are observed
within each image. These undifferentiated cells range in size from 100 pm down to sizes below the current
resolution of OCT. Cell nuclei and cell membranes are readily apparent as regions of high backscatter
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FIGURE 4-26: Cell mitosis phases'”>.

compared with the low backscattering cytoplasm. A number of cells show sub-nuclear morphology such -
as the regions of increased optical backscatter within the nucleus in Figure 4-27A. One possibility is that
these are regions of varying chromatin concentration, indicative of high mitotic activity.

Within each image, cells can be found in various stages of mitosis and exhibit a high degree of pleo-
morphism. Mitotic activity of one parent mesenchymal cell and the migration of the two daughter cells is
shown in the sequence. The parent cell (arrow) in Figure 4-27A is in telophase and the chromosomes
appear to have reached the mitotic poles. The membrane in the upper left of this cell has begun to pinch in.
Ten minutes later, in Figure 4-27B, there is more distinct separation and the appearance to two adjacent

‘nuclei. After an additional 10 minutes, the two daughter cells in Figure 4-27C have a distinct membrane

separating them. The remaining figures (D-F) show the increasing separation of the nuclei and the growth
in cell size.
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FIGURE 4-27: OCT imaging of Xenopus mesenchymal cell mitosis. Parent cell indicated
by the arrow in A undergoes mitosis and divides into two daughter cells indicated by the
two arrows in B-F. Following cell division, daughter cells migrate apart and increase in
size, preparing for subsequent cell division. Images were from 3-D data sets acquired at
10 min intervals.
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4.5.4 Cell Migration

Cell migration, like mitosis, has a positive role in development as well as a negative role in the
spread of neoplasms. The capability of monitoring cell migration through an organism would be a power-
ful tool in a variety of developmental and molecular models and may have clinical applications in oncol-
ogy. In developing embryos, neural crest cells originate from the newly formed neural tube and migrate to
differentiate into cardiovascular and epidermal tissue. In neoplasms, tumor cells will migrate and pene-
trate tissue contributing to the growth and spread of the tumor. When a tumor metastasizes, the spread of
tamor cells is over greater distances usually through the circulation. Tumor cell migration still occurs
while the cell enters and exits the blood stream.

The neural crest cells of the developing embryo migrate along two distinct pathways as shown in
Figure 4-28. Progenitor cells which migrate to the dermal layers follow Path 1 while cardiac progenitor

Cross-Section of Developing Embryo

Neural Tube Path 1

Epidermis

Dermamyotome

Sclerotome

Path 2
Notochord

Aorta

FIGURE 4-28: Pathways of neural crest cell migration'’>. Cells (melanocytes) migrating
along Path 1 travel near dermal skin layers to establish the pigmentation pattern in the
skin. Cells migrating along Path 2 travel from the dorsal neural tube to differentiate into
cardiac and vascular tissues.

cells follow Path 2. The neural crest cells of Path | are also called melanocytes due to their high concentra-
tion of melanin. These cells are also responsible for establishing the pigmentation patterns of the organ-
ism. Melanin has a high index of refraction compared to surrounding tissue structures and therefore results
in higher optical backscattering in OCT images. This facilitates tracking melanocytes deep within scatter-
ing specimens.
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FIGURE 4-29: OCT tracking of neural crest cell (melanocyte) migration. A single migrat-
ing melanocyte (m) was tracked by acquiring 3-D data sets at 10 min intervals. Unlabeled
arrows in A indicate internal points from which migration measurements were referenced.
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FIGURE 4-30: Three-dimensional plot of neural crest cell (melanocyte) migration.
Labelled data points refer to images in Figure 4-29 from which X,Y measurements were

obtained. Z measurements were obtained from position of OCT image plane within 3-D
data set. :
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The ability of OCT to track individual cell movement is illustrated in Figure 4-29. A neural crest
melanocyte (m) in Figure 4-29A, was imaged at 10 minute intervals by acquiring three-dimensional vol-
umes containing the cell. From each volume, the 2-D cross-section acquired through the center of the cell
is shown in Figure 4-29. Because of slight changes in specimen movement over time, internal morpholog-
ical features and markers within the image were used as reference points. The top arrow in Figure 4-29A
indicates the outer membrane of the specimen while the left arrow indicates a melanin layer covering the
* dorsal neural tube. Each was used as an internal reference point.

A three-dimensional plot of cell position within the specimen is shown in Figure 4-30. The X and'Y
Cartesian coordinates were determined from the image measurements obtained in Figure 4-29A-F. The Z
- coordinate was determined from the cell movement between planes of the three-dimensional volume. The

points labelled A-F correspond to the images shown in Figure 4-29. The cell migration between each
labelled point corresponds to 10 minute intervals. This plot indicates the cell migrated along a curved path
~progressing first dorsolaterally and then dorsomedially. Projections of the migration are also shown in Fig-
ure 4-30 in the transverse, coronal, and sagittal planes. The likelihood of specimen motion artifact within
this data is high. Measured cell migrations of 20-60 m were not significantly larger than the resolutions
of the system. Although the specimen was repeatedly hydrated, drying and motion artifacts are possible.
The movement in Figure 4-30 from point D to E is large and inconsistent compared to the movements dur-
ing other intervals, suggesting a possible artifact. However, these results demonstrate a general protocol
for tracking cell migration. More definitive results are possible with higher image resolutions and longer
tracking times.

4.6 Significance for Developmental Biology

This research represents the fundamental demonstration of OCT in the field of developmental biol-
ogy and microscopy. These results are significant because they illustrate OCT as a research microscopy
technique for observing the in vivo morphological expression of the genetic program. With rapidly
advancing molecular biology techniques, scientists can site-specifically modify the genomes of develop-
mental biology animal models. OCT is useful to observe not only normal development, but also abnormal
development and can characterize the morphological changes that result from mutations. OCT fills a niche
between high-resolution light and confocal microscopy and the larger, more clinical modalities such as
ultrasound, CT, and MRI. The 5-15 pm image resolutions are ideal for developing specimens a few milli-
meters in size. The size of these specimens is often too large for confocal and too small for MRI micros-

copy.

The cross-sectional imaging in non-transparent embryos at near-histological resolutions enables
repeatable in vivo imaging without having to sacrifice the specimen. This is particularly useful in estab-
lished mutant specimens which are often difficult to produce and limited in number. The non-contact, non-
invasive imaging of OCT can be used to track the development of single specimens over time. The use of
high-speed OCT imaging of cardiac structures enabled functional imaging to be performed in these speci-
mens where previously this had been unattainable. OCT imaging will enable developmental research on
genes which are expressed not only morphologically, but also functionally as in the cardiovascular system.

4.7 Implications for Human Tissue

-Subcellular imaging was demonstrated in a living, nontransparent, organism with OCT. This sug-
gests a feasibility for assessing neoplastic changes in humans. The observations of greatest clinical rele-
vance were the ability to identify active cell division and assess nuclear-to-cytoplasmic ratios, two
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important markers of malignant transformation. Both observations were correlated with histopathology.
In addition, to further confirm the ability of identifying cell division, a single cell was followed through a
single division cycle and changes in morphology were noted. A change in the backscattering intensity
from nuclei was also noted as a function of time. This is postulated to represent a change in the concentra-
tion or packing of chromatin, which may be of diagnostic relevance.

The ability to track single cells as they migrate through tissue has future clinical relevance. Follow-
ing malignant cells in vivo in animal models may help researchers understand the mechanisms of cancer.
In many cases, the resection of tumors and tumor cells must be complete, as even single cells may continue
to divide and produce a second tumor. OCT imaging at the cellular level may have the potential to identify
tumor cells which have migrated away from the central tumor. The first stage of tumor metastasis is the
penetration of tumor cells through the basement membrane of epithelial tissue. This process may be mon-
itored in vivo to further understand mechanisms and characterize treatment effectiveness.

The investigation of developmental biology animal models using OCT serves as a clear demonstra-
tion for imaging tissue microstructure. Imaging at high cellular resolutions in these models identifies the
future challenges for imaging at the cellular level in human tissue. With this fundamental information,
OCT images can be characterized and OCT imaging techniques can be applied toward surgical diagnos-
tics.
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Chapter 5

- Image Characterization for Surglcal
Diagnostics

5.1 Introduction

The OCT images of biological tissue can be used to obtain diagnostic information relevant to surgi-
cal applications. Understanding the propagation, absorption, and scattering of near-infrared light in bio-
logical tissue will permit further insight into how OCT images represent tissue microstructure. The use of
contrast-enhancing agents, either endogenous or exogenous, may improve discrimination of tagged struc-
tures. OCT can be configured to perform Doppler velocimetry for imaging moving backscatterers such as
red blood cells. This diagnostic technique would enable assessment of tissue perfusion or detection of sub-
surface vessels during surgery. This chapter will also examine three-dimensional OCT imaging and the
representation of 3-D data sets. Viewing OCT data in 3-D provides xmproved spatial orientation that can
assist surgeons in localizing structures. Finally, signal processing techniques are demonstrated which may
improve the quality of OCT images and segment selected morphological features for future computer-
assisted diagnostics.

5.2 Optical Properties of Tissue

The use of longer wavelengths (1300 nm) for OCT imaging was found to improve imaging penetra-
tion in highly-scattering tissue compared to the 800 nm wavelength used for initial studies in
ophthalmology70 This strong dependence on wavelength can be noted if one assumes that scattering is tis-
sue is due to particles much smaller than the wavelength, called Rayleigh scattering!’®. The total scattered
power is proportional to the fourth power of the wavenumber or inversely proportional to the fourth power
of the wavelength!%®, Hence, longer wavelengths are scattered less than shorter wavelengths. The scat-
tered power is also proportional to the sixth power of the radius of the scatterers within the Rayleigh limit.
In human tissue, Rayleigh scattering occurs for small particles or molecules. However, Mie scattering,
scattering from particles on the order of the wavelength!7>!77, is dominant in human tissue!”8. Detailed
~ descriptions of both Rayleigh and Mie scattering are beyond the scope of this thesis.

For propagation through biological tissue, the near-infrared wavelengths lie within the “biological
- window” in tissue!” as illustrated in Figure 5-1. At shorter wavelengths, absorption is due to the protein
and DNA within cells. Hemoglobin and melanin dominate absorption in the visible and near-IR wave-
lengths while at longer wavelengths, water absorption is prominent. Biological tissue is modeled as having
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FIGURE 5-1: Wavelength dependence of absorption and scattering in biological tissue’8°.

a 75% water content making water absorption at longer wavelengths a significant limiting factor. The
near-IR wavelengths (800-1500 nm) lie within a region of minimum absorption where within this biologi-
cal window, scattering processes dominate.

The absorptlon and scatterlng properties of tissue are deﬁned by the absorption and scattering coeffi-

cients, 1, (cm’ ) and (cm ), respectively. These coefﬁc1ents are based on the transmission of light
through a pathlength z in tissue

P = ¢ M P = ¢ Bt (5-1)

where [,z and gz are << 1 and P,P represents the probability that a photon will travel through a path-
length z and not interact with the tissue. The total attenuation coefficient |1, is expressed as the sum of the
absorption and scattering coefficients

l’l‘[ = u’a + “‘3' | | (5-2)

Alternatively, these coefficients may be used to express the mean free path (MFP) a photon travels before
interaction with the tissue occurs. These are given by the reciprocal of the coefficients with units of centi-
meters ’

1 .
l = — l = — l = —. 5'3
a ua 5 “s I3 “’t ( )
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In biological tissue, and particularly at near-IR wavelengths, scattering dominates over absorption
(g >> u,)'8. Multiple scattering events will likely occur before absorption. When a scattering event
occurs, the function which describes the probability of photon deflection is dependent on the deflection
angle 6 and the azimuthal angle ¢. If one assumes a symmetry in the azimuthal plane, then only a 8 depen-
dence exists. An average dimensionless parameter g is used to characterize the scattering event. The
parameter g is defined as

' i
g = (cosB) = J. P(cos8)cosBd[cosB] (5-4)
_ -1
where P(cos 6) is the probability of a photon scattering at an angle 6 and
1
'[ P(cosB)d[cosB] = 1. : (5-5)
-1

In tissue, scattering heterogeneities range from macromolecules (< 10 nm) to cellular organelles
(=100 nm) to cells (> 10,000 nm). Structures on the order of the wavelength (1000-1500 nm) are the
strongest scatterers responsible for forward-directed Mie scattering. Structures much smaller than the
wavelength are responsible for isotropic (g = 0) Rayleigh scattering. For the human dermis, the g in Mie
scattering is ~ 0.92 at 632 nm and about 10% of the scattering is Rayleigh!82!83. ‘

The g parameter is incorporated with y to define the reduced scattering coefficient
Hy=pu(l-g) | (5-6)

which weights scattering with the anisotropy of the tissue. For high g values (g = 0.92), the reduced scat-
tering coefficient is only 8% of p.

The absorption and scattering coefficients are related to both the density p and cross-sectional area &
of the absorbers and scatterers within the tissue. These are related by '

e = PO, = P4, (5-7)

and

us = pscs - pscsA: (5-8)

where A is the effective cross-sectional area and € is an efficiency factor. These equations illustrate that
scattering or absorption will increase if the density or cross-sectional area increases. Light propagating
through tissue is attenuated by absorption and scattering according to Beer’s Law

o Hat gz

E(z) = Ey(1 ~Tipec) (5-9)
where E(z) is the fluence rate (W/m?) of light at position z in the tissue, Ey is the initial fluence, and Tspec 1
the Fresnel specular reflection at the surface. This exponential attenuation is observed in OCT images as

the progressive loss of signal with increasing depths of penetration. The rate of attenuation observed is a
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factor of 2 times faster than given in Equatlon (5-9) because of round- -trip propagation into and out of the
tissue.

The OCT beam propagating through tissue will interact with refractive-index inhomogeneities which
can be treated as individual particles with isotropic backscattering cross-sections. The focused illumina-
tion from the OCT light source is re-radiated as an approximately spherical wave and passes back through
the imaging system where it interferes with the reference arm wave. Single backscatter theory assumes
that the incident beam interacts with only one particle within the tissue. In this case, the signal at the detec-
tor would be a sum of currents produces by the individual particles. Despite the highly scattering tissue
medium, a small probability exists that a single backscattering event will occur. This was given by P in
Equation (5-1). A theoretical model for OCT of heterogeneous tissue has been developed by Schmitt and
Knuttel'?*. Three reference planes are established. A lens plane at L = 0 contains the microscope objective
which focuses the OCT beam onto the specimen. A tissue surface plane is located at L. = d, and a backscat-

“ter plane at L = d + nz contains the backscattering particle. If one lets R equal the radius of a collimated
Gaussian beam and Ig(7)| equal the Gaussian function defined by '

-2 o 0.4422
lg(t) = exp(-r—z—] with v (5-10)
C

then according to Schmitt and Knuttel'?, the amplitude of the forward- propagatmg unscattered optical
field in the backscatter plane of the partlcle is given by

/\/ N samp

U0 L) = o | s olexp( <55 Jenp i (- pr2- i p2 - (Y] (5-11)

The vectors p and r are the field vectors in the lens and backscatter planes, respectively. The variable Psamp-
is the total power in the sample arm, L = d + nz is the distance from the lens to the particle, and f is the
focal length of the lens. If the small probability, P, of a single backscatter event is considered, then the
sample-arm field propagated back to the lens is given by

S U(h L) o _ v
»_Us(ﬁ, 0) = —.—L_A/—bexp(—ud_z)exp[iﬁ(?'—ﬁ)z—i—-k—f —ikL:l (5-12)

where O, is the backscattering cross-section of the particle. The back-propagated field in the reference arm-

with a power P ¢ is
o P . 52 ’
5,0) = | exp( P2 _; A i

which can be interfered with the field from the sample arm in Equation (5-12). For a single backscatter
event, phase information in the cosine term of the autocorrelation function is preserved. Previous work has
established imaging depth limits for which single backscattering will occur in highly scattering tissue. A
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transillumination OCT system using a femtosecond laser demonstrated that for unscattered light, the max-
imum sample thickness was ' ‘

1 (E |
= Eln(m) (5-14)

where E/hv is the number of incident photons!'34!85. Using single backscattering theory in heterodyne
detection as outlined above, an imaging depth limit with a SNR = 1 was determined as '

1 =2
to= —| — M2 5-15
: 2u,[4n,2 ) | 1

where n, is the index of the tissue and M is the magnification of the imaging lens'!”. For both of these lim-
its, single-backscattering would occur up to 15-20 MFPs. These limits, however, neglect any contribution
multiple scattering might have on the detected signal. '

As the OCT sample arm beam propagates deeper into tissue, the likelihood of multiple scattering
increases. Because scattering particles in tissue are roughly equal to or larger than the wavelength, multi-
ple scattering will be in the forward direction. . The loss of light, however, is minor because most of the
light is forward scattered through a narrow angle. The overall divergence of the beam due to multiple scat-
tering, in both the forward- and back-scattered directions, will induce a loss of transverse coherence at the
detector aperture.

This loss of coherence can be investigated with the mutual coherence function which describes the
spatial and temporal fluctuations of two functions at positions r; and Iy

T(Fy, Py 1) = (UH (R, DUy, t+1)). (5-16)
Normalized to the intensities at each point, the complex degree of coherence is obtained

r(i‘]) }27 T)

Y, 75 T) = .
v 1))

The above function will vary between 0 when the two points are independent with randomly fluctuating
phases to 1 when the two are completely correlated. Instead of being expressed in terms of time delays, the
mutual coherence function can also be written in terms of position z in space

(5-17)

T (4, by 2) = (U(H)U(E,)). (5-18)

The squared detector current in terms of the mutual coherence functions from both the reference and sam-
ple arms can be written as

13 = 2n2q2|g(1)|2.|‘J-1“r(1“1, b DT (3, by 2)dF (5-19)
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where 1 is the quantum efficiency of the detector, q is the electronic charge, and Ig(t)! is the Gaussian func-
tion defined in Equation (5-10). The photocurrent generated from the multiply scattered light will retain
the cosine phase term as for the case of single-backscattered light. However, the phase term represents a
collection of scattering from many particles within the focal volume. :

The total signal current at the detector is represented by the sum of the single-backscatter and multi-
ple-backscatter components. Schmitt and Knuttel'? express this as

IID(r’ Z)l = IIT,sbl + (I%, ms>1/2' (5-20)

The first term in the sum is a coherent summation of single-backscattered components from a collection of
independent particles within the tissue. The second term is obtained by summing the signal powers of
multiple-scattering events from each particle. Because the phases are random, coherent summation is not
possible.

Schmitt and Knuttel modeled the contributions from small and large particles using computer
simulations'?’.. These simulations offer practical insight into the OCT imaging characteristics of tissue.
The size distribution of scatterers determines the relationship between attenuation and backscatter of the
imaging beam'?’. Therefore, because tissue is composed of a wide size distribution of scatterers, the
detected OCT signal is a combination of these two effects. Two different mechanisms are responsible for
producing these effects. Small scattering centers are primarily responsible for the backscattered signal
with little effect on coherence properties while the larger scatterers are responsible for attenuating the sig-
nal. When the contribution of multiple-scattered light exceeds that of the single-backscattered light, con-
trast in an OCT image is lost. Hence, contrast is best in tissue containing the lowest concentration of large
spheres. The loss of image contrast also determines the maximum probing depth. Based on the optical
properties of a typical soft tissue with a backscattering coefficient py, = 0.042 mm/sr, a scattering coeffi-
cient [y = 6.0 mm’!, and a mean scattering angle 8:ms = 8°, a maximum probing depth of 1-1.5 mm was
estimated'?°. This corresponds well with imaging depths observed in soft human tissues shown in Chapter
6.

By detecting the envelope of the signal current in Equation (5-20), phase information is lost. How-
ever, effects due to speckle are still present. Speckle is the result of multiple-scattering foci that are sepa-
rated by less than one coherence length. Scattered fields can interfere constructively and destructively with
one another at the detector. Within the image, speckle reduces resolution and contrast. Speckle can be
reduced by decreasing the coherence time of the source, by low-pass filtering the signal current (which also
blurs the OCT image), and by averaging of image data as will be shown in Section 5.6.1.

This model of OCT in heterogeneous tissue offers new insight into the dependency of OCT image
characteristics on scatterer size and distribution. However, the model only uses two sphere sizes and is an
extreme simplification. This model also does not account for non-random arrangements of scatterers, for
light loss due to wide-angle scattering from large tissue structures, or for the effects due to polarization. In
spite of these limitations, it provides a fundamental understanding of OCT image characteristics. '

5.2.1 Tissue structure

- The primary advantage of OCT is the accuracy to which an OCT image correlates with the in vivo
tissue microstructure. Histological preparations of the imaged tissue are used for comparison. It must be
re-emphasized that a thorough understanding of how each technique provides contrast within images is
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necessary. OCT images are composed of variations in optical backscatter intensity from a light source that
has been directed from above the tissue. Contrast is highly dependent on the local absorption and scatter-
ing properties of the tissue and within the focal volume. Histological sections, in contrast, are differen-
tially stained to highlight particular features and then viewed with transilluminated white light under a
microscope.

The representation of tissue microstructure in OCT images depends largely on the resolution of the
system. Because human cell sizes are close to the current resolution of OCT, distinguishing cells is com-
plicated by speckle. To investigate whether small, highly backscattering foci in OCT images could possi-
bly represent cell nuclei stained dark with hematoxylin and eosin (H & E), image processing was
performed on a digitized histology image and compared with the corresponding OCT image. The results
are shown in Figure 5-2. The initial histology image was from an H & E stained section of human uterus
which was digitized with 1 pm resolution. The image is progressively blurred to 20 pm resolution using a
2-D Gaussian noise function. The OCT image of the same tissue and site is shown in the last figure. This
was acquired with 6 um axial and 18 um transverse resolution. The three-times poorer resolution in the
transverse direction is evident from the elongation of regions of high backscatter. The OCT image appears
very different from the histology at 20 um resolution. The dark regions in the histological image represent
the dark cell nuclei and are large compared to the backscattering regions in the OCT image. The surface
contour of the histological section is relatively smooth compared to the OCT image. The OCT image
shows surface collections of fluid, giving the false impression of a smooth surface. This emphasizes the
role that tissue fixation may play in tissue. Finally, this example illustrates why OCT images may not
directly correlate with histology at the cellular level. The H & E staining of nuclei are responsible for the
high contrast in the histology images. This contrast may not be equal to the contrast due to changes in
index of refraction in OCT images.

The polarization state of light returning to the interferometer affects the amplitude of the detected
signal. This was first characterized using a polarization-sensitive low-coherence reflectometer!3¢ and later
used to image birefringence properties of in vitro tissue!®’. A number of biological tissues have regular,
repeating structures that are birefringent and can affect the amplitude of the signal. The aligned collagen
fibers of the comea, the retinal nerve fiber layers, and striations of muscle have all have birefringent prop-
erties. The birefringence properties can be used to selectively image these regions of tissue.

Twisting the fiber in the reference arm varies the polarization state in this arm which will maximally
interfere with the same polarization state returning from the sample. For layers of muscle fibers, this
results in incréased signal from various birefringent layers of muscle depending on the orientation of the
muscle fibers. A demonstration of the effects this has on OCT images is shown in Figure 5-3. The vertical
black bar identifies a region of low backscatter which is shifted through the tissue as the polarization state

“in the reference arm is varied. In addition to varying the polarization state to diagnostically assess tissue
structure, loss of birefringent structural properties may be an early indication of tissue damage during ther-
mal laser ablation!87188,
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FIGURE 5-2: Progressive blurring of histology image for comparison with corresponding
OCT image. Tissue specimen is human uterus. Upper left image is an H&E stain histo-
logical section digitized with 1 um resolution. Image is blurred to 20 um resolution and
compared to the corresponding OCT image. The 18 pm transverse resolution is notice-

ably worse than the 6 xm axial resolution as evident by the elliptical regions of high back-
scatter.

FIGURE 5-3: Birefringent properties of bovine muscle. Vertical bars illustrate region of
low-backscatter which was shifted in depth by varying the polarization state of the refer-
ence arm. Horizontal bar represents 1 mm.
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5.2.2 Image artifacts:

In addition to inherent tissue properties which affect the representation of tissue in OCT images,
image artifacts can falsely represent tissue morphology. Curved surfaces either at the tissue surface or
embedded within the tissue are locations where refraction will occur. In an image, the represented tissue
will be angularly displaced from its actual position. This will be clearly demonstrated in Section 5.3.1
where an air-filled microsphere does not appear spherical in the OCT image.

Shédowing by highly backscattering tissue represents loss of signal to positions below. These arti-
facts are clearly identified as vertical streaks within the image as seen in Figure 4-10 where the highly

-backscattering pigments of the Xenopus retina prevent signal from penetrating deeper into the tissue. The

same effect is observed when blood is present during imaging. The highly scattering red blood cells will

- prevent underlying tissue from being imaged.

All of the tissue imaged for this thesis was either living or maintained fresh in a saline solution. This
was an effort to maintain near in vivo tissue quality. Fixation of tissue begins by immersion in formalin
which is buffered formaldehyde. This solution causes coagulation or precipitation of protoplasmic sub-
stances such as proteins, lipids, carbohydrates, and inorganic salts without loss of structural cellular defini-
tion. Because this fixation process is well characterized, fresh and fixed tissue were imaged to investigate
what affects this process of protoplasmic coagulation has on OCT imaging. Single axial scans were
acquired from fresh normal human brain and fresh brain tumor. The tumor was a melanoma which had
metastasized to the brain. These axial scans were then compared with scans from the same locations after
the tissue had been placed in formalin for 24 h. The comparison of axial scans is shown in Figure 5-4. The
fixation of the normal brain tissue resulted in an increase in optical backscatter from the superficial layers
of the tissue. Coagulation and dehydration of protoplasmic substances may reduce the density of small
scatterers within the tissue thereby increasing the scattering coefficient. The backscatter from the brain
tumor, however, showed little change between fresh and fixed tissue. This may be due to the already high
optical backscatter contributions from melanin present within the tumor cells or may be due to the high

. degree of cellularity within the tumor. These factors may be relatively unaffected by the fixation process.

5.3 Image-Enhancing (Contrast) Agents

Inherent contrast within OCT images is sufficient to resolve variations in tissue morphology. How-
ever, when a specific tissue structure is to be imaged and that structure is optically similar to surrounding
tissue, discrimination will be difficult. This situation has been encountered across all imaging technolo-
gies. The use of contrast agents such as iodine in CT, gadolinium in MRI'#, fluorophores in confocal
microscopy>18%:190, and air-filled microspheres in ultrasound'>-'7 all improve contrast within images and
target specific tissues or sites. The same technique would be beneficial in OCT to specifically label indi-
vidual cells, such as those within a tumor, or particular tissues such as early dysplastic lesions of the gas-
trointestinal tract.

The use of fluorophores in confocal microscopy is an extremely sensitive technique. Emitted fluo-
rescence is at.a known wavelength permitting complete rejection of background light and a high SNR.
This is in contrast to other imaging modalities which must use agents to increase or decreases contrast
against a background of noise and image information. OCT is in the latter group. Effective agents must
either increase or decrease the local contrast sufficiently to differentiate this region from baseline. This can
be done either by affecting the local absorption or scattering properties of the tissue.
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FIGURE 5-4: Comparison of fresh and fixed brain tissue specimens. Axial scans were
obtained from the same location on normal brain and brain tumor both for fresh and fixed
states.

In theory, there is the potential for developing an OCT molecular probe that would allow cellular
movements to be followed on a macro-cellular level. It may be possible to utilize melanin granules or air-
filled albumin microspheres to vary the absorption or reflectance properties in labelled cells or tissues.
With increasingly more complex molecular biology techniques, genes which produce melanin may be
transfected into cell lines to generate melanin-labelled cells. In developmental biology, cell fate and lin-
eage analysis could be performed millimeters deep within in vivo or in vitro tissue.
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5.3.1 Exogenous agents

Exogenous contrast agents are considered foreign to biological tissue. Dyes or stains which selec-
tively adhere to sites can provide contrast against background tissue. Toluidine blue has been used as a
means of detecting oral cancers by attaching to rapidly dividing DNA!®!, Discrimination is based on
visual appearance following a mouthwash of the dye. The array of fluorescent molecular probes used for
confocal microscopy has grown considerably. However, there are currently no probes available which
absorb wavelengths above 1100 nm!2, Current probes would be ineffective for use with the 1300 nm
wavelength commonly used for OCT imaging in highly scattering tissue. Several probes, however, are
available around 800 nm, the center wavelength for Ti:Al,05 KLM lasers and SLDs. Cells labelled with
these probes would absorb the incident OCT radiation and reduce the amount backscattered and detected.
The extent at which this would provide sufficient contrast remains to be determined.

By varying the local index of refraction within tissue, contrast may be enhanced. This has been dem-
onstrated acoustically in cardiac ultrasonography by the addition of albumin-coated, air-filled
microspheres!3. The air within microspheres provides acoustic impedance variations which are manifested
in increased backscatter of ultrasonic waves. Similar principles apply to optical wavelengths and for
enhancing contrast in OCT images.

To model this behavior for OCT, air-filled bubbles were created in low-temperature gelling agar.
The agar medium permitted the bubbles to remain suspended for extended periods of time during OCT
imaging. Bubbles ranging in size from 500 nm to 1 mm were formed by rapidly forcing liquid agar
through a syringe and inducing cavitation within the agar. Representative images are shown in Figure 5-5.
The bubbles are of varying size. Contrast effects include refraction of the incident OCT imaging beam as
well as shadowing below the bubble. If the bubble was imaged in the plane containing the normal surface,
then a markedly increased backscatter is observed at both surfaces of the bubble. This is shown by the
arrow in Figure 5-5A. The representation of the microbubble on the OCT image is not spherical (Figure 5-
5B and C). This is the result of refraction at the gel-air interfaces and the differences in optical pathlengths
between the air and agar. The low-backscattering vertical streaks on each side of the microbubble occur
when the OCT imaging beam is incident on the sphere at an angle greater than the critical angle. Total
internal reflection within the agar directs the beam out of the collection angle of the focusing lens. .~

Bubbles as small as 10 pm were imaged (arrow, Figure 5-5C) and provided increased contrast. Con-
trast was diminished, but bubble boundaries were still resolved, when 500 pm of a lipid solution
(Hg=45 cm’, u, =042 cm’!, g = 0.8) was placed over the suspension. Normal incidence reflections are
still prominent (Figure 5-5D). The use of air-filled microspheres may be useful following injection into
tissue for a non-hazardous means of identifying tissue planes or for improving contrast within the vascula-
ture. Enhanced contrast and backscatter could improve the SNR of OCT Doppler velocimetry.

5.3.2 Endogenous agents

Melanin is an endogenous molecule that has been shown to provide strong contrast in in vivo confo-
cal scanning laser microscopy of human skin!3. Similarly, melanin will increase the contrast within OCT
images. Tracking the migration of melanin-laden neural crest cells as described in Section 4.5.4 was pos-
sible due to the enhanced contrast of these cells within the surrounding scattering tissue. Melanin has an
index of refraction of 1.7, significantly higher than surrounding cell and tissue constituents'’2.
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FIGURE 5-5: Air-filled microbubbles suspended in agar. Index differences between air
and agar contribute to image contrast. Normal beam incidence ‘increases contrast as
shown by the arrows. In D, contrast was evident after addition of scattering lipid over agar
surface. Bar represents 500 pm.
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FIGURE 5-6: Optical properties of melanin!®3, A) Illustration of melanin granule struc-
ture. B) Wavelength-dependent optical density of melanin before and after correction for

Rayleigh scattering. :

FIGURE 5-7: Melanin as an OCT contrast agent. A) Injection of melanin granules in
gelled agar. B) Contrast (arrows) through a scattering lipid solution. Bar represents
500 um.
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Melanin is formed naturally within particular cells, notably within the skin and eye, and has been
characterized spectroscopically in vivo'®*. Melanin appears as = 1 um granule structures that have an
absorption curve described in Figure 5-6B. Within the melanin granules, there is a randomly spaced array
of scattering macromolecules. The conjugation of these macromolecules are responsible for the deep
black color. Although melanin is broadly absorbing in the UV, visible, and near IR wavelengths, this
absorption is weak with Rayleigh scattering being the first-order effect. The lower curve in Figure 5-6B is
the absorption of melanin after Rayleigh scattering has been taken into account. To demonstrate the con-
trast afforded by melanin, natural melanin particles from Sepia officinalis (cuttlefish) were injected into a
bed of gelled agar (Figure 5-7A). A 1.5 mm thick lipid solution (=45 cm™!, p, = 0.42 cm™, g = 0.8) was
placed over the agar. Through this scattering solution, contrast was clearly evident as shown in Figure 5-
7B. Interestingly, the regions of highest contrast appear to arise from air spaces within the agar, not from
the melanin pigment, suggesting the index difference between agar and air is greater than between agar and
melanin. The presence of melanin within melanomas of the skin and other tissues provides a benefit of
increased contrast for OCT guided resection. The melanin region would be relatively more backscattering
than adjacent normal tissue. A demonstration of this in human tissue is described in Section 6.2.1.

5.4 Doppler Imaging

The heterodyne detection of OCT permits frequency-selection of the backscattered signal. The lin-
ear translating reference arm mirror described in Section 2.5.1 not only varies the pathlength between the
two arms but also induces a Doppler-shift in the frequency of the reflected light. For a moving source and
a stationary observer, the observed Doppler-shifted frequency is defined by

fo

Fovs = T3v,,7v, (5-21)

where vy_is the velocity of the center wavelength of light, vy, is the velocity of the mirror and f is the orig-
inal frequency of the source. The minus and plus signs are used when the source is approaching and leav-
ing the stationary observer, respectively. Applied to moving particles in a fluid, such as red blood cells, the
local Doppler frequency f, generated from moving scatterers is related to the mean velocity of the scatter-
ers vg by

Mfp

$ 2ntc059

(5-22)

where 8 is the angle between the incident beam and the direction of motion of the scatterers and n, is the
average index of the surrounding tissue. OCT can be used to detect a moving tissue sample or moving
scatterers within tissue, such as red blood cells. This technique using low-coherence reflectometry was
first described by Wang, et. al.!®! in a flowing cell model. Later studies in highly scattering media and in
living animal models demonstrated a possible application in humans'%165, OCT Doppler imaging may
provide assessment of tissue perfusion, identification of subsurface blood flow for avoiding vasculature,
and to assess successful arterial anastomosis. Because near-IR light transmittance through blood varies for
oxygen saturation, erythrocyte concentration, and depth'%6-19, it may be possible to simultaneously char-
acterize these parameters. Two techniques for performing OCT Doppler imaging will be described.
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5.4.1 Fast Fourier transform method

The autocorrelation function for each axial OCT scan contains frequency components corresponding
to the Doppler shift induced in the returned light. As described in Section 2.3, the amplitude of the inter-
ferogram envelope is used to determine the backscattered intensity from within the focal volume. The
information contained within the interference fringes is used in spectral radar (Section 2.8) to obtain fre-
quency-encoded depth information. In OCT, the Fourier transform of the interferogram produces a fre-
quency spectrum of the Doppler-shifted frequency components between the arms of the interferometer.

For a mirror placed in the sample arm of the OCT setup, the time-dependent autocorrelation function
from Equation (2-4) in terms of the Doppler-shifted frequency fp is

I(t) = %I,.+%Is+%J]T'ISRe[S{S(m)}]cos(2nth).  (5-23)

The Fourier transform of this function is a single peak centered at the Doppler frequency fp induced by the
moving reference arm mirror. If multiple moving objects are present in the reference or sample arm, then
these contribute to an autocorrelation with multiple frequency components

I+ %/_Re[S{S(m)}] 2 cos (2T f ). (5-24)
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The Fourier transform then has multiple peaks (at fpy, fpy, fps, -..), €ach corresponding to the contribution
at that frequency. Therefore, one method for obtaining the velocity of a moving tissue or scatterer is by
digitizing the interference fringes and taking the fast Fourier transform (FFT). The spatial resolutions of
OCT imaging, and similarly for Doppler OCT imaging, have been defined in Section 2.7.1. The velocity
measurement resolution is defined as the minimum resolvable velocity v, and is proportional to the min-
imum detectable Doppler shift. This is defined as

Aof A
_ 0/D "m Fx )
Ymin = 25 cos® T NL (5-25)

where p, is the number of pixels within the axial scan length L and N is the window size used to compute
the FFT'%5, This method was used to obtain the fluid flow velocity profiles in an experimental vessel
model.

Flexible silicone tubing was used as a vessel model to demonstrate OCT Doppler imaging. The tube
had dimensions and parameters as shown in Figure 5-8. Blood was passed through the vessel model using
a linear syringe pump calibrated for flow velocities. Fluid flow within a cylindrical tube will follow a lam-
inar flow profile if the Reynolds number is less than or equal to 3000, the threshold for turbulence. This is
calculated by

vD
NR=‘:‘] 4
dv

(5-26)
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FIGURE 5-8: Vessel model parameters. Silicone medical tubing provided scattering con-
duit for OCT Doppler imaging studies.

where p is the fluid density, v is the flow velocity, D is the inner diameter of the cylinder and ng, is the
dynamic viscosity of the solvent. For these studies, v < 3 cm/s, D < 0.1 cm, p < 10 g/cm3, and
Mgy = 0.010 g/em-s, giving Ny < 500. The entrance length g of a cylindrical conduit is defined as the

length over which the flow profile evolves from a constant cross-sectional profile to a parabolic profile.
This is determined by

1p = 0.03DNg. (5-27)

The entrance length using the experimental parameters stated above is = 1.5 cm. Since the vessel model
tubing was 1 m in length, a parabolic flow profile was expected.

For laminar flow through a cylindrical enclosure, the velocity distribution across the cylinder at
radial position r is given by

where Ap is the pressure difference along the length AL. For this experiment, Ap/AL was used as a fitting
parameter. OCT Doppler imaging was used to measure the fluid flow profile within the vessel model. The
tube was placed on the translational stages and oriented at a 45° angle with respect to the OCT imaging
bearn. Refraction through the tube wall resulted in a 30° incident angle of the beam into the blood
(n = 1.42) contained within the tube. The focus of the OCT beam was then placed at one wall of the tube
and stepped across the lumen diameter in 20 pm increments. At each step, the reference arm mirror was
held stationary while the interference fringes were digitized and Fourier transformed using the FFT. A
Doppler frequency was obtained at each position. The Doppler frequency was related to the velocity by
Equation (5-22). The velocity resolution in Equation (5-25) was calculated using p, = 300, vy = 30 mmnys,
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L =3 mm, and N = 512 to be 3 pm/s. The measured Doppler frequency and fluid flow velocity of the
blood were plotted versus radial position and compared with the theoretical parabolic profile for laminar
flow. This comparison is shown in Figure 5-9. There is excellent agreement demonstrating that this
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FIGURE 5-9: Laminar blood flow within vessel model. OCT Doppler measurements (data
points) of blood flow compared well with theoretical blood flow velocity distribution
(solid line).

method can accurately predict fluid flow velocity. The fluid flow velocities generated in this model are
consistent with in vivo blood flow rates. Arteries 4 mm in diameter have flow rates as high as 45 cm/s
while smaller 50 um diameter arterioles have rates of 5 cm/s.

This technique was then used to measure fluid flow within an in vivo animal model. Blood flow in
the Xenopus tadpole was used. A specimen was anesthetized using the protocol described in Section 4.3
and placed ventral side up on the translational stage. The OCT imaging beam was focused on the center of
a ventral aorta shown in the inset in Figure 5-10. The aorta is shown to be periodically displaced with the
beating heart. A frequency spectrum obtained from this measurement is shown in Figure 5-10. A number
of frequency components are present due to the complex fluid flow dynamics of the blood exiting the beat-
ing heart. The largest component at 83 kHz corresponds to a velocity of 39.5 mm/s and is a reasonable
estimate of the flow velocities in these specimens. Mapping the flow profile throughout the heart, however,
is complicated by the highly turbulent blood flow and dynamic tissue movements within the embryo. Two-
dimensional mapping has been accomplished in this model using an iterative technique and flow profiles

~ have been overlaid with acquired images'®3.
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FIGURE 5-10: In vivo OCT Doppler data. Frequency spectrum acquired from ventral
aorta of a Xenopus tadpole. Inset shows image and location where Doppler data was
acquired. '

Assessing fluid flow in vessels can be accomplished qualitatively from OCT images or quantitatively
using velocity profiles. A qualitative assessment using the vessel model is shown in Figure 5-11. For Fig-
ure 5-11A-C, the tube was positioned at a 45° angle with respect to the OCT beam. When no blood is
present, the tube has an elliptical shape due to the angle of inclination and the index of the tube material
(Figure 5-11A). When blood is flowing through the model (Figure 5-9B), distortion of the lower wall
results from the presence of blood within the lumen. The flowing blood Doppler-shifts the signal from the
Iumen out of the detector bandwidth. When the blood flow stops (Figure 5-9C), signal from the blood in
the lumen is apparent. When imaging is performed at 90° with respect to the flowing blood as shown in
Figure 5-9D-F, this Doppler shift is not observed. The last image shows the formation of a clot, as indi-
cated by the arrow, within the stagnant blood.

These techniques can be applied intraoperatively following the surgical anastomosis of blood vessels
(Section 6.3.1) to determine the presence of distal blood flow and the flow profile through the anastomosis
site. In addition, the ability to determine blood flow profiles from the external surface of an artery may
have a significant impact on the assessment of coronary atherosclerosis. The presence of plaques within
the lumen of the artery will disrupt the laminar flow profiles measured in Figure 5-9. This data could be
used as a diagnostic for the precise localization of plaques.
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FIGURE 5-11: Qualitative assessment of fluid flow in vessel model. A-C) Images
acquired with OCT beam incident at a 45° angle. Loss of backscatter from the lumen in B
is the result of flowing blood Doppler-shifting the detected signal out of the detection filter
bandwidth. This effect is not observed in D-F for a 90° incident beam. In F, a clot (arrow)
has begun to form in the stationary blood.
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FIGURE 5-12: Detection bandwidth selective Doppler OCT imaging. The finite band-
width of the detector bandpass filter provides a frequency window for imaging specific
velocities present in the laminar flow profile. '
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5.4.2 Detection bandwidth selectivity

Digitizing the autocorrelation function and obtaining the FFT to produce the frequency spectrum is
computationally intensive. To obtain a 2-D image of fluid flow velocity would require a significant amount
of time and would only be useful for flows that remain constant over the acquisition period. Simple param-
eter modifications to the existing galvanometer-based OCT setup can be made to rapidly acquire 2-D flow
profiles. This method uses the fixed detection bandwidth of the electronics and varies the Doppler-shift
contribution from the moving scatterers in the sample arm. The total Doppler-shift at the detector is the
sum of the contributions from the reference and sample arms of the interferometer

fpltotal) = fp(mirror) + fp(fluid) (5-29)

assuming that both the mirror and the backscatterers in the fluid are moving toward a stationary detector.
This equation can also be represented in terms of the velocities

y _*ofpu . MJSps
M+S 2 2n,cos8’

(5-30)

The contribution from the reference arm is the moving mirror which simultaneously varies the path-
length between the two arms. The contribution from the sample arm is the moving backscattering particles
within the fluid. The finite bandwidth of the bandpass filter will enable a window of frequency compo-
nents to be detected. When varying the fluid flow velocity, only the frequency (velocity) components
within the filter bandwidth will appear in the OCT image. An example of this technique using the vessel
model is shown in Figure 5-12. The image in Figure 5-12A is of the tube without any blood flow and with
the reference arm Doppler shift at 20 kHz (vy; = 12.8 mm/s). The bandpass filter has a center frequency at
50 kHz and a bandwidth of 16.6 kHz. In Figure 5-12B-D, the reference arm Doppler-shift is held constant
at 20 kHz while the total Doppler-shift is increased by increasing the blood flow velocity. The images
reveal the 2-D profile of the laminar flow within the tube. At first, only the peak of the parabolic laminar
flow profile is detected in the center of the lumen. With increasing blood flow velocity, more of the peak is
observed and finally in Figure 5-12D and E, the center has passed out of the detection filter bandwidth and
the shoulders of the parabolic profile near the lumen wall are prominent. These images provide qualitative
assessment of fluid flow without the computational overhead of digitizing the interferogram and perform-
ing the FFT.

There are alternative methods for utilizing the detection filter bandwidth for Doppler OCT imaging.
When imaging blood flow in vivo, the reference arm velocity could be varied to position Doppler frequen-
cies within the fixed detection filter bandwidth. However, this will vary the image acquisition rate. Each
image in Figure 5-12 was acquired in 15 s. This acquisition time could be decreased substantially using
the fast-scanning OCT system (Section 2.5.3). A complete series of Doppler images could be obtained
rapidly by sweeping the center frequency of the detection filter bandwidth while collecting OCT images.
These could be assembled to produce the 3-D fluid flow profile in several seconds as opposed to the min-
utes to hours required to computationally reconstruct the profile.
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5.5 Three-Dimensional Imaging

Three-dimensional OCT imaging provides a surgical diagnostic tool for improved visualization of
tissue structure. Improved visualization is critical for assessing proper approaches for surgical resection of
tumors, particularly when vessels and nerves are in close proximity or intertwined. Understanding the net-
work of vessels and nerves is extremely difficult from a series of 2-D images because of the unpredictable
3-D spatial orientations that these structures may have. The importance of binocular viewing and 3-D
imaging is most appreciated when it is absent, as in current MIS endoscopes and laparoscopes. The 2-D
image of distant tissue makes surgical manipulation extremely difficult. Years of residency training are
required to accommodate for the lack of 3-D spatial cues.

Currently, the majority of OCT systems acquires data with depth-priority. The 2-D images acquired
represent cross-sections of the tissue. Transverse-priority scanning may be more applicable for high-reso-
lution, focus-tracking systems. This mode is similar to optical sectioning performed in confocal micro-
scopes. There will be more consideration for 3-D OCT imaging when transverse-priority scanning
systems are implemented. The 3-D data set will allow re-sectioning at arbitrary planes, particularly at
cross-sectional planes that can be correlated with histological findings. Acquisition of a 3-D volume of
OCT data permits repeatable resectioning post-acquisition. The user is not confined to the imaging plane
- established at the time of data collection. This is an advantage over histology where a single sectioning
plane is identified and maintained. Resectioning 3-D data sets permits more precise OCT-histology corre-
lation. :

Several algorithms exist for representing data in three dimensions. The reconstruction can be per-
formed on the volume as a whole using voxels or only on the surface using sheets of polygons. Three-
dimensional projections project the 3-D data volume onto a 2-D screen positioned at arbitrary angles.

5.5.1 3-D reconstructions

When sectioning 3-D OCT data sets, only the selected planes are seen and much of the information
in the data set is not used. The volumetric display of 3-D reconstructions incorporates all of the 3-D voxel
information. The imaged tissue represents an object that has both surface and volume features. Generating
an image of an object’s surface that approximates the appearance of a real, physical surface is a process
called surface rendering. The physical rules which are used to represent the appearance of real surfaces are
diagrammed in Figure 5-13. The critical variables are the location of the light source, the viewer, and the
intensity of the light from the object. The intensity from the object is defined by

I
Lobj = Kaiglamp + ~—g Lk gig(N ¢ L) + k, (V @ R)Y] (5-31)

spec

where the k values are the diffuse and specular reflection coefficients, the I values are the intensities of the
ambient and source lighting, d is the distance from the object, and 7y is a constant describing the breath of
the specular reflection from the object?®. This vy factor will vary depending on the fine-scale surface fea-
tures of the object. The vectors are defined in Figure 5-13. Smooth surface rendering of 3-D objects
requires the use of triangles or polygons to connect adjacent discrete-height pixels?0"-202, Creating realis-
tic-looking objects is computationally difficult because of the number of polygons that must be calculated
and drawn. Surface rendering can be combined with transparency factors to permit visualization of struc-
tures within the 3-D volume. In this case, volume rendering must be performed, increasing the level of
computation.
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FIGURE 5-13: Rules for surface rendering representation. A dull surface exhibits specular

reflections over a larger angle. Defined variables are used in Equation (5-31)

FIGURE 5-14: 3-D surface and volume rendering of in vivo optic disk. A) Arrows indicate
retinal vessels exiting optic disk. B) Cross-section through volume-rendered data set illus-

trates retinal vessel lumen (arrow). ' »
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Three-dimensional OCT reconstructions using surface and volume rendering were obtained from a
series of 60 cross-sectional OCT images of the in vivo rhesus optic disk. OCT images were imported and
processed on a Silicon Graphics workstation using Segment View software®®. The surface rendering of
the 3-D data set is shown in Figure 5-14A. From this 3-D surface image, the spatial orientation of the reti-
nal vessels can be observed as they exit the disk (arrows). Volume rendering was performed on the same
data set and shown in Figure 5-14B. A highlighted slice through the volume-rendered data shows a retinal
artery lumen (arrow). Three-dimensional images of the optic disk may be useful for the assessment of
early stages of glaucoma when changes in cup-to-disk ratio occur.

552 3D projeétions

Three-dimensional projections are obtained from less computationally taxing algorithms. A series
of 2-D images represent a stack or 3-D volume. Projections of this 3-D volume are made onto a 2-D screen
located at arbitrary positions as shown in Figure 5-15. The projection onto the 2-D screen can be the max-
imum value, mean value, or sum of values through the 3-D volume. Variations in surface and interior
depth cueing as well as surface and depth opacity permit the highlighting of particular features.

An example of a 3-D OCT projection is shown for the developing Xenopus heart. Data was pro-
cessed on a Macintosh 9500/200 using Image 1.60 (National Institutes of Health). Computer-controlled
stages with micron step size were used to position the specimen under the imaging beam. The sequence of
in vitro images shown in Figure 4-8 demonstrates precise registration between spatially acquired images.
A series of 45 images were acquired every 25 um from a stage 49 (12 day) tadpole and used to produce the
3-D projections shown in Figure 5-16. Four projections of this 3-D data set are used to illustrate the 3-D
morphological arrangement of developing cardiac structure which is often difficult to envision from a
series of 2-D images. Two major branches of the ventral aorta, one atrium, and the ventricle are distin-
guishable. The second atrium is difficult to visualize near the ventricle. A cut-away section of the ventri-
cle allows the internal trabeculae carneae network and papillary muscles to be visualized.

The ability of OCT to assess cardiovascular anatomy and function in three dimensions could also
represent a powerful tool for the developmental and molecular biologist. Morphologic abnormalities may
not clearly be identified or appreciated in two dimensions, particularly those involving misorientation of
cardiovascular structures. Three dimensional reconstruction may extend the sensitivity of analysis. As
shown in Figure 5-16, an advantage of reconstruction is that rotation of the volume around any axis is pos-
sible, preventing the limitations associated with interpretation based on a single viewing plane.

Additional examples of 3-D OCT projections will be illustrated in later sections. Three-dimensional
OCT imaging can be extended to four dimensions by acquiring volumes over time. This was performed to
observe mitotic activity and to follow migrating cells as described in Section 4.5.3 and Section 4.5.4. Cur-
rent limitations for 3-D and 4-D imaging are the increased acquisition times, maintenance of image regis--
tration, and the computational processing needed to display, update, and manipulate the volumes. At the
current acquisition rate of 8 fps, the 3-D volume shown in Figure 5-16 could be acquired in 5.6 s..
Improvements in acquisition time and computational power will make 4-D OCT imaging possible in the
near future. : )

5.6 Image Processing

Signal and image processing techniques can be applied to improve the quality of OCT images and to
extract quantitative surgical diagnostic information from the image data?®. In the field of ophthalmology,
cross-correlation routines examined adjacent axial scans to remove axial movement artifacts>. More
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FIGURE 5-15: 3-D projection diagram. Projections are 2-D representations of 3-D data
sets obtained by propagating rays through the volume on to a 2-D plane. The 2-D plane
can be located at arbitrary positions around the volume.
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- FIGURE 5-16: 3-D projections of a Xenopus heart. Four projections are shown to illus-
trate the 3-D spatial orientation of an atrium, the ventricle, and the branches of the aorta.
A cut-away of the ventricle reveals the internal trabeculae carneae network. Bar repre-

sents 500 pm.
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advanced algorithms identified the thickness of retinal layers to produce topographic maps of retinal thick-
ness for diagnostic information on macular edema and to predict early thinning of the retinal nerve fiber
layer in glaucoma®%%%°  In relatively homogeneous scattering tissue, the OCT signal will have a depth-
dependent attenuation characterized by Beer’s Law given in Equation (5-9). Therefore, an exponential cor-
rection can be applied to compensate for this attenuation?%. Homogeneous tissue, however, is relatively
uninformative and this correction induces additional artifacts if the tissue is composed of large variations
in tissue index of refraction. For this thesis, fundamental image processing techniques were explored to

determine the effect on image quality.

5.6.1 Averaging

Image averaging techniques were applied to reduce the degree of speckle and noise present in OCT
images. Because speckle is the result of random coherent scattering processes from adjacent scatterers
within the focal volume, averaging images will reduce the speckle and noise contribution while improving
the signal from actual microstructure. Averaging reduces noise in proportion to the square root of the num-
ber of frames averaged. The signal represents the mean backscatter value from each pixel. The noise is
measured by the standard deviation from this mean given by

- ’\/282 (i mean)‘ |
o= o (5-32)

(i-1)

- where i is the number of scans averaged and B is the backscatter from each pixel. In addition to image

“averaging, array detection schemes have been used to reduce speckle in optical coherence microscopy2%.
Removal of speckle may be necessary to image cellular structure in human tissue. Currently, the resolu-
tions of OCT are not sufficient to definitively identify human cells. The presence of speckle produces arti-
facts which resemble cell membranes and cell nuclei, making accurate cell identification difficult. An
example of questionable human cellular structure is shown in Figure 5-17. Within this image, it is impos-
sible to determine if the features indicated by the arrows are cell nuclei surrounded by cell membranes or
the result of speckle from multiple scatterers within the focal volume.

Averaging was performed by two methods. The first, named frame-averaging, acquired i images
(frames) in a sequential manner. The resultant averaged image was computed by summing the intensity at
each pixel and dividing by the number of images (frames), i. The second method was step-and-repeat aver-
aging. For the resultant averaged image, the OCT beam was placed at one location on the tissue and i axial
scans were acquired. The intensity at each position in this axial scan was summed and averaged by divid-
ing by i. Once averaging was performed for one axial position, the OCT beam was stepped transversely to
the next position. The results of these averaging methods are shown in Figure 5-18.

The tissue sample was in vitro human endometrium that is glandular in structure. The left image was

a single i image acquired with no averaging. The center image in Figure 5-18 was the result of frame-aver-

‘aging three images. Slight blurring has occurred as a result of either translation stage misalignment or tis-
sue movement. Each image was acquired in 20 s. At these slow rates, sub-micron to micron positioning

error in both the stages and the tissue are to be expected. Although the degree of speckle has been reduced

by empirically visualizing the circled region, other artifacts are induced during the acquisition and averag-

ing process. Step-and-repeat averaging eliminates some of the blurring because averaging is performed at

each axial scan over much shorter time intervals. Some reduction in blurring is observed in the right image

in Figure 5-18 where averaging of 3 axial scans was performed at each transverse position. The images

shown in Figure 5-18 are displayed on a logarithmic scale. Thus, the effect of averaging is less apparent
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than if the images were displayed on a linear scale. Pixel variations between frames or axial scans require
the acquisition of larger numbers of frames or axial scans before the effects of averaging will be obvious in
these logarithmic-scaled images.

Averaging techniques do not appear beneficial for these slow acquisition rates. Implementing these
techniques during high-speed acquisition will prove advantageous when larger numbers of images can be
averaged and tissue movement during each image acquisition can be minimized. Additionally, by observ-
ing the rapidly updated screen during acquisition, the retinal response will average out speckle, giving the
- appearance of a higher contrast image. :

5.6.2 Segmentation

Segmentation of OCT images permits the extraction of useful data while rejecting erroneous infor-
mation. Complex algorithms can be developed which automate the segmentation process for the real-time
improvement of image quality. Established segmentation algorithms for CT and MRI data cannot be
directly applied to OCT images due to the presence of speckle and the reduced contrast between tissue
types. Manual segmentation was performed on the embryo heart images used to generate the 3-D projec-
tions in Figure 5-16. This enabled all surrounding tissue structure to be excluded from the projection.

Threshold segmentation can be performed by establishing two intensity levels, either manually or
automatically. Image pixels with intensity values between these two thresholds are considered part of the
region of interest and all others are considered part of the background. Threshold segmentation was
applied to extracting a highly backscattering tumor region from an OCT image of human brain. The
‘threshold level was chosen to include all of the backscattering tumor while rejecting the surrounding nor-
mal brain tissue from the image. Because the normal brain tissue was considered part of the background,
the threshold-segmented image was superimposed over the original image to display both regions. The
resulting images are shown in Section 6.2.1.

Other segmentation techniques employ training algorithms which can recognize and remove pat-

terns, textures, or noise from images>"2%, If the speckle and noise within OCT images can be adequately
modeled, then these contributions can be removed, leaving only cell and tissue image data.
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FIGURE 5-17: Speckle artifact or human cell? Arrows indicate image features which may
potentially be human cells, but evidence is complicated by the presence of speckle.

FIGURE 5-18: Comparison of averaging methods. Images of frame- and step-and-repeat
averaging represent averages of 3. The encircled areas illustrate a reduction in speckle for
frame averaging compared to a single scan. Step-and-repeat averaging appears similar.
For longer acquisition times, however, other movement artifacts are introduced into the
averaged images.
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Chapter 6

Surgical Guidance

6.1 Introduction

The use of imaging modalities for surgical guidance has resulted in improved patient outcome and a
reduction in patient morbidity. If the surgeon is provided with the ability to view or image tissue intraoper-
atively, then collateral damage to normal tissue can be minimized. Integrating imaging modalities with
surgical techniques requires solutions to a number of technical problems. Fast image acquisition is neces-
sary to eliminate motion artifacts from either the patient’s physiological processes or the surgeon’s reposi-
tioning of instruments. There must also be an accurate system of registration between acquired images and

~ the tissue to enable guidance of the surgical procedure.

Precedences for image-guided surgery have been established’®. Open-magnet MRI permits the sur-
geon to obtain 3-D MRI volumes of the surgical field intraoperatively®?!°. These instruments, roughly
only ten in operation, are extremely expensive and complex systems. Studies have yet to show a positive
patient outcome compared to standard surgical procedures partly due to the relatively small numbers of
patients undergoing these procedures. Ultrasound has been used to guide placement of needles for biop-
sies with good success due tc imaging penetrations of 10-30 cm. However, 100 um resolutions limit ultra-
sound to imaging larger tissue morphology. The high resolutions of OCT may enable image-guided
surgery to approach another level of investigation. OCT has already been demonstrated for imaging surgi-
cally relevant tissue?!!. Image guidance may be performed at near-cellular resolutions. The localization of
small vessels and nerves will be possible as may the discrimination of abnormal neoplastic tissue. Surgical
procedures are likely to become a more precise art. In this chapter, I demonstrate OCT imaging in an array
of surgically-relevant human tissues. Incidence statistics are presented to illustrate the relevancy of
improving techniques for the surgical treatment of pathologies. Differences between OCT images of nor-
mal and diseased tissues are examined. Significant differences potentially enable OCT imaging to identify
pathologies and guide surgical treatment. These organ and tissue systems represent the environment in
which surgical guidance is performed.

6.2 Nervous System

The human nervous system is divided into the central and peripheral nervous systems. Both contain
relevant surgical tissue which can be imaged during surgical procedures. Tumors of the brain and nervous
system have several unique characteristics that are not common to neoplastic processes in other parts of the
body. The distinction between benign and malignant lesions is less evident. By nature of the location of
benign lesions, they can have equally lethal consequences. In addition, the ability to surgically remove
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neoplasms is restricted by functional anatomic considerations. The tissue of the nervous system is highly
sensitive to damage often resulting in loss of memory, motor, or sensory function. The incidence of intrac-
ranial tumors ranges from 10 to 17 per 100,000 and account for as many as 20% of all cancers in
childhood®!'?. Although the five-year survival rate has shown a statistically significant improvement
(p < 0.05) since 1974, it still remains around 29%?'3. The sensitivity of these tissues limits the amount that
can be physically biopsied for histopathological examination. The use of OCT to optically biopsy or guide
resection of tissue may offer a potential reduction in patient morbidity.

6.2.1 Central nervous system

The central nervous system is composed of the brain and spinal cord. During the resection of central
nervous system neoplasias, precise intraoperative identification of the tumor margin is vital both for the
complete resection of the neoplasm and the prevention of iatrogenic injury. Because of this, various imag-
ing modalities including ultrasound, CT, and MRI have been utilized in an attempt to improve patient
morbidity?$214218 Unfortunately, the resolutions of such modalities are often hundreds of microns:
thereby poorly resolving small tumors and reducing the sharp definition of the tumor margin. Further-
more, the registration of images with tissue at the sub-millimeter level is problematic and extensive
research and development have explored means of stereotactically aligning the two?'%, Optical techniques
including fluorescence and Raman spectroscopy have enabled quantitative identification of brain tumor
cells and tumor margins based on detected spectra®!9-22!, Image representation of tumors.based on these
techniques is limited to surface features without cross-sectional imaging or optical ranging into the tissue.
High-resolution video imaging for discrimination of brain tissues has been effective, but requires the
administration of topical or systemic fluorescent dyes?6:222,

Frozen-section biopsy of tissue acquired intraoperatively is another means of identifying tumors and
their margins. Light microscopy observations of histologically prepared specimens offer exceptional reso-
lution and have been the gold-standard for pathology identification. However, obtaining a frozen-section
biopsy lengthens the time of the surgical procedure, often halting progress until results are obtained, and is

~only representative of the small region in direct proximity to the site. Additionally, in particular regions of
the brain, tissue biopsy is not feasible due to the risk of injury and loss of vital sensory or motor function.
‘The optical properties of brain and nervous system tissues have been characterized??>?24. Therefore, a
technology capable of performing intraoperative optical biopsy, the imaging of tissue at near-histological
resolutions, may provide high-resolution discrimination between normal and pathologic tissue. If this
optical biopsy could be performed in real-time, it could be a powerful tool for the surgeon resecting central
- nervous system neoplasms, allowing tumor margins to be rapidly defined as the intervention progresses.

In addition to its high resolution, several features of OCT suggest it will be useful for the guidance of
surgical procedures. First, unlike MRI, the OCT instrument is compact and portable, approximately the
size of a personal computer. Second, unlike ultrasound, OCT is noncontact with no requirement for a
transducing medium. Third, the fiber-based design allows straightforward integration with scalpels, micro-
scopes, or pencil-sized hand-held probes, which are well suited for the tight confines of the operative
suite!32, :

OCT is demonstrated for the detection of brain tumors and their interfaces with normal brain paren-
chyma, suggesting a role for guiding surgical resection?”>. The hand-held surgical imaging probe
described in Section 3.4 has been constructed for this application. The compact and portable probe enables
OCT imaging within the surgical field while the OCT instrument can be remotely located in the surgical
suite. The probe is used to acquire 2-D cross-sectional images of in vitro human cortex and metastatic
melanoma lesions. OCT images are correlated with corresponding histology. . Variations in optical proper-
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ties between normal cortex and tumor are used for tumor discrimination. Three-dimensional OCT imaging
is performed on a melanoma lesion to determine the extent of tumor penetration into normal cortex. A
cerebral artery is imaged and correlated with histology; demonstrating the potential use of OCT for identi-
fying and avoiding vascular structures during tumor resection.

Alcm? specimen of outer human cerebral cortex with metastatic melanoma was obtained within
24 hrs. postmortem and stored in 0.9% saline. Two-dimensional imaging was performed across multiple
metastatic lesions using the hand-held surgical probe. The cortical surface was scanned for cerebral arter-
ies and veins. The position of the imaging beam was visualized via a coincident visible aiming beam.
Images (3 x 3 mm, 300 x 400 pixels) were each acquired in 30 s and were used for comparison with corre-
sponding histology. The hand-held probe was then replaced with the research microscope and the tissue
specimen was place on the translational stages for three-dimensional imaging. The research microscope
focused the imaging beam to a 23 um diameter spot (625 pm confocal parameter). The axial resolution
was 16 um. Twenty-four cross-sectional images were acquired at 50 pum intervals to produce the 3-D data

.set. Following image acquisition, the tissue was fixed in buffered formalin and underwent standard histo-

logical processing. Five-micron sections were stained with hematoxylin and eosin and digital images were
acquired using light microscopy.

Acquired OCT images and 3-D projections were processed using NIH Image 1.60 on a Power Mac-
intosh 9500/200. The logarithm of the optical backscatter intensity data was displayed in 2-D and 3-D
gray-scale or false-color images and projections. Images were threshold segmented to reveal tumor
regions of increased optical backscatter. Original images were overlaid with segmented regions to visual-
ize regions of tumor against surrounding cortex. Single axial reflectance profiles through normal cortex
and tumor were analyzed for changes in optical properties. Linear curve fitting using the method of least
squares was performed on the reflectance profiles using DeltaGraph Pro 3.5. Tumor margins were deter-
mined from relative changes in optical backscatter.

Cross-sectional OCT imaging of malignant melanoma in the human cortex is demonstrated in Figure
6-1. The OCT images in Figure 6-1A and B were acquired through the tumor as indicated by the lines on
the digital en face view of the cortex (Figure 6-1G). These original images were threshold segmented to
identify regions of high backscatter within the tumor. The original images were then overlaid with the seg-
mented data and are shown in Figure 6-1C and D. The OCT images show increased optical backscattering
in the region of the larger tumor (white arrows). Smaller tumor lesions also appear within the image (black
arrows). A shadowing effect is observed below each tumor site due to the increased optical backscatter and
the subsequent loss of optical power penetrating beneath the tumor. In Figure 6-1A and C, the boundary of
the tumor can be identified. In Figure 6-1B and D, the tumor is identified below the surface of normal cor-
tex. The histology in Figure 6-1E and F confirms the presence and relative size of the tumor. The digital
image shown in Figure 6-1G illustrates the characteristics of this particular metastatic melanoma. Multiple
small (< 500 um) metastases are shown surrounding the larger lesion. It is likely that the primary tumor
had seeded a large number of tumor cells which were widely distributed across the gray matter of the cor-
tex.

The location of the lower tumor margin and a quantitative assessment of the optical backscattering
changes between tumor and normal cortex were obtained from single axial reflectance profiles. These are
plotted in Figure 6-2. The air-tissue interfaces for the normal and tumor regions were aligned for compar-
ison of reflectance changes with increasing depth. The plot of the normal cortex shows a uniformly atten-
uated reflectance with increasing depth. A line with a slope of -0.30 dB/um (R2;0.97) was fitted to the plot
of the logarithm of the optical backscatter intensity versus depth. At these wavelengths, attenuation is
largely due to scattering. Hence, the slope indicates the degree of scattering from the tissue. Using the
same laser power, detection sensitivity, and beam focusing optics, an axial reflectance profile was acquired
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FIGURE 6-1: Malignant melanoma in human cortical brain tissue. Original images (A,B)
were threshold segmented (C,D) to highlight backscattering tumor. Comparison with his-

tology (E,F) is strong. Scan locations are shown in the digitized image of the cortex sur-
face (G). Bar represents 1 mm. :
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FIGURE 6-2: Axial profiles of normal brain and tumor. Differences in slope represents
different scattering properties between normal brain and tumor. Intersection of fitted lines
indicates position of tumor margin.

through the center of the tumor. There was an increase in optical backscatter from the surface. This reflec-
tance profile consists of two distinct regions. Lines were fitted for each of these regions and slopes were
determined. The initial slope of -0.52 dB/um (R2=0.90) was approximately 1.7 times as steep as that for
normal cortical tissue. Hence, there was nearly a two-fold relative increase in optical scattering within the
tumor. The second slope of -0.28 dB/um (R?=0.72) in the tumor axial profile is within 7% of the slope for
normal cortex and represents normal tissue. The maximum tumor depth of 650 um, which correlated with
histology, was determined by the intersection of the two fitted lines.

Subsurface visualization of the tumor and its margins is demonstrated by the 3-D projections shown
in Figure 6-3. The 3-D data set was rotated in the horizontal and vertical planes to view the tumor at arbi-
trary angles. Rotation direction is indicated with respect to the superior-inferior and medial-lateral axes.
Four viewing angles are shown in Figure 6-3. The two vertically rotated projections (Figure 6-3C and D)
show the lower boundary of the tumor with regions that penetrate deeper into normal cortex (arrows in Fig-
ure 6-3D). These regions of tumor can be further visualized by sectioning the three-dimensional data set at
planes parallel to the cortical surface as shown in Figure 6-4. The top image in Figure 6-4 illustrates the
section plane orientation through the tumor. Sections 100-1200 pm below the cortical surface are shown in
Figure 6-4. The tumor distribution, which appears white, is shown at varying depths. The section at
1100 um depth indicates a small region of tumor (arrow) which has penetrated beyond the central lesion.
The color-scale transition of normal cortex from light yellow (at 100 um) to dark red (at 1200 pm) is a
result of signal attenuation with increasing depth. The darkest region (arrow) shown most prominently at
1200 wm depth is the result of shadowing from the tumor above. -
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FIGURE -3: Three-dimensional projections of malignant intracortical melanoma. Arrows
indicate direction of horizontal (A,B) and vertical (C,D) rotation with respect to superior
and medial axes. The two additional arrows in D show regions of tumor penetrating away
from the bulk tumor into normal cortex.
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3-D Projection

FIGURE 6-4: Resectioning of 3-D brain tumor data set. Resectioning produces planar sec-
tions from data sets acquired in cross-section. Arrow at 1100 um indicates deepest tumor

(t) extent. Arrow at 1200 pm indicates shadowing from tumor above. Bar represents
500 pm.

S

lum

FIGURE 6-5: Cerebral vasculature. A) OCT image and B) corresponding histology of a
subsurface cerebral artery. Artery is clearly distinguished in the OCT image by variations
in optical backscatter between the intima, media, and adventitia. Abbreviations: c, cortex;
lum, cerebral artery lumen. Bar represents 500 ym. e
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During tumor resection, cerebral vascular structures must be avoided. OCT has the potential to iden-
tify subsurface vascular structures as shown in Figure 6-5. The lumen of the cerebral artery is patent and
clearly shown in the OCT image. Individual arterial layers corresponding to the intimal and media can
also be identified. The intima appears as a thin, highly backscattering region surrounding the lumen of the
artery. The less-backscattering media is noticeably thicker. The cerebral artery is surrounded by normal,
relatively homogeneous cortex. The morphology observed in the OCT image correlates well with the cor-
responding histology. Light microscopy of this histological specimen confirms the arterial morphology.

These results demonstrate micron-scale optical coherence tomographic imaging of in vitro meta-
static melanoma in the human brain. The OCT images acquired with the probe in Figure 6-1 show excel-
lent correlation with the corresponding histology despite the histological sectioning artifact in Figure 6-1E.
This artifact is likely due to the different mechanical tissue properties between normal cortex and tumor,
which resulted in different tensions across the microtome blade. The tumor shows increased optical back-
scatter compared to normal cortex. The difference likely results from the higher concentration of subcellu-
lar organelles (i.e. nuclei and mitochondria) in the tumor compared with the high concentration of loose
supportive tissue in the gray matter>?®, However, melanin within this particular tumor may also contribute.

“OCT relies on the inherent contrast within tissue rather than the addition of exogenous dyes. Contrast
within images is therefore determined by variations in the index of refraction as would occur between
tumor and normal cortex. Future studies will have to examine other tumor morphologies which do not
contain melanin, such as astrocytomas and glioblastomas, to determine their imaging properties.

The depth of penetration for OCT imaging in cortical brain tissue is somewhat limiting. However,
once a tumor is identified and resection begins, OCT can continually image ahead of the resection plane to
search for the tumor margin or subsurface vessels. The use of OCT for optical biopsy may permit the non-
excisional imaging of the walls of the brain cavity to ensure all tumor has been removed.

The fiber-optic based OCT instrument and probe rely on the well-established technology of the com-
munications industry and are therefore reliable and robust. The use of optical fibers permit compact and
portable instrument designs as with the hand-held surgical probe. Because of the small design, implemen-
tation in the surgical field is less obtrusive particularly since the remainder of the OCT instrument can be

“located elsewhere in the room. The fiber-optic based OCT may also be integrated with scalpels and for-
ceps rather than introducing another instrument into the field. The noncontact nature of light would permit
forward-directed imaging prior to tissue incisions. High-power laser radiation may be coupled into the
probe to allow simultaneous OCT imaging with focused laser therapy and ablation. The surgical probe
design uses a single piezoelectric cantilever for scanning and is therefore limited to 2-D scanning.

Three-dimensional OCT imaging permits multi-angle visualization of the tumor and its extent as
shown in Figure 6-3. Although axes orientation and direction of rotation are provided, 3-D information is
best obtained by observing rotation in real-time. Planning for surgical resection may be improved by the
acquisition of 3-D data sets intraoperatively. The rapid acquisition of 3-D volumes permits computer-
based sectioning of the data sets at arbitrary planes as was demonstrated in Figure 6-4. In this example,
planes sectioned parallel to the cortical surface provided visualization of tumor distribution as would be
encountered at increasing depths during tumor resection.

The resolutions achieved in this study were as high as 16 pum, higher than any current ultrasound,
CT, or MRI intraoperative imaging technique. This allowed the tumor-cortex interface and the extent of
tumor below the surface to be defined with high resolution. Resolutions as high as 2-3 um have been °
achieved using solid-state ultrafast laser sources®®8. At these resolutions, it may be possible to image
individual tumor cells which have migrated away from the central tumor. Resection must include these
cells to prevent regrowth. High-speed OCT imaging will be required for in vive imaging to eliminate
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motion artifacts within images. Although studies are required to determine which acquisition rates are
necessary for in vivo imaging, early experimental observations suggest that rates of 8-16 frames per second
are sufficient. OCT represents a new high-resolution optical imaging technology that has the potential for
identifying brain tumors and tumor margins on the micron scale and in real-time. OCT offers imaging per-
formance not achievable with current imaging modalities and may contribute significantly toward the sur-
gical resection of brain tumors.

6.2.2 Peripheral nervous system

The peripheral nervous system encompasses distal nerves that relay sensory and motor signals to and
from the central nervous system. Peripheral nerves are frequently injured during complex surgical proce-
dures and trauma, often requiring the microsurgical anastomosis or reconnection of the two severed ends?.
The incidence of neurosensory changes in the oral cavity and lip ranges from 0.4% to 11.5% following
mandibular third molar removal because of the proximity to the lingual and inferior alveolar nerves??’.
Trauma seen at military medical units during troop engagements are predominantly of the limbs!33. Of al]
injuries, 75% are the result of explosive ammunition while 25% are from bullets from small arms228.
Therefore, multiple site involvement is common. A peripheral nerve is actually a bundle of fascicles con-
tained within an outer sheath called the epineurium. Microsurgical anastomosis can be performed either
epineurally or perineurally?®®. Epineural anastomosis involves suturing only the outer neural sheath.
Greater neural function is restored if the corresponding fascicles can be aligned during perineural attach-
ment. This, however, requires the identification of fascicles based on the longitudinal orientation and the
relative diameter. Currently, no technique exists for obtaining this information without physically dissec-
tion of the nerve ex vivo. '

- OCT has been used to image in vitro peripheral nerves and identify individual fascicles?3°. Lon gitu-
dinal tracking of the spatial orientation of rabbit peripheral nerve fascicles is demonstrated in Figure 6-6
using OCT. Representative cross-sectional images (3 x 2.2 mm, 300 x 600 pixels) of the peripheral nerve
are shown in Figure 6-6A-D. For each slice, one fascicle was manually segmented, colored white, and
tracked through the acquired volume of data. Forty images at 100 um spacing were assembled for the 3-D
projections shown in Figure 6-6E and F. The horizontally- and vertically-rotated projections of the periph-
eral nerve dramatically reveal the twisted path of the segmented fascicle along the longitudinal axis of the
nerve. In addition, a branch in another, unsegmented fascicle is observed in Figure 6-6F. Previously, this
feature had not been recognized from examining the 2-D images.

OCT image data of a human retroperitoneal nerve was correlated with corresponding histology in
Figure 6-7. The human retroperitoneal nerve illustrates the imaging of individual fascicles and correlates
well with histology. Because of the large diameter of this nerve, the OCT optical beam is attenuated and
deeper fascicles (f3 and f,) are somewhat difficult to resolve, except for the sheath surrounding each fasci-
cle.

Precision realignment of individual nerve fascicles increases the likelihood that end-organ function
will be restored after peripheral nerve reconstruction®3!. These results show that OCT can image periph-
eral nerves in cross-section and that individual fascicles can be identified and segmented. The use of OCT
to acquire multiple cross-sectional images and three-dimensionally reconstruct the peripheral nerve offers
the opportunity to determine the relative diameters of individual fascicles and to longitudinally track their
spatial orientation. The 3-D projection of the segmented peripheral nerve in Figure 6-6F not only revealed
the twisted course of one fascicle, but also revealed a bifurcation of a second fascicle, a feature not previ-
ously appreciated from the 2-D images. Three-dimensional imaging increased the information content of
the acquired data.
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FIGURE 6-6: Longitudinal tracking of rabbit peripheral nerve fascicles (A-D). A single
fascicle was segmented and followed longitudinally along the length of the nerve.
EF)3-D projections rotated in the horizontal and vertical directions. Abbreviations-:

b, bifurcation; f, fascicle. Bar represents 1 mm.

FIGURE 6-7: Correlation of OCT image of peripheral nerve with corresponding histology.
Individual fascicles (f) are numbered. Bar represents 1 mm. ‘
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6.3 Cardiovascular System

Heart and cerebrovascular diseases represent the first and third leading causes of death in the United
States?!3. Because of these statistics, tissues of the human cardiovascular system have been extensively
investigated with OCT. In vitro coronary arteries have been imaged to identify thin- and thick-walled
plaques’®. Radial catheter-based OCT imaging has been compared with current intravascular ultrasound
(IVUS)#32233, In vivo OCT catheter-based imaging has been performed in the rabbit aorta?3. The cardio-
vascular system represents tissue that cannot readily be excised for histopathologic examination. Because
of this, a non-excisional approach for diagnostics and surgical guidance would have a significant impact on
the quality of patient care. The use of OCT to guide and assess the surgical anastomosis or re-attachment
of severed vessels is investigated in this section.

6.3.1 Microsurgery of vessels

The repair of injured vessels and nerves is necessary to restore function following traumatic
injury®®. Although the repair of sensitive structures are performed with the aid of surgical microscopes
and loupes to magnify the surgical field®*, surgeons are limited to the en face view that they provide. A
technique capable of subsurface, three-dimensional, micron-scale imaging in real-time would permit the
intraoperative monitoring of microsurgical procedures, offering immediate feedback to the surgeon and a
likely improvement in patient outcome. The capabilities of OCT for the intraoperative assessment of
microsurgical procedures are demonstrated”*®. High-speed OCT imaging is integrated with the surgical
microscope described in Section 3.3 to performed micron-scale three-dimensional imaging on microsurgi-
cal specimens.

To demonstrate the use of OCT imaging for diagnostically assessing microsurgical procedures,
in vitro microsurgical specimens were first acquired from animal and human tissue. Segments of inguinal-
area arteries were resected from a 3.5 kg New Zealand White rabbit immediately after the rabbit was euth-
anized with a 5 ml injection of sodium pentobarbital (65 mg/ml). The specimens were immediately placed
in 0.9% normal saline and stored at 0 °C. An artery segment was bisected cross-sectionally with a scalpel
and then re-anastomosed. A No. 10-0 nylon suture with a 50 jim diameter needle was used to place a con-
tinuous suture and perform an end-to-end anastomosis. For precise registration of 3-D images, the anasto-
mosed segment was positioned on micron-step, computer-controlled, motorized translational stages in the
sample arm. A series of 40 cross-sectional images were acquired perpendicular to the long axis at 100 pm
interval spacing. Imaging was performed through the anastomosis site and several millimeters on either
side. Following imaging, the specimen was digitally imaged with a CCD camera.

Asa demonstratlon of the ability of OCT to locate vessels embedded in highly scattering tissue in
real-time, a 1 cm® block of human tissue was removed from the left lateral ankle of an amputated foot,
immediately placed in 0.9% normal saline, and stored at 0 °C. The foot had been amputated as a result of
complications associated with vascular insufficiency secondary to diabetes. The block of tissue was manu-
ally manipulated under the surgical microscope while OCT imaging was being performed at 8 frames per
second in a single cross-sectional plane. Images were acquired and stored directly to S-VHS video tape
while being viewed on a monitor. The magnified scan location was directly viewed through the surgical
scope as various locations were imaged in search of subsurface morphology. Specimens to be processed
for histological comparison were placed in 5% buffered formaldehyde immediately after imaging and later
embedded in paraffin, sectloned and stained with hematoxylin and eosin.
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Cross-sectional OCT images and 3-D data set projections were processed and displayed using ren-
dering software (NIH Image 1.60). A color-scale table was assigned to the logarithm of the data in each
image in a manner analogous to ultrasound. Multiple slices were assembled into a stack and used to gener-
ate projections of the 3-D data set. The projections were rotated in the x, y, and z planes to view particular
features and determine planes at which arbitrary sections could be displayed.

The ability of OCT to assess internal structure and luminal patency within an arterial anastomosis
was demonstrated by acquiring cross-sectional OCT images (2.2 x 2.2 mm, 250 x 600 pixel) and 3-D pro-
jections of a 1 mm diameter rabbit inguinal artery shown in Figure 6-8A. Two-dimensional cross-sectional
images in Figure 6-8B-E were acquired from the locations labelled in Figure 6-8A. Figure 6-8B and E
were acquired from each end of the anastomosis. These images clearly show arterial morphology corre-
sponding to the intimal, medial, and adventitial layers of the elastic artery. The muscular media appears
less backscattering than the adventitia which merges with the surrounding collagenous tissue. The patent
lumen is readily apparent. This is in contrast to what is observed in Figure 6-8D where at the site of anas-
tomosis, the lumen had been obstructed by a tissue flap. The image in Figure 6-8C reveals a tissue flap in
cross-section. Note that the presence of additional tissue has attenuated the signal from the lower wall and
hence, reduces the ability to resolve individual layers. By assembling a series of cross-sectional 2-D
images, a 3-D data set was produced. From this data set, arbitrary planes can be selected and correspond-
ing sections displayed. For an arterial anastomosis, often it is more informative to image longitudinally -
along the axis of the artery and through the anastomosis site. Figure 6-8H is a longitudinal section from
the 3-D data set which confirms the occlusion within the anastomosis site.

Three-dimensional projections of the arterial anastomosis are shown in Figure 6-8F and G. These
horizontally- and vertically-rotated projections are comprised of 80 slices at S50 um spacing. At this high
slice density, the internal structure shown in Figure 6-8B-E is difficult to visualize. However, high slice
densities are necessary if the 3-D data set is to be sectioned at arbitrary planes as shown in Figure 6-8H.
Additionally, micron-scale surface features which were not readily apparent from the 2-D slices are more
prominent.

OCT image data was correlated with corresponding histology in Figure 6-9. Cross-sectional images
were acquired from a rabbit arterial bifurcation. The arterial segment was imaged distal to the bifurcation
and two independent lumens are shown. The OCT image clearly resolves individual layers within the arte-
rial wall and demonstrates patent lumens. Above the arteries is a region of adipose tissue which appears
less backscattering in the OCT image except for the nuclei and cell walls.

The OCT instrument was integrated with a surgical microscope to obtain the images shown in Figure
6-10. Because the OCT imaging beam and visible aiming beam were co-aligned with the optical axis of
the microscope, the scan location on the specimen could be directly viewed through the microscope. A
block of tissue was manually manipulated under the microscope while images (3 x 2.75 mm, 256 x 256
~ pixels) were acquired at 8 frames per second. Subsurface microsurgical structures were immediately iden-
tified including numerous small arteries, veins, nerves, and even a vascular clip from previous surgical
repair. All structures were embedded in adipose and connective tissue. Figure 6-10A illustrates a cross-
_ section of an artery located 500 pm below the surface and surrounded by adipose tissue. This artery could
not be visualized with the microscope alone. The image clearly shows the characteristically thick wall and
multiple layers of the artery. To the right of the artery is a portion of dense connective tissue which does
not have the clear, low-backscattering regions present in adipose tissue. Figure 6-10B is a longitudinal sec-
tion of the same artery after the tissue block had been rotated by 90°. The thick arterial wall is readily
identified. The right edge of Figure 6-10B shows an oblique cross-section of a vein with its characteristic
thin wall.
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FIGURE 6-8: Arterial anastomosis. Labelled vertical lines in A refer to cross-sectional
imaging locations (B-E) from an anastomosis of an in vitro rabbit artery. An obstructive
flap is identified in C. By resectioning the 3-D data set, a complete obstruction is observed
in H. Horizontally- and vertically-rotated 3-D projections are shown in F and G, respec-
tively. Abbreviations: f, flap; o, occlusion. Bar represents 1 mm.
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FIGURE 6-9: Arterial bifurcation correlated with histology. The OCT image of a rabbit
arterial bifurcation shows multiple layers within the arterial wall. Abbreviations: a, adi-
pose tissue; 1, 1,, arterial lumens. Bar represents 1 mm.

FIGURE 6-10: High-speed (8 fps) imaging of embedded iz vitro human vessels. A) Cross-
sectional image of artery adjacent to connective tissue. B) The same artery was rotated
and viewed in longitudinal cross-section. An oblique cross-section of a vein is also

observed. Abbreviations: art, artery; ct, connective tissue; v, vein. Bar represents
500 pm. : '
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During microsurgical procedures, patient outcome can be substantially influenced by the ability of
the surgeon to assess tissue microstructure®®®. The use of a surgical microscope serves to magnify the tis-
sue, but only provides a surface, or en face, view. OCT should improve intraoperative diagnostics by pro-
viding high-resolution, subsurface, cross-sectional imaging of vessels in real-time.

The in vitro arterial anastomosis imaged in Figure 6-8 demonstrated the ability to assess internal
structure within an anastomosis site and evaluate patency. Intraoperative assessment of luminal obstruc-
tions is critical if a successful procedure is to be performed. OCT can be used to identify the location of
the obstruction and the longitudinal extent. This would include the presence of a thrombogenic adventitial
flap or intimal inversion which predisposes the site to post-operative subacute occlusion. v

The capabilities of an integrated surgical microscope have been demonstrated by acquiring in vitro
images of subsurface human vessels at 8 frames per second. Integrating high-speed OCT imaging with a

-surgical microscope was a challenge. An aberration-free beam had to be tightly focused at a long working

distance and maintained throughout the entire scan range. Integration with the surgical microscope permit-
ted not only en face visualization, but also cross-sectional OCT imaging, simultaneously. The microscope-
based OCT system was used to demonstrate the potential of OCT for preventing iatrogenic injury during
surgical procedures. Vessels, which could not be identified from en face imaging, were clearly identified in
OCT images. Performance of many fine surgical procedures in vulnerable tissue would likely benefit from
high-resolution subsurface imaging. In an analogous manner to Doppler ultrasound, OCT may be config-
ured to perform laser-Doppler velocimetry as described in Section 5.4. This technique has been used to
measure blood flow velocities through in vivo animal model vessels'®® and may be useful for assessing per-
fusion following vascular anastomosis.

Potential limitations of OCT imaging are the maximal penetration and the effect of blood on imag-
ing. Utilizing longer wavelengths in the near-IR, imaging depths have been increased from 1 mm up to
2-3 mm due to decreased optical absorption and scattering in tissue. These depths may still appear some-
what limiting. However, the majority of microsurgical complications occur in vessels and nerves less than
two millimeters in diameter and are suitable for OCT imaging. The presence of blood in the surgical field
may influence the quality of OCT images.

These results have shown the 3-D imaging capabilities of OCT and how acquired images can pro-
vide diagnostic feedback to assess microsurgical anastomoses. This previously unavailable diagnostic
ability offers the potential to directly impact and improve patient outcome by incorporating high-speed,
high-resolution intraoperative image-guidance during microsurgical procedures.

6.4 Reproductive System

- The use of MIS and diagnostic optical techniques are frequently applied to imaging the organs of the
female reproductive tract. Laparoscopic imaging is becoming the gold-standard for diagnostic and surgi-
cal gynecological procedures such as tubal ligation, management of benign ovarian cysts, and oophrec-
tomy. Laparoscopy is used as a second-look procedure when ultrasound resolutions fail to diagnose:
ovarian pathology and has been suggested as a surgical screening tool for the early detection of ovarian
cancer®>’. Although laparoscopy provides a closer look at tissue structure, only surface features are visible
and subsurface microstructural abnormalities are undetectable. A non-excisional means of imaging tissue
at near-histological resolutions has the potential to improve diagnostic capability without the need to phys-
ically resect suspect samples of sensitive tissue. Improvements in imaging and diagnosing early neoplasms
will likely have a subsequent reduction in patient morbidity and mortality.
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OCT was used to image over eighty sites on laparoscopically-accessible gynecological pathology to
demonstrate a feasibility for imaging and assessing normal and abnormal microstructure??®. Images are
correlated with histology. High-speed non-excisional OCT imaging through laparoscopes has the potential
to increase and improve sampling without the need for physical resection. Intraoperative OCT imaging has
the potential for in siru diagnoses of early-stage gynecologic neoplasms.

6.4.1 Uterus -

The laparoscopic approach to the uterus is transabdominally. The peritoneal surface of the uterus is
often the site of endometrial foci. Endometriosis is the transplantation of endometrial cells from the inte-
rior uterine wall to sites on the peritoneal abdominal wall, peritoneal surface of the uterus, ovaries, or fallo-
pian tubes. Theory suggests that this occurs as a result of cells passing through the fallopian tubes
following endometrial wall shedding?®. The growth of endometrial sites results in extreme abdominal
pain. In a recent US Health Interview Survey, 50% of those reporting having endometriosis had stayed in
bed all day because of their condition at some time during the past year, with the average of 17.8 bed-
days2%°. Thus, this disease is costly in terms of a woman’s quality of life, medical expenses, and impact in
the workplace. Because endometriosis can only be definitively diagnosed during a course of pelvic surgery
or laparoscopic exam, prevalence estimates are based on surgical populations. Endometriosis was diag-
nosed in approximately 25% of women (range is 4.5% to 82% across all studies) who had laparoscopy
because of pelvic pain®*!. Surgical treatment is by laparoscopic-guided ablation of foci with either electro-
surgery, radio-frequency electrodes, or a laser. Visual determination of endometrial sites is difficult, rely-
ing solely on color cues. Foci can also be located below the peritoneal surface making en face visualiza-
tion and diagnosis uncertain. OCT was used to image subsurface endometrial foci to demonstrate a
feasibility for improved discrimination.

The amplified superluminescent source described in Section 2.4.1 was used for imaging. Human
uterus samples were obtained postmortem, stored in saline, and imaged within 24 hrs. Cross-sectional
OCT images (6 x 3 mm, 600 x 400 pixels) were obtained from the peritoneal surface of each specimen
with the orientation consistent with that encountered during a laparoscopic examination. Immediately fol-
lowing image acquisition, the location of the image plane was marked with India ink for registration
between OCT images and histology. Specimens were placed in a 10% buffered solution of formaldehyde
for standard histological preparation. Histological sections, 5 um thick, were sectioned and stained with
hematoxylin and eosin for comparison with acquired OCT images. Correspondence was determined by
the best match between OCT images and light microscopy observations of the histology.

Figure 6-11 compares and contrasts normal uterus with a site of endometriosis. Both images were
acquired from the peritoneal surface as would be imaged laparoscopically. The normal peritoneal uterine
surface in Figure 6-11A and B shows a relatively smooth peritoneal surface with occasional invaginations.
Small regions of adipose cells surrounded by normal myometrium are observed in both the OCT image
and histology. This is in contrast to the endometriosis observed in Figure 6-11C and D. The elevated peri-
toneal surface with irregular boundaries and glandular spaces is indicative of secretory endometrium. Itis
this tissue morphology that is believed to result in extreme abdominal pain.
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FIGURE 6-11: Endometriosis. A,B) Normal peritoneal surface of in vitro human uterus
and C,D) endometriosis with corresponding histology. Abbreviations: a, adipose cells;
g, glandular tissue; m, myometrium. Bar represents | mm.

FIGURE 6-12: Ovarian adenoma on human uterus. A,B) Normal in vitro uterine perito-
neum compared and contrasted with C,D) ovarian adenoma spread to uterus. Abbrevia-
tions: lei, subserosal leiomyoma; m, myometrium; ma, metastatic adenoma; s, serosa.
Bar represents 1 mm.

169




The peritoneal surface of the uterus can also exhibit other abnormal tissue morphology. The OCT
images and histology in Figure 6-12 compare and contrast the normal peritoneal surface of the uterus with
that of an ovarian adenoma that had spread to the peritoneal surface of the uterus. This likely resulted from
contact between the two organs. The normal uterus in Figure 6-12A and B is relatively homogeneous.
Serosal tissue is shown adjacent to the uterus myometrium. The ovarian adenoma in Figure 6-12C and D
show characteristic glandular morphology which is difficult to resolve in the OCT image at these resolu-
tions. A sub-serosal leilomyoma is also observed adjacent to the glandular morphology of the adenoma.
The use of OCT to identify subtle morphological changes, as seen here, is a powerful application for diag-
nostics. In addition, the use of OCT laparoscopy can guide the surgical ablation of suspect tissue sites or
the placement of biopsy forceps when tissue specimens are physically resected for histopathological exam-
ination.

6.4.2 Ovary

Ovarian cancer has a high mortality rate largely due to poor techniques for early detection. In 1997,
54% of the deaths from cancers of the female reproductive system were due to ovarian cancer’**. High-
resolution OCT imaging from the external surface of the ovary can identify atypical morphology as is
shown in Figure 6-13. Normal ovary is relatively homogeneous compared to the cystic and papillary struc-
tures observed in the ovarian tumor.

The ability to image and diagnose early precursors of ovarian cancer***?* would enable more effec-
tive treatment options and improved patient outcomes. Laparoscopy is one minimally invasive technique
which enables diagnostics and surgery to be performed with decreased morbidity. Although laparoscopy
offers exceptional visualization of remote, internal tissue, imaging is limited to surface features. OCT
enables cross-sectional, subsurface imaging of biological structure. The combination of these two tech-
niques has the potential for significantly improving the ability to non-excisionally sample suspect gyneco-
logical tissue at high resolutions.

Subsurface OCT imaging of laparoscopically-accessible gynecological tissue has been demon-
strated. Correlations with corresponding histology are strong, suggesting that OCT can accurately repre-
sent the morphological tissue structure. Two engineering advancements are necessary before in vivo
laparoscopic imaging is feasible: the construction of a steralizable OCT laparoscope and improvements in
image resolution. Current laparoscopes are designed to image at visible wavelengths. Special optics and
optical coatings are required to permit simultaneous visualization at visible wavelengths and OCT imaging
at near-IR wavelengths. The OCT imaging beam is invisible to the human eye, however, a visible aiming
beam can be co-linearly aligned to permit the OCT scan location to be visualized through the laparoscope.
Although the image resolutions in this study permitted the definition of microscopic morphology, resolu-
tions were not high enough to definitively image individual cells. Higher resolutions will improve the
intraoperative diagnostic ability of OCT. If an accurate diagnosis could be made in real-time, OCT could
guide surgical resection without requiring the patient to return to the surgical suite for a second surgical
procedure.

OCT imaging of laparoscopically-accessible gynecological tissue suggests a feasibility for integrat-
ing this technology into a clinically useful device. Demonstrated performance of current laparoscopic
imaging may be improved by OCT imaging of subsurface morphology in real-time at near-histological res-
olutions. The use of OCT for the early detection of neoplasms without having to physically resect sensitive
tissue has the potential for improvement in treatment protocols and a reduction in patient morbidity and
mortality.
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FIGURE 6-13: Ovarian cancer. Normal in vitro human ovary (A,B) and ovarian cancer
(C,D) with corresponding histology. Abbreviations: c, cystic cavities; p, papillary struc-
tures. Bar represents 500 yum.

FIGURE 6-14: Pediatric lymph nodes. In vitro pediatric lymph nodes show characteristic
follicular structures. Abbreviations: a, adipose tissue; ¢, capsule; lv, lymphatic vessel; f,
fascicle. Bar represents 1 mm. .
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6.5 Immune System

Recent advances in minimally invasive laparoscopic surgery have been applied to the pediatric
oncology patient for tumor staging, assessment of resectability, and evaluation of recurrent and metastatic
disease?*®. Hodgkin’s Disease, non-Hodgkin’s lymphoma, and the leukemias are malignant tumors of the
immune and lymph system. For male children and young adults between the ages of 15 and 34, leukemia
and non-Hodgkin’s lymphoma represent the two leading causes of death due to cancer?!®. Staging of the
tumor can be performed laparoscopically?*® with subsequent lymph node biopsy. Staging requires sam-
pling of numerous lymph nodes, only a few of which can be physically resected for histopathologic exam-
ination. Ultrasonography has been used to image relative sizes of normal and abnormal lymph nodes
in vitro, but resolutions were not sufficient to resolve internal architecture?*’. A means of optically imag-
ing the architectural morphology of lymph nodes in real-time with high-resolution and without having to
physically resect and histologically prepare specimens would permit the rapid intraoperative staging of
tumor extent. :

The feasibility of using OCT to image subsurface architectural morphology in pediatric lymphoid
tissue is demonstrated”*®. The ability to image subsurface lymph node microstructure offers the potential
for reducing the number of biopsies necessary to stage tumors not only in the pediatric population, but also
in adult malignancies as well. Integration with current laparoscope designs will permit simultaneous sub-
surface OCT imaging with existing en face visualization. By sampling greater numbers of lymph nodes, a
potential exists for more accurate tumor staging, more precise treatment protocols, and a reduction in
patient morbidity.

The Kerr-lens modelocked solid-state Cr**:forsterite laser described in Section 2.4.2 was used for
imaging. Pediatric thymus and cervical lymph nodes were obtained postmortem, stored in saline, and
imaged within 24 hrs. Thirty-five cross-sectional OCT images (2 x 1 mm, 500 x 500 pixels) were obtained
from the outer surface of each specimen with the orientation consistent with that encountered during a lap-
aroscopic examination.

Two cross-sectional OCT images of two cervical pediatric lymph nodes are shown with correspond-
ing histology in Figure 6-14. The OCT images shows characteristic follicular morphology. A cross-sec-
tion of a lymphatic vessel is identified in Figure 6-14A, surrounded by adipose tissue. The vessel and
adipose tissue have been displaced in the histological section (Figure 6-14B) due to processing artifact. An-
outer capsule ‘is noted in Figure 6-14C and D. Correspondence between OCT images and histology is
strong. Much of the internal cortex is relatively homogeneous at these image resolutions.

An OCT image and corresponding histology of the thymus is shown in Figure 6-15. The outer col-
lagenous capsule is clearly evident in Figure 6-15A, however, it has been lost during histological process-
ing. Subsurface imaging was possible through the outer capsule and into the cortex of the thymus. Two
deep invaginating septa are observed. The correspondence with histology is also strong although at this
imaging resolution, individual cells are not observed. .

The ability to accurately assess tumor stage and evaluate recurrent or metastatic disease allows more
effective treatment options and improved patient outcomes. Laparoscopy is one minimally invasive tech-
nique which enables more sensitive tumor staging by lymph node involvement with deceased surgical mor-
bidity. Although laparoscopy offers exceptional visualization of remote, internal tissue, imaging is limited
to surface features. OCT enables cross-sectional, subsurface imaging of biological structure. The combi-
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FIGURE 6-15: Pediatric thymus. In vitro pediatric thymus with characteristic septa.
Abbreviations: cc, collagenous capsule; cx, cortex; s, septa. Bar represents 1 mm.

FIGURE 6-16: In vivo rabbit esophagus at three longitudinal positions. A,D) Proximal,
B.E) Middle, and C,F) Distal. Abbreviations: e, stratified squamous epithelium; g, secre-
tory glands; les, lower esophageal sphincter; m, muscular layers. Bar represents 1 mm.

173




nation of these two techniques has the potential for improving the ability guide surgical resection of lymph
nodes for histopathological examination or to rapidly sample greater numbers of suspect lymph nodes and
more accurately stage tumor involvement.

- High-resolution subsurface OCT imaging of pediatric lymphoid tissue has been demonstrated. Cor-
relations with corresponding histology are strong, suggesting that OCT can accurately represent the mor-
phological tissue structure. Individual follicles were clearly identified along the outer margins of these
normal lymph nodes. Future studies will compare follicular structure, patterns, and optical scattering
properties of normal lymph nodes with those from patients with Hodgkin’s disease and metastatic tumors.

OCT represents an optical imaging modality for high-resolution subsurface imaging in pediatric
lymphoid tissue. Integrated with laparoscopic instruments, OCT may permit surgical guidance for lymph
node biopsy or possibly the non-excisional optical sampling of lymph nodes for tumor staging.

6.6 Gastrointestinal System

The upper and lower gastrointestinal tracts are readily accessed with catheters and flexible
endoscopes??®. Diagnostic procedures provide en face visualization of the epithelial lining to evaluate
colonic polyps or esophageal disorders. Surgical procedures include, among many, endoluminal resection
of polyps and small tumors of the colon®’?%® and more recently, administering photodynamic therapy
(PDT)!80:251 45 a treatment for Barrett’s esophagus. Barrett’s esophagus is a condition where the stratified
squamous epithelial lining of the lower esophagus is replaced by columnar epithelium of the stomach?32,
This dysplastic change is likely a result of acid reflux from the stomach and is found in up to 20% of
patients who undergo endoscopic examination for evaluation of gastroesophageal reflux disease??.
Patients with Barrett’s esophagus are 30-40 times more likely to develop adenocarcinoma compared to the
general population®'2. Therefore, these patients must be routinely examined endoscopically and biopsied.
High-resolution imaging with OCT may be useful to sample large areas of the esophagus and to guide sur-
gical biopsy for diagnosis. Imaging in in vitro human gastrointestinal tract has been performed with
- OCT?0%334 Depths of penetration are sufficient to image through the esophagus mucosa and submucosa.
Resolutions are sufficient to identify morphological changes of colonic inflammation and pseudomem-

branes.

To demonstrate high-speed catheter-based OCT imaging of in vivo esophageal mucosa, a rabbit ani-
mal mode] was used. A 5 kg New Zealand White rabbit was anesthetized with ketamine (35 mg/kg) and
xylazine (5 mg/kg) given intramuscularly. Maintenance anesthesia was achieved with intravenous ket-
amine (8 mg/kg) and xylazine (1 mg/kg) administered via a marginal ear vein. Bite blocks were placed
bilaterally to prevent damage to the catheter. The chin of the rabbit was placed forward and anterior with
the tongue maximally extended to reduce the likelihood of entering the trachea. The OCT catheter was
introduced into the upper gastrointestinal tract through the oral pharynx. The in vivo rabbit esophagus was
imaged from the pharynx to the lower esophageal sphincter and into the stomach. Following imaging of
the gastrointestinal and urinary tracts (described in Section 6.7), the rabbit was euthanized with an intra-
arterial injection of 5 ml sodium pentobarbital (65 mg/ml). The esophagus was dissected out and sections.
from the proximal, middle, lower esophagus and lower esophageal sphincter were placed in formalin for
standard histological processing. The established protocols for the care and handling of the animals used
in this research were approved by the Committee on Animal Care, Massachusetts Institute of Technology.

Representative catheter-acquired images are shown in Figure 6-16. The upper esophagus, shown in

Figure 6-16A and D reveal a large lumen with fewer folds. The OCT image in Figure 6-16A demonstrates
full-thickness imaging through the esophageal wall. The OCT image in Figure 6-16B shows increasing
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numbers of folds. The lower esophageal sphincter is shown in Figure 6-16C and F. The esophageal wall is
surrounded by smooth muscle. OCT imaging penetration falls off rapidly in this circumferential muscle
layer.

The in vivo images of the rabbit esophagus epithelium suggest a feasibility for staging and following
conditions such as Barrett’s esophagus. Because early dysplastic changes result in the increase in numbers
and size of epithelial nuclei, changes in optical backscatter may be able to identify suspect regions. Larger
scale structural epithelial changes occurring in later stages of Barrett’s esophagus will be even more evi-
dent. The depth of imaging in the esophagus suggests that deeper structures such as esophageal varices
can be evaluated in vivo to guide surgical treatment of those which are prone to rupture.

6.7 Urinary System

The urinary tract represents a system that is readily accessed with catheters and endoscopic
instruments>>>. Hence, a great deal of MIS procedures are performed to diagnose and treat diseases of the
urinary system. OCT imaging has been performed on in vitro human tissue suggesting that in vivo imaging
could resolve microstructure relevant to surgical procedures of the urinary tract?>®. The OCT radial imag-
ing catheter is of suitable diameter to pass through the human urethra and into the bladder. In this section,
OCT imaging is performed in vivo in a rabbit and on in vitro human specimens.

-6.7.1 Bladder/Ureter

Bladder cancer was responsible for 11,700 deaths in 1997 affecting males twice as often as
females?*2. Because of accessibility to the bladder, diagnostic procedures using catheters are common
when suspect regions are found on CT, MRI, or ultrasound. The use of OCT for high-resolution imaging
of the bladder wall may enable early detection or staging of tumor growth. Using the OCT catheter in a
rabbit animal model, in vivo images were acquired, compared with histology, and shown in Figure 6-17.
The small size of the rabbit urethra prevented catheter access via this route. Instead, the bladder was
exposed following an abdominal incision and the catheter was inserted through a slit in the bladder wall.
Urine in the bladder increased scattering and degraded image quality. For this reason, the bladder was
emptied and then filled with saline prior to imaging. The OCT image in Figure 6-17A reveals multiple
folds or rugae of the bladder wall. Full thickness penetration into the surrounding adipose tissue is possi-
ble.

Within the same animal, the ureters were investigated. The ureters are distendable allowing the
catheter to pass a few millimeters into the lumen. An OCT image and corresponding histology are shown
in Figure 6-18. Passage of a catheter through the human ureter enables minimally invasive access to the

“kidney for evaluation.

6.7.2 Prostate

In the U.S., prostate cancer is the most commonly diagnosed male cancer accounting for 317,000

new cases in 1996 alone®’. The incidence of prostate cancer increases faster with age than any other
“major cancer”® with probabilities of < 1:10000 before age 39, 1:78 for age 40-59, and 1:6 for age 60-79.
Recognizing prostate cancer from benign prostatic hypertrophy (BPH), an enlargement of the prostate

* gland which affects greater than 90% of men by the eighth decade?®”, is a major research endeavor. BPH
results in enlargement of the prostate with urethral obstruction, delayed urination, and an increased inci-
dence of urinary tract infections?®0. Surgical procedures to reduce the obstruction or remove the prostate
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FIGURE 6-17: In vivo rabbit bladder. Full-thickness OCT imaging is possible, identifying

surrounding adipose tissue. Abbreviations: a, adipose tissue; bc, bladder cavity; r, rugae.
Bar represents 1 mm,

FIGURE 6-18: Rabbit ureter. A distendable lumen (Iu) permits catheter entry. Histologi-
cal image shows relaxed ureter wall. Bar represents 1 mm.
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are methods to relieve the symptoms of BPH. A major morbidity factor of radical prostatectomy is impo-
tence which results from injury to neurovascular bundles which lie adjacent to the prostate®®!. The use of
OCT to locate these bundles and guide surgical resection of the prostate could significantly reduce morbid-
ity. Imaging of the in vitro human prostate was performed using the Cr**:forsterite laser at high resolu-
tions (9 Um transverse, 6 um axial). The prostate was bisected through the urethra and imaging was
- performed transversely across the urethra. An image and corresponding histology are shown in Figure 6-
19. The prostate appears relatively homogeneous in the OCT images. Larger submucosal glands and the
urethral sinus, however, can be identified.

The radial imaging catheter was passed into the dilated urethra of an in vitro human prostate to
image in an orientation that would be encountered in vivo. This image is shown in Figure 6-20. The imag-
ing depth of OCT is insufficient to locate the prostate-adipose border, a site where neurovascular bundles
are located. However, the use of OCT during prostatectomy may be feasible, By continually imaging
ahead of the resection plane, OCT may be able to identify when the prostate-adipose border is approached.
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FIGURE 6-19: Human prostate. In vitro human prostate images acquired by hemi-secting
the prostate through the urethra and imaging perpendicular to the longitudinal axis of the
exposed urethra. Abbreviations: sg, submucosal glands; u, urethra; us, urethral sinus. Bar
represents 500 pm.

FIGURE 6-20: Radial catheter imaging of intact in vitro human prostate. Abbreviations:
sg, submucosal glands; u, urethra; us, urethral sinus. Bar represents 1 mm.
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Chapter 7

Surgical Intervention

7.1 Introduction

Surgical intervention is the process of interfering with disease pathogenesis by surgically modifying
its course. Scalpels, catheters, radio-frequency (RF) ablation electrodes, and lasers are examples of instru-
ments used to intervene. Lasers have been used extensively in interventional procedures to thermally coag-
ulate tissue, control bleeding, and remove unwanted or diseased tissue through ablation. The feasibility of
OCT to perform image-guided surgical intervention is investigated in this chapter. The imaging capabili-
ties of OCT will be used to guide and assess the progress of the surgical intervention. High-power argon
laser ablation will be used as the representative interventional technique and will be compared with more
traditional RF ablation in both heart myocardium and human prostate. Emphasis should be given to the
fact that thermal argon laser and RF ablation are representative of a wide array of interventional devices
and techniques that OCT can potentially guide. The tissue response to thermal injury has been well-char-

“acterized over the last several decades and this thesis research does not attempt to verify previous results.

Instead, this research using high-speed OCT demonstrates dynamic changes that occur in a variety of clin-

-~ ically-relevant tissues. These results will demonstrate the concept and limitations of OCT image-guidance

during representative surgical interventions.

The use of OCT in an interventional procedure was first demonstrated by the OCT image-guided
placement and assessment of retinal laser lesions in the in vivo primate eye?®22%% This study examined the
dynamic evolution of retinal lesions from continuous wave, and nanosecond, picosecond, and femtosecond
pulses at visible wavelengths (514-580 nm). Although images were acquired every 5 seconds, the time .
evolution of lesion morphology enabled a better understanding of the mechanisms of damage. With an
increasing use of lasers in ophthalmology for the repair of detached retinas, the disruption of posterior cap-
sules following cataract surgery, and as a treatment for glaucoma, a thorough understanding of damage
mechanisms is necessary for optimal therapy and a reduction in iatrogenic injury.

Faster image acquisition rates (4-8 fps) now enable rapid microstructural changes to be observed -

sequentially over time. This research demonstrates, for the first time, the use of high-speed OCT to charac-
terize the morphological changes that occur in highly scattering tissue following thermal tissue 1nJury
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7.1.1 Laser Safety Standards

The American National Standards Institute (ANSI) has established safety standards for the safe use
of lasers?®®. These standards are used to protect individuals from ocular and skin injury as the result of
exposure to high-power laser irradiation. As shown in Equation (2-65), the SNR of OCT is directly pro- -
portional to the laser power returning from the sample. Therefore, by maximizing the safe laser exposure
to tissue, a maximurn SNR can be achieved. Identifying safety limits also allows one to predict what pow-
ers are necessary to intentionally coagulate or ablate tissue during a surgical intervention. For laser-based
interventions, laser powers must be optimized to effectively ablate tissue while minimizing the effects of
collateral damage.

The two representative wavelengths investigated are the visible 514 nm from the argon laser used to
thermally injure and ablate tissue and the 1300 nm near-IR wavelength used for OCT imaging. ANSI char-
acterizes the safety limit as the maximum permissible exposure (MPE) to either the skin or the eye. Plots
for these wavelengths and tissue are shown in Figure 7-1. Because of the significant absorption of visible
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FIGURE 7-1: ANSI laser safety standard for maximum permissible skin and eye exposure.
Standard is plotted for visible argon (514 nm) and OCT imaging (1300 nm) wavelengths.

wavelengths, the MPE is predominantly lower for visible wavelengths than for the near-IR wavelengths.
The MPE for the eye is significantly lower than for the skin because of the increased sensitivity to light.
Shorter exposure durations also permit the use of higher incident powers.
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The maximum incident power that can be used for OCT imaging at 1300 nm wavelenoth is calcu-
lated based on the exposure duration Ej for a single spot size given by

td

By = | (7-1)

s

where t is the image acquisition time, d is the diameter of the focused beam, and L; is the total scan
length. For catheter-based OCT imaging at 4 fps with 1300 nm output from the Cr**: forsterlte a circum-
ferential scan length of 12.6 mm, and a 30 um diameter spot size, the MPE is 10 mW. All in vivo imaging

- was performed within this limit. Imaging of the skin and other highly scattering tissue with the hand-held

probe for a Ly = 3 mm, d = 30 um, and for various image acquisition times, gives the following MPE val-
ues shown in Table 7-1. Typical sample-arm powers when using either the amplified SLD or the Cr**:for-

"TABLE 7-1: Representative MPE values for imaging skin with the hand-held
probe. Values were calculated for a scan length of 3 mm and a beam spot size
diameter of 30 um.

Image Acquisition Time MPE
30s 95 uw
10s 217 uW

s 1.2 mW
250 ms 3.4mW
125 ms 5.6 mW
33 ms 15.7 mW

sterite laser are 1-5 mW These results indicate that for imaging with the hand held probe at less than 4 fps,
the MPE is exceeded. No tissue damage from the 1300 nm imaging beam has been observed in histologi-
cal samples although tissue drying is accelerated during exposure. These ANSI limits must be considered
when in vivo human studies are performed.

Typical 1300 nm optical powers exiting beam delivery instruments represent a potentially hazardous

- condition for retinal injury. Assuming the 5 mW output power from the probe is focused to a 30 um diam-

eter spot 5 mm from the tip of the device, and the operator or patient is exposed for 250 ms, the MPE is
6.4 mW/cm?. The MPE is exceeded if the beam is viewed within 71.5 mm from the tip of the probe. The
increasing availability of high-power sources will require operators and users to wear protectwe eyewear to
prevent accidental retinal injury.

This thesis research demonstrates thermal ablation in highly-scattering non-ocular tissue. The skin
MPE for the 514 nm argon wavelength was calculated for the experimental conditions. The argon output
was focused to a 800 um diameter spot for 1-5 s. MPE for | and 5 s exposures were 27.5 mW and 8.2 mW,
respectively. The 1 W incident on the tissue exceeded the MPE for skin by approximately 1-2 orders of
magnitude, sufficient to induce thermal damage.
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7.1.2 Laser damage mechanisms

Laser irradiation damages tissue by three mechanisms: chemical, thermal, and mechanical. Chemi-
cal effects result from low-level irradiation ending in either nonlethal or lethal changes within cells. Dam-
age results from the breaking of molecular bonds, cross- linking of DNA, the production of free radicals,
and the disruption of enzymatic and biochemical pathways. Nonlethal changes are difficult to detect, fre-
quently requiring molecular biology techniques to assess DNA and RNA stability or variations in cell
metabolism. Few morphological changes occur which can be observed with standard histopathology.
Transmission electron microscopy, however, is one techmque which can be used to assess ruptured cellular
membranes and distorted organelles.

The developing embryo is a model organism with increased susceptlblllty to mutagenic agents,
including optical radiation®®. Studies have shown that high power near-IR irradiation can lethally damage
cells trapped within optical tweezers!>* 155 Powers of 1-10 mW focused to micron spot sizes are typical in
these devices. The optical powers from KLM lasers used in OCT imaging represent a possible source for
photochemical cell damage, however, no studies have been performed to assess this. Although in vivo
imaging was successfully performed on the developing amphibian animal model, occasionally, specimens
did not retum to normal feeding and swimming behavior following imaging. Whether this was the result
of handling, the anesthetic, or the laser irradiation remains to be determined.

Thermal damage mechanisms range from delayed effects of edema and hyperemia to significant
thermal coagulation of tissue and explosive vaporization of water’®’. Intracellular edema is the result of
dysfunctional cell metabolism and the accumulation of fluid. As temperatures increase due to increased
optical fluence, coagulation of cellular and extracellular structural proteins occurs. Cells and organelles
will shrink due to denaturization of proteins and water loss through ruptured membranes?%® while collagen
will form an amorphous mass in response to heat>®®. Thermal coagulation results in disruption of birefrin-
gence in muscle tissues and of fibrillar collagens in tendons'®8. As temperatures in tissue approach 100 °C,
the effects of water vaporization become dominant. At the tissue surface, water vaporization results in
accelerated drying of the tissue. This same process within tissue results in rapid formation of water vapor
trapped within vacuoles. The vacuoles expand and rupture, causing an explosive ablation of tissue, ejec-
tion of tissue from the site, and crater formation. Continued heating produces a carbonization of the tissue

‘which may accelerate absorption of incident light as well as prevent OCT imaging of deeper tissue.

For thermal damage to occur, the incident radiation must first be absorbed by the tissue. Therefore,
tissue with higher absorption coefficients will require lower levels of optical power before damage occurs.
Coagulation, loss of birefringence, vacuolization, and explosive ablation will be demonstrated using high-
speed OCT imaging. Thermal damage can be modeled as a rate process similar to chemical reaction kinet-
ics and was first described in a series of papers by Henriques and Moritz?”" in 1947. Under this model, tis-
sue constituents transition from a native state to a damaged state. An energy barrier AH* separates the two
states as shown in Figure 7-2. The enthalpy AH* is the difference in internal thermal energy between the
native M state of a molecule and the activated state M*. The factors k,, k, and ky are the rate constants.
Typically AH* is much less than AH, making the reaction likely given a small amount of energy input. For
energy inputs less than AH*, the activated tissue will relax back into its native state and rever51b]e cell
damage will be repaired. The rate equations can be described by

a ‘ ky
M+M /= M+M* My —= M
. (7-2)
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FIGURE 7-2: Tissue damage state diagram. Tissue damage model based on rate processes
similar to chemical reaction kinetics. Overcoming an energy barrier AH* changes tissue
from a natlve state (M) to an activated state (M") and finally to an irreversible damaged
state (M )-

where the irreversible damage to the molecule M? occurs at a rate kg. The rate of thermal damage is
largely determined by the forward rate k, which can be expressed by

B AH*Y E,
k, = Aexp(— RT ):Aexp(—ﬁ) (7-3)

where T is the temperature, R is the gas constant of 1.987 cal/mol-K, A is a scaling constant, and E, is the
activation energy needed to produce irreversible damage. The rate k, can be recast into an Arrhemus inte-
gral to describe a measure of damage W¥(t) given by

¥(1) = In [M;&))J = JOTACXP(_%)dt' | (7-4)

The logarithm of the ratio of the original concentration of native tissue M(0) to the damaged tissue M%(1) is
given by an integral summation of temperature-induced damage. The characteristics of this kinetic dam-
age model describe a process of little damage accumulation below a temperature threshold, with a sharp
exponential increase in damage once this threshold has been reached. Examples of this behavior will be
given in the next section.

Mechamcal damage is the result of rapid thermoelastic expansion of tissue and the ejection of
ablated material. Stress waves which travel at the speed of sound in tissue emanate from the lesion site.
Shock waves at speeds greater than the speed of sound may be generated if the pulse length is shorter than
the time required for the wave to propagate out of the lesion site. Mechanical damage can also occur
acoustically with ultrashort (< 10 s) pulses of high energy. Pulse durations are exceptionally short, pre-
venting extensive temperature rise and thermal injury in tissue?’!272,

Acquisition rates of 4-8 fps are sufficient to capture effects of thermal damage mechanisms that

occur with time constants of 1 s or more. Extended heating of regions of tissue permits the observation of
mechanical effects as well. Chemical damage at the cellular level is beyond the resolution and sensitivity
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of OCT, however, tissue stains which indicate biochemical activity are used to provide insight into cell via-
bility surrounding the lesion site. Acoustic damage from ultrashort pulses occurs with time-scales compa-
rable to the length of the pulse, too rapid for OCT imaging. Although acoustic and mechanical effects may
occur on time-scales faster than can be imaged with OCT, OCT can still image the integrated tissue effects
and injury, providing useful information to guide surgical interventions.

7.2 Thermal Laser Ablation

The pathologic effects described in Table 7-2 are the result of increasing temperature within biologi-
cal tissue®®’. The thermal and mechanical effects of laser tissue ablation have been previously analyzed!?’.

TABLE 7-2: Pathologic Thermal Effects in Biological Tissue®®’.

Thermal Damage Temperature Heating . .
Mechanism ©C) Duration Histopathologic Effect
Low-temperature 40-45 Hours Reversible cell injury
accumulation processes Inactivation of enzymes
Accelerated metabolism
45+ Hours Cell shrinkage and death
Denaturization of structural proteins
Unknown Unknown Cell membrane rupture
55-95 Minutes Birefringence changes in collagen
Water-dominated 100-200 Seconds to Vacuole formation, rupture
processes milliseconds Explosive fragmentation
High-temperature 200+ Seconds to Tissue ablation
ablation processes picoseconds

The majority of studies have used static histological preparations to document the tissue changes that
occur. Dynamic changes in tissue optical properties have been characterized®’*2"#, but no studies have
been performed using high-speed OCT to image changes in optical backscatter in highly scattering tissues.
To image the dynamic effects of thermal injury, an OCT setup using a modified surgical microscope from
Section 3.3.2 was constructed. An argon beam was incorporated and aligned within the OCT imaging
plane, centered within the transverse OCT scan length. A schematic of this modified setup is shown in Fig-
ure 7-3. The Cr**:forsterite KLM laser enabled image acquisition up to 8 fps. A mechanical shutter was
used for timed argon laser (514 nm) exposures on the sample. The 1-3 W argon beam was focused by a
24.5 cm focal length lens to a 0.8 mm diameter spot on the tissue surface. This setup permitted image
acquisition immediately prior to and after exposure to track the optical changes occurring within the tissue
due to the thermal damage. '

' Before performing dynamic imaging studies, a single thermal lesion was thoroughly investigated to-
“determine what optical changes were detectable with OCT. A 10 s, 3 W exposure on rat rectus abdominis
muscle was used to form an ablation crater. The specimen was then placed on a multi-axis translational
stage to perform 3-D imaging of the crater. Imaging was performed using the Cr**:forsterite with 7 Um
axial and 28 pm transverse image resolution. Sixty cross-sectional images (400 x 600 pixel, 4 x 6 mm)
were acquired at 100 um intervals to produce a 3-D data set. Two projections of this data set are shown in
Figure 7-4. The deep crater can be seen in the center of the projection. Surrounding the crater is an ele-
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FIGURE 7-3: Interventional laser delivery setup. A mechanical shutter-controlled argon
laser is aligned with the OCT imaging plane via a dichroic mirror. Dynamic changes in
tissue optical backscatter due to thermal injury can be image at 8 fps using the high-speed
OCT system.

vated region of damage which decreases radially outward from the center. The projection in Figure 7-4B
shows the crater viewed from below the tissue surface illustrating the deep penetration of the lesion into |
the tissue.

A sequence of cross-sectional images from this data set is shown in Figure 7-5. These provide infor-
mation on the depth-dependent distribution of the thermal energy. The number in each image refers to the
distance from the center of the crater at which the cross-sectional image was acquired. At a distance of
3.75 mm from the center, small distortions in the muscle layers (arrow) are observed, although little change
- has occurred at the tissue surface. At 3.0 mm, thermal injury has elevated the tissue surface and distorted
an internal low-backscattering layer. At 2.25 mm, a region of increased optical backscatter has appeared.
This region appears deeper in the 1.5 mm section. At 0.75 mm from the center, carbonization of the tissue
results in significant shadowing of underlying structures. A cross-section through the center of the crater is
shown in the last image. The vertical bands of low backscatter adjacent to the crater are due to shadowing
by the vertical crater walls which are lined with carbonized tissue. Carbonized tissue scatters and absorbs
the incident light, decreasing imaging penetration.
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FIGURE 7-4: Three-dimensional projections of laser ablation crater in rat rectus abdomi-
nis muscle. Crater was formed by 3 W of argon power during a 10 s exposure. Argon
beam was focused to a 0.8 mm diameter spot. Crater and concentric zone of thermal
injury are viewed from A) above and B) below the tissue surface. Bar represents 1 mm.

FIGURE 7-5: Cross-sectional images of laser ablation crater shown in Figure 7-4. Num-
bers refer to distance from crater center which the image was acquired. At 3.75 mm,
arrow indicates early subsurface changes of layered structure. Arrows at 3.0 mm show
elevated tissue surface and irregular subsurface layers. Arrow at 0 mm illustrates deep cra-
ter with carbonized wall. Bar represents 1 mm.
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FIGURE 7-6: Re-sectioning of 3-D crater data set to illustrate en face p]ané. 3-D data set
was shown in Figure 7-4. Numbers refer to depth below tissue surface. Concentric rings
of thermal injury are observed at all depths. Bar represents 1 mm.

20s ~ |l30s | 40's

FIGURE 7-7: Possible birefringence changes from collagen disruption in chicken tendon.
Collagen fiber bundles were oriented perpendicular to the OCT imaging plane. Arrow at
0 s shows normal collagen bundles. After 15 s of exposure from a 2 W argon beam, bun-
dles have begun to contract toward the argon beam center. At 40 s, arrow indicates
changes in tissue birefringence located 1 mm from the incident argon beam. Bar repre-

- sents 1 mm.

187




Surrounding the deep crater in Figure 7-4A lie concentric rings of tissue damage. These are the
result of a radial thermal distribution outward from the site of the incident beam. The differences between
each ring are likely the result of different thermal damage mechanisms, if one assumes the tissue is homo-
geneous. To optimally assess these radial distributions, the 3-D data set is re-sectioned in the en face
plane, as would be viewed from the surface and with increasing depth into the tissue. Re-sectioned slices
are shown in Figure 7-6. The number in each figure refers to the depth from the surface at which the plane
was sectioned. Theshallow planes (150-600 um) lack regions of tissue (lower white regions) because the
axes of the tissue block were not precisely aligned with the translation stage axes. The image at 150 um
shows a relatively uniform ring consistent with the elevated region appearing in the 3-D projection of Fig-
ure 7-4A. At greater depths (450-900 um), however, a multiple-ring pattern is evident, possibly indicating
different zones of tissue damage. An alternative explanation may be a concentric elevation of birefringent
tissue layers presenting as regions of low and high optical backscatter. At a depth of 1350 um, the crater
bottom is approached and the concentric rings have diminished. At 1500 pum, the region of high backscat-
ter in the center represents tissue immediately below the crater bottom and the white ring of reduced opti-
cal backscatter is due to the attenuation of the incident beam by the carbonized tissue lining the nearly
vertical crater walls.

According to Table 7-2, at temperatures exceeding 45 °C, the birefringence of collagen is disrupted.b
Subtle changes in optical backscattering properties were observed surrounding the lesion in the rat rectus
abdominis muscle in Figure 7-5. More dramatic changes were observed in the highly ordered collagen
fibers from a chicken tendon. The tendon in Figure 7-7 was imaged in cross-section and oriented with'the
collagen fiber bundles running perpendicular to the OCT imaging plane. Shown in the initial image, the
bundles appear as discrete regions of high backscatter. During exposure from a 2 W argon beam, the bun-
dles move inward as thermal coagulation proceeds (arrow at 15 s). After 40 s, the central lesion is ther-
mally coagulated. Regions outside of this lesion (shown by the arrow at 40 s) exhibit a possible change in
birefringence when compared to the initial image (O s).

The extent of thermal damage can be characterized by both OCT imaging and histopathology tech-
niques. Changes in images of tissue during ablation have been used to validate models of thermal propaga-
tion through tissue. This is one method which will be used in this thesis. However, changes which appear
in images do not always correlate with the extent of tissue damage and comparisons must be made with
histology to determine the limitations of the imaging methods. Still, observations from histological slides
are limited to the physical findings from cells and extracellular components with no indication of meta-
bolic or enzymatic changes which may reflect the viability of the cells surrounding the lesion. Therefore,
in an effort to more accurately correlate OCT image findings with thermal damage, a cell viability study
was performed.

7.21  Cell viability

Disruption of cellular biochemical processes resulting from elevated tissue temperatures is the first
mechanism of thermal injury that occurs, as described in Section 7.1.2. Although histological findings of
thermally-induced structural damage have been used to validate damage models, ultimately it is the extent
of non-viable cells that must be determined. The extent of non-viable cell injury must be correlated with
OCT images if OCT is to be used for controlled intervention. The zones of non-viable cells which extend
beyond the lesion site contribute to the limiting distance that a surgical intervention must not breach if the
integrity of sensitive tissue structures is to be preserved. To our benefit, normal healing responses in bio-
logical tissues can repair limited zones of non-viable cells.
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Cell viability following thermal laser injury was assessed using two tissue stains: trypan blue and a
nitrophenyl-substituted ditetrazolium salt (Nitro-BT or NBT). Trypan blue has a greater affinity for serum
proteins than for cellular proteins. Therefore, intact viable cells will not be stained and non-viable dam-

~aged cells will be stained blue. In contrast, NBT stains cellular metabolism enzymes dark. Any disruption

in the normal metabolic pathways of a cell will prevent the enzymes from retaining the stain. Preliminary
studies with these stains indicated that NBT-stained specimens exhibited more contrast than the trypan
blue-stained specimens. The trypan blue tended to stain all exposed surfaces of the tissue that contained
non-viable cell layers. This prevented identification of India ink registration marks and poor localization
of the laser lesions for histological processing. Both the trypan blue and NBT stains failed to penetrate far
into the tissue. Penetration of NBT was greater than trypan blue, but limited to < 250 um. The limited
penetration meant only surface changes could be used to document the extent of injury surrounding the
lesion.

Fresh rectus abdominis muscle and myocardial tissue were obtained from 4 Sprague-Dawley rats
immediately after being euthanized by intraperitoneal injection with 42 mg/kg phenobarbital (Nembutal).
The rectus abdominis muscle was chosen because of the large, uniform area of tissue for the placement of
a grid-pattern of lesions. The myocardium was chosen for its increased vascularity and an absorption coef-
ficient approximately 10-times higher than that of rectus abdominis muscle. The increased absorption of
the argon wavelength in myocardium resulted in rapid tissue ablation and crater formation. Crater forma-
tion could only be achieved in the rectus abdominis for powers of 3 W and exposures > 10 s. The tissue

- was placed in the sample arm of the OCT setup shown in Figure 7-3 and lesions were placed with an argon

beam according to the diagram in Figure 7-8. OCT imaging was simultaneously performed at 8 fps for
each lesion. OCT imaging was also performed at two control sites without argon lesions to assess if the
OCT imaging beam affected cell viability. Immediately following exposure, the tissue specimens were
divided into two groups, the first group was placed in NBT stain for 45 min and the second group was tem-
porarily stored in 0.9% saline. After 45 minutes, the lesions from each group were viewed under a light
microscope and digitized with a CCD camera. The specimens were then fixed in 10% buffered formalin.
Both groups underwent standard histological processing and were stained with hematoxylin and eosin to
provide a background stain for assessment of physical tissue damage. Much of the NBT stain present on
the surface of the specimens was lost during histological processing.

Digitized images of tissue specimens from one rat are shown in Figure 7-9. A comparison between
the NBT and H&E specimens shows NBT-stained tissues exhibit improved contrast of the concentric ring
pattern. The concentric rings of tissue damage were first shown in the OCT images in Figure 7-6. The
multiple-ring pattern observed previously also appears on the NBT-stained specimens. Likewise,
improved contrast is evident for the specimens of myocardium. The control regions did not show any bio-
chemical or structural injury from the OCT imaging beam.

Comparisons were made between initial OCT images of the lesion site, OCT images following expo-
sure, the histology of the lesion, and characteristics of the NBT-stained regions. Representative lesions are
shown in Figure 7-10. The first lesion, shown in Figure 7-10A-D and H was from a 2 W, 5 s argon expo-
sure. A large region of increased optical backscatter appears in the OCT image (Figure 7-10B). This cor-
responds to a region of coagulated tissue as confirmed with histology. Cross-sectional and surface images

of the NBT-stained lesion sites demonstrate regions of non-viable cells. A second lesion is shown in Fig-

ure 7-10E-H. This 2 W, 3 s exposure is characteristically similar to the first lesion, but injury is confined to
a smaller region. A crater was formed in rat myocardium and shown in Figure 7-10I-M. The carbonized

crater lining reduces both imaging and argon laser penetration. As observed in Figure 7-10K, the thermal

damage does not extend greater than 400 pm beyond the crater wall, compared to 1-1.5 mm depths of

injury in the rectus abdominis where no crater was formed.
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FIGURE 7-8: Lesion diagram for cell viability study. Fresh tissue specimens from rat rec-
tus abdominis muscle and myocardium were exposed to varying argon powers and dura-
tions. High-speed (8 fps) OCT imaging was performed simultaneously. Control regions
were imaged with OCT without placing argon lesions to assess if OCT imaging beam
powers were sufficient to cause cell damage.

Rat rectus abdominis muscle Rat myocardium

forH&E

NBT

FIGURE 7-9: Tissue specimens for cell viability study. Increased contrast of lesions and
concentric rings of injury are apparent for NBT-stained specimens. Lesion diameters were
measured and compared with corresponding OCT images and histological preparations.
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FIGURE 7-10: Comparison of OCT images, histology, and cell viability markers. A-C)

2W, 5 s argon exposure of rectus abdominis, E-G) 2 W, 3 s argon exposure of rectus
abdominis. D,H) Cross-sectional and surface images of NBT-stained lesions (C & G).
I-M) 3W, 5 s argon exposure of myocardium. Bars represent 1 mm. - ’
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Measurements of the zones of damage observed in the OCT images, NBT-stained specimens, and
histology, were made. On average, OCT images underestimated the depth of structural damage by 13%
compared to histology. This percentage, however, did not account for the dehydration of the histological
specimen nor the possibility of histological processing artifacts. In addition, a reduction in OCT imaging
penetration could account for the low estimation. OCT images underestimated the width of structural
damage by 5% compared to histology. This difference may be due to histological processing artifact or the
difficulty in determining lesion width due to low contrast in the OCT image. Compared with the NBT-
stained specimens, biochemical cellular injury extends approximately 7% beyond the lesion width imaged
with OCT. This is likely due to regions of non-viable cells which have not been thermally coagulated.
Changes in optical backscatter detected with OCT are predominantly due to coagulation of tissue. Within
the limits of detecting backscatter changes in OCT images and cellular injury in histology, there were no
lesions where OCT detected cellular injury that was not evident on histopathology. Surgical interventions
using thermal damage mechanisms to remove or injure tissue must consider the full range to which this
damage extends, and also note that normal healing mechanisms can repair a limited extent of cell injury.
This information can be used to monitor and guide the placement of the laser intervention near sensitive
tissue structures.

7.2.2 Ablation of clinically-relevant tissue

The response of tissue to thermal injury is highly dependent on the absorption and scattering proper-
ties. To demonstrate the variability encountered between tissue types, sequences of thermal injury and
ablation are first shown for two strikingly different tissue types, bovine muscle and chicken breast. Then,
more clinically-relevant tissue will be investigated. Laser therapy is used clinically to ablate regions of
neoplastic tissue in the brain, liver, lung, and kidney, among others. The use of OCT to monitor this abla-
tive therapy in real-time may enable more precise control of laser delivery.

An ablation sequence in bovine muscle (1, = 1.5 cm™!) with 2 W incident argon power is shown in
Figure 7-11. Within 0.5 s of exposure, an outward propagating front of increased optical backscatter is
observed (arrow). This front appears to reverse, or is followed by an inward propagating front of decreased
optical backscatter (arrow at 1.5 s). The inward propagating front erupts and expels tissue from the surface
as seen at 2.25 s. A crater is formed at 2.5 s which is lined with carbonized tissue that limits imaging pen-
etration. Further ablation during the 5.0 s exposure results in a deepening of the ablation crater.

These ablation dynamics can be compared and contrasted with the thermal damage to chicken
breast. Chicken breast has a lower absorption coefficient p, = 0.12 cm™! and hence, requires longer expo-
sure durations for even minimal optical changes in the OCT image. The sequence for 2 W of incident
power is shown in Figure 7-12. Subtle increases in optical backscatter become evident at 2 s directly under
the incident beam. This region slowly increases in size and backscatter intensity. For the bovine muscle in
Figure 7-11, crater formation began at 2 s while for the chicken breast, no similar event had occurred. No
ablation crater could be induced in chicken breast at 2 W of power even after a 30 s exposure.
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FIGURE 7-11: Bovine muscle ablation. Times indicate seconds during exposure from 2 W
argon beam. At 0.5 and 1.5 s, arrows indicate outward and inward propagating fronts of
high and low optical backscatter, respectively. Bar represents 1 mm.
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FIGURE 7-12: Chicken breast thermal damage. No ablation crater could be formed at 2 W
incident power as was observed for the bovine muscle in Figure 7-11 due to the lower
absorption coefficient. Bar represents 1 mm. :
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A similar comparison can be made between two clinically-relevant tissue types harvested from a rat.
A kidney thermal injury sequence is shown in Figure 7-13. The OCT images illustrate the homogeneous
nature of the outer cortex of the kidney (1, = 1.21 cm’!). Imaging penetration in this tissue is limited to
=1 mm. This 1 W, 3 s exposure was below the threshold for surface membrane rupture, tissue ablation,
and crater formation. An outward front of increased backscatter is observed (0.6 s) followed by a region of
low backscatter at the center of the lesion (1.6 s). Backscatter from this region increases over time
(2.0-3.0 s). Membrane rupture would have occurred within the following second if the exposure had con-
tinued. The corresponding histology is also shown, indicating a region of coagulated tissue (arrows) with
no tissue fragmentation. Contrasted with this tissue is the ablation of rat brain tissue (1, = 0.19 cm’l) in
Figure 7-14. The lower absorption coefficient implies that longer exposure durations are required for the
same incident power to produce similar effects. This was observed for 1 W incident on brain tissue for
20s. In this sequence, significant vacuolization and tissue heating occur (5.5-13 s) before the surface
membrane is ruptured at 14 s. Membrane rupture is followed by ejection of tissue from the lesion, evolu-
tion of a smoke plume (16-17 s), and crater formation (20 s).

Observations from high-speed OCT imaging of thermal laser injury suggest that in order for tissue
ablation and crater formation to occur, the outer membrane of the tissue must first be ruptured. Membrane
rupture represents an ablation threshold with subsequent ejection of tissue from the lesion site. This
threshold, however, must not be confused with the activation energy described in Section 7.1.2 for irrevers-
ible cell damage. Considerable thermally-induced cell injury and death occurs before membrane rupture
and ablation. Characterizing the threshold for ablation is highly variable and dependent on both optical
and tissue properties. In these studies, the threshold is identified empirically based on acquired OCT
images.

The ablation threshold is documented by a comparison of thermal injury in rat liver (1, = 12 cm™)
for thermal energy doses below and above the ablation threshold. Two sequences with corresponding his-
tology are shown in Figure 7-15. The first exposure at 1 W is halted after 1 s, prior to the ablation thresh-
old. The second exposure is allowed to continue for 7 s, past the ablation threshold, resulting in ejection of
tissue and crater formation. The corresponding histology for the sub-threshold lesion indicates a region of
coagulated tissue (arrows). The disrupted membrane shown in this histology image is likely a processing
artifact since this was not observed in the imaging sequence. In contrast, the above-threshold lesion histol-
ogy shows marked tissue ablation and fragmentation within the lesion crater. Below the crater extends a
zone of coagulated tissue (arrows) which is not observed in the OCT image due to the poor penetrati'on
through the carbonized crater wall.

Finally, the architectural structure of biological tissues contributes to the response of thermal laser
intervention. Ablation of rat lung (i, =2 em™!) is shown in Figure 7-16. Inflated air-filled alveolar spaces
_represent a large portion of the tissue space making this tissue more inhomogeneous compared to previous
specimens. A 1 s exposure of 1 W argon collapses most of the alveoli (0.5-1.0 s) resulting in the rapid
deflation of the lung followed by the formation of a shallow crater.

Observing thermally-induced optical changes in highly absorbing (high p, for visible wavelengths)
homogeneous tissues such as kidney and liver is difficult with the current resolutions of OCT. Improve-
ments in resolution will subsequently improve the ability to detect thermal damage in these tissues. At cur-
rent resolutions, however, OCT image-guided placement of interventional laser lesions is optimal in tissues
with larger morphological variations such as muscle and lung.
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FIGURE 7-13: Kidney laser thermal damage. Rat kidney was exposed to 1 W of argon
power for 3.0 s. Exposure was stopped prior to membrane rupture of rat kidney. Arrows
in the corresponding histology indicate zone of thermal damage. Bar represents 1 mm.
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FIGURE 7-14: Brain laser ablation. Rat brain was exposed to 1 W of argon power for 20 s.
" Bar represents 1 mm. : '
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FIGURE 7-15: Sub- and above-threshold ablation of liver. Rat liver was exposed to 1 W
argon power for 1 and 7 s. Arrows in histology images illustrate regions of thermal dam-
age. The disrupted tissue observed in the sub-threshold histology is due to histological
processing artifact. This is in contrast to the significant tissue disruption observed in the
above-threshold histology. Bar represents 1 mm. '
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FIGURE 7-16: Lung laser ablation. Thermal damage from the 1 W argon beam results in
rapid deflation of rat lung alveoli. Bar represents 1 mm.
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7.2.3 Selective vessel ablation

The highly absorbing properties of hemoglobin in blood (i, = 116 cm’!) can be used to selectively
ablate vessels within surrounding less-absorbing tissue?’>. A primary clinical application for selective ves-
sel ablation is the removal of nevus flammeus (port-wine stains) from the skin. Port-wine stains are
regions of increased vascularity within the upper dermal layers and are usually present at birth?7°.
Although benign, when present on the face, they can often be unsightly and cause a great deal of psycho-
social difficulties for the individual. Treatment is with the use of dye or argon lasers. The 514 nm wave-
length is readily absorbed by the blood and induces a subsequent temperature rise and heating of the vessel
by conduction. Coagulation of red blood cells and the vessel wall results in thrombosis and vessel occlu-
sion with minimal damage to the surrounding tissue. Laser treatment has been effective, yet requires a fre-
quent number of procedures because of the small incident spot size and the risk of collateral tissue
damage?’’. The superficial location of vessels within the dermis (= 0.1 - 1.5 mm) would permit OCT
imaging during treatment to assess the ablation of vessels. More importantly, since excessive heating
results in scar formation, OCT image-guidance may be used to control the amount of injury to the sur-
rounding tissue.

To demonstrate OCT imaging of selective vessel ablation, a 2 mm thick specimen of rat rectus abdo-
minis muscle with a pair of vessels located 1.5 mm below the surface was harvested and immediately
placed in the setup shown in Figure 7-3. The incident argon beam was positioned 250 um off of the center
of the vessels. The vessels contained fresh blood as visualized with the eye from the underside of the spec-
imen. Cross-sectional imaging at 8 fps was performed while 1 W of argon power was delivered for 1 s.
The acquired image sequence is shown in Figure 7-17. The initial image (0.0 s) of the vessel pair (arrows)
reveals lumens with low-backscatter. At 0.1 s, the lumen of the larger vessel (black arrow) becomes highly
backscattering. This is immediately followed at 0.2 s by the same change in the second vessel (white
arrow). At 0.5 s and later, the vessels become obscured by a shadowing artifact from overlying optical
changes in the tissue. The central lesion becomes evident at 0.6 s and more prominently at 1.0 s (arrows).
The last image in the sequence was compared with the corresponding histology shown in Figure 7-18. The
overlying tissue shows some evidence of thermal injury (arrow in Figure 7-18A) while the blood within the
vessels has been thermally coagulated as seen in the magnified image in Figure 7-18B. These results sug-
gest that OCT imaging can be used to assess changes in the vasculature during the treatment of port-wine
stains. Because port-wine stain laser treatments require weeks to months before the full effect is appreci-
ated, OCT may potentially be useful for following the extended healing response. In this preliminary
imaging example, the increased absorption by the blood prompted thermal effects in the vessels earlier
than in the surrounding tissue. This is important during surgical procedures where little damage may be
apparent in low-absorbing tissue with increased damage to the nearby vasculature.

The in vivo vessel ablation and tissue response is likely to be different compared with this in vitro
demonstration. In this study, the blood within the vessels was stationary. Flowing blood will dissipate heat
downstream, requiring higher incident powers. In practice, the dye or argon laser is pulsed to limit the
amount of thermal injury. In addition, the volume of blood which is rapidly heated represents an extremely
small fraction of the total blood volume and will not significantly increase blood or tissue temperatures at
other sites.

At a second location along the same vessel pair, a 5 s exposure of 1 W argon was performed, leading
to rapid ablation and crater formation. This sequence is shown in Figure 7-19. The initial images in this
sequence first illustrate the changes in the vessel followed by thermal injury at the beam location in the
center of the image. This thermal injury expands outward to eventually shadow the coagulated vessel pair.
Internal vacuolization occurs prior to surface membrane rupture and rapid formation of a deep crater. To
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FIGURE 7-17: Selective vessel coagulation. White and black arrows indicate vessel pair
in rat rectus abdominis muscle. During the 1.0 s exposure of 1 W argon power, blood
within vessels coagulates prior to optical changes in the overlying tissue. Bar represents
1 mm.
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FIGURE 7-18: Vessel coagulation histology. Histology corresponds to image sequence in
Figure 7-17. A) Rat rectus abdominis muscle exhibits slight thermal injury (arrow) over-
lying B) coagulation of blood in a pair of vessels (arrows). Bar represents 1 mm.
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FIGURE 7-19: Coagulation of vessels and ablation of rat rectus abdominis muscle. Dur-
ing 5.0 s exposure of 1 W argon power, expanding lesion forms subsurface vacuolization
prior to membrane rupture and deep crater formation. Bar represents 1 mm.
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FIGURE 7-20: Difference images of selective vessel ablation. Original images shown in
Figure 7-17. Times indicate the time interval during which the changes shown in the
image occurred. The arrow in the first image shows early changes occurring within ves-
sels. Arrows in the last image indicate changes in tissue surface elevation from thermal
injury. Bar represents 1 mm.
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illustrate more clearly the changes that occurred between successive imaging frames, images at early time-
points were subtracted from those acquired at later time-points to produce difference images. A sequence
of these difference images is shown in Figure 7-20. The signal in each difference image represents the
change that occurred between the successive time-points. Between 0.0 and 0.4 s, changes are localized to
the region of the vessel pair as indicated by the arrow. Later times reveal changes along the argon beam
axis. For the last image, which represents the overall change between 0.0 and 1.1 s, the change along the
surface of the tissue. (arrows) is likely due to tissue expansion during heating.

The treatment of port-wine stains represents a surgical intervention that could readily be monitored
using OCT. Selective vessel ablation can not only be beneficial as in the treatment of port-wine stains, but
also detrimental if interventional laser radiation is preferentially absorbed in vessels prior to indications of
injury in the bulk, lower-absorbing tissue. '

7.3 Radio-Frequency Ablation

Radio-frequency (RF) ablation is a second, more established, interventional technique used in surgi-
cal procedures. Radio-frequency waves, ranging from 3 kHz to 300 GHz, are readily absorbed by biologi-
cal tissues which are essentially water-dominated dielectrics with electrolytes and both polar and non-polar
molecules. An adhesive grounding pad is applied to the patient’s leg prior to the procedure. A second elec-
trode, a hand-held probe or a catheter, is used to deliver electrical current to a localized tissue site.
Depending on the frequency, power, and shape of the waveform, the current can be used to thermally coag-
ulate or cut vessels. Higher currents delivered in a continuous sinusoidal wave can be used to cut tissue for
dissection techniques®’®.

The cutting and coagulation efficiency of both RF (electrosurgical) and laser ablation have been
compared for a number of surgical procedures in the cardiovascular, gynecological, musculoskeletal, and
urinary systems>">-282_ Zones of collateral damage have been measured histologically to determine how
well each ablation technique can be controlled. No known study, however, has evaluated these two abla-
tion techniques in real-time according to their dynamic effects. OCT was used to monitor and compare the
cross-sectional effects of thermal damage from RF and argon laser ablation to assess the degree of collat-
eral damage.

7.3.1 Cardiovascular applications

A catheter-based application for RF ablation is the removal of secondary aberrant conduction path-
ways through the heart. Alternate electrical conduction pathways can lead to irregular heart rhythms, pos-
sible atrial and ventricular fibrillation, and death. An RF catheter is inserted into the arterial or venous
system and passed into the atrium or ventricle of the heart. In a monitoring mode, the catheter is used to
locate the aberrant pathways prior to RF ablation. The technique may be guided using X-ray angiography
to ensure proper placement of the catheter tip, but angiography has insufficient resolution to monitor the
effectiveness and extent of the RF ablation. '
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FIGURE 7-21: RF ablation of goat myocardium. Catheter electrode delivering 2 W RF
power was located outside of the OCT image plane to prevent shadowing artifacts. At 5s,
arrow indicates early contraction of myocardium. At 10 s, vacuolization begins at the
outer lesion margins. Tissue dissection begins at 20 s. Dynamic disruption of tissue and
the formation of a dissection plane is imaged at 25 s. Finally at 40 s, heated tissue fluids
(arrow) circulate within the dissection plane. Bar represents 1 mm.
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FIGURE 7-22: Argon laser ablation of rat myocardium. Exposure of 1 W argon power for
1.0 s results in localized tissue ablation and vacuolization. Bar represents 1 mm. '
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The interventional OCT setup shown in Figure 7-3 was used to monitor ablation dynamics. A 3 mm
diameter RF ablation catheter with a distal-tip electrode was used to deliver RF energy to specimens while
OCT imaging at 4 fps was simultaneously performed. The grounding electrode was placed in the saline
~ bath containing the specimen. Specimens of goat and rat myocardium were used for RF and laser ablation,
respectively. A sequence of OCT images acquired during RF ablation of goat myocardium using 2 W RF
- power is shown in Figure 7-21. Images were acquired at 4 fps rather than 8 fps to capture a larger horizon-
tal scan length and accommodate the large 3 mm diameter of the RF catheter tip electrode. Because the
metal tip interfered with OCT imaging, the tip was located at the center of the OCT scan, but immediately
outside of the scan plane. At 35 s, the myocardium began to constrict (arrow). Surrounding the lesion, vac-
- uoles were formed, as indicated by the arrows at 10 s. Tissue dissection began at 20 s (arrow) and at 25 s,
abrupt dissection was imaged in progress (arrow). A large dissection plane filled with liquid (arrow) was
created at 40 s when the RF power was shut off.

To compare RF with argon laser ablation, rat myocardium (i, = 10.1 cml) was placed in the inter-
ventional OCT setup. A power of 1 W was delivered to the tissue for 1 s. Ablation was imaged at 8 fps and
shown in Figure 7-22. The initial image shows relatively poor image penetration (= 1 mm) in this tissue. A
region of increased backscatter is observed at 0.1 s followed by rapid tissue ejection and crater formation.
After 1.0 s, some vacuolization is still occurring. The transverse extent of damage from laser ablation is
significantly more confined than for RF ablation. Large dissection planes are not created because of the
focused delivery of laser energy and possibly because laser ablation is more of a surface-interaction phe-
nomena. . -

In practice, the influence of blood within the chambers of the heart represents a significant limitation
for OCT image-guided intervention in the cardiovascular system. The high concentration of scattering red
blood cells severely limits OCT imaging penetration at the 1300 nm wavelength. A study of in vivo arterial
imaging in a rabbit using the catheter-based OCT system encountered a similar limitation®**. For vascular
access, however, saline injections can be used to temporarily clear blood from the imaging site. Within the
heart chambers, the volume of blood is too great and saline flushes are likely to be impractical and ineffec-
tive. Potentially, catheter balloons might be used to clear blood from the site prior to OCT imaging. How-
.ever, this increases the complexity of the procedure.

7.3.2 Urological applications

A second clinical application for both RF and laser ablation is the partial or complete removal of the
prostate. As described in Section 6.7.2, BPH affects > 90% and prostate cancer affects > 17% of men by
the eighth decade of life?>*2>. The number of prostatectomies that occur every year is increasing as is the
numbers of newly reported cases. Thermal and mechanical techniques are used to improve urodynamics or
to remove the prostate?®3. The thermal-mechanical technique of electrosurgery was first described in 1929
by Mclean®’® and is routinely used for transurethral resection of the prostate (TURP)*3*. Thermal ablation
has been performed with focused ultrasound?3, microwaves?®, and lasers?8”. Guidance for these proce-
dures is provided by cystoscopy, MRI, or ultrasound. A major morbidity factor of prostatectomies is impo-
tence and incontinence resulting from damage to neurovascular bundles that lie within the adipose tissue
surrounding the prostatic capsule. These bundles are often too small to be resolved with either MRI or
ultrasound and are located below the surface, thus endoscopically invisible. A previous OCT imaging
study of the urinary tract demonstrated that OCT resolutions are sufficient to image these neurovascular
bundles?*®. The use of OCT to monitor prostatectomies and identify both the prostate-adipose border and
neurovascular bundles could significantly reduce the morbidity from this procedure.
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Cadaveric human prostate was hemi-sected through the urethra and placed in the interventional OCT
setup. A 3 mm RF ablation catheter with a distal-tip electrode was positioned on the specimen just outside
of the OCT imaging plane. A grounding electrode was placed in the surrounding tissue bath. An RF
power of 2 W was delivered to the specimen for 15 s while OCT imaging at 4 fps was performed. The
sequence of acquired images is shown in Figure 7-23. The initial image shows urethral sinuses of the
hemi-sected urethra filled with collections of saline. At 4 s, the tissue has constricted and portions have
moved out of the imaging plane. A larger collection of saline is shown. From 6-11 s, tissue is being coag-
ulated at the lesion site. The large lesion site is shown at 15 s. The corresponding histology reveals excel-
lent correspondence. The thermally-coagulated tissue is more evident along the right side of the crater.
Much of the glandular structure observed in the histology, however, was not seen during OCT imaging due
to limited resolutions.

Argon laser ablation using 2 W delivered for 8 s was performed at an adjacent site. OCT imaging
was simultaneously performed at 8 fps. The sequence with corresponding histology is shown in Fi gure 7-
24. A small localized lesion of coagulated tissue is rapidly formed at 1 s. This is enlarged with ejection of
tissue occurring at 3 s (arrow). At 5 s, vacuolization is observed to the left of the crater and at 8 s, a deep
carbonized crater has been formed. Comparison with histology confirms the presence of vacuoles adjacent
to the crater (arrow). However, the vacuoles created below the crater were not observed with OCT because
of the shadowing effect from the carbonized tissue lining the wall of the crater.

The laser ablation of prostate is more confined because of the focused beam. RF catheters with elec-
trodes similar in size to the argon beam spot size (= 1 mm) would likely produce similar effects. The
advantages of using optical energy for thermal ablation of tissue include non-contact delivery, wavelength-
specific absorption rates, delivery via small optical fibers, and the potential for integrating a coincident
imaging system to assess and control the progress of the ablation. However, there are two major limita-
tions: 1) the ablation and imaging beams must propagate through body fluids, namely blood, resulting in
significant attenuation, and 2) surgical operating time will be increased, compared to electrosurgery,
because ablation occurs at a single focused spot on the tissue which must be raster-scanned over the sur-
face for large-area ablation.

Both RF and argon laser ablation was performed from the urethral surface of the prostate as would
be encountered during a transurethral prostatectomy. Two limiting factors prevented OCT image-guided
ablation to the prostate-adipose border. The 3 mm RF catheter tip produced extensive lateral ablation
which extended beyond the 6 mm OCT scan range. Ablation in depth was difficult to achieve in a con-
trolled manner. Deep ablation could be achieved with the argon laser, but the argon laser was not scanned
to ablate tissue across the transverse OCT scan range as would be necessary to ablate large surface areas of
tissue. The axial scan length for OCT imaging was limited to 3 mm. Either the axial scan range or the tis-
sue specimen would have to be translated to maintain the position of the tissue ablation site within the
OCT image.

As was demonstrated by these examples of surgical intervention, the use of OCT for guidance during
these procedures provides insight into the mechanisms of tissue damage and permits the high-speed sub-
surface imaging of the ablation process. Integration of OCT with an incisional or ablative device has the
potential for reducing iatrogenic injury frequently caused during surgical interventions.

204




FIGURE 7-23: RF ablation of human prostate with corresponding histology. 2 W RF
power was delivered via a catheter electrode. The catheter was located immediately out-
side of the OCT imaging plane to prevent shadowing artifact. Arrows in histology indicate
region of coagulated tissue. Bar represents 1 mm.
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FIGURE 7-24: Argon laser ablation of human prostate. 2 W argon power was delivered
for 8 s. Localized ablation resulted in tissue disruption shown at 3 s, vacuolization along
the outer margins at 5 s, and crater wall carbonization at 8 s. The corresponding histology
reveals the presence of vacuoles and carbonized tissue. Abbreviations: c, carbonization of
crater wall; t, ejected tissue; v, vacuoles. Bar represents 1 mm.
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Chapter 8

Summary and Conclusions

8.1 Summary

This thesis research has demonstrated the use of OCT for surgical diagnostics, guidance, and inter-
vention. Equally significant, this thesis research has established the fundamental microscopy application
of OCT in the field of developmental biology. In comparison with other imaging modalities, OCT offers
micron-scale resolutions that are higher than any clinical imaging technique. As a research microscopy
instrument, the use of near-IR wavelengths coupled with coherent optical heterodyne detection enables
imaging penetrations of 2-3 mm in scattering tissues, a depth 5-10-times greater than is possible with stan-
dard confocal microscopy. The compact fiber-optic based design is readily integrated with existing surgi-
cal imaging techniques such as endoscopy and laparoscopy.

The OCT technology has advanced since its evolution from OTDR and OCDR measurement tech-
niques in the early 1990’s. Solid-state Kerr-lens modelocked laser sources such as the titanium:sapphire
and the chromium:forsterite provide average output powers > 100 mW and spectral bandwidths > 100 nm,
enabling high-speed OCT imaging and axial resolutions as high as 1.9 um. As source technology
improves, compact and portable diode and fiber-laser sources with equivalent power and bandwidth will
replace these laboratory systems. The development of a rapid-scanning optical delay line based on femto-
second pulse-shaping techniques enabled high-speed OCT image acquisition of 256 x 248 pixel images at
8 fps. Higher frame rates are possible at the expense of image size. Spectral radar and frequency-scanning .
OCT are two new methodologies for performing coherent optical ranging. Obtaining frequency-encoded
depth information of optical backscatter in spectral radar is an attractive method which does not rely on a
moving reference arm or variations in optical pathlength. Frequency-scanning OCT may be advantageous
if rapidly tunable sources become reliable and computing power continues to advance.

The design and engineering of beam delivery instruments has lead to integrated designs for coupling
the scanning of a single-mode optical beam through existing optical surgical instruments. Functioning as a
research microscope, the OCT beam can be focused by high numerical aperture objective lenses into a
specimen placed on multi-axis translational stages similar to confocal microscopy. Maintaining overlap
between the OCT detection envelope and the objective focus will require new techniques for focus track-
ing; necessary for performing imaging with high transverse resolutions (< 10 um). The surgical micro-
scope permitted rapid three-dimensional OCT imaging using a pair of orthogonal galvanometer scanners
to direct the imaging beam on the specimen. Alignment of the OCT imaging beam with the optical axis of
the microscope enabled simultaneous high-magnification viewing of the OCT scan location. This will be
increasingly necessary as OCT resolutions increase, scan lengths on biological tissue decrease, and when
precise registration is required between the scan location and the histological sectioning plane. The hand-
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held surgical imaging probe incorporated a compact piezoelectric cantilever for forward-directed imaging.
Improvements in the probe design, from translating a GRIN focusing lens to the use of a telescope design,
permitted linear high-speed scanning with 3-4 mm scan lengths and minimal artifacts. The simple pen-like
design should be less intrusive in the surgical environment. The piezoelectric translation mechanism was
extended for use in an OCT laparoscope. A single 19.5 cm GRIN rod lens was used to maintain and relay
the single-mode beam profile to the distal end of the device. The established use of laparoscopy in mini-
mally invasive surgery enables visualization of tissue at remote, internal sites within the body. OCT imag-
ing was performed through a single GRIN rod optical element permitting simultaneous en face
visualization of the tissue, visualization of the OCT scan location, and OCT imaging of subsurface tissue
morphology. Modifications to the radial-scanning catheter design improved imaging performance. The
use of a free-space optical coupling improved reliability by reducing the occurrence of backreflections at
the coupling which tended to saturate the detector and obscure the image. New shorter-working-distance
catheters were constructed to place the beam focus within 1 mm of the catheter sheath. This enabled
intraarterial imaging and imaging of small lumens which previously would have been located outside of
the confocal parameter, resulting in lower transverse image resolutions.

The ability of OCT to image tissue microstructure was demonstrated using developmental biology
animal models. These frog and fish embryos provided a nearly ideal in vivo model because of the variety
of organ systems, morphological variations, and cellular structures that developed over time. Morphologi-
cal abnormalities during development were identified and compared with histology. The non-contact, non-
invasive nature of OCT permitted repeatable imaging over extended periods of time-at resolutions that
approach the level of histology. No contrast agents, which would have limited the viability of cells, were
necessary, as in laser-scanning confocal microscopy. OCT can be used to track the morphological and
functional expression of genes without having to sacrifice specimens for histological observations. The
first demonstration of functional OCT imaging was performed in the developing Xenopus cardiovascular
system. Optical cardiograms and high-speed OCT imaging were used to assess functional parameters of
the normal heart and one affected by doses of inotropic agents. The Cr**forsterite laser was used as a
high-resolution source (= 5 m axial resolution) to image cell nuclei and membranes. Cell mitosis and
migration were tracked in these animal models. Cellular imaging studies in these animal models provided
insight into the relevant issues for cellular imaging in humans.

Surgical diagnostic techniques using OCT were explored. The optical properties of tissue were
defined as were the contributions of single and multiple backscattered light in the detected OCT signal.
The contributions of speckle significantly limit the observation of tissue structures which are close to the
resolution limit of OCT, namely human cells. Important distinctions were made between histological
observations and regions of optical backscatter within OCT images. Mechanisms of contrast between
these techniques are different and must be fully understood for accurate interpretation of OCT data. Con-
trast in OCT images can be enhanced using exogenous air-filled microbubbles or endogenous melanin.
Both increase the local index of refraction difference thereby increasing the amount of optical backscatter.
Digitization of the interferometric signal permits Fourier analysis of the Doppler frequency (velocity) com-
ponents present in the reference and sample arms of the interferometer. Doppler OCT was demonstrated
by measuring a laminar fluid flow profile in a blood vessel model. This concept was extended to imaging
the two-dimensional flow profile by using the detector filter bandwidth as a window for imaging a range of

- frequency (velocity) components within the image. The three-dimensional display of OCT images and

techniques for improving the quality of image data were discussed and demonstrated as working concepts
applied to the data presented in this thesis.

The environment in which OCT surgical guidance will perform was investigated by systematically

imaging human organ systems which may benefit from improved visualization. Both the central and
peripheral nervous systems contain sensitive tissue structures that require guidance to avoid loss of sensory
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and motor functions. The use of OCT to longitudinally track peripheral nerve fascicles and estimate fasci-
cle diameters provides previously unavailable information to the microsurgeon to successfully anastomose
corresponding ends of a severed peripheral nerve. In a second microsurgery demonstration, OCT was used
to assess the quality of a microsurgical arterial anastomosis and was able to identify occlusions transmu-
rally which would lead to post-operative complications. Imaging of gynecological pathology of the uterus
and ovary was performed from the orientation consistent with laparoscopic examination, suggesting an
advantage for subsurface imaging integrated with this device. Subsurface imaging of pediatric lymph
nodes revealed follicular structure. Changes in follicular lymph node architecture occur during lymphoid
malignancies or tumor metastasis. An OCT optical biopsy of in vivo lymph nodes may increase the sample
size and ability to diagnose tumor stage. Accurate tumor staging subsequently would improve treatment
and outcome. The urinary and gastrointestinal systems were imaged in an in vivo rabbit to demonstrate the
integrated high-speed catheter-based OCT imaging system. Human prostate was imaged in vitro with the
catheter to demonstrate diagnostic capabilities for evaluating BPH.

Representative surgical interventions were demonstrated using an argon laser and RF catheter to
thermally ablate tissue. National safety standards (ANSI) were evaluated to determine maximum permis-
sible exposure limits and to determine power levels sufficient to induce thermal damage in tissue. Damage
to tissue can occur by photochemical, thermal, and mechanical mechanisms. Each mechanism occurred
during laser and RF ablation. Biochemical tissue stains were used to determine the extent of photochemi-
cal damage and assess cell viability surrounding thermal lesions. OCT imaging at 4-8 fps guided the
placement of thermal lesions and imaged the dynamic evolution of the tissue injury. Thermal and mechan-
ical damage mechanisms were observed with OCT and confirmed with histology. Comparisons of thermal
ablation and resulting lesions were made between clinically-relevant tissue types, including brain, kidney,
liver, lung, and muscle. The increased absorption of blood permitted selective vessel ablation prior to dam-
age to surrounding muscle tissue. This demonstrated an OCT application for monitoring the treatment of
port-wine stains. RF ablation was directly compared with argon laser ablation in the heart and prostate
using OCT. Ablation of aberrant conduction pathways in the heart is a treatment for arrythmias and abla-
tion of the prostate is a surgical intervention for the treatment of BPH and prostate cancer. The use of OCT
enables rapid feedback, visualization, and control of the surgical intervention.

8.2 Future Studies

Research and development of OCT and its applications to surgery and medicine represent a contin-
uum. The results from this thesis research, like most research projects, invite more questions than they
answer. This section describes some key areas for continued investigation.

8.2.1 Mutagenesis of developmental biology models

The rapidly advancing fields of developmental and molecular biology now have the ability to modify
the genome of organisms with gene-specific accuracy?®828°. Much of our current understanding of the
function of genes is learned by the process of removing a gene from the genome and observing what effect
this has on the developing specimen. This is referred to as a “knock-out” technique?®®, All of the develop-
mental biology specimens used in this research started with a genome that was unaltered by human inter-
vention. The abnormal specimens imaged in Section 4.3 were the result of random mutations or _
environmental toxins rather than specific mutagenic agents. One of the primary advantages of OCT is for
screening large numbers of developing embryos for morphological variations in vivo, without having to
sacrifice the specimen for histological preparation. In addition, if a mutation expresses itself differently at
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various stages in development, then many specimens are needed for serial studies because histological
examination can only be performed at one time-point in development. Inter-specimen variations then
come into question.

The developing cardiovascular system is an area of increasing research and clinical interest. Malfor-
mations of the heart and blood vessels account for the largest percentage of human birth defects, 1% of live
births and nearly 10% of stillbirths'33. The high incidence of malformations is due to the complex interac-
tions and precise timing of cell migration and differentiation between multiple embryonic cells types®’!.
OCT may be a key investigative instrument which would permit the identification of malformations in ani-
mal models. As was shown in Section 4.4, OCT can be used to determine functional parameters of cardio-
vascular dynamics. Whereas histology can only investigate morphological malformations, OCT can
provide a means of identifying mutations that affect the functional state of the heart.

Retinoic acid (RA), a potential metabolite of retinol (vitamin A), is an established chemical mutagen
that affects the development of normal pattern formation2®2, the nervous system?®3, and the cardiovascular
system?* in both amphibian and fish model systems. Retinoic acid belongs to a family of compounds, the
retinoids, which have diverse effects on cell differentiation, metabolism, and growth. Administered to the
bath medium containing developing embryos, mutagenic effects can be induced in a manner linearly
dependent on RA concentrations. The use of RA to induce genetic malformations is a relatively simple
and established technique which could provide specimens for investigating mutagenesis with OCT,

This thesis research represents the first application of OCT in the field of developmental biology.
OCT can be used to observe the expression of the genetic program in vivo, and therefore represents a pow-
erful tool for improving our understanding of the morphological and functional changes that occur when
the normal genetic program fails. Similarly, OCT can provide insight into how site-specific genetic muta-
tions are expressed in a living organism. '

8.2.2 Pharmacologic and toxicologic effects on development

Understanding the safety issues associated with the use of pharmacologic agents is of primary con-
cern for physicians and patients. The developing embryo is extremely sensitive to environmental toxins
and pharmacological drugs. The field of teratology is devoted to determining the effects of drug and toxin
exposure during pregnancy and the risk of harm to the developing fetus. Animal models have traditionally
preceded human patients as the assay for determining the effectiveness and side-effects of new drugs?®>2%,
Heightened awareness about the appropriate use of animals in testing, however, has prompted scientists to
use more sensitive techniques in smaller animal models. Testing at the cellular level may offer useful
information. Prior to the introduction for use in humans, the effects of drugs must be characterized by a
dose-response relationship, periods of greatest sensitivity, a biological basis for metabolism, and genetic
susceptibility?®7,

The use of one pharmacologic agent, verapamil, was used to alter the functional state of the Xenopus
heart in Section 4.4. Other inotropic agents which affect the cardiovascular system as well as classes of
vasoconstrictors and vasodilators are possible pharmacological agents which produce dynamic effects
measurable with OCT. Small animal models such as frogs and fish imaged with OCT may offer a viable
assay for future pharmacological studies.

In addition to measuring the physiological effects of pharmaceuticals on developmental biology ani-

mal models, potentially hazardous effects from chemical and environmental toxins can be assessed with
OCT. Interest in environmental hazards is best exemplified by world-wide public concern of the appear-
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ance of severely mutated frogs in remote Northwest regions of the United States?®. These mutated frogs
lived in areas which were once thought to be environmentally pure. Depletion of the ozone layer and
increased amounts of ultraviolet (UV) radiation were suggested as possible causes??*3% raising fear that
these frogs may be early sensitive indicators of damage to our environment, and ultimately to ourselves.
Ultraviolet damage to sensitive developing embryos is one environmental factor that can be assessed with
OCT. Although extrapolation to humans is difficult and rather undefined, these studies would document
hazardous UV effects on living organisms.

8.2.3 Neoplastic progression in tissue

A significant advance for OCT to gain broad and rapid integration into the surgical and medical com-
munities would be the ability to detect pre-malignant and malignant cells within the human body. If dis-
crimination between healthy and neoplastic tissue could be determined, this information could be used to
diagnose neoplasms, stage malignancies, guide surgical resection, direct radiation, and deliver optimal
chemotherapy. Characteristic cellular morphologies found in neoplastic tissue include a high degree of
pleomorphism and high nuclear-to-cytoplasmic ratios as was discussed in Section 4.5 using the Xenopus
amphibian animal model. Imaging at cellular resolutions in humans is likely to be achieved with improve-
ments in imaging resolution and perhaps image processing techniques.

Resolutions of 0.5-1.0 um in confocal microscopy permit the imaging of human cells and subcellu-
lar structures'**2%!. Achieving these resolutions in the transverse image direction implies high-NA optics
with correspondingly short confocal parameters. Focus-tracking methods must be implemented to ensure
‘overlap between the beam waist and the OCT detection envelope. Achieving these resolutions in the axial
dimension is dependent on the center wavelength and bandwidth of the source. As shown in Figure 2-16,
shorter center wavelengths and broader spectral bandwidths maximize axial resolution. For 1 pm axial
resolution in tissue (n = 1.35) using a Ti:Al,03 KLM laser at 800 nm center wavelength, a 210 nm band- -
width is required. Femtosecond pulse or spectral shaping techniques may enable spectra from one or more
sources to be combined, shaped, and smoothed to attain these resolutions.

~ Image processing techniques may be used to remove the effects of non-Gaussian spectra which will
likely occur when shaping broad bandwidths. Speckle is most deleterious when detecting structure with
dimensions on the order of the image resolution, as is the case when imaging human cells at current OCT
resolutions. Cross-correlation between adjacent axial scans may reduce the contribution from speckle.
Advanced image processing algorithms may be able to model and remove the effects of speckle and enable
definitive detection of human cells. Once cellular-level imaging is demonstrated in human tissues, identifi-
cation of pre-malignant and malignant cells would follow based on well-established characteristics for
each cell type.

8.2.4 In vivo human imaging

In vivo human OCT imaging has been performed in the fields of ophthalmology26667 and
dermatology”>!'®!20. Early reports have demonstrated in vivo OCT imaging in human gastrointestinal,
urinary, and reproductive systems as well””. Implementation of OCT in the clinical setting raises many
logistical issues of safety, reliability, transportability, and unforeseen in vivo imaging conditions which
remain to be investigated.

The limiting factor for in vivo human imaging in a surgical or clinical environment has been the

availability of a suitable low-coherence source. The amplified SLD manufactured by AFC Technologies,
Inc. and described in Section 2.4.1 has sufficient power and bandwidth to perform OCT imaging
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(256 x 248 pixels) at 8 fps with = 19 jim axial resolution and a SNR of 105 dB. This source is compact and
reliable making it the primary choice for surgical or clinical implementation. Acquisition rates of 8 fps are
sufficient, based on experimental observations, for preliminary in vivo human imaging experiments. Faster
16-30 fps acquisition rates will be necessary when imaging rapidly moving tissue in the respiratory and
cardiovascular systems. Achieving video acquisition rates (30 fps) is limited by the speed and linearity of
the galvanometer in the optical delay line. Although resonant-scanning galvanometers can achieve suffi-
ciently high speeds, the non-linear (sinusoidal) rotation of the galvanometer would require real-time signal
processing algorithms to correct for the non-linear axial scanning.

Of the beam delivery systems discussed in Chapter 3, the radial-imaging catheter is the most devel-
oped device for surgical or clinical implementation. The 1 mm outer diameter of the catheter can be
passed down the 2-3 mm diameter working instrument channels in existing flexible endoscopes. Endo-
scopes have integrated flexure-positioning systems and distal micro-CCD chips for en face visualization
which can be used to guide the OCT catheter and observe the scan location. Primary safety issues involve
the sterilization of instrument components and the reliability of the distal optics. A sterile outer catheter
sheath can be replaced with each use. Based on two in vivo experimental trials in rabbits, damaged distal
optics which become separated from the optical fiber are contained within the sealed catheter sheath and
would likely represent negligible risk to the patient. This system would permit in vivo human imaging of
the upper and lower gastrointestinal tracts and potentially access to the respiratory and reproductive tracts.
Used alone or with small endoscopes, the OCT catheter could be inserted into the human urinary tract.

Whereas the radial-imaging catheter is ideal for systems with tubular lumens, forward-directed
imaging is more applicable for tissues with larger, exposed surface areas. The forward-imaging probe can
be adapted for in vivo human imaging by ruggedizing the probe housing and ensuring that the device can
be sterilized between uses. The cervix has been a target for probe-based fluorescent spectroscopic diag-
nostics and is relatively accessible with the forward-imaging probe®®23%. Skeletal joint spaces which have
been opened prior to replacement or amputation represent a second in vivo human tissue site that is acces-
sible in a clinical and surgical setting with minimal risk to the patient. Imaging an opened joint capsule
would serve as a feasibility study for future in vivo arthroscopic OCT investigations. Preliminary in vitro
studies suggest that OCT may differentiate between various stages of cartilage degeneration3%?,

Future surgical applications of OCT for in vivo human imaging will most likely be dictated by the
safety, efficacy, and cost-benefit analysis for its use in surgical procedures. Close collaborations with sur-
geons and approval by the Federal Drug Administration (FDA) will be necessary for more complicated
procedures.

8.2.5 OCT image-guided laser surgery

OCT is well-suited for performing image-guided laser surgery, as was demonstrated in Chapter 7.
For this demonstration, the argon laser radiation was aligned with the OCT imaging plane using bulk
optics in a large configuration. The optical beam delivery system in OCT can be modified to directly incor-
porate the delivery of high-power continuous wave radiation for thermal ablation or high-energy ultrashort
pulses for mechanical ablation. An immediate implementation would involve independent optical fibers
which may be integrated into a hand-held surgical probe. The fiber delivering the ablation radiation could
remain fixed in the center of the OCT scan range or be translated to ablate larger regions of tissue in syn-
chrony with OCT imaging. For the delivery of single high-energy pulses, delivery could be timed with
OCT scanning to fire at the center of the scan range. Delivery of high-energy ultrashort optical pulses has
been demonstrated in a probe designed for intraocular laser surgery3®>. However, 1064 nm wavelength
pulse delivery from a Q-switched Nd:YAG laser was accomplished through a multi-mode optical fiber and
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focused by a GRIN lens. No optics for simultaneously imaging and no mechanism for lateral translation of
the focal position were incorporated. Propagation of high-energy pulses or high-power cw beams through
the single-mode fiber in OCT is problematic.

An initial demonstration of an integrated device would be to thermally incise tissue, using OCT to
guide placement and monitor depth and extent of thermal injury. Thermal ablation could be performed
adjacent to sensitive structures such as blood vessels and nerves. Histology could document the confined
regions of damage and verify reduced collateral damage. OCT image-guided laser ablation of a tumor
would demonstrate its use in guiding surgical resection. Results based on histology could be used to com-
pare OCT image-guided surgical resection with resection using visual cues alone. An integrated device
could be used to perform thermal laser welding of tissue or vessels under OCT image guidance?®. Arterial
anastomoses, such as the one performed and imaged in Section 6.3.1, could be done without the use of a
nylon suture. Equally interesting would be the application of OCT for monitoring the healing response fol-
lowing a surgical intervention. The long time-period required for the healing response would permit con-
trolled, high-resolution, OCT imaging studies to document the changes that occur within a wound. The
concept of an interventional technique with an integrated imaging system would represent a significant
advance in surgical methodology.

8.3 Conclusions

Optical coherence tomography is a high-resolution, high-speed optical imaging technology that can
detect microstructural tissue morphology based on variations in optical backscatter. This thesis research
has investigated the use of OCT for surgical diagnostics, guidance, and intervention. Optical beam deliv-
ery instruments used as vehicles to integrate the OCT technology into the surgical suite have been designed
and engineered to minimize the change in protocol after the introduction of this new technique. Rapid
advancements in compact optical sources will expand the use of OCT from the research laboratory to the
research surgical suite, and possibly into routine surgical practice. The ability of OCT to image tissue
microstructure has been investigated using developmental biology animal models. This investigation rep-
resents a fundamental demonstration of OCT in the field of developmental biology and has established
OCT as an innovative microscopy technique. The capabilities of OCT for imaging surgical tissue during
interventional procedures has also been demonstrated. These results suggest a feasibility for performing
in vivo intraoperative OCT imaging with resolutions that are unprecedented in the surgical community.
This technology has the potential to create an entirely new field of high-resolution microsurgery as the
ability to visualize pathologic tissue moves from morphological structures at the organ and tissue level to
microstructures at the cellular level. Although numerous logistical issues remain to be solved once in vivo
OCT-guided surgery is performed, these should not inhibit the investigation of this new surgical methodol-
ogy. The application of OCT for image-guided surgery is warranted if only for the possibility of improv-
ing patient care. :
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Frequently used Abbreviations

ANSI, American National Standards Institute
BPH, benign prostatic hypertropy

CCD, charge-coupled device

CT, computed tomography

CM, confocal microscopy

CW, continuous wave

Cr, chromium

ET, ejection time

EDD, end diastolic dimension

ESD, end systolic dimension

FFT, fast Fourier transform

FOV, field of view

FT, filling time

FWHM, full width half maximum

fMRI, functional magnetic resonance imaging
GRIN, gradient index

GVD, group velocity dispersion

HR, heart rate

H & E, hematoxylin and eosin

IR, infrared

IVUS, intravascular ultrasound

KLM, Kerr-lens modelocked

MRI, magnetic resonance imaging

MPE, maximum permissible exposure

MFP, mean free path

MIS, minimally invasive surgery

NBT, nitropheny! ditetrazolium salt

NOSSD, non-overlapping spot size diameters
N/C, nuclear-to-cytoplasmic

NA, numerical aperture

OCDR, optical coherence domain reflectometry
OCM, optical coherence microscopy

OCT, optical coherence tomography

OFDR, optical frequency domain reflectometry
OTDR, optical time domain reflectometry
PZT, lead zirconate titanate

PSF, point spread function

RF, radio-frequency

REDF, rare earth doped fiber

SPM, self-phase modulation

SNR, signal-to-noise

SLD, super-luminescent diode

Ti:Al,O4, titanium:sapphire
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