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ABSTRACT 

Confocal microendoscopy provides real-time high resolution cellular level images via a 

minimally invasive procedure. Results from an ongoing clinical study to detect ovarian 

cancer with a novel confocal fluorescent microendoscope are presented.  As an imaging 

modality, confocal fluorescence microendoscopy typically requires exogenous 

fluorophores, has a relatively limited penetration depth (100 μm), and often employs 

specialized aperture configurations to achieve real-time imaging in vivo. Two primary 

research directions designed to overcome these limitations and improve diagnostic 

capability are presented. 

Ideal confocal imaging performance is obtained with a scanning point illumination and 

confocal aperture, but this approach is often unsuitable for real-time, in vivo biomedical 

imaging. By scanning a slit aperture in one direction, image acquisition speeds are greatly 

increased, but at the cost of a reduction in image quality. The design, implementation, 

and experimental verification of a custom multi-point-scanning modification to a slit-

scanning multi-spectral confocal microendoscope is presented. This new design improves 

the axial resolution while maintaining real-time imaging rates. In addition, the multi-

point aperture geometry greatly reduces the effects of tissue scatter on imaging 

performance.  

Optical coherence tomography (OCT) has seen wide acceptance and FDA approval as a 

technique for ophthalmic retinal imaging, and has been adapted for endoscopic use. As a 

minimally invasive imaging technique, it provides morphological characteristics of 
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tissues at a cellular level without requiring the use of exogenous fluorophores. OCT is 

capable of imaging deeper into biological tissue (~1-2 mm) than confocal fluorescence 

microscopy. A theoretical analysis of the use of a fiber-bundle in spectral-domain OCT 

systems is presented. The fiber-bundle enables a flexible endoscopic design and provides 

fast, parallelized acquisition of the optical coherence tomography data. However, the 

multi-mode characteristic of the fibers in the fiber-bundle affects the depth sensitivity of 

the imaging system. A description of light interference in a multi-mode fiber is presented 

along with numerical simulations and experimental studies to illustrate the theoretical 

analysis. 
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INTRODUCTION 

This dissertation describes technical advancements and progress on a novel confocal 

microendoscope (i.e. microlaparoscope) developed in the Biomedical Imaging Lab. The 

scope of the dissertation covers three primary projects: a clinical trial evaluation, a multi-

point imaging method for improved axial resolution and performance in scattering media, 

and a detailed mathematical analysis of spectral-domain optical coherence tomography 

(SD-OCT) in fiber-bundle based systems.  

1. Motivation 

Ovarian cancer accounts for 5% of all cancer deaths among women, and is the deadliest 

of all cancers of the female reproductive system. The average 5 year relative survival rate 

for ovarian cancer is 44%, though detection while the cancer is still localized increases 

relative survival rates to 92% (1). Unfortunately, early stage ovarian cancers do not 

typically present obvious symptoms, and as a result only 19% of all cases are diagnosed 

before the disease has spread (2). There is currently no screening test for ovarian cancer. 

The current diagnosis strategy of thorough pelvic examination, transvaginal ultrasound, 

and CA145 blood testing has not proven effective (3). As a result, the U.S. Preventative 

Services Task Force recommends against such screening for ovarian cancer (4). While 

many younger women may have a strong desire to leave their reproductive and hormone 

production capabilities intact, post-menopausal women at high risk may opt to have their 

ovaries removed. However, recent results from the Prostate, Lung, Colorectal, and 
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Ovarian (PLCO) Cancer Screening Trial indicate that a high rate of false-positive patients 

(15%) who underwent oophorectomy experienced at least 1 serious complication (3). 

It is therefore of significant interest to develop a minimally invasive method for the early 

detection and diagnosis of ovarian cancer. Conventional laparoscopic imaging lacks the 

resolution to detect small lesions, which are only apparent after biopsy and pathological 

inspection (5, 6). Biopsies however, which destructively remove a piece of tissue for 

histochemical staining (typically with hematoxylin and eosin) and analysis by a 

pathologist, are limited in the number of samples that can be taken, reducing the 

sensitivity of the approach. As a result, targeted imaging techniques have been suggested 

as future technologies for ovarian cancer screening (7).  

2. Confocal Microscopy and Microendoscopy 

Confocal fluorescent microscopy is a high-resolution optical imaging technique that 

allows the visualization of a single plane of a bulk fluorescent object. This “optical 

sectioning” is achieved by placing an aperture (often a pinhole) at an imaging plane 

conjugate to the object plane in focus. From a geometrical optics standpoint, the 

background signal from out of focus planes is then reduced. Confocal microscopes use a 

pattern of laser illumination that corresponds to the aperture geometry used (point-

scanning confocal microscopes use a point of illumination and a pinhole aperture, line-

scanning systems use a line of illumination and a slit aperture, etc.), and must raster this 

pattern across the full object field to build up a two dimensional en face image for the 

object depth in question.  
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By using an imaging fiber bundle and a miniaturized objective lens, confocal 

microendoscopes relay the imaging plane of a confocal microscope into the body. 

Originally proposed by Gmitro and Aziz in 1993 (8), this approach utilizes the depth 

sectioning properties of confocal microscopy to enable “optical biopsy.” Because optical 

biopsies are non-destructive, they may be performed as often as desired on a given region 

of tissue, leading to better sampling rates than traditional biopsy and reducing the 

likelihood that a disease is overlooked. Laparoscopic optical biopsy may also act as a 

unique method for independently confirming ovarian cancer diagnosis early in the 

surgical process, reducing the risk of complication if the original diagnosis is found to be 

a false-positive. 

The Biomedical Imaging Laboratory at the University of Arizona, run by Dr. Arthur 

Gmitro, has been pioneering confocal microendoscopy since conceiving the idea in the 

early ’90s. Since then, successive generations of students have aided in the technical 

development of a slit-scanning fluorescent confocal microendoscope capable of 

performing fluorescent and multi-spectral imaging (9-15). Figure 1 shows a diagram of 

this system. Using a fiber-coupled 488 nm argon ion laser (Lexel Model 95 Ion Laser, 

Cambridge Laser Laboratories Inc., Fremont, CA) and anamorphic illumination optics, 

consisting of a cylindrical lens, a dichroic beamsplitter, and a spherical lens, a line of 

excitation light is imaged to the proximal end of a 30,000 element imaging fiber bundle 

with 3 μm diameter cores and 4 μm core-to-core spacing (Sumitomo Electric USA, 

Torrance, CA). The illumination line is scanned across the input face of the fiber via a 

single-axis galvanometer mirror (Scan Mirror 1). At the distal end of the imaging fiber 
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bundle, the line illumination is imaged into the sample via a custom miniature objective 

lens (14). The return fluorescence light passes the dichroic beamsplitter and is imaged via 

a set of relay lenses to a confocal slit that is conjugate to the proximal face of the imaging 

fiber. A notch filter reduces excess 488 nm illumination light in the detection path. The 

line of fluorescence signal in the confocal slit aperture is collimated and re-scanned 

across the camera lens by a second single-axis galvanometer mirror (Scan Mirror 2) that 

is synchronized to the first galvanometer mirror. This scanning occurs within the 

integration time of the camera CCD to form the 2D fluorescence image. 

 

Figure 1: A diagram of the confocal microendoscope system 

 

The system is also capable of collecting multi-spectral data. In this mode of operation, 

Scan Mirror 2 is fixed to an off-axis location that contains a prism. The combination of 
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this prism and the confocal slit aperture create a spectrometer. A single frame of data 

contains spatial information, in the direction of the slit aperture, and spectral information 

in the direction of dispersion. Scan Mirror 1 is then stepped to cover the field of view of 

the device, and an image is captured for each step angle. The full 3D spectral image cube 

is then built by processing the 512 captured frames.  

The basic line-scanning grayscale configuration of this confocal system is currently 

employed in a clinical study for the detection of ovarian cancer with 71 participants. This 

work is being done in collaboration with Dr. Setsuko Chambers, Bobbi Olson Endowed 

Chair of Ovarian Cancer Research, Director of Women’s Cancers, Vice-Chair of the 

Department of Obstetrics and Gynecology, and Professor and Division Director of 

Gynecologic Oncology, and Dr. Kenneth Hatch, Professor of Gynecologic Oncology and 

Director of Female Pelvic Medicine and Reconstructive Surgery, of the University of 

Arizona Medical Center. Dr. Wenxin Zheng, Professor of Pathology, Obstetrics and 

Gynecology is the collaborating pathologist on the project.  

3. Motivation for Multi-Point Imaging 

Most confocal microscopes utilize a point of illumination and a pinhole aperture. The 

image is built by raster scanning the illumination spot on the sample in 2D, and the 

fluorescent signal for each location is typically detected using a fast photomultiplier tube 

(PMT). While this configuration can approach ideal imaging performance (16), it has, 

until relatively recently, been impractical for real-time, in vivo biomedical imaging, 

which requires high frame rates to avoid image degradation due to object motion. 
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Advances in resonant galvanometer technology have made point-scanning systems faster, 

but these scanners add complexity and cost to the system, and still remain the limiting 

factor for the maximum imaging frame-rate achievable. Because of the short per pixel 

dwell times of these high frame-rate systems, sensitive photomultiplier tubes (e.g. 

gallium arsenide phosphide PMTs) with high quantum efficiency are employed. 

Additionally, the non-linear velocity of sinusoidally-driven resonant galvanometers 

means that non-uniform temporal sampling is required to achieve uniform spatial 

sampling.  This can be accomplished with additional hardware that measures the actual 

scan position and provides appropriately timed trigger signals to the digital sampling 

circuitry. The changing direction of the scan from line to line also requires specialized 

read/write buffers, or software compensation. 

While resonant galvanometers, which must operate at a fixed resonance frequency, 

enable the realization of fast point-scan confocal systems, they are not suitable for 

multispectral imaging, where scan rates must be slowed down to allow recording and 

readout of dispersed light across an array detector. Another non-resonant scanning 

mechanism can be included for this purpose, but this adds additional components, 

complexity, and cost to the instrument.  

By utilizing a line of illumination and a slit aperture, the confocal fluorescent 

microendoscope developed by the Biomedical Imaging Lab achieves real-time frame 

rates by only requiring scanning in a single axis. Additionally, the parallel nature of the 

illumination and the use of a 2D CCD allows simultaneous spatial and spectral data to be 
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collected for each line in object space. To obtain multi-spectral data, Scan Mirror 2 is 

fixed to an off-axis position that directs the light through a prism. The prism spectrally 

disperses the signal in the direction orthogonal to the slit aperture, such that a single 

image contains spatial information along one axis, and spectral information along the 

other. To fully sample the object, the first scan mirror is stepped for each frame of data 

taken in a multi-spectral acquisition. The series of captured images is then processed to 

generate a 3D multi-spectral image cube. 

Unfortunately, the slit aperture geometry has a theoretical axial resolution that is 

significantly worse than that of a point aperture. Additionally, Monte Carlo simulations 

performed by a former student, Dr. Anthony Tanbakuchi, have shown that the imaging 

performance of various aperture geometries is strongly dependent on scattering in the 

sample being imaged (12), and that slit apertures are expected to perform worse than 

point apertures in this regard as well. As a consequence of these two effects, the imaging 

speed increases afforded by the line-illumination slit aperture approach may be 

outweighed by the reduction in imaging performance. Multi-point imaging addresses 

these issues by using a single galvanometer mirror as in the line illumination system, but 

by modifying the confocal aperture and its motion in a novel way to improve axial 

resolution and increase performance in scattering media. A multi-point imaging system 

was created by modifying the existing slit-scanning system with the addition of a custom 

rotating aperture (as shown in Figure 2). Multi-point imaging was analyzed in a variety of 

scattering media to verify the expected performance improvements predicted by Monte 

Carlo simulation, and is discussed further in Present Study, Section 2. 
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4. Motivation for Dual-Modality Confocal & SD-OCT imaging  

Optical coherence tomography (OCT) is a low-coherence interferometric technique that 

enables cross sectional visualization of transparent or semi-transparent objects. Since its 

invention in 1991 (17), optical coherence tomography (OCT) has seen tremendous 

growth, especially in the application of commercial retinal imaging (18). Initially 

developed as a temporal interferometric technique, the latter development of Fourier-

domain OCT, including swept-source OCT (SS-OCT) and spectral-domain OCT (SD-

OCT), was critical for realizing clinically practical in vivo OCT imaging systems by 

increasing the acquisition speed and signal sensitivity in comparison to the time-domain 

approach (19, 20). In 1997, the first in vivo endoscopic “optical biopsy” was reported 

using an OCT system (21).  

Endoscopic SD-OCT systems typically employ a broad-band source, a point-scanning 

geometry with a single optical fiber, a dispersing element, and a linear detector array (22-

25). SS-OCT systems combine a point detector with a source whose wavelength is 

scanned in time over a given spectral bandwidth (26, 27). In both Fourier-domain 

techniques, the spectral dimension of the data encodes the depth information while lateral 

scanning of the point-illumination across the sample allows the reconstruction of a 2D 

cross-section (B-scan) of the tissue.  

Implementing OCT with a fiber-bundle probe is a conceptually attractive approach for 

endoscopic imaging. Similar to the advantages of fiber-bundle based confocal 

microendoscopy, using a fiber bundle in endoscopic OCT allows the lateral scanning 
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mechanism to be located in the proximal optical assembly, which enables the distal end 

of the catheter to remain stationary on the sample (28-34). In addition, faster image 

acquisition can be achieved via parallelized acquisitions through the use of line or full 

field illumination geometries (29, 30, 35). A number of fiber-bundle based OCT systems 

have been investigated (26, 29, 31-34, 36-39). 

As a stand-alone technique, OCT offers several advantages over standard endoscopic 

fluorescence imaging. The wavelengths and numerical apertures used in OCT provide a 

deeper imaging depth than confocal microscopy (1-2 mm vs. 150 μm), and it is not reliant 

on exogenous fluorophores to provide image contrast. However, both lateral and axial 

image resolution is not as high as in confocal systems. By combining the lower 

resolution, deeper, cross-sectional views generated by OCT with the high resolution en 

face images generated by confocal fluorescent microendoscopy, it may be possible to 

create a more useful multi-modal diagnostic device. A thorough mathematical analysis of 

the properties of fiber-bundle based SD-OCT systems was performed. An experimental 

fiber-bundle SD-OCT system (shown in Figure 2) was used to measure the performance 

of such systems as a function of object depth, and the measured results were verified and 

explained through a mathematical description, modeling, and simulation. Fiber-bundle 

based SD-OCT is discussed further in Present Study, Section 3.  

5. Modifying the Confocal Microendoscope 

To implement multi-point and fiber-bundle SD-OCT imaging, modifications were made 

to the laboratory version of the confocal microendoscope. This version of the system is 
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functionally identical to the one used for clinical testing with the exception of the camera 

used, which operates at a lower bit depth and frame rate. A second set of relay lenses was 

added to create the confocal plane for the custom rotating aperture in the multi-point 

modification. To perform SD-OCT imaging, a fold mirror on a magnetic base can be 

inserted and the appropriate settings for “Scan Mirror 2” are recalled at the function 

generator. This offset position for the second galvanometer mirror redirects the SD-OCT 

signal to a blazed grating via an off-axis fold mirror. This disperses the light across the 

CCD in one direction, similar to the multi-spectral mode of operation.  

 

Figure 2: The confocal microendoscope system with multi-point and SD-OCT 
modifications 
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PRESENT STUDY 

 

1. In Vivo Surgical Evaluation of Ovarian Cancer 

The need for an effective, minimally invasive, ovarian cancer detection technique with 

high sensitivity and specificity has been discussed. To evaluate the diagnostic usefulness 

of our confocal microendoscope, a clinical study was initiated in collaboration with Dr. 

Setsuko Chambers and Dr. Kenneth Hatch. Dr. Wenxin Zheng is the collaborating 

pathologist on the project.  

A total of 71 women were consented to participate in the clinical study. During the study, 

two technical issues were encountered, one with the focus mechanism and one with a 

power supply for a scanner, that prevented us from performing confocal 

microlaparoscope imaging for 4 cases. An additional 5 cases were not imaged as a result 

of an unavoidable change in patient status prior to surgery. Of the remaining 62 cases, 3 

cases had image quality that was considered inadequate for use in the study. This was a 

result of insufficient in vivo dye delivery (2 cases), and a broken lens that subsequently 

had to be repaired (1 case). An additional 9 cases had either highly fibrotic or cystic 

tissue that was deemed inappropriate for inclusion in the study. An additional 5 cases 

were excluded from the study as a result of a missing histology slide (1 case), mishandled 

tissue leading to no histology slides being processed (1 case), a poor match between the 

imaged area and the tissue we were able to procure for pathological analysis (2 cases), or 
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an inconclusive diagnosis from pathological analysis (1 case). This led to a total of 45 

cases being utilized in the study.   

1.1 Technical Issues with the Custom Miniature Objective Lens 

In April 2011, we noticed a dark ring at the edge of the field-of-view (Figure 3). By 

removing the miniature objective lens from the system and observing it with a bench-top 

confocal microscope (Nikon C1, Nikon Corp.), it was discovered that excessive contact 

between the distal end of the fiber bundle and the first lens element in the miniature 

objective had created damage on the surface of that lens element. A similar type of 

damage was also present on the first surface of the miniature objective lens that had been 

used on the laboratory system (shown in Figure 3c), but was significantly worse on the 

lens that had been used in the clinical system (shown in Figure 3d). 
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Figure 3: The expected intensity fall-off as a result of the illumination beam profile (a), 
compared to the dark ring seen in image (b). After examining the miniature objective 
lenses at 4x on a microscope, it was found that the dark ring was caused by damaged 
inflicted when the imaging fiber bundle hit the last surface of the lab lens (c) and clinical 
lens (d), but was clearly worse in the clinical lens. 

 

This damage was evident on the two backup lenses as well, and so the three miniature 

objective lenses with insufficient performance were returned to Optics Technology Inc. 

(Pittsford, NY) for repair. The best lens was retained and installed on the clinical probe.  

In December of 2011, we noticed that image quality with the remaining lens also had 

begun to degrade significantly (Figure 4). Removing this lens from the clinical system, 

we examined it under the microscope and found internal damage in the lens assembly 

(Figure 4c).  
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Figure 4: An ex vivo image taken in May 2011 (a) shows a slight darkening at the edge  
caused by fiber contact damage, but still has significantly better overall image quality 
than an ex vivo image taken in February 2012. Upon removing the miniature object lens 
from the probe and examining it on a Nikon microscope, we found internal lens damage 
(c). 

 

During 2011, Optics Technology underwent staff changes, and they were not able to 

complete repair of our lenses. We attempted to collect data with the one remaining 

broken lens until the end of February, 2012. However, the quality of the data collected 

during this time period was inadequate for use in the study and the final lens was sent to 

Optics Technology for repair.  

One of the lenses was repaired and returned back to us in mid-May of 2012, at which 

time the manufacturer informed us that one of the four lenses had experienced 

catastrophic damage and had fallen apart when the brass barrel elements were separated. 

The remaining two lenses were repaired and returned in June 2012, at which point we 

began performance testing.  

We determined that one of three originally returned lenses performed within our original 

technical specifications with respect to MTF.  Out of the remaining two, one 
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underperformed but was near specification, and the final lens had significantly degraded 

performance. The clinical probe was rebuilt in August of 2012 to ensure that the fiber 

bundle would not contact and damage our remaining high-quality objective lens. As a 

result of these setbacks, no clinical imaging was performed between March and 

September of 2012. 

During this time, I designed a new plastic endoscope tip to help address the issues of dye 

delivery and fragility in the previous design. Previous tip designs used complex features 

in an attempt to delivery dye more uniformly, but these often broke after prolonged use.  

We also determined that the 3D printer material FullCure 720 (Stratasys Ltd.) was 

sensitive over time to the sterilization process used on the probe before surgery, and so 

we switched to printing in VeroGray (Stratasys Ltd.), a more rigid material with less 

water absorption. Figure 5 shows the new plastic retaining cylinder for the probe tip with 

channels for the miniature objective lens the hypodermic tubing used for dye delivery.  
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Figure 5: The redesigned probe tip. By keeping the geometry simple and printing in 
VeroGray, we have had better success in using the same tip for multiple surgeries. The 
narrow collar is the proximal end of the tip, and has a smaller diameter to allow the tip to 
be sealed with shrink tubing.  

 

These system issues, combined with the other considerations discussed, lead to a total of 

45 with adequate quality image data and correlated histology for use in the study. 

Eighteen of the 45 cases in the study were imaged ex vivo only. This was a result of 

issues with failure of the dye delivery mechanism prior to in vivo imaging (2 cases), the 

system not being sterilized at the time of surgery (4 cases), the patient consenting to ex 

vivo imaging only (3 cases), the surgeon’s decision mid-procedure to avoid in vivo 

imaging based on the complexity of the case (2 cases), sharing tissue with another 
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research group (1 case), a miscommunication between the consenting staff at the hospital 

and our research group such that we were unable to get the instrument set up in the OR in 

time (2 cases), or a lack of trained lab personnel making in vivo imaging impractical (4 

cases). For the remaining 27 cases, in vivo imaging was performed. Of these 27 in vivo 

cases, 7 were unsuccessful for in vivo imaging and only ex vivo image data from these 

cases was used in the study. The in vivo failures that were not included in the study were 

a result of the broken lens (1 case), the inability to identify and collect well-correlated 

histology from the in vivo imaging site (2 cases), and finally insufficient in vivo image 

quality (4 cases).  

Although there were only 4 cases in which the in vivo data had to be totally discarded 

even though the system was working properly, more effort was required to obtain high 

quality image data in vivo. This is largely because in vivo images sometimes have poor 

contrast as a result of insufficient dye concentration in the tissue due to the surgeon 

moving the probe away from the site of dye delivery. Motion of the probe can also 

occasionally made it difficult to keep the system in focus during an imaging session. In 

several cases, multiple sites were imaged per ovary. However, we found that this made 

obtaining a well-correlated sample for histopathological evaluation more difficult, and in 

latter cases, only one site was imaged per ovary. 

When in vivo image quality was sufficient, it was difficult to ensure that that we obtained 

a tissue sample from the actual site of imaging. If the ovary had some distinguishing 

feature, we would note the location of the imaging site relative to that landmark, but this 
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was often not the case. I developed a small filtered LED flashlight to visualize the 

existing AO on the tissue after the organ was removed, but signal levels were often too 

low in comparison to the bright room lights to easily distinguish the dyed region. This 

was an issue that was never fully solved, and the best-correlated data was obtained from 

cases in which the surgeon could directly indicate the site that had been imaged on the ex 

vivo tissue.  

Occasionally, an open surgery would be performed instead of a laparoscopic surgery. 

This was the case when the uterus was too large to be removed vaginally, the mass was 

too large and the surgeon wanted to avoid rupturing it during excision, the patient had a 

history of bowel obstruction or severe adhesion, the patient BMI was over 40, or if a 

significant amount of surgical de-bulking was required. Successful in vivo imaging with 

the microlaparoscope was achieved with both laparoscopic and open surgeries. It was in 

some cases easier for the surgeon to maintain the position of the probe tip during open 

surgery. Also, removing the ovary during an open procedure did not change the 

orientation of the organ dramatically. In these cases, it was easier for the surgeon to 

indicate the location they imaged with the microlaparoscope after the organ was 

removed, ensuring a well-correlated histology sample. Ex vivo cases, during which one 

of the system operators could readily manipulate the excised organ and apply a larger 

volume of dye, were the most consistent in obtaining high quality image data. 

In general, the surgical imaging routine became relatively straightforward once the 

surgical technician and surgeon were accustomed to the process. Before the patient is 
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imaged, the surgical nurse must load a small syringe with dye and insert it into the 

spring-loaded dye channel in the microlaparoscope probe. This was occasionally difficult 

for an inexperienced nurse. We found that bringing a laser pointer to indicate the 

necessary steps, which had to be performed by the nurse in the sterile environment, was 

helpful in explaining the process. We also found that, though the probe handle includes 

controls for dye delivery, system focus, and image capture, it was simpler for a system 

operator to perform these functions while the surgeon simply handled the device. This 

was occasionally stressful, as it required coordinating an appropriate amount of dye 

delivery before tissue contact, and maintaining focus while capturing images as the 

surgeon handled the probe. With practice and by using the keyboard shortcuts for image 

capture, this became a non-issue. However, I believe that having the surgeons trained on 

using the handheld controls and observing the real-time imagery while they manipulate 

the system could result in improved overall performance with the device.  

I maintained a database of acquired images in Aperture 3 (Apple, Inc.) and rated them on 

a 5-point scale of quality in terms of image contrast and focus (shown in Figure 6). The 

minimum score for what I considered usable data is a score of 3, which corresponds to 

sufficient contrast to observe nuclei, and sufficient focus to distinguish between adjacent 

nuclei over a minimum of 30% of the full field-of-view of the system. 
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Figure 6: Images were rated on a 5-point scale, and the cut-off for usable data was set to 
3 points.  

 

We are continuing to use the remaining high-quality lens to obtain additional in vivo 

images for the clinical study. It is noteworthy that a new miniature objective lens has 

been designed by a graduate student, Tzu-Yu Wu. After this lens is manufactured and 

compatible mounting hardware is made to interface it with our existing clinical probe, we 

will begin using the improved design.  

1.2 Tissue Processing  

Excised tissue was followed from the surgery suite to the pathology room where frozen-

sectioning was performed.  This was done so that we could ensure we obtained tissue 

samples from the imaged sites. During laparoscopic surgeries, it was also sometimes 

necessary to note the site on the ovary being imaged on the primary laparoscopic video 

monitor, so that a reasonably well-correlated sample could be removed for later 
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histopathological diagnosis. This was difficult to do accurately, however, and it was 

found that maintaining correlation between histopathology and in vivo imaging was 

easier to maintain when the surgeon physically indicated the imaging site after the tissue 

had been removed. Often, two people would assist in the OR so that when tissue was 

removed from the body and sent to pathology, one person could collect necessary tissue 

sample(s) while the other person remained to continue imaging.  

Surgical tissue samples were soaked in 10% formalin for up to 6 hours before being 

transferred to a solution of 70% ethanol. They were then delivered to the University of 

Arizona Cancer Center (UACC) Tissue Acquisition and Cellular/Molecular Analysis 

Shared Service (TACMASS) to be embedded in paraffin blocks, sliced, stained with 

hematoxylin and eosin (H&E), and mounted onto microscope slides. Dr. Wenxin Zheng 

performed the pathological evaluation on the histology samples. Each slide was 

diagnosed into one of the following categories: normal, benign, border-line, low-grade 

cancer, high-grade cancer. Additional abnormalities (e.g. mitosis, inclusion cysts, corpus 

albican, etc.) and other comments were noted as well.  

To organize the study, a spreadsheet was maintained containing all the relevant 

information for each case. All images are stored in an Aperture database file, and all 

paraffin blocks and prepared slides were organized and stored.  

1.3 Evaluating In Vivo Performance for Cancer Detection 

From the 45 patients with acceptable image quality and good correlation to known 

histopathological sampling and diagnosis, a selection of 260 images was chosen. All 
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images were adjusted in Aperture 3 (Apple, Inc.) to maximize visual contrast and 

dynamic range. This was accomplished by increasing the image gain until the brightest 

pixels just began to saturate, and increasing the black point until the dark pixels just 

began to be black. The “definition” slider, which acts as a mid-range contrast 

enhancement, was always set to maximum. This procedure was followed for all images. 

This process is non-destructive in Aperture, and all changes can be viewed or modified as 

necessary. 

To determine the clinical relevance of the device, an ROC study was performed on these 

260 images. Five observers (Drs. Rouse, Gmitro, Chambers, Hatch, and Zheng) were 

trained on a 29 image subset that contained images displaying a variety of morphological 

features observed for normal and cancerous cases. Training usually took 10-15 minutes, 

and involved a discussion of the image features indicative of a specific diagnoses. Several 

potentially confounding image features were also discussed. These were: the appearance 

and presence of stroma, which appears significantly different than normal epithelium but 

does not constitute a cancer diagnosis, uneven dye distribution within the image field 

causing adjacent cells to have a non-uniform brightness that can appear as a more cancer-

like pattern if only the bright cells are considered, motion artifacts, and the occasional 

presence of loose cells that may stick to the distal surface of the probe. All images were 

shown on a Totoku MDL 2104A (Tokyo, Japan) grayscale medical LCD monitor driven 

by a Matrox MED 3mp-DVI (Matrox, Quebec, Canada) video board.  
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After training, each observer was asked to rate the remaining 231 images on a scale from 

1 to 6, with the corresponding definitions: 1 – “definitely not cancer”, 2 – “probably not 

cancer”, 3 – “possible not cancer”, 4 – “possibly cancer”, 5 – “probably cancer”, 6 – 

“definitely cancer.” These results were then tabulated for ROC analysis in LABROC (40-

42). In LABROC, the data were fit with the proper binormal fit model and the inverse of 

the information matrix was taken to determine the uncertainty. The area under the curve 

(AUC) and standard error (SE) was then calculated for each observer. These values are 

presented in Table A1, found in Appendix A on pg. 77.  

While it is straightforward to obtain consistently high quality images with ex vivo tissue, 

for the reasons stated, it is more challenging to consistently obtain high quality images in 

vivo.  To verify clinical usefulness, the ROC analysis of the data from each observer was 

carried out exclusively considering either ex vivo or in vivo data. It was found that the 

AUC for both in vivo and ex vivo imagery, on all observers, was at a diagnostically 

useful level (>0.85). While the average AUC from in vivo imagery was found to be 

slightly lower than the average AUC from ex vivo images, the difference was within the 

standard error of the in vivo measurement. A t-test was performed that showed the 

difference was not statistically significant.  The culmination of this ROC analysis and 

diagnostic evaluation can be found in the manuscript reproduced in Appendix A. It is 

interesting to note that there are occasional instances where the final pathology report for 

a given organ is in disagreement with the gold standard diagnosis for the sample we 

procured from that organ as part of our study. In some of these instances, it appears that 

the reviewers tended to side with the final pathology diagnosis, indicating a possibility 
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that the sample we procured did not correlate well to the region of imaging. These cases 

will need to be investigated further. 

In addition to generally being successful in accessing the ovary, the surgeon was 

occasionally able to image the fimbriated end of the fallopian tubes. Accessing the lumen 

of the fallopian tubes was difficult in vivo, but ex vivo images of fallopian lumen were 

obtained (an example is shown in Figure 7).  

 

Figure 7: Image data obtained from an ex vivo fallopian tube sample. 

The following points summarize my contributions to this project, including activities that 

were not discussed in the associated manuscript: 
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i. Assisted in the collection of clinical data. This primarily consisted of running the 

system to deliver dye, focus the image, and capture video and image frames in the 

operating room while the surgeon handled the probe.  

ii. Assisted in the trouble-shooting and general maintenance of the confocal laparoscope, 

which included general system alignment, testing the quality of the miniature 

objective lenses, polishing optical fiber bundles, and re-constructing the handheld 

probe and its electronics cable.  

iii. Designed a new endoscope tip in SolidWorks to hold the miniature objective and 

hypodermic tubing for dye delivery. Fabricated the part using the Connex 3D printer 

and rebuilt the probe. 

iv. Manufactured 2.5 mm diameter round glass coverslips by manually cutting an AR 

coated coverglass with a Dremel tool and hollow diamond-tipped bit. Evaluated the 

quality of the coating on each cut piece using a Nikon confocal microscope and sorted 

coverslips according to quality. Glued the coverslip to the distal end of the miniature 

object lens when it needed to be replaced. 

v. Created a filtered LED flashlight to visualize ex vivo AO staining on excised tissue 

samples.  This consists of a commercially available LED module and an emission 

bandpass filter mounted in a plastic housing that was created in SolidWorks and 

printed on an Objet rapid prototyping printer. 

vi. After TACMASS histology slide processing, I organized the returned tissue blocks 

and slides, correlating each sample with the database of in vivo images and ensuring 

that the entire collection was searchable and organized. I also co-maintained a 
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spreadsheet database of patient numbers, image data types (in/ex vivo, cancer/normal, 

ovary/fallopian tube), slide identifiers, and surgical notes with Dr. Andrew Rouse. 

vii. Maintained, enhanced, and ranked the database of surgical images, identified usable 

data, and collected and organized the corresponding stained histology slides for 

reading by a pathologist (Dr. Wenxin Zheng).  

viii. Created the training and evaluation image sets, ensuring that both ex vivo and in vivo 

images representing the range of key morphological features were present in the 

training set. Used the training set to instruct observers and tabulated their responses to 

the test set. 

ix. Performed an ROC analysis on the test data (as a whole, and separately for in vivo 

and ex vivo data) using LABROC, which calculates the area under the curve (AUC) 

and standard error (SE) for each observer. 

x. Wrote the manuscript presented in Appendix A.  

 

2. Multi-point Imaging 

In order to obtain the necessary frame-rate for real-time in vivo confocal 

microendoscopy, the system developed in the Biomedical Imaging Laboratory utilizes a 

slit aperture and scans a line of illumination in one direction to fully cover the object 

space field-of-view. A consequence of this approach is that image quality is reduced in 

comparison to a point-scan system; a slit aperture has a wider axial point spread function 

(PSF) than a pinhole aperture. Additionally, Monte Carlo simulations by a previous 
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student, Anthony Tanbakuchi, predict that the axial PSF of a system with a line 

illumination and slit aperture degrades more rapidly within a scattering media than in the 

case of a point aperture (12). To maintain the rapid scanning that our current system 

geometry allows while improving the axial resolution and image quality in scattering 

media such as tissue, a multi-point modification to the system was developed, 

implemented, and tested. 

Multi-point imaging was implemented as a simple modification to our existing imaging 

system. An additional set of relay lenses creates an image plane that is confocal to both 

the proximal fiber face as well as the slit aperture. A custom multi-point aperture is 

inserted in this plane (shown in Fig. 7). This aperture is an opaque tungsten disc with 

radial slits (23 μm +/- 3% in width and 1 mm +/- 20% in length) centered at a radial 

distance of 17.5 mm from the center to yield a 7.5% duty cycle of open to opaque 

material.  The angular separation between slits is 1 degree and the total # of slits is 360. A 

diagram of the aperture is shown in Fig. B1. This aperture is mounted to an aluminum 

hub and attached to a DC motor so that it can freely rotate. A custom designed mount 

(shown in Fig. 8) offsets the disc with respect to the optical axis, causing the radial slit 

pattern to overlap with the line of illumination created by anamorphic optics of the 

confocal system. The combination of the line illumination and the mask creates a series 

of illumination points across the input face of the fiber that is scanned along the direction 

of the slit aperture by rotating the multi-point disc.  
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Figure 8: Left, a photograph of the mounted mask in the system. The electrical tape is a 
temporary baffle against stray light caused by the corner of the mount. Right, the custom 
multi-point aperture mount designed in SolidWorks.  

 

Figure 9 shows images taken of lens paper stained with AO taken with both the slit (left) 

and multi-point (right) scanning systems. The images in the upper row were taken with 

the system focused at the surface of the paper, while the images in the bottom row were 

taken with the system focused 40 microns into the paper. The multi-point system displays 

better optical sectioning, seen by the reduced signal from out of focus fibers of the 

fluorescent lens paper. Figure 10 demonstrates this performance improvement for ex vivo 

ovarian tissue.  



42 
 

 

 

Figure 9: Images of 
fluorescent lens paper taken 
with the line-scan (left) and 
multi-point (right) imaging 
systems, both near the 
surface (top) and at 40 μm 
within the paper (bottom). 

  

 

 

 

 

Figure 10: Images of ex vivo ovarian epithelium taken with the line-scan system (a) and 
the multi-point system (b). An improved image contrast obtained through improved 
optical sectioning is shown in the multi-point image.  
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To verify the performance improvement achieved relative to the line-scan system, a thin 

planar phantom was generated by spin coating a glass coverslip with a thin layer of 

fluorescent dye (Pyrromethene 546, Exciton Inc.). This phantom was translated from 

contact with the distal end of the microendoscope probe through the focal plane, which 

was fixed to 100 μm in a solution of water and intralipid. The spatially averaged signal 

intensity was recorded as a function of object depth, and the experiment was repeated for 

a range of scattering media by increasing the concentration of intralipid in the solution. 

The experimental results demonstrated an improved axial resolution in multi-point 

imaging as compared to line-scan imaging, and that performance was maintained with 

increasing scattering in the multi-point system beyond the practical limits of the line-scan 

system. Figure B5 shows the measured axial response as a function of increasing 

scattering for both the slit-scan and multi-point systems. A detailed description of these 

results can be found in the manuscript reproduced in Appendix B of this dissertation.  

While better performance was observed with multi-point imaging, there are several 

limitations of the current implementation that must be addressed before it is suitable to 

replace the line-scanning approach in our system. The most significant of these is the 

lower fluorescent signal, and therefore SNR, that results from the 10% duty cycle of the 

multi-point aperture for the same illumination power out the laser source. Because only 

7.5% of the illumination signal is being imaged into the fiber bundle, fluorescent signal 

intensities are weaker. This issue can be addressed by simply increasing the laser power, 

though this approach is limited by the maximum power available from the source. To 

partially compensate for the increase in back-reflected light, the multi-point aperture is 
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rotated such that the retro-reflected beam from the surface of the mask does not overlap 

with the illumination beam. However, Fresnel reflections from other surfaces may 

necessitate specialized optical coatings, or higher performance band-rejection filters at 

the illumination wavelength, depending on the intensity of the laser used.  

Images taken with the line-scan system contain a faint banding noise structure in the scan 

direction that becomes more apparent when imaging a uniform target. Flat-field images 

were captured and analyzed in Matlab; the coefficient of variation was found to be 

3.68%.  Based on recent investigations by a graduate student, Tzu-Yu Wu, who is 

building a new confocal microendoscope system, this appears to be an artifact of all 

synchronized galvanometer scan mirror systems. The spatial banding structure appears to 

depend on the driver boards and function generators used.  

One of the fundamental difficulties of working with galvanometers is that electrical and 

mechanical issues become coupled. It has therefore been difficult to determine the exact 

source of this structured noise. Significant efforts were made to eliminate this increased 

structured noise visibility. These efforts included creating new enclosures for each 

galvanometer driver board and ensuring electrical grounding, using an isolation 

transformer to separate the driver source power from any possible noise on the bench-top 

power strips, and sending the driver boards to the manufacturer for calibration and 

tuning. 

Figure 11 shows that the introduction of the spinning aperture increases the visibility of 

this noise structure. Matlab analysis of a flat-field multi-point image determined the 
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coefficient of variation to be 3.86%, compared to 3.68% for the line scan system. In 

multi-point imaging, this banding structure appears to move through the image with a rate 

that depends on the rotation speed of the multi-point aperture.  

 

Figure 11: Images of a thick fluorescent slide from the (a) line-scan and (b) multi-point 
scan imaging systems. A banded noise pattern is clearly visible in both cases, though it 
displays a modified frequency and increased amplitude in the multi-point image. The 
dark spots are debris on the fluorescent target.  

 

The measured increase in the coefficient of variation (0.18%) does not seem to fully 

describe the increase in the visibility of the noise pattern. To better understand this 

increase in visibility, the throughput of the multi-point mask was measured. This was 

done using a focused laser source to illuminate the spinning multi-point mask and a 

photo-multiplier tube (PMT) behind it to measure the transmitted signal. The PMT was 

read using a fast oscilloscope (WaveRunner 6KA 452, Teledyne LeCroy, Chestnut Ridge, 

NY), such that multiple sample points were collected for each radial aperture. The raw 

data was then filtered using a Matlab script to combine the measured throughput for each 
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radial aperture. Figure 12 shows the normalized throughput of the multi-point mask as a 

function of slit aperture. 

The measured throughput of the multi-point aperture has a periodic structure of 360 

apertures. The boundaries of a period are indicated in Figure 12 with a dashed line. The 

coefficient of variation was measured to be 6.7%, while the maximum and minimum 

transmissions are 115% and 75% of the mean, respectively.  

 

Figure 12: The normalized throughput of each radial slit aperture.  

 

Ultimately, the cause of the banding pattern and the apparent increase in visibility were 

unable to be fully explained or corrected. Despite the problems, the performance 

enhancement of multi-point imaging were verified. This work culminated in a 

manuscript, titled “Design and Performance of a Multi-point Confocal Microendoscope,” 

which is reproduced in Appendix B of this dissertation. 

The following points summarize my contributions to this project, including exploratory 

research activities that were not discussed in the primary publication: 
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i. After mounting the spinning aperture to the motor so that the disc was held 

perpendicular to the optical axis, initial data taken indicated that the amount of retro-

reflected light getting through the laser line notch filter and to camera from the 

aperture surface was a significant problem. To overcome this issue, I determined the 

required geometry such that the reflected beam would not couple back into the system 

and designed a corresponding mounting structure in SolidWorks. The mount was also 

designed with a height appropriate for use with a two-axis linear translation stage, 

which allows easier aperture placement and focusing. By fully compressing the spring 

along the x-axis of the translation stage and locking the stage position with an 

external block, it is simple to very quickly remove the multi-point aperture from the 

optical path. Releasing the external block allows the stage to return to its original 

position quickly and accurately. It is therefore trivial to convert the system from line-

scan to multi-point operation. The custom mount was fabricated using an Objet 

Connex 360 rapid prototype 3D printer. 

ii. To measure the axial resolution of the line-scan and multi-point configurations, it was 

necessary to create an axial plane phantom that could be submerged in solutions of 

water and intralipid without deteriorating. A mono-layer of fluorescent microspheres 

would wash away under solution, and acridine orange is a water-soluble dye, such 

that it cannot be dissolved into water-resistant materials (e.g. polystyrene) readily. 

Instead, I used pyrromethene 546 (a non-polar fluorophore, Exciton Inc., Dayton OH) 

with an emission profile similar to acridine orange. I created the phantom by spin 

coating a 25 mm diameter round #1 thickness coverslip with a solution of 3 wt% 
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pyrromethene 546 in an equal mixture of chloroform and toluene at 1500 rpm for 15 

seconds. Using a Dektak 150 surface profilometer, I measured the thickness of the 

resulting fluorescent coating to be approximately 300 nm, which is sufficiently thin to 

act as an axial planar source for confocal microscopy. I then determined the 

appropriate ratios of water to intralipid to use for the scattering media suggested by 

Monte Carlo simulation and by real tissue values, and made depth response 

measurements by fixing the focal plane of the miniature object and recording the 

average image intensity (for 3 images taken per stage position to improve the SNR of 

the measurement) while translating the thin fluorescent slide through focus.  

iii. To analyze the images obtained for the axial resolution measurement, I wrote Matlab 

scripts to automatically parse a folder of images, interpret the file names to determine 

if the slit or multi-point aperture was used and what the stage position was for each 

image, average all the images taken for the same depth, and find the mean intensity of 

this average image over a small region of interest. Selection of the region of interest 

(ROI) was done by creating a binary text image file in ImageJ and importing it as a 

Matlab variable. This easily allowed round regions of interest to be used. After 

determining the mean intensity for the ROI, the script automatically generates a plot 

of normalized intensity vs. stage position. The axial resolution of the system was then 

determined by measuring the FWHM of the generated profiles.  

iv. In an attempt to isolate the source of the noise structure and remove it, I performed 

significant electronic and mechanical work. Electronically, I analyzed the drive signal 

to the boards, verified that the velocity signal reported by the driver boards was 



49 
 

linear, returned the driver boards to the manufacturer for tuning and calibration, and 

manufactured a separate, grounded enclosure for each driver board to ensure 

electrical cross-talk would be removed. Mechanically, I designed, manufactured, and 

implemented a new mounting structure to hold the galvanometer units more securely 

and reduce any potential mechanical resonances that might be causing the noise 

structure. Ultimately, these efforts proved unsuccessful. 

 

3. Fiber-bundle based SD-OCT 

Optical coherence tomography (OCT) is a well-developed technique for biomedical 

imaging (20, 31, 43-47).  Capable of imaging deeper (1-2 mm) than confocal microscopy 

(100-200 μm), and providing images of tissue morphology orthogonal to the en face 

images obtained with typical endoscopic imaging techniques, the complimentary 

capabilities of OCT makes it an excellent candidate for a multi-modal imaging system 

when combined with confocal fluorescence microscopy. In addition to providing 

complimentary information that may improve the diagnosis capabilities of an imaging 

instrument, OCT has been added to as a second modality to endoscopic devices for the 

purpose of tracking object distance. This allows for automatic motion correction (48), 

which often negatively effects in vivo imaging devices. 

As a low-coherence interferometric technique, OCT systems operate in either the time or 

frequency domains. Time-domain OCT (TD-OCT) systems use a scanning reference arm, 

and object depth is determined by the interference signal that is created when path-



50 
 

matching occurs. Frequency domain OCT (FD-OCT) systems, which have been shown to 

have an acquisition speed and sensitivity advantage over TD-OCT systems (49), are 

broken into two sub-categories. Swept-source OCT (SS-OCT) systems utilize a source 

which changes frequency in time. In this way, scanning is transferred from the reference 

arm motion to the illumination source frequency sweep, which can be done faster since 

mechanical movement is not required. Spectral domain OCT (SD-OCT) systems utilize a 

dispersive element to detect the full source bandwidth instantaneously. After resampling 

the data for linearization with respect to wavenumber, the Fourier transform of the data in 

the spectral direction yields the depth profile.  

A previous graduate student, Houssine Makhlouf, developed and implemented an SD-

OCT system with the intention of combining it into our experimental confocal 

fluorescence microendoscope (50). In that system a fiber-coupled super luminescent 

diode (SLD) with a center wavelength of 841 nm and a FHWM spectral bandwidth of 

46.9 nm (Model: IPSDD0808-3113, InPhenix, Livermore, CA) was anamorphically 

imaged to a line on the proximal face of the imaging fiber bundle via a spherical lens, 

cylindrical lens, polarization beam splitter, and microscope objective. 

OCT systems require a low numerical aperture (NA) in object space to achieve a large 

axial depth range, while confocal systems require a high NA to achieve high lateral and 

axial resolution. Therefore, fully integrating OCT as a complimentary modality to our 

experimental confocal microendoscope would require the development of a specialized 

mechanism to modify the system NA accordingly. This could perhaps be implemented as 
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an annular filter with a cut-off wavelength between the visible spectrum and the near 

infrared. However, this adaptation would require a significant investment of resources, 

and so it was decided to first implement OCT in a separate channel as shown in Figure 2.  

By utilizing the same detection optics as the confocal system while creating a separate 

illumination and detection path using a second fiber, Dr. Makhlouf was able to test the 

feasibility of a fiber-bundle based SD-OCT system without making major modifications 

to the existing confocal architecture. At the distal end of the imaging fiber, a pair of back-

to-back microscope objectives were employed to form the 0.1 NA illumination beam in 

object space necessary for OCT imaging. A common-path interferometer configuration 

was used because of dispersion issues inherent with fiber-bundle OCT systems. The 

common-path geometry is formed at the distal end of the probe, where the far surface of a 

microscope slide within the focus of the beam acts as a reference surface.  

Reflected light from the reference surface and the object being imaged are coupled into 

the fiber bundle by the back-to-back object lenses. After transmission through the fiber, 

the combination of a slit aperture with a grating and CCD forms a spectrometer. The raw 

OCT data therefore contain spatial information along the direction of the confocal slit 

aperture, and spectral information in the direction of dispersion. The spectral dimension 

is linearized as a function of wavenumber (the grating dispersion is non-linear) and the 

Fourier transform is taken to obtain a depth image. It is noteworthy that in this 

parallelized approach, no scanning is required to produce a full 2D OCT image. 
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After building the fiber bundle based SD-OCT system, Dr. Makhlouf found that the 

image quality obtained was generally significantly worse than that with systems that did 

not use an imaging fiber bundle. A comparison is shown in Fig. 13. Our experimental 

results have shown a significant reduction in system sensitivity with depth. While theory 

suggests a maximum functional imaging depth on the order of 1.2 mm, we were only able 

to obtain reasonable SNR to a depth of approximately 150 μm. 

 

Figure 13: Comparison of SD-OCT images for a single-mode single-fiber system (λ0 = 
890 nm, Δλ = 150 nm) of a mouse colon (a) (courtesy of Dr. Jennifer Barton) and a fiber-
bundle based system (λ0 = 841 nm, Δλ = 46.9 nm) with glass slides located at 75 μm (b) 
and 125 μm (c) in depth. The full depth range of all images is 1.2 mm, the lateral range is 
1.5 mm. The fiber-bundle SD-OCT images display increased noise and a reduction in 
sensitivity with depth. 

 

One of the fundamental signal limitations in SD-OCT imaging is that unwanted back-

reflections add to the inherent DC component in the interference signal and consume a 

significant portion of the detector’s dynamic range. To improve the quality of data 
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collected by the system, several methods for reducing this background signal were 

investigated. Since the fiber faces are conjugate to the confocal aperture, back-reflection 

from these surfaces represents one of the largest contributors to the DC component. The 

Fresnel reflected light from the proximal face of the fiber is largely rejected by using a 

polarizing beam splitter, rather than a 50/50 beamsplitter, to couple the illumination light 

into the fiber. To reject the back-reflected light from the ends of the imaging fiber, Dr. 

Makhlouf glued a thick glass plate to either end of the fiber, such that the surfaces were 

no longer conjugate to the confocal slit and their Fresnel reflections should be 

significantly rejected. However, it was his observation that the addition of a thick glass 

plate in a focusing beam introduced aberrations, and that system performance was 

reduced. To overcome this, we worked together to cement thin pieces of AR coated cover 

glass to the ends of the fiber. This generally performed better, but minor defects and 

damages to the coating, as well as air bubbles in the glue layer, caused spurious areas 

with background levels significantly higher than the average, reducing performance and 

causing the system to be very sensitive to lateral fiber alignment.  

During the time that Dr. Makhlouf was the primary student on the OCT project, I began 

several side projects while continuing to work with him. As mentioned above, the non-

linear dispersion of the grating element necessitates a resampling of the data before 

Fourier processing. I investigated two techniques to modify how the raw data are 

collected and processes. First, I pursued the concept of using a prism to balance the 

dispersion of the blazed grating. However, other aspects of the project soon required my 

full attention, and this never evolved beyond a concept.  
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Second, I investigated using maximum-likelihood expectation-maximization (MLEM) 

reconstruction techniques on the raw SD-OCT data. I captured images of plane reflectors 

for a variety of depths, hoping to create a basis set that would enable accurate object 

reconstruction without requiring resampling or Fourier processing. However, I found that 

a plane reflector was not an appropriate phantom to measure the point response of the 

system, and that I was only able to partially reconstruct planar objects using the basis 

functions generated with a planar phantom, while more complicated samples (e.g. onion 

tissue) did not reconstruct at all. The partial success I experienced even when the test 

object was also a plane reflector was likely a result of system sensitivity to variable 

conditions, such as object tilt and fiber bending conditions, on the interference signal 

produced. Additionally, because a measurement was required for each possible object 

depth, the reconstruction matrices grew rapidly in size and became unwieldy to store in 

memory. As a result of this, I ultimately abandoned this approach. 

As a final aspect to Dr. Makhloufs dissertation work, he began to try to explain the poor 

imaging performance observed by creating a mathematical description of the system. Our 

continued attempts to improve the performance of the system and further development of 

Dr. Makhloufs mathematical framework became the foundation for the bulk of my work 

on the OCT project. 

One of the persistent difficulties of working with the SD-OCT system was that it was 

only possible to visualize the beam by using a handheld IR viewer (Find-R-Scope, FJW 

Optical Systems Inc., Palatine, IL). This IR viewer has focusing optics for both the scene 
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and the eyepiece, which consistently need adjusting, and it is difficult to hold the device 

while performing alignment procedures. To increase the speed and ease with which the 

system was aligned, I modified a web camera (Microsoft LifeCam Studio 1080p) to 

visualize the OCT source illumination.  

Since virtually all commercial CCD chips are sensitive out to 900 nm, non-science CCD 

cameras insert an IR filter to block light outside of the visible spectrum. I therefore 

disassembled a web camera, removed the lens barrel from the detector board, and 

removed the filter. I then inserted three small round cover-glasses (25 mm diameter, #1 

thickness) to compensate for the thickness of the removed glass. While the image quality 

and focal range of the camera was reduced by this modification, the final product has a 

wider field of view, longer focal depth, and higher sensitivity than the IR viewer. The 

modified webcam connects to a laptop computer, which allows comfortable hands-free 

visualization of the beam. Using a flexible mount (Spiderpodium, Breffo Inc., Portland, 

OR) it can also readily fixed in a variety of awkward or hard to reach places, the most 

notable of which is the eyepiece of a monoscope.  Using the modified webcam, it became 

significantly easier to align the system. Additionally, the total cost of the infrared 

webcam was approximately $50 USD, while the commercial Find-R-Scope costs 

approximately $1,700 USD. 

 After developing the infrared webcam modification and using it to fully align the system, 

I continued the work of quantifying the amount of back-reflected light in the system and 

determining the best approach to reduce it. I tested and measured the DC component of 
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the SD-OCT signal with a plain fiber bundle, as well with the fibers that terminated in 

thick glass and AR-coated coverslips. I determined that the polarization beam-splitter 

reduced nearly all of the light reflected from the proximal end of the fiber bundle, such 

that gluing a new surface to that end often only reduced performance. Focusing on 

reducing the light from the distal end, I decided to test an index matching gel (n=1.46 @ 

589 nm, Nye OC-431A-LVP, Nye Optical Products, Fairhaven, MA). This required that 

the fiber and back-to-back objective system be aligned vertically so that the gel could sit 

atop a water-immersion objective lens, which replaced the initial objective lens in the 

back-to-back pair. I found that it was critical to carefully apply the gel to the objective 

lens first, creating a large drop without air bubbles. Then, the distal end of the fiber could 

be inserted into the drop and adjusted as necessary so that no air gap would be present 

between the fiber and the gel to act as a back-reflecting surface. All methods were 

evaluated by counting image intensity at the CCD with a common SLD power and 

integration time between configurations. I found that using an index-matching gel at the 

distal end of the fiber bundle caused the least amount of background light in the system. 

However, while this approach performed better than modifying the fiber with glued on 

slides or coverslips, the final image quality of the fiber bundle OCT system was still poor 

in comparison to conventional OCT systems, especially in the system’s sensitivity as a 

function of object depth. 

While the issue of reduced performance with fiber bundle OCT is fairly well-known and 

frequently stated in manuscripts describing fiber-based SD-OCT systems, a complete 

mathematical analysis of the effects of multi-mode imaging fiber bundles on SD-OCT 
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system performance had yet to be presented. Though Dr. Makhlouf had begun to perform 

such an analysis, his approach was never completed to the point of fully explaining the 

observed performance degradation associated with using an imaging fiber bundle. To 

fully understand the performance limitations caused by an imaging fiber bundle in an SD-

OCT imaging system, and to determine the feasibility of such a system providing 

diagnostically relevant images, I developed a better mathematical description of a generic 

multi-mode fiber-bundle based SD-OCT system and generated experimental data to 

verify what was predicted by theory.  

The mathematics describe the final detected irradiance in the SD-OCT system as a 

function of the fiber modes in both illumination and detection. The mathematics explain 

the performance reduction between a simulated ideal performance (for a system using 

one single-mode fiber) and the experimentally measured performance when using a 

multi-core, multi-mode, imaging fiber bundle. This work culminated in a manuscript, 

titled “Analysis of multi-mode fiber-bundles for endoscopic spectral-domain optical 

coherence tomography,” which is reproduced in Appendix C of this dissertation. 

It was found that the final detected irradiance contained M4 cosine terms, where M is the 

number of modes in the fiber, each of which has a unique and randomized amplitude and 

phase. The combination of these cosine terms with randomized phases causes a reduction 

in modulation contrast, and therefore in system sensitivity. As object depth increases and 

defocus causes the light from a single core to blur, a given object location will interact 

with more of these terms, eventually reducing the modulation contrast to a point where it 
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is no longer detectable above the noise. This effect is more significant for parallelized 

imaging systems, including our line illumination approach. While it may be possible to 

achieve reasonable performance by choosing a source such that each fiber core acts as a 

single-mode waveguide, effectively reducing M to 1, there will still be some reduction in 

sensitivity as the defocus becomes sufficient for light from adjacent cores to overlap in 

detection. Additionally, for current fiber bundles to operate as single mode waveguides, 

the source would need to have a center wavelength on the order of 1300 nm, which is 

outside of the detection range of standard CCDs. Based on this work, it has been 

concluded that imaging fiber-bundles are currently unsuitable for use in combined 

confocal and SD-OCT imaging systems.  

The following points summarize my contributions to this project, including exploratory 

research activities that were not discussed in the publication reproduced in Appendix C: 

i. I investigated using maximum-likelihood expectation-maximization (MLEM) 

reconstruction techniques on the raw SD-OCT data.  

ii. I investigated using a prism to perform dispersion compensation rather than the 

current approach of non-linear sampling to create linear phase for an object at a 

particular depth. Due to time constraints this was ultimately not pursued, but may be 

worth considering in future work. 

iii. I developed a modified webcam for inexpensive, effective, and easy system 

alignment.  
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iv. I minimized the DC signal by re-aligning the system such that the back-to-back 

microscope objects were oriented vertically, replacing the first of them with a water 

immersion objective, and using an index matching gel (n=1.46 @ 589 nm, Nye OC-

431A-LVP, Nye Optical Products, Fairhaven, MA) between the distal end of the fiber 

and the new objective lens. Additionally, the vertical configuration allows for easier 

sample placement and manipulation.  

v. I wrote Matlab code to model the maximum ideal performance for a single-mode 

single-fiber SD-OCT system. This code was based on earlier work by Houssine 

Makhlouf, but was rewritten substantially to properly account for coherent imaging 

between the fiber and the detector. 

vi. I generated a full mathematical description of a fiber-bundle based SD-OCT system, 

which I used to quantify and explain the performance reduction with that was 

observed experimentally. A complete report of this work can be found in the 

manuscript “Analysis of multi-mode fiber-bundles for endoscopic spectral-domain 

optical coherence tomography,” which is reproduced in Appendix C. 

vii. I performed a series of experiments to measure the reduction in system sensitivity as a 

function of depth, and to verify the conclusions of the mathematical description. This 

work is also described in the manuscript reproduced in Appendix C. 

 

4. Discussion, Conclusions, and Future Work 

The diagnostic potential of the confocal fluorescence microendoscope designed by the 

Biomedical Imaging Lab was evaluated using a clinical study and observer testing. Ex 
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vivo and in vivo image results from 45 patients were evaluated by observers with varying 

levels of expertise. Observer performance, quantified by the AUC, was sufficiently high 

to suggest that real-time, in vivo disease diagnosis by both pathologists and surgeons is 

feasible with the device.  

A multi-point aperture was manufactured and tested in a modified confocal 

microendoscope system. Multi-point imaging shows improved axial resolution and 

reduced sensitivity to scattered photons from out of focus planes in comparison to line-

scan confocal imaging, enabling better visualization of cellular structures and improved 

image quality. In addition to improving the system performance, the multi-point 

architecture presented is readily compatible with existing line-scan confocal 

microendoscopes, and maintains the ability of these systems to perform multi-spectral 

imaging.  

The fundamental limitations behind the poor image quality observed in fiber-bundle 

based SD-OCT systems were identified and explained by generating a detailed 

mathematical description of such systems. The theoretical performance degradation 

described by the mathematics was verified with simulations and experimental results. 

This work allowed us to conclude that multi-mode imaging fiber bundles are generally 

unsuitable for use in SD-OCT systems.  

One persistent issue with the confocal systems in our lab is the horizontal intensity bands 

that appear when two synchronized galvanometer mirrors are used to generate the final 

image. The intensity of this pattern in normal line-scan mode is particularly noticeable 
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when observing a uniform target, though it is less noticeable when imaging objects with 

significant structure. However, the rotation speed and throughput of the multi-point 

aperture alias with this existing pattern, causing it to move, change in periodicity, and 

increase in visibility. This may be addressable in two ways. First, it may be possible to 

implement a phase-lock circuit between the DC motor that spins the multi-point aperture 

and the frame rate of the camera. If it was possible to fix the rotation speed such that the 

pattern of bars did not move through the image plane, a post-processing step could be 

added to remove the artifact before displaying the image on the screen. Alternatively, it 

may be possible to average several sequential frames to create a lower frame-rate display, 

but with a reduced banding pattern. This method will only work if the noise pattern is 

sufficiently different from frame-to-frame, which may not be the case if the base frame-

rate is increased in order to keep the averaged frame-rate from dropping below video 

performance. However, in a laboratory environment where the probe and target are 

stationary, it works well. Whenever capturing data that I used to measure system 

performance (e.g. axial resolution), it was my practice to average three frames of data for 

every single static image I wished to capture.  

The light efficiency of the multi-point aperture is relatively low, and it was frequently 

necessary to increase the laser power to ~200 mW (the highest safe level for the fiber 

coupler we currently employ) and/or to increase camera integration times in order to 

obtain reasonable SNR. Despite these performance issues, the multi-point aperture does 

have a higher axial resolution than the line-scan system, and performs significantly better 

in scattering media. It is therefore of interest to improve upon the light efficiency of the 
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multi-point approach, which can be done in several ways. First, it is possible to invest in 

a fiber-coupler that will allow the laser to be operated closer to its maximum power 

output of 1W. This approach may also require improved band-rejection optical filtering 

of the excitation laser, as back reflections in the system will correspondingly increase in 

intensity. Alternatively, it is possible to fabricate a new multi-point aperture that uses a 

second disc with cylindrical micro-lenses to increase throughput and efficiency. In this 

configuration the illumination beam first encounters the disc of cylindrical microlenses, 

which focus the line of illumination to a series of points. It is possible to use spherical 

microlenses rather than cylindrical ones in this case, provided that you do not need to 

operate the multi-point mask at more than one offset from the system axis. The focused 

points align and move with the radial slits in the second disc. A fixed dichroic 

beamsplitter sits between the discs and reflects fluorescent signal to the detection path, 

which has optics to image the plane of the radial slit array onto the detector.  

As a complimentary modality to confocal imaging, OCT through a fiber bundle is an 

attractive concept. However, image quality is severely limited by the multi-mode nature 

of each fiber core, and by the parallelized nature of a fiber bundle. This issue may be 

partially overcome by using a source and detector in the infrared (~1300 nm) where the 

individual fibers become single mode, though some issues will still persist and system 

cost will be dramatically increased if a high quality IR camera is required. To maintain 

the capability to use the same detector for both confocal and OCT imaging, reducing 

system cost substantially, it is necessary to use an OCT source within the detection 

spectral range of a standard CCD. This wavelength range precludes current commercial 
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imaging fiber-bundles from acting as single-mode waveguides. Instead, it is likely 

feasible to obtain OCT images with sufficient quality to be used for surgical diagnosis by 

implementing a scanning single fiber approach (ensuring that the fiber selected is a 

single-mode waveguide at the required bandwidths). This would require a complete 

overhaul of the system architecture, and would represent a significant investment of time 

and money. 

Full-field OCT systems that utilize fiber bundles have been demonstrated (29, 30), but 

these systems utilize one or more external processing interferometers. The scan speed of 

the external processing interferometer(s) is limited by the speed of the detector used, and 

may not be sufficiently fast for generating images practically in vivo. It may be possible 

to implement an external scanning approach into our existing system, but a study of the 

mechanisms required and their speeds should be performed first.  

Any final implementation of a combined confocal fluorescent imaging and OCT system 

will require that the chromatic performance of the system (including axial chromatic 

aberration and lens coatings) be optimized for both modalities. A truly combined system 

would also require a miniature objective lens with a numerical aperture that could either 

be modified, or was spectrally dependent, to allow operating at the high NA required for 

confocal microscopy, and at the low NA required for OCT. If the wavelength range 

selected for OCT imaging is incompatible with the detector used for confocal imaging 

(e.g. if a 1300 nm SD-OCT system was implemented with our existing imaging fiber 

bundle), it would be necessary to operate two cameras simultaneously. If OCT is pursued 
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in the future, it will be important to make a case study of these possible approaches, their 

limitations, and the time and money required to implement them. 

Finally, general improvements to the confocal microendoscope system might be made in 

several ways. A new camera, with an increased quantum efficiency, smaller pixel area, 

reduced noise, and specialized AR coating could be purchased to improve image quality 

and reduce required integration times. By coating the relay lenses in the system, it would 

be possible to reduce back-reflected light and improve image contrast.  
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Abstract 

Objective. The aim of this study was to evaluate the performance of a confocal fluorescence 
microlaparoscope for the detection of ovarian cancer. The successes and challenges faced in 
using this instrumentation in a clinical setting are also discussed.  

Methods. Seventy-six patients already undergoing open or laparoscopic oophorectomy were 
consented for the imaging study. A series of confocal images that corresponded to known 
histopathological diagnoses was generated. After training, reviewers were instructed to rate 
each image on a 6 point scale, ranging from “definitely not cancer” to “definitely cancer.” 
Receiver operator characteristic curves were generated using these scores, and the area 
under the curve (AUC) was calculated as a performance metric. 

Results. For a variety of reasons, 45 (59%) of the 76 consented cases were used in the final 
evaluation study. Of these cases, 27 (60%) presented no histopathological abnormalities, 
and 16 (36%) presented with high grade serous carcinoma. Twenty (44%) of the total 45 
cases met the study criteria for data collected in vivo during surgery, while the remaining 
cases used imagery collected from ex vivo tissue samples following surgery. The average 
AUC score and standard error for all detection of cancer in all images were 0.88 and 0.02, 
respectively. An independent-samples t-test was conducted to compare AUC scores for ex 
vivo and in vivo conditions. There was not a statistically significant difference in the AUC 
score for ex vivo (M=0.888, SD=0.0294) and in vivo (M=0.850, SD=0.0491) conditions; 
t(6)=1.318, p = 0.2355. 

Conclusion. Calculated AUC scores indicate that diagnostically useful in vivo images can be 
obtained with the confocal microlaparoscope and that in vivo performance is similar to 
that which can be obtained from ex vivo tissue. 
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1. Introduction 

Ovarian cancer accounts for 5% of all cancer deaths among women, and has the highest 

mortality rate of all cancers of the female reproductive system. The average 5 year relative 

survival rate for ovarian cancer is 44%, though detection while the cancer is still localized 

increases relative survival rates to 92% (1). Unfortunately, ovarian cancers do not typically 

present with obvious symptoms until advanced stages, and as a result only 19% of all cases are 

diagnosed before the disease has spread beyond the ovary (2). In particular, the high-grade 

serous subtype of epithelial ovarian cancer often does not present clinically until there is 

widespread disease throughout the peritoneal cavity, at which point the long-term prognosis is 

poor.  

There is currently no screening test for ovarian cancer. The current diagnosis strategy of 

thorough pelvic examination, transvaginal ultrasound, and CA145 blood testing has not proven 

effective (3). As a result, the U.S. Preventative Services Task Force recommends against such 

screening for ovarian cancer (4). Standard diagnostic imaging techniques such as CT, MRI, and 

PET are not sufficiently sensitive or specific enough to detect early stage ovarian cancer, and are 

used primarily to identify and characterize larger adnexal lesions that are detected during 

ultrasound examination (5, 6).  Conventional laparoscopic imaging lacks the resolution to detect 

small ovarian lesions, which are only apparent after biopsy and pathological inspection of the 

excised tissue (7, 8). Even then, the destructive nature of biopsies limits the number of samples 

that can be taken, reducing the sensitivity of this approach as a diagnostic tool.  

The ability to perform real-time in vivo optical imaging has been suggested as a possible 

screening approach for ovarian cancer (9). These imaging techniques are typically intraoperative 

and can be either wide-field fluorescence (10, 11) or cellular-level approaches. To visualize 
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disease at a microscopic level in vivo, techniques including optical coherence tomography 

(OCT) (12-16), two-photon microscopy (17-20), and confocal fluorescence microlaparoscopy 

(21-31) have been investigated. As non-destructive techniques, these so-called “optical biopsy” 

methods are not limited in the number of samples that may be procured from a given patient. 

As a method of performing optical biopsy, confocal fluorescence microendoscopy is a high-

resolution imaging technique that allows in situ visualization of a thin layer within a thick tissue. 

Such systems often use an exogenously administered fluorescent dye, and are capable of imaging 

cellular-level structures in biological samples at depths up to ≈ 150 μm. Confocal 

microendoscopes have already seen application in corneal, dermal, esophageal, and 

gastrointestinal disease diagnosis (32-35).   

As described in previous publications, we have developed a confocal microlaparoscope for the 

detection of ovarian cancer (21, 22, 36-39). Previous work with ex vivo ovarian tissue samples 

has shown that accurate diagnosis of ovarian cancer can be achieved with the device (40). To 

further evaluate the system, a clinical study using the instrumentation was carried out with two 

collaborating gynecologic oncologists, (SKC, KH) (21). This manuscript presents the findings 

from the clinical study and the performance achieved using the instrumentation for in vivo 

imaging of ovarian cancer. 

2. Methods 

Before describing the methods of the clinical evaluation study, an overview of the confocal 

microlaparoscope used in this study and its operation is presented. The system consists of a small 

handheld microlaparoscope probe (see Figure 1) that connects to an endoscopy cart. The 

microlaparoscope probe consists of a 35-cm long, 5 mm diameter, rigid tube extending from a 
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pistol-grip style handle. The distal end of the rigid tube contains a custom miniature objective 

lens (37). A 750 μm diameter, 30,000 element imaging fiber bundle (Sumitomo Electric USA, 

Torrance, CA) runs through the rigid tube and serves as an optical relay between the 

microlaparoscope probe and the confocal microscope in the endoscopy cart. The handle of the 

microlaparoscope probe has buttons that control dye delivery, focus, and image capture. The 

endoscopy cart houses a laser source for illumination and an optical scan unit that contains the 

electronics, optics, and camera of a custom line-scan confocal microscope. It also contains the 

necessary electronics to drive the system, including a computer for processing and viewing the 

images in real time. Live images are displayed on two monitors, one attached to the cart, and one 

that can be placed remotely in the room for surgeon to view during the procedure. The system 

provides a 450 μm field of view, with 3 μm lateral and 25 μm axial resolution (41). 

 

Figure A1: The confocal microlaparoscope being used to image the ovaries in vivo during 
laparoscopic surgery. On the monitor in the upper left, the surgeon is able to visualize the nuclei 
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of epithelial cells on the surface of the ovary in vivo and in real time. The monitor adjacent to it 
shows the normal laparoscopy view where one sees the confocal microlaparoscope probe in 
contact with the ovary, which has been placed inside an endobag. 

 

Participants in the clinical study were recruited from a cohort of patients who were at least 18 

years of age, not pregnant, and who were undergoing laparoscopic or open oophorectomy. No 

financial compensation was offered, and there was no effect on patient care or diagnostic benefit 

offered as part of the study. Standard surgical procedures were followed, with the addition of the 

confocal imaging protocol that added no more than 10 minutes to the procedure. Prior to 

removal, the ovary was isolated from the peritoneal cavity inside an endobag while the 

surrounding vessels were left intact. During imaging, dye was delivered directly to the tissue site 

under interrogation via a hypodermic tubing that runs along the length of the probe. The use of 

the endobag and localized dye delivery ensures that dye is not absorbed by any tissue that will 

remain inside the patient after the surgical procedure is completed. This specialized protocol was 

approved under the University of Arizona Institutional Review Board to allow the use of the 

fluorescent dye acridine orange (AO), which is a nucleic acid stain and not approved for general 

human use. However, with these preventative measures in place, the in vivo use of AO was 

granted under an FDA new investigational drug approval (102603). For in vivo imaging, ≤ 1 μL 

of 330 μM/L AO was administered topically to the surface of the ovary for each imaging site. A 

histopathology sample was taken from the imaged site for gold standard diagnosis by a 

pathologist, (WZ), with expertise in gynecologic malignancies. 

A total of 71 women were consented to participate in the clinical study. During the study, two 

technical issues were encountered, one with the focus mechanism and one with a power supply 

for a scanner, that prevented us from performing confocal microlaparoscope imaging for 4 cases. 
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An additional 5 cases were not imaged as a result of an unavoidable change in patient status prior 

to surgery. Of the remaining 62 cases, 3 cases had image quality that was considered inadequate 

for use in the study. This was a result of insufficient in vivo dye delivery (2 cases), and a broken 

lens that subsequently had to be repaired (1 case). An additional 9 cases had either highly fibrotic 

or cystic tissue that was deemed inappropriate for inclusion in the study. An additional 5 cases 

were excluded from the study as a result of a missing histology slide (1 case), mishandled tissue 

leading to no histology slides being processed (1 case), a poor match between the imaged area 

and the tissue we were able to procure for pathological analysis (2 cases), or an inconclusive 

diagnosis from pathological analysis (1 case). This led to a total of 45 cases being utilized in the 

study.   

Of the 45 cases considered, the gold standard diagnosis on the tissue sample extracted for the 

study was high-grade serious carcinoma (HGSC) for 16 cases. Of the remaining 29, 1 was 

diagnosed with serous cyst adenofibroma, which was designated as non-cancer for the purposes 

of this study. The remaining 28 patients presented no pathologic abnormality.  

Eighteen of the 45 cases in the study were imaged ex vivo only. This was a result of issues with 

failure of the dye delivery mechanism prior to in vivo imaging (2 cases), the system not being 

sterilized at the time of surgery (4 cases), the patient consenting to ex vivo imaging only (3 

cases), the surgeon’s decision mid-procedure to avoid in vivo imaging based on the complexity 

of the case (2 cases), sharing tissue with another research group (1 case), a miscommunication 

between the consenting staff at the hospital and our research group such that we were unable to 

get the instrument set up in the OR in time (2 cases), or a lack of trained lab personnel making in 

vivo imaging impractical (4 cases). For the remaining 27 cases, in vivo imaging was performed. 

Of these 27 in vivo cases, 7 were unsuccessful for in vivo imaging and only ex vivo image data 



75 
 

from these cases was used in the study. The in vivo failures that were not included in the study 

were a result of the broken lens (1 case), the inability to identify and collect well-correlated 

histology from the in vivo imaging site (2 cases), and finally insufficient in vivo image quality (4 

cases).  

Although there were only 4 cases in which the in vivo data had to be totally discarded even 

though the system was working properly, more effort was required to obtain high quality image 

data in vivo. This is largely because in vivo images sometimes have poor contrast as a result of 

insufficient dye concentration in the tissue due to the surgeon moving the probe away from the 

site of dye delivery. Motion of the probe can also occasionally made it difficult to keep the 

system in focus during an imaging session. In several cases, multiple sites were imaged per 

ovary. However, we found that this made obtaining a well-correlated sample for 

histopathological evaluation more difficult, and in latter cases, only one site was imaged per 

ovary. 

From the group of 45 cases, 260 images, 63 from in vivo imaging and 187 from ex vivo imaging, 

were selected. Images from each case were chosen based on the criteria that at least 30% of the 

imaged field of view contained tissue with distinguishable nuclei (e.g. the image contrast and 

resolution was sufficient).  These images were adjusted to maximize contrast and dynamic range. 

A training set was generated by selecting a subsample of images that contained the variety of 

morphological and image features representative of both normal and cancerous cases. This 

training set was composed of 29 images, 6 of which were in vivo and 23 of which were ex vivo. 

Twelve of the 29 images were taken from cancer cases, and the remaining 17 images 

corresponded to either a normal or benign diagnoses (which were classified as “non-cancerous” 

for the purposes of this study). All images were displayed on a Totoku MDL 2104A (Tokyo, 
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Japan) grayscale medical LCD monitor driven by a Matrox MED 3mp-DVI (Matrox, Quebec, 

Canada) video board.  

Five observers were trained and tested: 2 researchers (AFG, AR), 2 surgeons (SKC, KH), and 1 

pathologist (WZ). The researchers had a strong a priori familiarity with the types of images 

generated by the confocal microlaparoscope, while the surgeons and pathologist were not as 

familiar with looking at these images. After examining the normal and cancer training images, a 

mock observer test was performed on rotated versions of the training images. If any major 

mistakes were made, these were discussed and clarified with the reviewer before they began the 

actual observer study. Observers were asked to rate the remaining 231 test images on a scale 

from 1 to 6, with the corresponding definitions: 1 – “definitely not cancer”, 2 – “probably not 

cancer”, 3 – “possibly not cancer”, 4 – “possibly cancer”, 5 – “probably cancer”, and 6 – 

“definitely cancer.” These results were then tabulated for ROC analysis, which was performed 

using the LABROC software package (42-44). In LABROC, the data were fit with a bi-normal 

fit model to determine the area under the curve (AUC) value. The inverse of the information 

matrix was calculated to determine the standard error (SE) of the AUC estimate. This calculation 

was performed for the full set of test images, as well as exclusively for the in vivo and ex vivo 

images. 

3. Results 

No adverse effects occurred as a consequence of the imaging study. Figure 2 shows examples of 

confocal microlaparoscope image data that were obtained during this study. The top images were 

obtained from normal ovarian tissue and the bottom images are of ovarian cancer. This figure 

also compares ex vivo (left column) and in vivo (right column) image data. The bright punctate 
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structures in these images correspond to AO stained nuclei. These images show that normal 

tissue is distinguished by a regular and uniformly-distributed cellular epithelium. Often, partially 

denuded epithelial and stromal layers are visible. Typically, a heterogeneous distribution of 

epithelial nuclei size and spacing is indicative of disease. These results also suggest that the 

confocal microlaparoscope is capable of achieving high image quality in vivo that is comparable 

to the image quality obtained with ex vivo imaging.  Normal ovary and ovarian cancer are 

distinguishable in both in vivo and ex vivo situations.  

 

Figure A2: Ovarian epithelium imaged with AO. The left column shows images taken from ex 
vivo tissue, the right column from in vivo tissue. The upper row shows normal ovarian 
epithelium, the bottom row shows epithelial high grade serous carcinoma. 

 

Figure A3 shows the ROC curves generated based on the responses of the five observers. A table 
of AUC and SE values is included. The average AUC between all observers was 0.876 with an 
average standard error of 0.024.  
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Figure A3: Left, an ROC curve generated using the proper bi-normal fitting model in LABROC. 
Right, the ROC curves generated for all observers.  

 

 

 

 

 

Table A1: AUC and SE values for all observers for all images, and for in vivo and ex vivo cases 

exclusively.  

An independent-samples t-test (Welch’s t-test) was conducted to compare AUC scores for ex 

vivo and in vivo conditions. There was not a statistically significant difference in the AUC score 

for ex vivo (M=0.888, SD=0.0294) and in vivo (M=0.850, SD=0.0491) conditions; t(6)=1.318, p 

= 0.2355 for the number of samples in this study. 

4. Discussion and Conclusions 

The results of the study indicate that the confocal microlaparoscope can be used to detect ovarian 

cancer in vivo during laparoscopic or open surgery. However, some difficulties were 

Total 
AUC 

Total 
SE 

In Vivo 
AUC 

In Vivo 
SE 

Ex Vivo 
AUC 

Ex Vivo SE 

0.851 0.0264 0.8384 0.0503 0.8476 0.0306 
0.9093 0.0191 0.8802 0.0390 0.9238 0.0199 
0.8587 0.0245 0.8869 0.0377 0.8665 0.0275 
0.8751 0.0276 0.8877 0.0517 0.8847 0.0340 
0.8858 0.0224 0.7592 0.0669 0.9185 0.0212 
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encountered in obtaining consistently high quality image data during in vivo imaging. It was 

often the case that the surgeon’s hand would move slightly after applying the dye to the tissue, 

which resulted in the image field of view being moved away from the fluorescently stained area 

of the tissue. As a result, in vivo images sometimes had lower signal and poorer image contrast 

than those taken ex vivo, where it was easier to control the application of dye and ensure that the 

probe remained fixed to a stationary location on the tissue. However, with the exception of one 

outlier (observer 5), nearly equal AUC performance was obtained for in vivo and ex vivo 

images.  The problem of localized dye delivery may in the future be obviated by the 

identification or development of a safe and effective compound that can be applied widely to the 

surface of the ovary.    

A difficulty encountered with the study design was that it was challenging to ensure that the 

sample removed for histopathological analysis was taken from the same region that was imaged. 

This was a consequence of how the sample site was identified. When the surgery was open, the 

surgeon was more readily able to indicate on the organ where the imaging had taken place. 

However, when the ovary was removed laparoscopically using an endobag, it was more difficult 

to maintain the orientation of the tissue. The combination of this re-orientation during removal 

and the frequent lack of any distinguishing features on the ovary itself increased the difficulty of 

identifying the imaged location for histopathological sampling after the tissue had been removed. 

When the imaging was performed ex vivo, it was straightforward to ensure that the sample was 

removed from the location of the high-resolution confocal microlaparoscope imaging. However, 

once again the similar AUC performance for in vivo and ex vivo imaging suggests that this was 

not a major factor in validating the instrument performance in this study.  As we move forward 
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with evaluating detection of earlier and more localized disease, careful alignment of imaging and 

histology evaluation will certainly become more critical. 

While the observer study was performed on individual images shown to observers well after the 

surgery, the results indicate that the system is capable of generating diagnostically useful 

information at the point of surgery. The ability to visualize the real-time video feed from the 

confocal microlaparoscope, and to review the full sequence of images generated during the 

procedure, may even improve observer performance, and should be evaluated in future work. 

The consistency of AUC score independent of observer background indicates that the observer 

performance is not limited to classically trained pathologists, but that a relatively short training 

period is sufficient to enable accurate diagnosis. Moreover, we expect observer performance to 

improve as experience in viewing this type of imagery is gained and more subtle differences 

associated with pathology are appreciated.  By enabling disease diagnosis at the point of surgery 

without requiring the time-consuming process of frozen-section histology, optical biopsy 

techniques such as confocal microlaparoscopy could enable improved patient care and reduced 

surgery times. Ultimately, the hope is that a laparoscopic procedure employing the confocal 

microlaparoscope technology will provide sufficient diagnostic accuracy to serve as a first-line 

evaluation of ovarian health, and give women at high risk of developing ovarian cancer an 

alternative to risk-reducing prophylactic oophorectomy.  
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Abstract 

Confocal fluorescence microendoscopy provides high-resolution cellular-level imaging via a 

minimally invasive procedure, but requires fast scanning to achieve real-time imaging in vivo. 

Ideal confocal imaging performance is obtained with a point scanning system, but the scan rates 

required for in vivo biomedical imaging can be difficult to achieve. By scanning a line of 

illumination in one direction in conjunction with a stationary confocal slit aperture, very high 

image acquisition speeds can be achieved, but at the cost of a reduction in image quality. Here, 

the design, implementation, and experimental verification of a custom multi-point aperture 

modification to a line-scanning multi-spectral confocal microendoscope is presented. This new 

design improves the axial resolution of a line-scan system while maintaining high imaging rates. 

In addition, compared to the line-scanning configuration, previously reported simulations 

predicted that the multi-point aperture geometry greatly reduces the effects of tissue scatter on 

image quality. Experimental results confirming this prediction are presented. 

1. Introduction 

Confocal microscopy is an established technique for imaging thick biological specimens. 

Confocal microscopes operate by scanning an illumination pattern across an object. The return 

signal is de-scanned and imaged to a conjugate plane that contains an aperture corresponding to 
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the scanned illumination pattern. The aperture reduces the light throughput from out of focus 

planes in the sample, which is the basis for the optical sectioning property of confocal imaging 

systems. Confocal microscopes have been adapted for in vivo use by integrating them into 

portable instruments called confocal microendoscopes (or confocal endomicroscopes).  Such 

systems are one of a class of techniques described as “optical biopsy” (1-7) that enable non-

destructive in situ evaluation of tissue for real-time disease diagnosis.  

Confocal microendoscopes typically use either a single mode fiber or an imaging fiber bundle to 

relay the illumination and fluorescence, or backscattered light, to and from the endoscope tip. In 

single fiber systems, the field-of-view is covered by either physically scanning the fiber (8) or by 

a miniaturized optomechanical scanner at the distal end of the probe (9-12). When fiber bundles 

are used, scanning can be done at the proximal end of the fiber without the need for a 

miniaturized scanning mechanism.  

In traditional confocal imaging systems, the illumination is a point, the confocal aperture is a 

pinhole, and the image is built up by raster scanning the illumination point across the sample in 

two dimensions. While this configuration can approach ideal imaging performance (13), it has 

until relatively recently been impractical for real-time in vivo biomedical imaging, which 

requires high frame rates to avoid image degradation due to object motion. Advances in resonant 

galvanometer technology have made point-scanning systems faster, but these scanners add 

complexity and cost to the system, and still remain the limiting factor for the maximum imaging 

frame-rate achievable. Because of the short per pixel dwell times of these high frame-rate 

systems, sensitive photomultiplier tubes (e.g. gallium arsenide phosphide PMTs) with high 

quantum efficiency are employed. Additionally, the non-linear velocity of sinusoidally-driven 

resonant galvanometers means that non-uniform temporal sampling is required to achieve 
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uniform spatial sampling.  This can be accomplished with additional hardware that measures the 

actual scan position and provides appropriately timed trigger signals to the digital sampling 

circuitry. The changing direction of the scan from line to line also requires specialized read/write 

buffers, or software compensation. 

While resonant galvanometers, which must operate at a fixed resonance frequency, enable the 

realization of fast point-scan confocal systems, they are not suitable for multispectral imaging, 

where scan rates must be slowed down to allow recording and readout of dispersed light across 

an array detector. Another non-resonant scanning mechanism can be included for this purpose, 

but this adds additional components, complexity, and cost to the instrument.  

Rather than increasing the speed of a point-scanning mechanism, it is possible to achieve real-

time or faster frame rates in a confocal scanning system by parallelizing the illumination and 

detection paths. One straightforward method to accomplish this is a line-scanning system (14, 

15). This approach uses a line of illumination, a confocal slit aperture, and builds up an image by 

scanning the illumination across the sample in one dimension. Line-scan systems are capable of 

imaging at very high frame rates. However, their inherent axial resolution (optical sectioning 

performance) is inferior than that of point-scan systems (13). In addition, Monte Carlo 

simulations have shown that the imaging performance of line-scan systems is strongly dependent 

on the light scattering properties of the sample (16). As a result, line-scan imaging performance 

in turbid media, such as biological tissue, is significantly reduced compared to point-scan 

systems.  

Multi-point imaging is an approach designed to overcome the inherent performance limitations 

of line illumination imaging while still enabling high frame rates. One well known form of multi-
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point imaging is a Nipkow disc, which rapidly samples the full field of view with a series of 

point apertures arranged in a spiral pattern on a two-dimensional disk. However, Nipkow disc 

systems require switchable emission filters or multiple detection paths to accomplish multi-

spectral imaging (17) and can only do so with relatively poor spectral resolution. To perform 

multi-point imaging and maintain a geometry compatible with multi-spectral imaging, we 

developed a novel approach to multi-point scanning confocal microscopy that functions as a 

simple modification to a slit-scanning system.  

This paper describes the basic multi-point concept and its realization in a fiber bundle based 

confocal microendoscopic system. Imaging results comparing the multi-point and line-scan 

methods are shown along with measurements validating the improved performance of the multi-

point approach for imaging in scattering media. 

2. Multi-point Imaging 

A way to implement multi-point imaging is to rapidly move a linearly spaced array of 

illumination points along a line. This acts as the fast scan axis and creates an effective line of 

illumination, which is simultaneously, but more slowly, swept in the perpendicular direction, as 

is done in a line-scan system.  A matching multi-point aperture is required for confocal imaging. 

We have implemented this approach using a spinning disk that consists of array of slit apertures.  

The slits in the disk are oriented along the radial direction, and exist over a finite radial range 

(from Rmin to Rmax). They have a fixed width, and are separated by a fixed angle, Δϕ. The width 

of the slits w, their angular separation Δϕ, and their average radius, Rave=(Rmax - Rmin)/2, define 

the duty cycle of open to opaque regions as one moves azimuthally around the disk (duty cycle ≅ 

w/(Rave Δϕ). To create a linear array of illumination points, a line of illumination is imaged onto 
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the disk to intersect with the slit apertures as shown in Fig. B1. The array of illumination points 

created is then imaged to the object. As the disk spins, the intersection points move along the line 

of illumination, creating the moving multi-point illumination pattern which serves as the fast-

scan axis of the system. In detection, the combination of the rotating multi-point mask with a 

confocal slit aperture creates an effective multi-point confocal aperture that matches the 

illumination pattern. 

 The full system field of view is covered using a single galvanometer mirror to scan the effective 

line illumination in the direction perpendicular to the motion of the points. A two-dimensional 

image can be obtained using either a linear detector array, which reads out lines of image data as 

the galvanometer mirror scans across the object field, or by using a second synchronized 

galvanometer mirror that re-scans the light transmitted through the confocal aperture onto the 

image plane of a two-dimensional detector. By simply removing the rotating disk from the light 

path, the system reverts to conventional line-scan confocal instrument. This multi-point approach 

with the synchronized scan mirrors and two-dimensional detector is also compatible with 

implementation of multi-spectral imaging. 
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Figure B1: Left, a diagram of the custom rotating aperture showing the intersection of the radial 
slit array with line of illumination. The intersection of the line illumination profile with the 
transmission of the multi-point aperture creates a series of illumination points which move in the 
fast scan direction as the aperture is rotated. This creates an effective line of illumination, which 
is swept across the object in the slow scan direction using a single axis galvanometer mirror. 

 

To demonstrate this concept of multi-point scanning, we modified a previously reported line-

scan fluorescence confocal microendoscope with multi-spectral imaging capability (1-3, 16). 

Figure B2 shows a diagram of the line-scan system with the multi-point modification. In this 

system, anamorphic illumination optics convert a 488 nm collimated laser source into a line of 

excitation light at the proximal end of a 30,000 element imaging fiber bundle. This illumination 

line is scanned across the fiber via a single-axis galvanometer mirror (Scan Mirror 1). At the 

distal end of the imaging fiber bundle, the line illumination is imaged into the sample via a 

custom miniature objective lens (18). The return fluorescence light is de-scanned by the 

galvanometer mirror and imaged onto a confocal slit aperture. The light passing through the 

aperture is re-scanned by a second galvanometer mirror (Scan Mirror 2) and imaged onto a 2D 

CCD detector. Full field scanning occurs within the integration time of the CCD camera to create 

a 2D fluorescence confocal image. The imaging frame rate is determined by the camera, which is 

30 frames/second in the current confocal microendoscope system.  
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Figure B2: System diagram of the modified line-scan confocal microendoscopy system. 

 

For the multi-spectral mode of operation in this system, the second scan mirror is fixed to an off-

axis position that directs the light through a prism so that a single image contains spatial 

information along one dimension, and spectral information along the other dimension. A series 

of images is then captured as the first mirror is scanned while the second mirror remains 

stationary, generating a full 3D multi-spectral data cube that contains a fluorescence spectrum for 

each pixel across the 2D spatial image. 

This line-scanning confocal microendoscope was modified by adding a set of relay lenses to 

create an image plane conjugate to the slit aperture into which a custom rotating aperture is 

placed (shown in Fig. B2 as the multi-point modification). This custom multi-point aperture is a 

40 mm diameter, 0.1 mm thick, tungsten disk with 360 radial slits (23 μm wide x 1 mm long). 

The middle of the each slit is located at a radial distance of 17.5 mm from the disk center 
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yielding a 7.5% duty cycle (or 1:13.3 ratio) for open to closed apertures. The disk is mounted to 

an aluminum hub that is subsequently attached to a motor shaft. The laser cut custom aperture 

was manufactured by Lenox Laser (Glen Arm, MD).  A mounting structure for the motor and 

mask was designed in SolidWorks and fabricated in FullCure 720 material on an Objet Connex 

350 3D printer. The mount is such that the average radial distance of the slit apertures, Rave, is 

located on the optical axis and the disk axis of rotation is tilted 14° away from the optical axis. 

This tilt reduces the amount of reflected light that couples back into the system. The specific 

angle of 14° was calculated based on the numerical aperture of the line illumination beam to 

ensure that specular reflection from the surface of the disk falls outside the light collection angle 

in the detection path to the detector. 

The combination of the line illumination and multi-point apertures creates a series of 18 

illumination points in a line over the 0.72 mm diameter of the 30,000 element fiber bundle, 

spaced such that approximately every 13th fiber core is illuminated. This series of illumination 

points is rapidly scanned in one dimension by spinning the disk. The 2D field-of-view is covered 

by scanning this effective line of illumination (multiple moving points along the line) in the 

perpendicular direction using a conventional galvanometer mirror, which is the normal line-scan 

approach. By implementing the multi-point scanning in a way that does not fundamentally alter 

the original system layout, the multi-spectral imaging capabilities of the system are maintained. 

In order for the multi-point architecture to work, the rotating aperture must spin sufficiently fast 

with respect to the number of pixels in an image and the imaging frame rate of the system.  For 

example, our line scan confocal system, operating at 30 frames/second and having an effective 

resolution of 240 x 240 across the field of view of the camera, would require a slow axis sweep 

rate of 33ms/240 = 0.137 ms/line. The multi-point aperture must spin fast enough to cause each 
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radial slit to travel to the location of the next radial slit (1° of rotation) within this time. This 

corresponds to a rotation rate of 7.3 degrees/ms, or 1217 rpm, which is readily achievable with a 

simple motor. The maximum allowable rotation rate is determined by the requirement that a 

single radial slit must not move appreciably during the time it takes light to travel from the multi-

point aperture to the tissue and back. For a typical fiber bundle length of 5 meters, this roundtrip 

time is approximately 30 nanoseconds. During this short time, the 23 μm wide radial slit on the 

multi-point aperture maintain more than 97% overlap with the return light at a DC motor rotation 

speed of 10,000 rpm. Thus, the frame rate for this approach can be significantly increased and is 

limited primarily by the readout rate of the 2D camera rather than the speed of the scanning 

mechanism. 

3. Experimental Results 

Figure B3 shows images of lens paper soaked with a fluorescent dye, acridine orange (AO), 

taken with both the line-scan and multi-point systems. This was done for an object plane location 

at the surface of the paper as well as deeper within the 3D structure of fibers. The higher axial 

resolution of the multi-point system enables better optical sectioning, reducing the background 

fluorescence signal from nearby out-of-focus fibers. This effect can be seen more dramatically at 

the 40 μm image depth where fibers closer to the objective lens appear darker in the multi-point 

image than in the slit scan image.   
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Figure B3: Fluorescent fibers imaged in both the line-scan and multi-point configurations, for 
object planes at the surface and approximately 40 μm into the phantom.  

 

Figure B4 shows images of ex vivo human ovarian tissue stained by AO. Again, images were 

taken with both the line-scan (Fig. B4a) and multi-point (Fig. B4b) imaging systems. Though 

nominally only the epithelial cell layer is stained by the dye, tissue surface topology can cause 

fluorescent signal over a range of object depths. The multi-point image has better contrast and 

higher axial resolution than the line-scan image, allowing better visualization of the bright 

punctate nuclei. A small clump of cells on the left side of the image has a lower background 

signal level in the multi-point image than in the line-scan image. 
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Figure B4: Ex vivo ovarian tissue stained with acridine orange and imaged by the line-scan (a) 
and multi-point (b) systems. 

 

From Monte Carlo simulations, it is expected that multi-point imaging in scattering media (e.g. 

tissue) will significantly improve performance compared to the line-scan technique (16). To 

determine the axial resolution and performance of the multi-point configuration in a scattering 

medium, a thin fluorescent planar target was created and used to measure the axial point 

response of the system. The target was made by spin coating a 25 mm diameter round #1 

thickness coverslip with a solution of 3 weight-% Pyrromethene 546 (Exciton, Inc.) in an equal 

mixture of chloroform and toluene at 1500 rpm for 15 seconds. The thickness of the resulting 

fluorescent coating was approximately 300 nm (measured using a Dektak 150 surface 

profilometer), which is sufficiently thin to act as an axial planar source for testing axial 

resolution performance of a fluorescence confocal microscope. 

To measure the axial response of the confocal microendoscope, the imaging depth was fixed at 

100 μm past the end of the miniature objective lens, and the fluorescent target was submersed in 

mixtures of distilled water and 20% intralipid. The concentration of intralipid in each mixture 

was selected such that the product of the reduced scattering coefficient, , and the imaging '
sµ
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depth of the system, , would range from 0.1 to 2.0 (0.1 to 2.0 reduced mean free paths). The 

fluorescent target was then translated through focus in both line-scan and multi-point imaging 

modes. Multiple images were captured for each axial translation, combined, and spatially 

averaged over a region of interest. These data were used to determine the axial response as a 

function of reduced scattering coefficient.  

Figure B5 shows the normalized system axial response behavior for both the line-scan and multi-

point systems for three solutions with different amounts of scattering. In pure water (no 

scattering), the slit and multi-point systems perform as expected, with measured axial intensity 

full-width-half-max (FWHM) of approximately 27 μm and 13.5 μm, respectively. When 

scattering is increased such that ' 0.25s dµ ⋅ = , the line-scan system performance is reduced to the 

point where it is difficult to quantify a FWHM due to the increased detection of light scattered 

from the media at depths between the end of the probe and the focal plane. This asymmetric 

response in depth is predicted in Monte Carlo simulations (16). If the deeper half of the line-scan 

distribution for the ' 0.25s dµ ⋅ =  case is measured as the HWHM, the FWHM is ≈ 33 μm. If the 

FWHM is instead considered for both sides of the measured data as the sample is translated 

through focus, the FWHM ≈ 49.5 μm.  By contrast, the multi-point configuration maintains the 

same 13.5 μm axial resolution that was calculated for the non-scattering case. When scattering is 

increased such that ' 0.75s dµ ⋅ = , the line-scan signal is almost totally lost while the multi-point 

depth response has only broadened slightly to a FWHM ≈ 16 μm. 

d
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Figure B5: Axial response plots generated from data acquired with a thin fluorescent target for 
both the line-scan (top) and multi-point scan (bottom) configurations. Scattering is increased in 
moving from left to right. A product of ' 1s dµ ⋅ = would indicate imaging at a depth of one 
reduced mean free path. 

 

4. Discussion 

The experimental results in Figs. B3 through B5 demonstrate the improved performance of the 

multi-point scan approach compared to the line-scan approach. The multi-point approach 

achieves improved axial resolution, which leads to better image contrast and an improved optical 

sectioning performance. As predicted by Monte Carlo simulations, the multi-point approach 

significantly out-performs the line-scan approach in scattering media.  

Despite the performance improvements of multi-point scanning, the current implementation does 

have some issues. First, it was difficult to manufacture the multi-point aperture. Most laser 

cutting systems are programmed with a Cartesian coordinate system, which makes it difficult to 

accurately manufacture radial patterns. Additionally, material tends to melt and fuse to the disk 
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during the cutting process, which leads to a non-uniform slit profile, and surface features that 

reflect light back into the detection path. Although this back-reflected light is filtered out by a 

band-reject filter at the laser wavelength, the filter is not perfect and some measurable 

background from the primary illumination beam does pass through the system and degrade the 

image quality. Future masks will require special effort in manufacturing to minimize these 

defects. 

Second, the implemented multi-point imaging system suffers from overall poor light-throughput 

efficiency. Though there is no significant loss in the detected fluorescence signal for the multi-

point system in comparison to the line-scan system, the duty cycle of the multi-point aperture 

discards 92.5% of the excitation light compared to the line-scan system. Low light levels can be 

overcome by increasing the laser power, but this would require better excitation light filtering in 

the detection path, possibly higher power laser sources with better high-power fiber couplers, 

and perhaps specialized lens coatings to reduce Fresnel reflections.  

5. Conclusions 

We have demonstrated a novel multi-point scanning approach to confocal microendoscopy that 

retains the high frame rates and multi-spectral imaging capabilities of a line-scan system while 

improving axial resolution and image contrast. Additionally, we demonstrate that in scattering 

media, the multi-point imaging system performs better by rejecting more of the scattered light 

component, which is consistent with predictions made using Monte Carlo simulations. If 

manufacturing issues are addressed and a higher power source is used, future multi-point 

imaging systems will be capable of maintaining high imaging rates with significantly improved 

performance in comparison to line-scanning systems. 
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Abstract 

A theoretical analysis of the use of a fiber-bundle in spectral-domain optical coherence 

tomography systems is presented. The fiber-bundle enables a flexible endoscopic design and 

provides fast, parallelized acquisition of the optical coherence tomography data. However, the 

multi-mode characteristic of the fibers in the fiber-bundle affects the depth sensitivity of the 

imaging system. A description of light interference in a multi-mode fiber is presented along with 

numerical simulations and experimental studies to illustrate the theoretical analysis.  

1. Introduction 

Several types of optical biopsy imaging systems have been developed to assist clinicians in the 

diagnosis of disease. In general, these systems provide high-resolution in vivo imaging with the 

potential for real-time diagnosis. Ideally, they are safe and minimally invasive. One such 

imaging technique is optical coherence tomography (OCT), which has been adapted to 

endoscopic designs that are able to image internal organs (1). The introduction of Fourier-

domain OCT, including swept-source OCT (SS-OCT) and spectral-domain OCT (SD-OCT), has 

been an important step towards achieving clinically practical in vivo OCT imaging systems by 

increasing the acquisition speed and signal sensitivity compared to time-domain OCT systems 

(2, 3). Fiber-based SD-OCT systems typically employ a broad-band source, a point-scanning 
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geometry with a single optical fiber, a dispersing element, and a linear detector array (4-7). 

Alternatively, a swept-source approach can be employed by combining a point detector with a 

source whose wavelength is scanned in time over a given spectral bandwidth (8, 9). In either 

case, the spectral dimension encodes the depth information while lateral scanning of the point-

illumination across the sample allows the reconstruction of a 2D cross-section (B-scan) of the 

tissue. 

Implementing OCT with a fiber-bundle probe is a conceptually attractive approach for 

endoscopic imaging. Using a fiber bundle allows the lateral scanning mechanism to be located in 

the proximal optical assembly, which enables the distal end of the catheter to remain stationary 

on the sample (10-16). In addition, faster image acquisition can be achieved via a parallelized 

acquisition through the use of line and full field illumination geometries (11, 12, 17). Lastly, 

fiber-bundle based OCT systems are compatible with fiber-bundle based confocal 

microendoscopes, which simplifies the implementation of multi-modality instruments. In a 

previous publication, we reported on a system that used a line illumination profile, a fiber-

bundle, and a 2D detector to achieve a multi-modality imaging instrument capable of switching 

between fluorescence confocal microendoscopy and parallelized SD-OCT (18). The motivation 

for the development of this system was to improve disease diagnosis by combining the 

complementary information provided by confocal and OCT based imaging systems. 

A number of fiber-bundle based OCT systems have been investigated (8, 11, 13-16, 19-22). It is 

generally agreed that aspects of the fiber bundle, such as core-to-core and modal crosstalk (20, 

21, 23, 24), as well as alignment-sensitive modal power distributions (25), have an impact on 

image quality. Other reports have described or modeled the sensitivity fall-off in SD-OCT (26, 

27) and the interaction between modes in an imaging fiber bundle (20, 22). While it is generally 
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accepted and stated that multi-mode imaging fiber bundles have negative effects on SD-OCT 

system performance, a detailed mathematical description and explanation of the behavior of a 

multi-mode fiber and the subsequent consequences on its use in a common-path, SD-OCT 

imaging system has not been presented. This paper seeks to provide a clear explanation for why 

use of multi-mode fiber bundles in OCT systems degrades image quality and results in 

significantly reduced depth sensitivity. To accomplish this, a detailed mathematical description 

of SD-OCT illumination and detection fields in a multi-mode fiber bundle and subsequent 

imaging by an SD-OCT spectrometer is presented. The performance degradation described by 

the mathematical system description is observed and verified by comparing a simulated ideal 

SD-OCT imaging system with experimental results from a fiber-based system.  

2. Light propagation in a multi-mode fiber 

This section presents a mathematical description of the effects of employing a step-index multi-mode 

fiber in an SD-OCT imaging system.  

 

Guided modes in an optical fiber 

The general form of a guided mode field in a step-index cylindrically symmetric fiber is 

 ( ) ( ) ( )( )exp ,, , , , nn n i t lr l t Q r ω βφ φ − −Ψ =   (1) 

where n is the mode index, r is the radial coordinate,φ is the polar coordinate, l is distance along 

the length of the fiber, t is time,ω is the angular frequency of the light, nβ is the propagation 

constant, and nQ is the transverse profile of mode n. In the weakly guided approximation (valid 

when a small core/cladding index mismatch exists), which is the case for most practical fibers, 
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the functional form of the mode profile, nQ , are found to be the orthonormal linear-polarization 

(LP) mode solutions of the scalar wave equation (28). The propagation constant, nβ , is 

determined by solving the transcendental dispersion equation that results from boundary 

conditions on the electro-magnetic field in the fiber. The number of modes that are supported 

without significant loss in the fiber are determined by the fiber characteristics (indices of 

refraction and core size) and the wavenumber of light. We begin by considering a single multi-

mode core, and expand to the case of the imaging fiber bundle in Section 3.3. 

 

Monochromatic illumination field at output of a multi-mode fiber 

Consider a monochromatic illumination field, IU , of wavenumber,σ , at the input face of the 

fiber. The coupling of this illumination field into mode n of a multi-mode fiber is given by the 

overlap integral between the transverse profile of the illumination field and the complex 

conjugate of the transverse profile of mode n: 

 ( ) ( )
2 *

, 0 0
, ; , .I n n IA d rdrQ r U r

π
φ φ σ φ

∞
= ∫ ∫   (2) 

The constant ,I nA describes the complex amplitude of the field that is guided in mode n; the 

square modulus,
2

,I nA , is proportional to the optical power of the illumination in mode n. The 

total illumination field, ,F IU , propagated to the distal end of the fiber is a weighted linear 

combination of the guided modes, 

 ( ), ,( , , ; ) ( , ; ) exp .F I I n n n
n

U r l A Q r i lφ σ φ σ β=∑   (3) 
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Although both the amplitude and propagation constants also depend on wavenumber, for 

notational simplification the explicit dependence is not included; however this dependence will 

be considered when describing the result of using a broad-band SD-OCT light source later in the 

paper. 

It is useful to point out here that while the orthonormal fiber modes, nQ , propagate independently 

along the length of a perfect fiber, core imperfections result in coupling between modes within a 

single core and between cores when fiber bundles are employed. The mathematics of coupled-

mode theory (CMT) can be used to describe such effects, but only have closed form solutions for 

waveguides with constant or periodic perturbations. Real fiber geometries are significantly more 

complex than this, and as a result, accurately modeling mode- and core-to-core coupling is 

impractical, though some success has been found in simulating these interactions for leeched 

fiber bundles with short interaction lengths (~1 cm) (20).  

 

 

Figure C1: Simplified diagram of a common-path SD-OCT interferometer. 
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An SD-OCT common path interferometer geometry is now considered and shown schematically 

in Fig. C1. The field described by Eqn. (3) exits the fiber and propagates through a lens to the 

reference and sample planes. The reflected fields are imaged back to the distal end of the fiberi. 

The reflected fields from the reference and sample planes, respectively, can be written as 

 
( ) ( )

( ) ( )

,n , ,

S,n , ,

( , , ; ) exp ( ) ( , ; ) exp

( , , ; ) exp ( ) ( , ; ) exp ,

R R R I n R n n
n

S S I n S n n
n

U r l R i t A Q r i l

U r l R i t A Q r i l

φ σ ω θ φ σ β

φ σ ω θ φ σ β

= − −

= − −

∑

∑
  (4) 

where RR and SR represent the reflection coefficients from the reference and sample planes, and Rθ

and Sθ represent the accumulated phase of the reference and sample waves as they propagate to 

the locations of the reference and sample planes. ,R nQ and ,S nQ represent the fiber mode 

distributions after propagation to the reference and sample planes. The reflected fields propagate 

back and are coupled into the fiber. These two fields are coupled into the fiber modes, indexed 

by n’ for detection, with coefficients 

 

2
* †

, , ' ' , ,
0 0

2
* †

S, , ' ' , ,
0 0

( , ; ) ( , ; )

( , ; ) ( , ; ),

R n n n R I n R n
n

n n n S I n S n
n

A d rdrQ r R A Q r

A d rdrQ r R A Q r

π

π

φ φ σ φ σ

φ φ σ φ σ

∞

∞

=

=

∑∫ ∫

∑∫ ∫
  (5) 

where †
,R nQ and †

,S nQ represent the reflected illumination mode profiles after return propagation to 

the fiber. The complete fields associated with the reference and sample surfaces at the distal end 

of the fiber are given by 

 
( ) ( ) ( )( ) ( )

( ) ( ) ( )( ) ( )

, , ' , , ' '
'

, , ' , , ' '
'

, , ; , ; exp exp

, , ; , ; exp exp .

R n n R n n n R n
n n

S n n S n n n S n
n n

U r l A Q r i t i l

U r l A Q r i t i l

φ σ φ σ ω θ β

φ σ φ σ ω θ β

= − −

= − −

∑∑

∑∑
  (6) 
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The reference and sample fields combine linearly in the fiber and propagate to the proximal end, 

where the total field, , , 'F n nU , is expressed as 

( ) ( ) ( ) ( ) ( )( ), , ' , , ' , , ' ' '
'

, , ; exp 2 exp 2 , ; exp .F n n R n n R S n n S n n n
n n

U r l A i A i Q r i lφ σ θ θ φ σ β β = + + ∑∑   (7) 

While the guided modes of a fiber are conveniently described in a polar coordinate system, we 

convert to a Cartesian system from this point forward and drop the time dependence. This will 

allow for simpler mathematical forms when the dispersing element in the SD-OCT system is 

introduced and irradiance distributions are calculated. Note that the Cartesian versions of , , 'F n nU

and 'nQ do not have the same functional form as their polar counterparts; however, the notation is 

maintained for simplicity. 

3. Mathematical description of the SD-OCT signal  

3.1 Monochromatic imaging from a single multi-mode fiber 

A mathematical expression for the signal measured by a conventional SD-OCT system with a 

single multi-mode fiber is now derived. The geometry considered and variables used are shown 

in Fig. C2. Note that in OCT systems employing a single optical fiber, the fiber itself acts as a 

confocal aperture. When using a fiber bundle, a separate confocal aperture is required, and is 

therefore included in the configuration shown in Fig. C2. For simplicity, the grating is shown 

with an unfolded optical path, though a reflective blazed grating is typically used in SD-OCT 

systems. 
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Figure C2: Simplified system diagram of an SD-OCT imaging path from the proximal end of 
the fiber to the detector plane. 

 

The object field distribution at the proximal end of the fiber bundle, , , 'F n nU , is coherently imaged 

through the system to the confocal aperture, and subsequently to the detector plane. There, the 

detectable irradiance is equal to the square-magnitude of the imaged object field distribution. We 

assume that the PSF of the lens system that images the proximal face of the fiber to this confocal 

aperture is small relative to the fiber core and the confocal aperture. It is therefore appropriate to 

model this lens system as an exact mapping, with magnification fam  . For a single fiber SD-OCT 

system, the field located after the aperture plane is given by 

( ) ( )

( ) ( ) ( )( ) ( )

2

, , ' , , ' ' ' 2
'

1, , ; , , ; ,

1exp 2 exp 2 , ; exp , ,

ap ap
ap ap ap F ap ap ap

fa fa fa

ap ap
R n n R S n n S n n n ap ap ap

n n fa fa fa

x y
U x y l U l t x y

m m m

x y
A i A i Q i l t x y

m m m

σ σ

θ θ σ β β

 
=   

 
 

 = + +    
 

∑∑
  (8) 
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where apt describes the transmission of the confocal aperture. If it is necessary to consider the 

effect of diffraction in imaging from fiber to aperture, the field apU  is described as a linear 

superposition of diffraction-modified mode distributions 'nQ , and the following analysis remains 

valid.  

Mapping of the spectral distribution to position in the detector plane 

A second imaging system maps the light in the confocal aperture to the detector plane through a 

dispersive grating. The spectral dispersion of the grating introduces a wavenumber-dependent 

shift in the detector plane. If the diffraction grating is oriented such that the central emission 

wavenumber of the source is mapped to the center of the detector, the relationship between 

detector position, y , and wavenumber,σ , is given by 

 1 1tan arcsin sin arcsin sin ,gd i iy f
p pσ θ θ
σ σ

    
= − − −    

    
  (9) 

where gdf is the focal length of the lens between the grating and detector plane, p is the pitch of 

the grating, iθ is the incident angle of the light with respect to the grating normal, andσ is the 

central emission wavenumber of the source, such that ( ) 0.yσ σ =   

Anamorphic effects of diffraction gratings 

A grating diffracts light at an angle with respect to the incident beam, which results in an 

anamorphic effect. If a square grating is the restricting aperture of the system, then it will instead 

act as a rectangular pupil. If a circular beam under-fills the grating, the anamorphic 

magnification causes the circular pupil to become elliptical. In either case, the grating produces a 

unique change of lateral magnification in the dispersion direction (30), which yields a coherent 
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point spread function (proportional to the Fourier transform of the pupil function) that is scaled 

differently in the dispersion direction. The inverse of this anamorphic scale factor is the grating 

angular magnification, and is given by 

 cos( ) ,
cos

i d

d i

dm
dα

θσ
θ

= =   (10) 

where d is the beam diameter, θ  is the beam angle, and the subscripts i and d and refer to the 

incident and diffracted beams, respectively. The wavenumber dependence on the angular 

magnification arises because the diffraction angle depends on wavenumber. Because the focal 

length of the lens imaging the confocal aperture is long compared to the size of the aperture, the 

small change in incident angle at the grating as a function of position within the confocal 

aperture is ignored in the following analysis.  

Imaging to the detector plane 

The field distribution in the detector plane is calculated by convolving the field at the aperture 

plane with the coherent point spread function of the imaging system, while taking into account 

the position shift caused by the presence of the diffraction grating. The resulting field on the 

detector is 

 ( )( ) ( )( )( )det 2

1 ' ', , ; ' ' , , ; ', ';ap coh
ad ad ad

x yU x y y l dx dy U l p x x y y y
m m m m mα α

σ σ
 

− σ = σ − − − σ 
 

∫∫   (11) 

where adm is the magnification of the imaging system that maps the confocal aperture to the 

detector plane, and cohp is the coherent point spread function, which is given by 
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 ( ) ( ){ }2 " , "
", ", , .

gd gd

x yx y
f

o
f

c h P x m yp x y σ σασ
→ →

=    (12) 

Here, 2 denotes the two-dimensional Fourier transform, with the symbol→ indicating the 

transformation from the function variable to the Fourier conjugate variable. The function

( )'', ''P x y is the pupil distribution in the system, which is assumed to be located at the grating 

and is properly scaled in the dispersion direction by the angular magnification. 

The relationship between the field distribution at the detector and the field out of the fiber is 

therefore given by 

 
( )( ) ( ) ( )( )

( )( ) ( )( )( )

det , , ' , , '2 2
'

' '

1, , ; ' ' exp 2 exp 2 ...

' ' ' ', ; exp , ', '; .

R n n R S n n S
n nad fa

n n n ap coh
fa ad fa ad ad ad

U x y y l dx dy A i A i
m m m

x y x yQ i l t p x x y y y
m m m m m m m m

α

α α

σ σ

β β

− = θ + θ

   
σ + − − σ − σ         

∑∑∫∫
 (13) 

We define a new function, det, 'nQ , that represents the wavenumber-dependent spatial profile of the 

signal in the detector plane for each propagating fiber mode, where 

 
( )( )

( )( )( )

det, ' '
' ' ' ', ; ' ' , ; ,

                                        ', '; .

n n ap
fa ad fa ad ad ad

coh

x y x yQ x y y dx dy Q t
m m m m m m m m

p x x y y y

α α

σ σ
   

− = σ       

− − σ − σ

∫∫
  (14) 

With this definition, it follows that 

 ( )( )
( ) ( )( )

( )( ) ( )( )
, , ' , , '

det 2 2
' det, ' '

exp 2 exp 2 ...1, , ; .
, ; exp

R n n R S n n S

n nad fa n n n

A i A i
U x y y l

m m m Q x y y i lα

σ
σ σ β β

 θ + θ
 − σ =
 − + 

∑∑   (15) 
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Irradiance at the detector plane 

The irradiance is proportional to the square-modulus of the field at the detector plane. Apart from 

the constant of proportionality, the irradiance is given by 

 
( )( ) ( )( )

( ) ( )( ) ( ) ( )( )

( )( ) ( )( ) ( )( )

2

det det

*
, , ' , , ' , , ' , , '4 2 4

' 1 1 ' 1 1

*
det, ' det, ' ' m'

, ; ,

1 exp 2 exp 2 exp 2 exp 2 ...

, ; , ; exp

M M M M

R n n R S n n S R m m R S m m S
n n m mad fa

n m n n m

I x y y U x y y

A i A i A i A i
m m m

Q x y y Q x y y i l
α

σ σ σ

σ σ σ σ β β β β

= = = =

− = − =

θ + θ θ + θ

− − − + −

∑∑∑∑   (16) 

It can be shown that Eqn. (16) (with dependencies dropped for simplicity) reduces to the 

following form 

 

( )( )

( )

det
1

1

cos 2

,

J

j j R S j j
j

J

j j
j

I c a Q

V Q

ϕ

σ

=

=

 = + θ −θ + 

=

∑

∑
  (17) 

where j now indexes over all possible combinations of the previous mode indices n, n’, m, and 

m’. For the case of a single multi-mode fiber, 4 ,J M= where M is the number of supported 

modes. The variables jc , ja , and jϕ represent an intensity offset, an amplitude of a cosine, and a 

phase offset of a cosine, respectively. jQ  is a spatial distribution that results from the product of 

the mode distributions *
det, det, 'n mQ Q . The phase jϕ has several contributions, which include: 1) the 

phase of amplitude products *
, , ' , , 'R n n S m mA A , 2) the phase of the propagation terms 

( )( )' m'exp n n mi lβ β β β− + − , and 3) the phase of *
det, det, 'n mQ Q , which is spatially dependent. All of 

the quantities jc , ja , jϕ , and jQ depend on wavenumber .σ  The fundamental dependence for SD-
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OCT is in the phase difference 2( )R Sθ θ− , which is proportional to the optical path difference 

(OPD) between the reference and sample waves and is a linear function of wavenumber given by 

 ( )2 2 ,R Sθ θ πσ− = ∆   (18) 

where ∆  is the round-trip OPD between the sample and reference fields. The significance of the 

wavenumber dependence in the other quantities will be discussed at the end of section 3.2.  

The irradiance at the detector plane of the system sown in Fig. C2 is measured by an array of 

detector elements, indexed in the dispersion direction by k, with individual detector profiles 

 ( ), , , ( )rect , ,k
det k a

y yxh x y
a

σ η σ − =  
 

  (19) 

where a  is the size of the detector pixel elements, and ( )η σ  is the spectral quantum efficiency of the 

detector. For a monochromatic input, the signal out of a detector pixel k, integrated over the exposure 

time, is proportional to: 

 ( )( ), det ( ) .r; ect, ,o
k

ut kS dt dxdyI x y yy
a

y x
a

η σσ σ − 



− 


= ∫ ∫∫   (20) 

3.2 Polychromatic imaging considerations 

When the illumination is polychromatic the analysis above still holds, with some modifications. 

Both the energy distribution within the aperture and the imaging system point response function 

generate a spatial spread (blurring) at the detector plane (Eqn.(16)) that varies with wavenumber. 

Because of this spatial blurring, each point in the detector plane receives energy over a range of 

wavenumbers. Although the bandwidth of this spreading is small, it affects the signal analysis. 
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The measured signal out of the detector in the polychromatic case is determined by integrating 

the previous result in Eqn. (20) over wavenumber,  

 ( )( ), det , ( )rec; t , .out k
kyS d dt dxdyI x y y

a
yx

a
η σσ σ σ − 

= − 
 ∫ ∫ ∫∫   (21) 

This expression now contains both the wavenumber-dependence of the blurring factors contained 

within and the non-linear relationship between wavenumber and position on the detector (9) 

caused by the grating. The non-linearity between detector location, ky , and wavenumber is 

typically corrected by interpolation and resampling of the data. This action can be described by 

an operator  , the discrete inverse of Eqn. (9), which maps detector position ky to uniformly 

spaced wavenumbers kσ . A discrete Fourier transform of the resampled data yields the final 

output, ( )outR ∆ , which is the OCT A-scan response as a function of OPD, ∆ . A point object’s 

OPD is related to its depth, z, via the relationship 2nz∆ = , where n is the refractive index of the 

media, and the factor of 2 accounts for the round trip path of light in the SD-OCT interferometer. 

These operations can be written in a shorthand notation as: 

 ( ) [ ]( ){ }{ }1 det det ,
k k

k
out k y

R I h y
σ σ→ →∆

∆ = ∗    (22) 

where [ ]( )det det kI h y∗  represents the convolution of the two functions with output coordinate ky , 

and 1  represents the 1D Fourier transform.  

In SD-OCT, it is the modulation depth of the ( )cos 2π σ∆  term that leads to the OCT image 

strength at a specific OPD (depth). In a multi-mode fiber with M modes, Eqn. (17) indicates that 

there are J irradiance terms that have the same fundamental cosine modulation frequency, but 



114 
 

with varying amplitudes and phases. Because of the varying phases and amplitudes, the average 

net modulation signal is reduced (i.e. cosine modulation contrast is lost) from what would occur 

in a single mode fiber. In addition, since the amplitudes, ja , and phases, jϕ , vary with 

wavenumber, there is spreading of the axial point response following the Fourier transform 

operation, which leads to a reduction in axial resolution.   

3.3 Case of a fiber bundle 

When a fiber bundle, composed of many thousands of multi-mode fibers (or “cores”), is 

employed for OCT imaging, additional factors are introduced.  Depending on how the 

illumination profile aligns with the cores of the bundle, there is increased variation in the 

irradiance distribution at the detector plane that affects imaging performance.  

In a point-scanning fiber-bundle OCT system, the point illumination sometimes couples into a 

single fiber core, while at other times it couples into multiple cores with reduced efficiency. 

Furthermore, even if a single core is illuminated, there is core-to-core crosstalk that results in the 

propagation of energy through multiple cores. It has been shown that crosstalk is significantly 

suppressed by non-uniformities in the core size, shape, and core-to-core spacing (23, 24, 31) 

common to most imaging fiber bundles. Moreover, multi-mode fibers typically provide high 

mode confinement in their cores due to their relatively high V-number and NA (28). 

Experimental results have demonstrated that crosstalk is not a significant issue for endoscopic 

imaging using typical fiber bundles (24, 31). Nevertheless, core-to-core crosstalk can have an 

effect on performance in SD-OCT systems that utilize a fiber bundle (32). Due to illumination 

from multiple cores and core-to-core crosstalk, the number of modes contributing to the detected 

irradiance in Eqn. (17) increases ( 4J M> ). This leads to even greater reduction in modulation 
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contrast and reduced OCT system sensitivity. Furthermore, the spatial variation in both the fiber 

coupling efficiency and modulation cancellation also leads to lateral spatial intensity variation in 

the OCT imageii as the point illumination is scanned across the fiber face. 

In a parallel line-illumination system, a line simultaneously illuminates the fiber bundle across 

the full lateral extent of the image field and a slit serves as the confocal aperture. This 

configuration has even greater potential for multiple cores to contribute illumination to a given 

point in the object. As the illumination and return signal on the fiber bundle blur with depth, the 

situation of multiple core contribution is exacerbated. The more defocus there is, the more 

overlap there is in illumination from neighboring cores, leading to yet more terms, and more 

phase cancellation in the final modulation. While this effect is present in the point-illumination 

geometry, it is more significant when using a parallel line-illumination configuration. 

4. Inherent depth-dependent signal sensitivity in SD-OCT 

In all SD-OCT systems there is a depth dependent fall-off in sensitivity due to the blur of the 

irradiance distribution at the detector (3). The system sensitivity with depth is further reduced in 

a fiber bundle OCT system as a consequence of the multi-mode nature of individual fiber cores 

and the contributions of multiple illuminating cores. To determine the inherent depth-sensitivity 

fall-off, it is necessary to calculate the Fourier transform of the monochromatic mode 

distribution, detI , as defined by Eqn.(16), assuming a single mode fiber. The presence of optical 

aberrations in the system, and the quality of the spectral calibration, are assumed to be negligible 

effects in this analysis.  

To model the inherent depth-sensitivity fall-off, a monochromatic LP01 detection mode at the 

output of a single mode fiber is assumed to be imaged onto the aperture plane, multiplied by the 
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aperture function, and convolved with the imaging PSF to determine the detector irradiance. The 

resulting ( )( )det , ;I x y y σ σ− is then convolved with a rect function that describes the detector 

pixel geometry. The resulting detector signal, linear in ky , is converted to kσ  through a sinc 

function interpolation and non-linear resampling. The Fourier transform of the resulting 

distribution yields the depth sensitivity profile. The calculation of depth sensitivity is repeated 

for a variety of wavenumbers across the bandwidth of the source to assess the average depth 

sensitivity that is expected. 

A calculation of this inherent depth sensitivity was done for a previously reported SD-OCT 

imaging system (18), which is the same system used to generate and compare the experimental 

results shown in the next section. The fiber core diameter in this calculation is 2.5 µm, and the 

wavelength range of the source is from 803 nm to 878 nm. Figure C3(a) shows the inherent 

average depth sensitivity fall-off for a single fiber LP01 mode in perfect alignment with the 

confocal aperture. As a comparison the same calculation was done for the LP11 mode. The error 

bars indicate the standard deviation of the calculation across the varying wavenumber of the 

source. Figure C3(b) shows the depth sensitivity, averaged for 10 different relative shifts, when 

multiple cores in a fiber bundle are illuminated and fall inside the confocal aperture. Each core 

receives a fraction of the total energy proportional to the overlap between the core and the image 

of the line illumination at the fiber plane. The error bars again represent the standard deviation of 

the calculation across varying source wavenumber. The calculation shows that there is a loss of 

average sensitivity due to illumination/core misalignment when using a fiber bundle in an SD-

OCT system. 
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Figure C3: Inherent depth sensitivity fall-off with object depth for (a) two individual modes of a 
single core fiber in perfect alignment with the illumination and confocal aperture, and (b) 
average performance for a fiber bundle where illumination and aperture alignment can shift 
relative to the core positions. 

 

5. Experimental Results 

5.1 System Description 

A previously reported system (18) was used to illustrate and validate the concepts presented in 

this paper. The system is a parallelized, line-illumination, fiber-bundle based common-path SD-

OCT instrument. We modified the system to use a super luminescent diode (SLD) with a central 

emission wavelength of 841 nm and a FWHM of 46.9 nm (InPhenix IPSDD0808-3113). A 

spectral bandwidth of 75 nm was dispersed across the 512 pixels of the 2D CCD camera, which 

corresponds approximately to the full width at 15% of the SLD’s maximum power. The 

theoretical axial resolution of the system is 6.7 µm in air (4.8 µm in tissue) and the theoretical 

maximum unaliased imaging depth is 1.2 mm in air (850 µm in tissue). A 25 µm wide slit was 

used as the aperture. A spectral calibration procedure (33), was used to obtain OCT data samples 

on a uniformly spaced grid with respect to wavenumber. Using the SD-OCT system described 
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here, data are acquired, processed, and displayed at 10 frames/s. For point illumination 

experiments, the cylindrical lens that forms the illumination line was removed.  

 To demonstrate the concept of interference transfer through a fiber bundle, two thick 

glass plates were placed in near contact at the focal plane of the objective (in object space). The 

plate nearest to the objective was kept fixed. Reflection off the far surface of the first glass plate 

served as the reference field; the reflection off the near surface of the second glass plate acted as 

the sample field. Data were collected with and without a fiber bundle in place. Figure C4 shows 

a comparison of the raw and processed depth image results. Self-interference in the back-thinned 

CCD silicon substrate leads to low-frequency spatial noise in the raw data (not noticeable in the 

highly cropped raw data images shown in Fig. C4(a,b)) that manifests itself as a noise signal at 

shallow depths in the image domain. This signal is more apparent in the fiber bundle image 

because of the image enhancement necessary to see the lower strength signal from the planar 

reflector. In addition, there is structured background noise associated with use of a fiber bundle. 

 

Figure C4: Raw data (top row) and processed depth images (bottom row) for a planar reflector 
in a free space SD-OCT system (left column) and a fiber bundle SD-OCT system (right column). 
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The modulation contrast observed in the fiber-based interferogram (Fig. C4(b) is clearly less than 

that without the fiber bundle in place (Fig. C4(a)). It can also be seen that there is significantly 

increased lateral variation in the signal intensity with a fiber bundle in place. This is a result of 

the variable alignment between both the line illumination and the fiber cores, as well as between 

the confocal slit aperture and the fiber cores. The effect can be exacerbated by core-to-core 

crosstalk. While performance is visibly reduced when using a multi-mode fiber bundle, this 

experiment demonstrates that the fiber bundle maintains the basic phase relationship between 

two interfering waves and transfers the interference of light created by the common path 

interferometer.  

5.2 Comparison to an ideal SD-OCT interferometer 

By comparing the measured irradiance received from the reference and sample surfaces 

independently it is possible to determine the expected maximum fringe visibility (contrast), 

which is given by ( ) ( )2 2
max 2 R S R SV A A A A= + , where 2

RA and 2
SA are the reference and 

sample irradiances, respectively. The value 2
RA is measured by removing the sample surface 

from object space and subtracting the background signal. The value 2
SA is determined by 

subtracting 2
RA and the background signal from the total spatially averaged irradiance when the 

sample surface is re-inserted. 

Figure C5 shows the loss of fringe visibility as a function of depth for the line- and point-

illumination systems. The reduction in maxV  is due to decreasing signal amplitude with depth that 

occurs as a result of beam defocus and from rejection of out of focus light by the confocal 

aperture. The product of the depth sensitivity from the ideal system performance (Fig. C3) and 
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the measured maximum fringe visibility (Fig. C5) represents what would be the best case depth 

sensitivity performance for the SD-OCT line-and point-illumination systems used in these 

experiments. 

 

 

Figure C5: The maximum fringe visibility as function of depth for the cases of line illumination 
(left) and point illumination (right). 

 

5.3 Measurement of depth sensitivity 

Depth sensitivity measurements were taken for both point and line illumination configurations. 

Two glass microscope slides were used to create the reference and sample surfaces of the 

interferometer, with the reference surface placed before the focus of the illuminating beam by 

approximately 25 μm. This was done in an attempt to balance defocusing and power between the 

reference and sample surfaces. OCT data associated with a single back-reflecting surface were 

recorded as a function of depth by translating the sample surface. The signal intensity in the 

resulting OCT image was averaged over a finite lateral range and the Fourier transform was 

taken. The ratios between the contained energies in the resulting signal for each depth location 
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and the corresponding DC signal (an equivalent measurement to fringe visibility) were recorded 

to generate a plot of the signal sensitivity as a function of imaging depth.  

Figure C6 shows the experimental results (measured data points) and the expected depth 

sensitivity for the LP01 (solid line) and LP11 (dashed line) modes. As described in section 5.2, the 

expected depth sensitivity is the product of the simulated theoretical average depth sensitivity 

profile due to blurring at the detector (Fig. C3a) and the experimentally measured maximum 

fringe visibility (Fig. C5).  

 

 

Figure C6: Measured and calculated depth sensitivity curves for (a) line and (b) point 
illumination configurations. 

 

For both the line and point illumination profiles, the measured performance with a fiber bundle is 

significantly degraded from the expected best-case situation. As described in the mathematical 

development above, for a bundle of multi-mode fibers the final detected irradiance (Eqn. (17)) 

contains a sum of cosinusoidal modulation terms formed by the interference of reference and 

sample beam combinations of all the illumination and detection modes from multiple cores.  The 
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varying amplitudes and phases of the cosinusoidal terms leads to modulation cancelation and 

reduced OCT signal sensitivity. Figure C6 shows that the system sensitivity is reduced to about 

40% at zero OPD and falls off rapidly with increasing depth. 

The sensitivity at zero OPD is reduced as a consequence of the multi-mode nature of the fiber 

bundle used. For the case of two supported fiber modes in a single core, a total of sixteen 

individual irradiance terms with varying intensities and phases are imaged to the detector plane 

(Eqn. (17)). To simulate the performance that would be achievable in this situation, the average 

modulation depth between sixteen phasors was calculated with uniformly distributed random 

phases and random intensities (cascaded appropriately, such that the total illumination irradiance 

is split between illumination modes and each illumination split again into detection modes). The 

resulting cosine modulation was found to be roughly 40% of the maximum possible modulation, 

which is consistent with the measured data shown in Fig. C6 for both point and line 

illuminations. 

As the object plane is defocused, the illumination spot size increases and a given sample point 

will receive light from an increasing number of adjacent fiber cores. This exacerbates the 

modulation contrast reduction by introducing more modulation terms with varying phases. As 

the number of modulation terms increases with defocus, this manifests as a more severe depth-

dependent reduction in system sensitivity. At a depth of approximately 120 μm, the geometric 

blur causes the illumination from three adjacent cores to overlap. 

While the effect of defocus is more significant in the case of line illumination due to the greater 

number of adjacent cores simultaneously used for illumination and detection, the point 

illumination result also shows a reduction in system sensitivity with depth. This is a consequence 
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of optical aberration, imperfections in illumination to fiber core alignment, and core-to-core 

coupling all causing more than one core to illuminate the object. However, the maximum number 

of illuminating cores is still fewer than in the line illumination case, and so the depth sensitivity 

does not fall off as rapidly.  

To further verify that the multi-mode fiber bundle effects are responsible for the reduction in 

depth sensitivity, normalized signal intensity as a function of imaging depth was measured using 

the line illumination system configured in three different setups.  

 

 

Figure C7: Normalized signal sensitivity as a function of depth for the previously reported SD-
OCT system in the case of (a) a free-space setup with separate reference and sample arms, (b) a 
single-pass fiber-bundle setup with separate reference and sample arms, and (c) a double-pass 
fiber-bundle setup with a common-path interferometer. 

 

In the first setup, the fiber-bundle was removed and an interferometer with separate reference 

and sample arms was built. Both the reference and sample arms had identical focusing optics and 

mirrors. In the second setup, the fiber-bundle was inserted and the interferometer from the first 

setup was placed at the distal end of the fiber-bundle. The fiber-bundle in this case was used in a 

single-pass configuration in detection only. In the third setup, illumination and collection of light 
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occurred through the fiber-bundle (double-pass). In this case, a common-path interferometer was 

implemented at the distal end of the fiber-bundle. Data were collected in the same manner as 

those used to generate Fig. C6. 

The results from these three experimental configurations are shown in Fig. C7. Figure C7(a) 

shows that 50% signal fall-off occurs at a depth of about 360 µm in the free-space setup, which 

agrees well with the calculated depth performance shown in Fig. C6(a). In the case of the single-

pass fiber-bundle setup, the performance is degraded (50% reduction around 300 µm). This 

demonstrates that the sum of multiple modes in detection does affect the depth sensitivity. In the 

double-pass configuration the performance is more significantly degraded (50% reduction 

around 90 μm), consistent with the theoretical explanation and the experimental result shown in 

Fig. C6a.  

5.4 Depth Dependent Background Noise 

In a multi-mode fiber, the irradiance cross-terms have a lβ∆ dependence that affects the phase of 

the cosine modulation (Eqn. (17)). This dependence varies significantly with wavenumber and is 

influenced by bending of the imaging fiber. Figure C8(a) shows a portion of raw data that 

contains five fringes, corresponding to a sample reflectance at a depth of 50 microns. In addition 

to the desired modulation and lateral variability mentioned previously, there is significant 

variability in signal intensity in the spectral (vertical) dimension, which results from both 

spectrally-varying cross-modal interference within a single core and coupling of fields between 

adjacent cores.  

By physically moving (jiggling) the fiber bundle during data acquisition, the variability in the 

signal intensity is reduced as shown in Fig. C8(b). This is a consequence of the fiber motion 
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affecting the modal propagation constants. When the induced time-varying lβ∆  differences are 

sufficiently large within a single camera integration cycle, some of the spectrally dependent 

variation in the raw signal averages out. Figure C8(c) shows depth plots through the two SD-

OCT images obtained with (dotted line) and without (solid line) fiber jiggle. The object 

reflectance is observed as a peak with unit intensity at the depth of 50 microns. It is evident that 

the depth dependent background “noise” is reduced when the fiber is jiggled.  

 

 

Figure C8: Raw spectral data in the line illumination case, with the fiber held still (a) and 
attached to an oscillating servo motor arm during data acquisition (b). The average depth-
dependent signal intensity is plotted in (c). The object location is indicated by an arrow. 

 

5.5 Axial Resolution with Depth 

It is common in OCT systems to describe the depth resolution by an axial point spread function 

that is the Fourier transform of the source power spectrum. However, in addition to the 2π σ∆

dependence that forms the basis for the fundamental cosinusoidal OCT signal, there is 

wavenumber dependence in the phase and amplitude of the modulation signal. This additional 

variation with wavenumber modifies the axial point spread function. Figure C9 shows OCT 

images for a plane reflector at two different depths and plots of the response as a function of 
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depth for a small region around the object. The plots were obtained by projecting a portion of the 

image data along the lateral direction. The DC component and noise at depths above the object 

have been zeroed to improve object visibility. 

 

 

Figure C9: Comparing the axial response for a glass slide at two different depths. Data above 
the slide (nearer to the reference surface) was set to zero to maximize visual contrast. 

 

The results show an overall reduction in the system axial resolution (ideally ~6.7 µm due to 

source power spectrum, experimentally ~10 µm) as a result of the spectrally dependent 

amplitude and phase variations of the cosine modulation. However, as these variations occur 

slowly over the bandwidth of the source, the loss of axial resolution does not strongly depend on 

object depth. Figure C9 also shows that the signal to background noise ratio of the object 

decreases with increasing depth as expected. 
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6. Discussion 

One of the potential advantages of using a fiber bundle is the ability to implement a parallelized 

SD-OCT system to obtain a cross-sectional depth image of tissue with no moving parts or 

scanning required. However, in a parallelized system multiple fiber cores are illuminated 

simultaneously. The beams from these cores overlap increasingly with defocus, leading to more 

interference terms with greater phase variation and a decreasing sensitivity with depth. Our 

results show a significant loss of overall sensitivity and a more rapid falloff with depth for a 

parallelized fiber bundle SD-OCT system. The situation is improved for a point-scanning 

geometry, but there is still a reduction in depth sensitivity from the coupling of the illumination 

point into multiple cores as it is scanned across the fiber face. Our depth sensitivity 

measurements are consistent with our analysis, which appears to fully explain the performance 

degradation observed in a fiber-bundle SD-OCT system where each core supports multiple 

modes.  

In addition to reducing depth sensitivity, the variations across the fiber face in illumination-to-

core alignment, core-to-aperture alignment, and cross coupling of light between cores adds 

lateral structured noise to the OCT images. This structured noise is significant and degrades 

image quality. 

It is possible that the primary problem associated with multi-mode fibers can be overcome by 

using a SLD with a wavelength range that enables each fiber in a fiber bundle to act as a single-

mode waveguide. However, some amount of crosstalk will still cause each core to propagate 

several fields with different phases. In addition, the issues of multiple modes and defocus will 

still exist when dealing with parallel illumination systems. Furthermore, commercially available 

fiber bundles are single mode at a wavelength that is beyond the limit of silicon-based detectors. 
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Structured background noise can be reduced by jiggling the fiber, which introduces a temporal 

variation in the propagation constant β . If the induced changes are sufficient within a single 

integration cycle of the detector, some of the wavenumber-dependent variations in the detected 

signal are averaged out, which in turn reduces the structured background noise that extends over 

a significant range of depths in the OCT image.  

Besides the fundamental problems of reduced sensitivity and increased background noise, there 

are additional aspects of using fiber bundles in OCT systems. For example, Fresnel reflections 

from the proximal and distal fiber faces lead to large background signals that use up dynamic 

range in the detector. Use of anti-reflection coatings, index matching gels, or glass windows 

glued to the fiber surfaces can significantly reduce this background and improve the signal to 

background ratio, but residual surface reflections still degrade performance.  

Another issue is that commercial fiber bundles currently available and appropriate for 

endoscopic imaging applications have numerical apertures on the order of 0.35. However, SD-

OCT systems designed to image over a depth of a millimeter or more require a low numerical 

aperture (typically 0.1 or lower) to maintain lateral resolution over a large depth of field. Thus 

the fiber to tissue imaging optics will ideally have a high magnification equal to the ratio of the 

fiber-space and tissue-space numerical apertures. However, a high magnification between fiber 

and tissue produces large individual fiber pixels in tissue space, which reduces lateral resolution 

in the final OCT image. One can operate with a lower magnification and reduced numerical 

aperture in the tissue space, but this results in a waste of illumination light.  
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7. Conclusions 

The analysis and experimental results show that SD-OCT imaging can be accomplished using a 

fiber bundle. The basic phase modulation of the signal with wavenumber for a reflector at a 

specific OPD is maintained in propagation through a fiber bundle. However, the performance of 

fiber bundle based OCT systems is significantly degraded by the multi-mode nature of the 

individual fiber cores and the inherent characteristics of using multiple cores. The total phase 

modulation contrast is reduced by the multiple modes supported in each core and by the multiple 

cores that contribute to the illumination and detection of light to and from the object. These 

deleterious effects are exacerbated in a parallelized SD-OCT system where multiple cores along 

the lateral extent of the fiber and object are illuminated simultaneously. The increasing number 

of cores that contribute to the illumination of an object point as its depth increases amplifies the 

sensitivity falloff and limits the depth over which an OCT image signal of adequate quality can 

be obtained. Nevertheless, the advantages of using fiber bundles might outweigh the 

disadvantages in certain applications and advances in technology or alternative system 

configurations could result in improved image quality in fiber bundle based OCT systems in the 

future. 
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i If multiple LP modes are supported in propagation, the output field from the fiber will be spatially inhomogeneous in polarization. 
The effect of a given object on the polarization of the reflected light and the consequences of this interaction on the system 
sensitivity are outside the scope of this manuscript, though extensive literature has been published on polarization-sensitive OCT 
(29. J. F. De Boer, T. E. Milner, M. J. van Gemert and J. S. Nelson, "Two-dimensional birefringence imaging in biological 
tissue using polarization-sensitive optical coherence tomography," in BiOS Europe'97, pp. 32-37, International Society for Optics 
and Photonics (1998). 

 
ii In addition to this, the lack of globally preferred coordinates means that the LP propagation modes will rotate from core to core, 
causing polarization-inhomogeneous illumination fields that vary in their ability to interfere spatially with the fields transmitted by 
adjacent cores. This effect increases the amount of lateral spatial intensity variation in the OCT image, though it may act to reduce 
the defocus penalty if the introduced modulation terms are of orthogonal polarizations. 
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